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(This article belongs to the Special Issue: Advances in 3D Printing of Hydrogels)

Abstract
The integration of conductive hydrogels and advanced three-dimensional (3D) 
printing is a trigger of the development of biomedical sensors for healthcare 
diagnostics and personalized treatment. Poly(3,4-ethylenedioxythiophene):poly(styr
ene sulfonate) (PEDOT:PSS) is a versatile conductive hydrogel materials renowned for 
its exceptional conductivity and hydrophilicity, and 3D printing technology allows 
for precise and customized fabrication of electronic components and devices. In 
this review, we aim to explore the potential of 3D-printed PEDOT/PSS conductive 
hydrogel in the fabrication of biomedical sensors, with a focus on their distinct 
characteristics, application potential, and systematic classification. We also discuss 
the methods for fabricating PEDOT:PSS hydrogel electronic devices by employing 
3D printing techniques, including extrusion-based 3D printing technology (fused 
deposition modeling, direct ink writing, and inkjet printing), powder-based 3D 
printing technology (selective laser sintering and selective laser melting), and 
photopolymerization-based 3D printing technology (stereolithography and 
digital light processing). The applications of 2D/3D-printed PEDOT:PSS hydrogels 
in biomedical sensors, such as strain sensors, pressure sensors, stretchable 
sensors, electrochemical sensors, temperature sensors, humidity sensors, and 
electrocardiogram sensor, are also summarized in this review. Finally, we provide 
insights into the development of 3D-printed PEDOT:PSS-based biomedical sensors 
and the innovative techniques for biomedical sensor integration. 

Keywords: PEDOT:PSS; 3D printing; Conductive hydrogel; Biomedical sensor

1. Introduction
Hydrogels are intricate three-dimensional (3D) polymer networks that form through 
chemical and/or physical crosslinking in an aqueous solution. They harbor vast potential 
in various domains, spanning from tissue engineering scaffolds to drug delivery carriers 
and biomedical devices. Hydrogels bear high resemblance to extracellular matrix 
for their exceptional capacity to absorb and retain water. They offer a stable micro-
environment that allows cellular activities and facilitates tissue formation, all the while 
maintaining outstanding biocompatibility. Furthermore, these versatile materials display 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/
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biomimetic qualities and harbor anti-inflammatory, 
antioxidant, and even anticancer properties. The past 
studies on hydrogels are primarily focused on enhancing 
the mechanical properties of hydrogel, spawning several 
strategies that improve the mechanical performance of 
hydrogels, including topological crosslinking structures,1 
nanocomposite structures,2 interpenetrating network 
structures,3 strengthened hydrogen bonding,4 and 
co-crosslinking structures.5 In general, an effective 
approach should allow for the incorporation of stimulus-
responsive functional groups into the hydrogel structure.6 
Nevertheless, achieving rapid stimulus responsiveness 
and novel functionality design while preserving high 
mechanical performance poses yet another challenge in 
the creation of smart hydrogel systems. 

The introduction of this review expounds the distinctive 
attributes, potential applications, and classification of 
conductive hydrogels. Subsequently, we delve into a 
thorough examination of the recent advancements in 
poly(3,4-ethylenedioxythiophene):poly(styrene sulfonate) 
(PEDOT:PSS) conductive hydrogels fabricated by 3D 

printing technology. Within this context, we explore their 
significant roles in the realm of biomedicine sensors, 
including strain sensors, pressure sensors, stretchable 
sensors, electrochemical sensors, temperature sensors, 
humidity sensors, and electrocardiogram sensors. The 
paper is concluded with a summary of the existing 
challenges and the future prospects of PEDOT:PSS 
hydrogels, illuminating how 3D printing technology stands 
as a novel avenue for the fabrication of these remarkable 
materials (Figure 1). The principal aim of this review is 
to shed light on the promising trajectory of this evolving 
field, where science and technology converge to create 
transformative possibilities.

2. Characteristics and applications of  
conductive hydrogels
Conductive hydrogel is a novel composite hydrogel that 
combines a hydrophilic matrix with conductive fillers. 
It integrates the properties of both conductive materials 
and hydrogels, offering excellent electronic conduction 

Figure 1. Application of conductive hydrogels in biomedical sensors.
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and ion transport capabilities along with desirable 
biological features such as biocompatibility, adhesion, and 
antibacterial properties.7 These remarkable attributes have 
bestowed conductive hydrogels a myriad of applications, 
encompassing drug delivery systems, tissue engineering, 
electronic skins, biosensors, supercapacitors, and flexible 
wearable electronic devices.8 In addition, conductive 
hydrogels are poised to play a pivotal role in the realm 
of flexible and wearable electronic devices due to their 
inherent conductivity, enabling seamless integration with 
wearable technologies.9 As a rising star in materials science, 
conductive hydrogels hold immense promise in reshaping 
the future of sensor industries and bridging the gap between 
electronic systems and biological entities. Their ongoing 
development promises to unlock innovative and cutting-
edge applications, ushering in a new era of possibilities.

Over the past few decades, significant progress 
has been made in the development of various types of 
conductive hydrogels. These can generally be classified 
into three main categories, according to the different types 
of conductive media integrated into the hydrogel matrix. 
The first category involves incorporating conductive 
particles such as metal nanoparticles and carbon-based 
nanomaterials into the hydrogel to form electronically 
conductive hydrogels. In these hydrogels, conductivity 
arises from the directed movement of free electrons within 
these embedded conductive particles. This results in the 
formation of a percolating particle network, effectively 
enhancing both the electrical conductivity and mechanical 
properties of the hydrogel.10 For example, the conductive 
hydrogel synthesized by oxidized tannic acid-modified 
AuNPs and chitosan hydrogel matrix with a dynamic Schiff 
base reaction shows electrical conductivity ranging from 
1 to 1.4 mS/cm. It also effectively alleviates the irregular 
discharge of nerve cells in the intracerebral projection 
area, leading to improved motor function recovery and 
reduced histological neurodegeneration in rats with 
Parkinson’s disease.11 Regardless of these achievements, 
certain attributes of this material type limit its applications, 
such as the high cost of noble metal conductive materials. 
Additionally, metals are susceptible to corrosion in 
humid environments, and it thus leads to a degradation 
in the electrical performance of the conductive hydrogel 
biomaterials. Carbon-based nanomaterials, such as carbon 
nanotubes (CNTs), graphene oxide (GO), and carbon fibers, 
have emerged as highly promising conductive materials due 
to high electrical conductivity, environmental stability, and 
good biocompatibility,12 making them excellent alternatives 
to metallic nanoparticles.13 However, the low dispersibility 
in solution and high cost of CNTs and GO also limit their 
practical applications in large-scale production.

The second strategy entails the introduction of 
ionic species into the hydrogel network to synthesize 
conductive hydrogels, either during the gel synthesis 
process or through post-synthesis doping methods. 
The presence of conductive ions within the hydrogel 
establishes an interconnected pathway for the movement 
of charge carriers, facilitating their migration throughout 
the material. The conductive ions, acting as mobile 
charge carriers, enable the hydrogel to conduct electricity 
effectively and pave the way for applications in various 
fields, including flexible electronics, bioelectronics, and 
smart sensors, among others.

The third strategy involves introducing conductive 
polymer into a hydrogel matrix to obtain polymer 
electronic conductive hydrogel. Conductive polymers 
belong to a class of high polymers capable of generating 
a positive response to electric current signals and achieve 
electrical conductivity through their own conjugated 
structures or ionizable ions along the molecular chains. 
The recognition of this field’s significance is evident from 
the 2000 Nobel Prize in Chemistry awarded in celebration 
of the birth and evolution of conductive polyacetylene. 
By linking the structural units within polymers, these 
materials can harness the π-π conjugated structure 
present within large molecular chains or utilize ionizable 
ions along the chains to facilitate the free movement of 
charge carriers. Consequently, they acquire electrical 
conductivity. In this strategy, the conductive properties of 
the polymer are retained within the hydrogel, rendering 
it an efficient solid-state conductor for electronic charge 
transport. Since the discovery of conductive polyacetylene, 
numerous other conductive polymer materials have 
been developed, including polyaniline, polypyrrole, and 
poly(3,4-ethylenedioxythiophene) (PEDOT). However, 
a noteworthy challenge arises with many conductive 
polymer materials. They tend to be challenging to 
dissolve, or in some cases, entirely insoluble in water due 
to their high molecular weights and the hydrophobic 
nature of their organic constituents. As a result, when 
attempting to prepare conductive hydrogels using the 
doping method, the solubility issue can lead to difficulties 
in achieving uniform incorporation of the conductive 
components into the hydrogel matrix. This non-uniform 
distribution within the gel structure significantly 
compromises the electrical conductivity of the conductive 
hydrogel.14 The typical strategy for achieving water-
soluble conductive polymers is to complex them with 
other hydrophilic molecules. For example, PEDOT, a 
derivative of polythiophene, is inherently insoluble in 
water due to its hydrophobic nature. However, PEDOT 
can be doped with hydrophilic poly(styrene sulfonate) 
(PSS) to form PEDOT:PSS electrostatic complex.15 This 
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electrostatic interaction between PEDOT and PSS allows 
for the homogeneous dispersion of the complex in water, 
creating a stable and conductive aqueous solution. Its 
water solubility and compatibility with solution-based 
processing techniques make it an attractive choice for 
various applications, enabling the realization of cost-
effective and scalable manufacturing processes. A 
solvent-free strategy using laser-based heating enhances 
the conductivity of PEDOT:PSS thin films up to three 
orders of magnitude.16 Furthermore, laser-induced phase 
separation enhances aqueous stability of PEDOT:PSS 
which allows the transformation of PEDOT:PSS into 
water-stable hydrogels and maintains electrochemical 
properties even after 6 months in a physiological 
environment.17 

Throughout the year, we have witnessed the rapid 
development of PEDOT:PSS from being a mere material 
to sophisticated sensors.18 Various manufacturing 
processes, including coating, printing, and lithography, 
have made it possible to produce PEDOT:PSS nanowires 
with exceptional sensing capabilities. However, neat 
PEDOT:PSS lacks the flexibility and stretchability 
required for wearable electronic applications. Enhancing 
the mechanical flexibility of conductive polymers like 
PEDOT:PSS for wearable electronics has been achieved 
through methods such as polymerization directly on 
textiles, coating/dyeing, and printing.19 These techniques 
involve combining PEDOT:PSS with commercially 
available polymers known for their high flexibility and 
stretchability, such as polyurethane. PEDOT-based 
conductive composite materials, whether in gel, fiber, or 
film form, have found extensive applications in strain, 
pressure, and temperature sensors within the realm 
of wearable bioelectronics.20 This integration not only 
leverages the superior sensing properties of PEDOT:PSS 
but also ensures the necessary mechanical durability and 
adaptability required for wearable electronic applications. 
At present, PEDOT/PSS conductive hydrogels are 
regarded as promising materials, exhibiting advantages 
for application in sensors compared with other materials. 
However, there is a conspicuous dearth of comprehensive 
reports systematically summarizing the applications 
of 3D printing technology in the production of 
PEDOT:PSS conductive hydrogels for biosensors. Thus, 
in this context, we delve into the discussion of various 3D 
printing techniques employed in fabricating PEDOT:PSS 
hydrogel electronic devices. We also provide an overview 
of the progress made in the application of 3D-printed 
PEDOT:PSS hydrogels in biomedical sensors, including 
strain sensors, pressure sensors, stretchable sensors, 
electrochemical sensors, temperature sensors, humidity 
sensors, and electrocardiogram sensors.

3. 3D-printed PEDOT/PSS  
conductive hydrogel
3D printing technology, commonly referred to as additive 
manufacturing, offers distinct advantages for replicating 
natural tissue micro-structures and has gained prominence 
in recent years for the fabrication of conductive hydrogels. 
The method relies on layer-by-layer deposition of materials 
using methods such as heating and melting, laser sintering, 
or photopolymerization. These processes enable the design 
and fabrication of complex structures that are challenging to 
achieve through conventional manufacturing methods. Based 
on the different forming methods, 3D printing technology 
can be categorized into three main types (Table 1).

3.1. Extrusion-based 3D printing technology 
Extrusion-based 3D printing technology represents a 
method for fabricating 3D objects, wherein materials are 
deposited layer by layer through an extrusion process. One 
of the most representative techniques in this category is 
fused deposition modeling (FDM), along with direct ink 
writing (DIW) and inkjet printing. 

FDM stands out a popular and accessible 3D printing 
technique that employs a thermoplastic filament as the 
printing material. The filament is fed through a heated 
nozzle, where it undergoes melting and is then precisely 
deposited onto the build platform, layer by layer. It is worth 
noting that the reports on PEDOT:PSS materials being 
exclusively used with FDM technology for 3D printing are 
scarce. The majority of significant reports typically involve 
PEDOT:PSS material forming an active or functional 
layer on the substrate via FDM technology, often through 
methods like spray deposition or drop-casting. 

DIW is another extrusion-based 3D printing method 
that finds particularly suitable for printing soft and 
bioactive materials such as hydrogels and living cells. In 
DIW, a viscous ink or bioink is directly extruded from 
a nozzle, enabling the precise deposition of material in 
a controlled manner. The resulting PEDOT:PSS-based 
supercapacitors exhibit exceptional energy storage 
performance, outstanding cyclic stability, and remarkable 
bending stability.24,28,38 By incorporating various additives 
such as deep eutectic solvents,39 glucose, and ascorbic acid,40 
or by combining with other materials like MXene25 and 
carbon methyl cellulose,41 the conductivity of PEDOT:PSS 
can be significantly enhanced. The introduction of 
thermally crosslinkable N-(hydroxymethyl)acrylamide 
segments42 and the combination with graphene oxide 
(GO) nanosheets and anionic polyurethane,43 or 
post-printing freeze-thawing treatment,44 facilitated 
the development of flexible, tough, and stretchable 
PEDOT:PSS-based hydrogels. The organic electrochemical 
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Table 1. Classification of 3D printing technology of PEDOT:PSS-based conductive hydrogels

Classification Component Resolution Properties Application References

FDW CNTs, AgNW, and 
PEDOT:PSS

0.25 mm vertical  
resolution

Transmittance and sheet 
resistance

Bioelectronics 21

Polydimethylsiloxane, 
PEDOT:PSS

0.1 to 0.16 mm at 0.02 
mm intervals

Outstanding sensitivity, 
stable and repeatable 
operation 

Flexible pressure sensor 22

Poly(diallyldimethyl-
ammonium chloride), 
PEDOT:PSS

3 pairs of digits having 9 
mm length, 1 mm width

Easily distinguish the 
chemical fertility of 
soil samples without 
pre-treatment

Electronic tongue sensing 
device

23

DIW PEDOT:PSS Diameter: 1 mm
Distance: 0.15 mm Speed: 
3 mm/s
Pressure: 20 psi

High energy storage  
performance and  
outstanding cycle stability

Flexible micro-superca-
pacitors

24

(PEDOT:PSS)/MXene Printing pressure: ~70 
kPa
Printing speed: 6 mm/s
Needle diameter: 210 µm

Deliver exceptionally 
large areal  
capacitances, remarkable 
rate performance, and 
high cycling stability with 
thickness-independent 
capacitances 

Flexible micro-superca-
pacitors

25

PEDOT-graft-PLA 
copolymers

0.001 mm of maximum 
resolution, and a  
maximum pressure of 4 
× 105 Pa. In this study, 
needles with an inner 
diameter of 0.2 and  
0.3 mm were used.

The conductive and 
biocompatible printed 
patterns of PEDOT-g-
PLA showed excellent 
cell growth and matura-
tion of neonatal cardiac 
myocytes co-cultured 
with fibroblasts.

Bioelectronics 26

Functionalized 
multi-walled CNTs, 
PEDOT:PSS  

The sensitivity and  
selectivity to ammonia 
gas (NH3) at room  
temperature

Room-temperature gas 
sensor 

27

PEDOT:PSS High resolution
Width: 500 µm
Spacing: 700 µm 
Thickness: 6 µm 

High cyclic and bending 
stability

Flexible all-solid-state 
micro-supercapacitors

28

PEDOT:PSS High resolution (~30 µm) High resolution and high 
conductivity, while  
maintaining stable elec-
trochemical properties 

A cortex-wide neural 
interface

29

Inkjet printing PEDOT:PSS, for-
mamide, d-sorbitol, so-
dium dodecyl benzene 
sulfonate, and ethylene 
glycol 

The drop spacing was 
35 μm, and the printing 
height was 1.2 mm

High conductivity, 
stretching properties, as 
well as good biocompat-
ibility

Stretchable transparent 
electrodes in optoelec-
tronic devices

30

Continued
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transistors, fabricated by integrating PEDOT:PSS with 3D 
printing techniques (FDM and DIW), demonstrate high 
transconductance, low operating voltage, and high current 
ON/OFF ratio. Moreover, the printed devices exhibit 
noteworthy sensitivity, stability, and robust behavior even 
after several measurement cycles.45

Within the domain of 3D inkjet printing, the printing 
material is precisely jetted from multiple small nozzles 
onto the build platform in a layer-by-layer fashion. The 
material droplets are rapidly cured or solidified to form 
the desired 3D object. In the realm of PEDOT:PSS-based 
bioelectronics, inkjet printing stands out as one of the most 
cost-effective techniques, offering substantial advantages 
such as digital design precision, non-contact deposition, 
and additive manufacturing versatility in additive 
manufacturing. Current research predominantly focuses 
on the development and optimization of PEDOT:PSS ink 

formulations. Secondary doping and post-treatments with 
formamide have been explored in an effort to enhance the 
film’s conductivity. The addition of d-sorbitol plasticizer 
gives the PEDOT:PSS film the ability to tolerate cyclic 
tension.30 Substituting dimethyl sulfoxide (DMSO) 
with bio-renewable solvents enhances jetting reliability 
and long-term stability, while concurrently improves 
the electrical properties of deposited PEDOT:PSS 
layers.31 Surface modification of silicon substrates with 
(3-aminopropyl)triethoxysilane has been employed to 
enhance the adhesion of printed semiconductor layers.34 
Moreover, careful regulation of surface tension through 
the use of co-solvents and a non-ionic surfactant has led 
to the creation of films with favorable morphological, 
optical, and electrical properties, which are similar to 
those observed for the corresponding spin-coated layers.32 
Furthermore, a comprehensive exploration of factors 

Dihydrolevoglucose-
none, glycerol  
carbonate, PEDOT:PSS

21 μm nozzle diameter, 
droplet spacing of 34 μm

Enhanced performance 
stability was observed 
under cyclic bending, 
thermal annealing, 
ultraviolet, or infrared 
exposure

Heterostructures and 
flexible electronics 

31

Co-solvents, a 
non-ionic surfactant, 
PEDOT:PSS

A single nozzle with 
diameter of 300 μm; the 
ejects dropped (volume = 
15 nL) from 7 mm height 

Good morphological, 
optical, and electrical 
properties

Devices containing 
high-efficiency printed 
organic light-emitting 
diodes

32

SLA PEDOT:PSS, carbon 
black matrix 

500 μm thickness, 250 
μm inset windows, 
300° circumferential 
nerve–electrode interface 
coverage

Enable rapid develop-
ment of cost-effective 
functional stimulation 
devices targeting nerve 
bundles less than 1.0 mm 
in diameter

Cuff electrode shell 
design

33

PEDOT:PSS, photo-
curable poly(ethylene 
glycol) diacrylate 

Lateral resolution around 
80 μm

Performances in  
biosensing for dopamine 
detection

Organic electrochemical 
transistors 

34

DLP Dye ((3)Rf*), the amine 
(TEA), poly(2-hy-
droxyethyl acrylate)/
PEDOT:PSS

Highest resolution  
between 20 and 100 μm

Significantly increase its 
mechanical modulus and 
electrical properties

Conductive scaffolds 35

Si/PEDOT:PSS/PEG Preserve a specific 
discharge capacity, struc-
tural integrity, and sig-
nificantly high flexibility 
with an enhanced load

Free-standing electrode 36

PEDOT:PSS-coated 
silver(I) selenide 
nanowires 

The thermoelectric 
figure of merit of cured 
composite increased, 
with the highest at room 
temperature

Thermoelectric  
composites

37

Abbreviations: AgNW, silver nanowire; CNT, carbon nanotube; FDM; PEDOT, poly(3,4-ethylenedioxythiophene); PEG, polyethylene glycol; PLA, 
polylactic acid; PSS, poly(styrene sulfonate).

Table 1. Continued
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influencing PEDOT:PSS inkjet printing progress has been 
investigated. The results highlight that resolution, substrate 
treatment, and print head height are the most pivotal 
factors affecting printing quality.46 The properties of the 
PEDOT:PSS-based temperature-sensitive layer have also 
been evaluated and analyzed, encompassing aspects like 
sensitivity,47 time drift,48 and mechanical flexibility.49

Electrohydrodynamic (EHD) printing technology, 
also known as electrohydrodynamic inkjet printing 
technology, is an innovative approach of inkjet printing. 
It distinguishes itself from conventional inkjet techniques, 
which rely on pressure or jetting force to control ink flow. 
Instead, EHD printing operates by applying an electric 
field to precisely regulate the movement and distribution 
of ink during the printing process. This groundbreaking 
technology seamlessly combines principles from both 
electrochemistry and printing, resulting in significantly 
enhanced precision and superior print quality. Typically, 
EHD jet printing operates in four jetting modes: 
dripping, micro-dripping, cone-jet, and multi-jet. 
When working with PEDOT:PSS, the cone-jet mode 
is typically the preferred choice.50 To further improve 
PEDOT:PSS properties, silicon-based hardeners are used 
to enhance conductivity and solvent resistance,51 while the 
incorporation of CNTs provides exceptional dimensional 
stability.52 The addition of the surfactant Triton X-100 
not only increases the conductivity of PEDOT:PSS films53 
but also optimizes surface tension, enabling multiple 
jetting modes.54 In comparison to traditional EHD jet 
printing methods, when operating under similar printing 
conditions, the EHD jet printing method employing 
high-voltage electrostatic focusing lenses achieves 
higher resolution.55 PEDOT:PSS prepared using the low-
temperature cone-jet mode exhibits tunable conductive 
and thermal properties, making it potentially valuable for 
applications in flexible and wearable micro-devices.56

3.2. Powder-based 3D printing technology 
The powder-based approach involves the utilization 
of powdered materials to achieve the layer-by-layer 
fabrication of 3D objects through selective sintering 
or melting processes. This technique encompasses two 
primary methodologies: selective laser sintering (SLS) 
and selective laser melting (SLM), both employing a 
heat source such as a laser or electron beam. SLS has 
shown remarkable potential in the production of medical 
devices, and SLS-based 3D-printed dosage forms hold the 
promise of revolutionizing the production of personalized 
drugs.57 On the other hand, SLM technology excels at 
rapidly processing metal powder to obtain the necessary 
parts with outstanding metal structure performance 
and excellent metal thermal performance, making it 

indispensable for modern industrial revolution.58 While 
SLS and SLM are highly effective technologies for working 
with powder materials, they are not particularly well-
suited for use with hydrogels.

3.3. Photopolymerization-based  
3D printing technology 
Photopolymerization-based 3D printing falls under the 
umbrella of additive manufacturing techniques that utilize 
light-induced polymerization to create 3D objects layer by 
layer. These techniques rely on the solidification of liquid 
photopolymer resins when exposed to specific wavelengths 
of light. They offer precise control over geometry and are 
particularly suitable for producing intricate and finely 
detailed structures characterized by smooth surface 
finishes. The commonly photopolymerization-based 3D 
printing methods for constructing PEDOT:PSS-based 
conductive hydrogels are stereolithography (SLA) and 
digital light processing (DLP).

Renowned for its ability to produce high-resolution 
models and prototypes with intricate details, SLA 
employs an ultraviolet laser to selectively cure a liquid 
photopolymer resin layer by layer. Within the realm 
of conductive hydrogels, SLA technology has achieved 
success in fabricating such materials using a blend of 
PEDOT:PSS and polyethylene glycol diacrylate (PEGDA) 
as the photopolymerizable matrix.59 The optimization of the 
photocurable resin’s composition has been accomplished 
through three aspects: photoinitiator, surfactant, and 
filler concentrations. This optimization process has 
yielded printed objects possessing noteworthy electrical 
conductivity and mechanical properties.60 Furthermore, 
the utilization of the PEGDA:PEDOT resin mixture is 
able to facilitate the rapid prototyping of 3D organic 
electrochemical transistors, highlighting the promising 
potential of this methodology for generating functional 
electronic devices with excellent sensing capabilities.34

Similar to SLA, DLP uses a digital light processor 
(DLP chip) to project an entire layer’s image onto the 
liquid photopolymer resin, allowing for the simultaneous 
curing of the entire layer and thereby achieving faster 
printing speeds. Within DLP process, PEDOT:PSS plays 
a dual role: It expedites the photoinitiation process and 
imparts the resulting hydrogels with high conductivity 
and exceptional electrical stability.35,61 The 3D-printed 
PEDOT:PSS-based electrodes developed via DLP maintain 
a notably high specific discharge capacity, accompanied by 
an extremely low-capacity fade, showcasing remarkable 
flexibility.36 Incorporating PEDOT:PSS-coated silver 
selenide nanowires as a filler enhances the thermoelectric 
figure of merit and mechanical properties of the cured 
composite material.37
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4. 2D/3D-printed PEDOT/PSS conductive 
hydrogel for biomedical sensors
In this section, we discuss the recent advances of 2D/3D-
printed PEDOT/PSS conductive hydrogel for biomedical 
sensors, including strain sensors, pressure sensors, 
stretchable sensors, electrochemical sensors, temperature 
sensors, humidity sensors, and electrocardiogram sensors.

4.1. Strain sensor
The initial studies on PEDOT:PSS-based strain sensors 
primarily focused on optimizing ink formulations and 
conducting tests under various tensile conditions and 
strain histories.62 These efforts aimed to highlight the 
correlation between electrical response, applied strain, 
time, and mechanical history. As the research progressed, 
attention shifted toward investigating the feasibility of 
printing conductive patterns on flexible polyimide film 
substrates using graphene/PEDOT:PSS multi-component 
ink materials.63 The effect of different graphene doping 
amounts on composite ink performance and printing 
processes was thoroughly analyzed.

Subsequent research endeavors aimed to enhance 
specific characteristics of strain sensors. For instance, 
novel hybrid inks were developed by incorporating foam 
graphene foam/PEDOT:PSS hybrid ink using 2-propanol 
and ethylene glycol as solvents.64 This innovation resulted 
in conductive patterns with a gauge factor of 4.3, rendering 
them suitable for low strain sensor applications. However, 
deposition of PEDOT:PSS thin films onto treated flexible 
substrate surfaces using inkjet printed technique achieves 
high gauge factors and showcases the materials potential in 
high-strain sensing applications65 (Figure 2).

To minimize interference from skin deformation 
caused by skin-contact strain sensors, an ultra-thin strain 
sensor was developed using PEDOT:PSS inkjet-printed on 
polystyrene-polybutadiene-polystyrene nanosheets.66 This 
sensor demonstrated the capability to accurately detect 
minor skin strains (approximately 2%), offering a new 
approach for precisely monitoring the movement of both 
human and artificial soft robotic skin.

In the pursuit of enhancing the gauge factor of 
piezoresistive strain sensors, a novel approach was 
employed, introducing a high resistive path perpendicular 
to the sensing direction, driven by phase separation of 
PEDOT:PSS polymer material.67 Inspired by sesame 
candy, a PEDOT:PSS-based conductive nanocomposite 
with viscoelasticity was crafted through electrostatic/
coordination interactions and hydrogen bonds.68 
This composite material was used to create epidermal 
electrodes and strain sensors for monitoring human 
electrocardiogram/electromyogram and movement signals.

In response to the challenge posed by the challenge of 
poor processability of conductive polymer PEDOT:PSS in 
solution, low electrical resistance PEDOT particles were 
first synthesized and applied via brush painting, enabling 
the fabrication of pH and strain sensors on hydrophobic 
surfaces such as 3D printable thermoplastics.69

Furthermore, a robust fluidic strain sensor was 
developed, using biocompatible PEDOT:PSS/multi-wall 
CNTs liquid.70 This sensor had shown high linear response, 
minimal hysteresis, and stable response across a full 
humidity range and at temperatures between 20°C and 
40°C. Additionally, it demonstrated good biocompatibility, 
as confirmed through cell viability assessment using 
human epidermal keratinocytes and human umbilical cord 
vascular endothelial cells.

4.2. Pressure sensor
The PEDOT:PSS hydrogel possesses exceptional electrical 
conductivity, inherent flexibility, and mechanical 
robustness. This unique combination of attributes 
empowers the hydrogel to adeptly convert mechanical 
pressure into electrical signals, allowing for precise and 
sensitive pressure detection.71 By incorporating PEDOT:PSS 
hydrogel-based pressure sensors into robotic systems or 
interactive surfaces, it becomes possible to enhance the 
safety and precision of human–robot interactions. These 
sensors can detect changes in pressure distribution and 
intensity, enabling robots to respond intelligently to human 
touch and providing a more natural and intuitive user 
experience.72 PEDOT:PSS hydrogel-based pressure sensors 
have gained substantial attention in the realm of wearable 
fields. They can be seamlessly integrated into clothing, 
gloves, or even attached directly to the skin, providing 
real-time pressure monitoring in various contexts. 
A commonly employed strategy involves combining 
PEDOT:PSS with polydimethylsiloxane, either by coating 
or drop-casting it onto 3D-printed polydimethylsiloxane 
sheets as the active layer, or formulating it as a composite 
electrode in conjunction with polydimethylsiloxane. 
These pressure sensors exhibit remarkable sensitivity and 
linearity, rendering them suitable for detecting diverse 
health signals such as wrist pulses, swallowing, and speech 
articulation22,73,74 (Figure 3). 

Another intriguing approach involves crafting pressure 
sensing patches by sandwiching conductive cotton fabric 
between two parallel electrodes.75 In essence, this method 
entails mixing carbon-based paste with the organic conductor 
PEDOT-PSS to create a conductive nanocomposite solution. 
A nanofibrous and stretchable cotton fabric was then selected 
and immersed in the nanocomposite solution to serve as the 
pressure sensing layer. The resulting sensors, when tested, 
demonstrated the ability to record resistance variation as 
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small as 1 gram of weight. These findings underscore the 
successful application of this sensor for various scenarios 
necessitating extensive deployment of pressure mapping 
and force monitoring systems. 

4.3. Stretchable sensor
The unique combination of electrical conductivity 
and mechanical flexibility makes PEDOT:PSS an ideal 
candidate for stretchable sensor applications. Traditional 
sensors often encounter challenges when subjected to 

mechanical deformation, as the strain can induce changes 
in electrical properties or even lead to sensor failure. The 
significance of PEDOT:PSS in stretchable devices lies in 
its ability to maintain electrical performance even under 
mechanical strain. Its inherent stretchability enables the 
creation of electronic circuits, sensors, and displays that 
can be bent, stretched, or conformed to various shapes 
without compromising functionality. This attribute is 
particularly crucial for applications in wearable electronics, 
soft robotics, and healthcare monitoring. 

Figure 2. PEDOT:PSS-based strain sensor.65 (A) Experimental test setup: sample assembly jig with four ohmic contact proven from the resistivity 
measurements system. (B) Image of the PEDOT:PSS ink printed on the SP-TPU substrate after annealing (at 80℃). (C) Detail of the interface between 
ink and the SP-TPU substrate. (D) Atomic force microscopy (AFM) topographic images of: (a) SP-TPU surface; (b) the printed SP-TPU surface with six 
layers of PEDOT. The image size is 10 μm × 10 μm. (E) Scanning electron microscopy (SEM) images of SP-TPU substrate with inkjet printed PEDOT:PSS 
ink: (a, b) top and fractured cross section surface, respectively, with five layers of ink; (c, d) top and fractured cross. (F) Optical microscopy (OM) images 
of the printed substrate after the cross-cut tape test: (a) remaining ink on the substrate; (b) detail of (a); (c) remaining ink on the adhesion tape. (G) Sheet 
resistance measurement, according to the PEDOT:PSS printed layer thickness. (H) Typical TPU stress versus strain curve. (I) Stress–strain curves of the 
SP-TPU substrate and stress–strain curves of SP-TPU substrate inkjet printed with 6 layers of PEDOT:PSS. (J) Electrical resistance versus homogeneous 
strain. (K) Resistance changes with strain for printed PEDOT:PSS ink over a SP-TPU substrate. Copyright © 2023 Springer Nature. Reprinted and modified 
with permission of Springer Nature.
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Figure 3. PEDOT:PSS-based pressure sensor.22,73 (A) The proposed pressure sensor: (a) basic structure; (b) simplified sensor model. (B) Fabrication process 
of sensors. (C) Finite Element Method (FEM) results of the sensors with different micro-structures. (D) Static test results of sensors. (E) Durability test 
results. (F) Characterization of the sensing performance of a concentric circle pattern (CCP)-based pressure sensor. (G) Applications of the CCP-based 
pressure sensor with a 0.16 mm printing layer height (PLH) for human health monitoring. Copyright licensed under Creative Commons Attribution  
4.0 license.
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The printed PEDOT:PSS-based interconnects exhibit 
an impressive ability to withstand strains exceeding 
100%, highlighting their robust mechanical flexibility.76 
The integration of PEDOT:PSS and a stretchable poly(2-
hydroxyethyl acrylate-isobornyl acrylate) (PHI) structure 
has led to the creation of 3D-printed porous stereo 

structures characterized by well-interconnected, uniform 
networks. This innovative combination enhances storage 
modulus and conductivity, showcasing exceptional 
stability and durability even when subjected to substantial 
strains of up to 60%77 (Figure 4). PEDOT:PSS-based 
sensors can also achieve elasticity by blending with the 

Figure 4. PEDOT:PSS-based stretchable sensor.77,78 (A) Preparation route for PHI/PEDOT: PSS DN. (B) Properties of PHI, PHI/PEDOT: PSS and annealed 
PHI/PEDOT: PSS. (C) Compression curves. (D) Electrochemical impedance spectroscopy and its shape deformation under finger pressing. (E) Illustration 
of sensor design process and sensor output (dynamic test). (F) Representative applications of the printed stretchable PEDOT:PSS/PEO conductor for 
wearable electrocardiography (ECG) and photoplethysmography (PPG) sensors. Copyright © 2023 Elsevier. Reprinted and modified with permission of 
Elsevier. Copyright © 2023 Elsevier. Reprinted and modified with permission of Elsevier. Copyright © 2021 American Chemical Society. Reprinted and 
modified with permission of American Chemical Society. 
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soft polymer polyethylene oxide (PEO),78 or printing on a 
thermoplastic polyurethane (TPU) substrate.79 Thin films 
of PEDOT:PSS/PEO polymer can resist up to 50% tensile 
strain with minimal changes in electrical performance, 
while PEDOT:PSS/TPU polymer can achieve one-time 
stretching up to 40%, increasing the sheet resistance up 
to 214 Ohm/sq only. The integration of hydrogels and 
dielectric elastomer PEDOT:PSS composite materials 
combines the water-based flexibility and biocompatibility 
of hydrogels with the excellent conductivity and 
mechanical resilience of PEDOT:PSS composites, creating 
a new paradigm of stretchable electronics.61

The application of stretchable and conductive materials 
has revolutionized the field of sensors, especially in 
applications related to strain, pressure and force sensing. In 
strain sensing, the composition of PEDOT:PSS nanofibers 
with polyvinyl alcohol, coupled with a fusion of 3D 
printing and successive freeze-thawing, has given rise to 
a conducting polymer hydrogel strain sensor that exhibits 
both ultimate strain (300%) and negligible hysteresis 
(<1.5%).80 Notably, these sensors show remarkable 
attributes, such as stretchability, linearity, cyclic stability, 
and robustness against mechanical twisting and pressing. 
By modulating micro-cracking patterns within carbon 
nanofiber-thin film sensors containing PEDOT:PSS by 
changing thickness, these sensors exhibit an extraordinary 
linear response to exceptional tensile strains, reaching up to 
97% under a high measurement factor.81 Introducing fiber-
reinforced region within the PEDOT:PSS thin film proves 
to be an effective strategy in suppressing crack propagation 
in strain sensors. Even after subjecting the sensor to 1000 
cyclic tests at a 50% tensile strain, its operational range 
remains robust at 70%.82

In addition to these advancements, coating the surface 
of acrylic polyurethane layers with a PEDOT:PSS film83 
or applying a mixture of PEDOT:PSS and polyurethane 
dispersion on the contact surface of polydimethylsiloxane 
plates73 allows for the design and fabrication of flexible 
force sensors and flexible pressure sensors.

4.4. Electrochemical sensor
The remarkable electrical conductivity inherent in 
PEDOT:PSS hydrogels, coupled with their unique ability 
to retain ionic species and their compatibility with various 
electrode substrates, renders them effective in facilitating 
electron transfer and ion diffusion. This ensures precise 
and responsive electrochemical signal transduction. In 
the domain of medical diagnostics, PEDOT:PSS-based 
electrochemical sensors hold promise for rapid and reliable 
point-of-care testing. 

Among various biosensing applications, glucose 
sensors based on PEDOT:PSS have gone through 

a remarkable metamorphosis in terms of sample 
type amenable for testing, i.e., from blood-based 
glucose measurement to saliva-based detection.84 This 
transformation has been driven by the desire to make 
blood sugar monitoring more convenient and user-
friendly, shifting away from invasive blood measurements 
that come with discomfort and inconvenience. In the 
realm of fabrication technology, the traditional screen 
printing technology85 has evolved into the more precise 
and adaptable methods, such as inkjet printing.86 
Meanwhile, PEDOT:PSS modification has become a 
key strategy in the works involving sensor materials. On 
the one hand, enhancements in electrical conductivity 
and biocompatibility have paved the way for improved 
sensor performance and reliability.87 On the other hand, 
the combination of glucose oxidase with biosensors 
has given rise to enzyme-based platforms, catapulting 
PEDOT:PSS-modified sensors into being applied in the 
realm of glucose oxidase-anchored enzyme biosensors86 

(Figure 5). Using appropriate surface immobilization 
strategies, these enzyme biosensors realize accurate and 
sensitive glucose measurements. This comprehensive 
exploration underscores the importance of PEDOT:PSS 
as a groundbreaking material for advancing glucose 
detection, providing a potential breakthrough for 
diabetes management and personalized medicine. 
Furthermore, a biosensor array has been developed, 
featuring PEDOT:PSS conductive polymer, silicone, 
activated carbon, and platinum nanoparticles. This array 
allows for the concurrent measurement of glucose, lactate, 
and neurotransmitters like glutamate in cell cultures over 
hours to days.88 Notably, the application of this array 
offers a dynamic and longitudinal view on how neural 
cells respond to various drugs and environmental cues. 
It can be seamlessly integrated into micro-fluidic organ-
on-a-chip platforms or as part of intelligent culture dish 
systems. This innovation enables real-time monitoring 
of multiple analytes, providing insights into cellular 
behavior and responses that are crucial for advancing 
our understanding of complex biological processes and  
drug interactions.

PEDOT:PSS sensors have proven versatile in detecting 
various cations and anions, such as sodium, potassium, 
calcium,89 and chloride ions,90 as well as in pH sensing.45 
The application of PEDOT:PSS in ulcer pH detection 
holds significant potential for advancing wound care. As 
chronic or infected wounds often exhibit pH variations 
outside the normal range, the PEDOT:PSS-based sensor 
provides clinicians with a valuable tool to assess wound 
healing progress and infection risk.91 Additionally, their 
biocompatible nature ensures minimal adverse reactions 
when in contact with the wound environment. This 
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Figure 5. PEDOT:PSS-based electrochemical sensor.86,91 (A) Glucose biosensors inkjet printed on paper with a loop on the device and their geometry or 
configuration. (B) Scanning electron microscopy (SEM) images of PEDOT:PSS film printed on paper, mechanism of the enzymatic reaction, and cyclic 
voltammetry (CV) curves of the biosensor. (C) Current-time characteristics of the sensor in response to different concentrations of glucose successively 
added into saliva. (D) Scaffold characterization. (E) Response of biocompatible organic electrochemical transistor (OECT) device using a 10-3 M NaCl 
solution. (F) Characteristic of OECT device on scaffold for human physiological sample at different gate voltages (Vg) and pH (4.1 and 9.6). Copyright 
© 2023 Springer Nature Limited. Reprinted and modified with permission of Springer. Copyright © 2023 IOP Publishing. Reprinted and modified with 
permission of IOP.

https://iopscience.iop.org/page/copyright_notice
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technology offers the potential to detect pH deviations 
indicative of complications, prompting timely interventions 
and personalized treatment strategies. It can also gauge the 
effectiveness of wound healing interventions, marking a 
substantial leap forward in patient care.

In addition to glucose and various ions, PEDOT:PSS-
based organic electrochemical transistors have found 
application in detecting hydrogen peroxide. For instance, 
biocompatible electronic devices have been designed using 
conductive/semiconductive polymers in combination with 
the biologically active enzyme horseradish peroxidase.92 
These devices demonstrate excellent sensitivity and 
notable operational stability. Moreover, the incorporation 
of Prussian-blue nanoparticles, PEDOT:PSS, and water-
soluble silkworm protein has been shown to result in 
a high-accuracy H2O2-selective organic–inorganic 3D 
heterointerface.93 PSS and silkworm protein, acting as poly-
anionic and poly-cationic charge compensating elements, 
generate a physical blockage effect, significantly enhancing 
the potential cycling and response stability of the sensing 
system. Furthermore, PEDOT:PSS-based biosensors 
have been tailored for detecting various analytes, such 
as triglyceride,94 hydrazine,95 human papillomavirus-
related DNA,96 psychoactive ingredient in cannabis,97  
and nicotine.98  

4.5. Temperature sensor
By monitoring the changes in electrical resistance of the 
PEDOT:PSS layer in response to temperature fluctuations, 
the sensors can precisely and swiftly measure variations in 
body temperature. This conductivity-driven mechanism 
not only eliminates the need for complex circuitry but also 
enables real-time monitoring of body temperature without 
compromising user comfort.99 The incorporation of GO 
endows the temperature sensor with better performance in 
terms of faster speed as well as shorter response and recovery 
times, as compared with commercial thermistors.100 These 
sensors are integrated onto the electronic skins of a robotic 
hand, enabling robots to respond through temperature 
feedback. Furthermore, the introduction of a crosslinker 
(3-glycidoxypropyl)trimethoxysilane and fluorinated 
polymer passivation significantly improves the humidity 
stability and temperature sensitivity of the PEDOT:PSS-
based film.101 The integration of these printed sensors 
into flexible hybrid circuits creates a wireless temperature 
sensing platform, which enables stable real-time healthcare 
monitoring. Additionally, utilizing a hybrid composite of 
zinc oxide (ZnO) and PEDOT:PSS as the temperature-
sensitive layer in flexible sensors yields a high sensitivity 
of up to 1.06%, with response and recovery times of 5 s 
and 12.7 s, respectively.102 The incorporation of graphene 
nanoflakes and Co3O4 nanoparticles into PEDOT:PSS-

based sensing electrodes affords these sensors with high-
pressure sensitivity and high-temperature sensitivity 
simultaneously, with negligible interferences among these 
parameters103 (Figure 6) . 

In addition to material doping to enhance sensor 
performance and the construction of multi-functional 
sensors, several studies have also focused on the substrate 
of printed temperature sensors. For instance, fabricating 
temperature sensors on pre-treated pure cotton fabric 
flexible substrates results in comfortable, skin-friendly 
wearable electronic products.104 Fabricated by means of 
printing paper and PEDOT:PSS solution, paper-based 
temperature sensors boast significantly superior sensitivity, 
a desirable attribute enabling their integration into a body-
attachable patches for a wearable thermometer.105 These 
sensors can transfer signal results to smartphones via 
bluetooth, supporting their applications in a wide range of 
flexible electronics and healthcare scenarios. 

Furthermore, studies have explored the alternatives 
or supplementary materials for PEDOT:PSS-based 
temperature sensors, a PEDOT-like self-doped 
conjugated polymer. These investigations have examined 
the electrical and morphological characteristics of both 
polymers and their blends for temperature sensing 
applications.106 Research has also delved into silk-
protein-based biodegradable temperature sensors, 
evaluating their temperature sensitivity, humidity 
stability, and biodegradability.107 Additionally, a passive 
design of matrix sensor that achieves high sensor density 
for spatial temperature readings while maintaining 
a small array size has been proposed.108 Collectively, 
these advancements highlight the potential for diverse 
applications and multi-functional capabilities of printed 
temperature sensors in fields ranging from flexible 
electronics to healthcare monitoring.

4.6. Humidity sensor
Humidity detection holds paramount significance within 
the realm of biomedical applications, exerting a far-
reaching impact on critical aspects such as infection control 
in medical environments, optimal functionality of medical 
equipment, maintenance of pharmaceutical storage 
conditions, and assurance of a controlled environment 
for medical testing and diagnostics. Its integration 
into wearable electronic devices introduces a range of 
functionalities, including respiratory monitoring,109 
assurance of surgical mask integrity,110 and diaper wetness 
alerts,111 which are valuable in the healthcare domain. 
By serially connecting multiple interdigital transducer 
electrodes with PEDOT:PSS, methyl red, and GO as active 
sensing materials, humidity sensors can respond to much 
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Figure 6. PEDOT:PSS-based temperature sensor.103,107 (A) Structural design and photographs of the flexible all-nanofiber pressure–temperature 
sensor. (B) Morphology characterization of the all-nanofiber pressure–temperature sensor. (C) Working principle and performance evaluation of the 
temperature sensor. (D) Working principle and performance evaluation of the pressure sensor. (E) Stability test of the pressure–temperature sensor. 
(F) Photolithographically printed flexible silk/PEDOT:PSS temperature sensors. Copyright © 2023 Elsevier. Reprinted and modified with permission of 
Elsevier. Copyright © 2020 American Chemical Society. Reprinted and modified with permission of American Chemical Society.
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wider range of relative humidity with high sensitivity112 

(Figure 7). 

The unique approach of combining multiple transducers 
within a single sensing device facilitates the development of 

high-performance sensors and circumvents the limitations 
of single-transducer-based sensing devices. For instance, 
using both PEDOT:PSS and two-dimensional material 
molybdenum disulfide (MoS2) nanosheets as active 

Figure 7. PEDOT:PSS-based humidity sensor.112 (A) Schematic image of sensor, interdigital electrode, electrode fingers, and inkjet printer DMP-3000. 
(B) Schematic set-up for characterizing response versus relative humidity change in the tested sensors. (C) Surface morphology characterizations. 
(D) Impedance response of the sensors. (E) Stability responses at different humidity levels. (F) Real-time application and stability in the open natural 
environment: (a) impedance response data of the sensor in actual environment and its stability; (b) transient response and recovery time curves of the 
proposed humidity sensor. Copyright © © 2023 Springer Nature Limited. Reprinted and modified with permission of Springer Nature.
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layers for two independent sensors on a single substrate, 
interconnected in a serial combination, it enables a single 
humidity sensing device with good properties, such as 
high sensitivity that exhibits exceptionally high sensitivity 
and responds to a wide range of relative humidity.113 
Integrating multiple sensors may address the limitations 
of separate sensors and at the same time combine their 
advantages. For instance, integrating strain and pH sensors 
with a humidity detector based on PEDOT:PSS into a 
single demonstrator enables simultaneous monitoring of 
multiple biomedical parameters.114

Furthermore, the synergistic use of various materials is 
also a common approach for developing multi-functional 
sensors. Printing commercial silver nanoparticle ink and 
PEDOT:PSS onto glossy inkjet photo paper allows the 
formation of an interdigitated electrode array and curved 
micro-ribbon, which enable concurrent measurement of 
relative humidity, temperature, as well as compression and 
tensile bending.115

4.7. Electrocardiogram sensor
As a critical tool used in healthcare sector, 
electrocardiography (ECG) provides a clear picture about 
cardiac activity. Commercially available Ag/AgCl electrodes 
are commonly used to capture ECG signals. However, 
they may cause skin irritation and lead to unreliable data 
during prolonged use. In contrast, PEDOT:PSS hydrogels 
offer a promising alternative due to their low electrode 
interface impedance and excellent biocompatibility.116 
ECG signals acquired with PEDOT:PSS electrodes closely 
resemble those obtained with commercial electrodes. 
Remarkably, these electrodes maintain their electrical 
properties and functionality even after several washing 
cycles when subjected to physical stretching.117 In certain 
electrolyte conditions, the skin contact impedance and 
physiological signal extraction characteristics closely 
resemble those achieved with disposable gelled Ag/AgCl 
electrodes (rho >0.99). Therefore, PEDOT:PSS electrodes 
can potentially replace commercial electrodes in wearable 
devices for health monitoring under both static and 
dynamic conditions. In addition, the dual ionic and 
electronic conductivity properties of PEDOT:PSS endow 
the electrodes the ability to record ECG signals on dry skin 
conditions.118 Signal amplification occurs when moisture 
evaporates from the skin or common emollients are 
applied, making the recorded ECG signals comparable to 
those obtained with copper-wired Ag/AgCl electrodes. This 
phenomenon may be attributed to PEDOT:PSS’s ability to 
reduce contact impedance of dry electrodes.119 Therefore, 
dry electrodes which are reusable, comfortable to use, and 
suitable for long-term measurements permit the collection 
of electrocardiograms comparable to those collected with 

gel-based electrodes in terms of quality. Additionally, 
textile electrodes coated with PEDOT:PSS via the layer-
by-layer technique not only exhibit low impedance and 
excellent skin contact properties, but can also reliably 
detect high-quality heart rate signals in both wet and dry 
conditions and maintain stability through 20–30 wash 
cycles and 120–130 bending cycles.120 The highly porous 
PEDOT:PSS hydrogels, formed through self-assembly on 
paper fibers, enable efficient electron transmission and 
substance diffusion.121 They can function as low-impedance 
ECG electrodes and highly sensitive glucose sensors, 
providing simultaneous real-time monitoring of ECG 
and biochemical signals (glucose levels) in sweat during 
physical activity. 3D-printed PEDOT-based eutectogels, 
known for their flexibility, stretchability, strong adhesion, 
and excellent capacity as conformal electrodes, can 
continuously record epidermal physiological signals such 
as electrocardiograms and electromyograms over extended 
periods.122 However, when prepared as concentric ring 
electrodes, silver electrodes provide a more stable response 
(fewer saturations and alterations) to intentionally induced 
subject movement, as compared with PEDOT:PSS 
concentric rings.123 When PEDOT conductive polymer 
inks are added to thermoplastic styrene-ethylene-butylene-
styrene elastomers for micro-extrusion 3D printing, the 
resulting PEDOT composites demonstrate conductivity 
and stretchability lower than those of silver micro-flakes 
and carbon black nanoparticles.124 Although they exhibit 
unique properties due to their ionic conductivity, the 
application of PEDOT conductive polymers in ECG signal 
detection requires further exploration.

5. Recent advances of 3D-printed  
PEDOT/PSS conductive hydrogel for  
biomedical sensors
In summary, the recent advances of 3D-printed PEDOT/
PSS conductive hydrogel for biomedical sensors are rooted 
in the development of strategies for fabricating PEDOT/
PSS conductive hydrogels using 3D printing technology, 
allowing for the amalgamation of the conductivity of 
PEDOT with the water solubility and processability of 
PSS. This unique combination makes PEDOT:PSS an 
exceptional candidate for biomedicine sensors. The main 
achievements in this field are summarized in the following:

5.1. Fabrication methods: from traditional methods 
to 3D printing
The evolution of PEDOT:PSS-based sensor fabrication 
methods has traversed various stages. Initially, simple 
coating and spraying methods were employed to apply 
PEDOT:PSS onto substrates in the process of creating 
basic sensors. After gaining significant understanding 
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of the material’s properties, researchers explored 
techniques such as screen printing, which allowed for 
controlled deposition of PEDOT:PSS patterns, enabling 
the fabrication of more intricate and tailored sensors. 
Coincidentally, the breakthrough occurred with the 
advent of 3D printing technology, which revolutionized 
the sensor fabrication process in a few ways: (i) allowing 
the deposition of PEDOT:PSS in controlled patterns and 
precise locations, (ii) fabricating sensors with improved 
spatial resolution, (iii) reducing waste, and (iii) allowing 
on-demand fabrication. Direct ink writing, inkjet printing, 
and DLP techniques have found promising applications in 
the realm of PEDOT:PSS-based sensors. These techniques 
enable the rapid creation of intricate sensor patterns with 
high resolution and versatility in design. As 3D printing 
technologies continue to evolve, it is expected that sensor 
performance, resolution, and complexity will continue 
to improve. Innovations in material formulations, ink 
development, and integration with emerging technologies 
like Internet of Things (IoT) and flexible electronics 
will likely drive the next wave of PEDOT:PSS-based  
sensor applications.

5.2. Substrate: from polymer to flexible paper
The substrate for PEDOT:PSS-based sensors has 
undergone notable evolution over time. In the early stages, 
conventional substrates like polyethylene terephthalate 
were commonly used. However, as the focus shifted 
toward creating flexible and wearable sensors, there was 
a transition to substrates that offered both hydrophilicity 
and flexibility. Hydrophilic and flexible paper-based 
substrates emerged as a preferred choice. This shift to paper 
substrates not only enhances the adaptability of the sensors 
for wearable applications but also aligns with the growing 
interest in eco-friendly and biodegradable materials. The 
utilization of paper substrates not only contributes to 
the comfort and conformance of the sensors to different 
surfaces but also reflects the broader trend of integrating 
sustainable materials into sensor fabrication processes. 
This evolution in substrate selection demonstrates the 
dynamic nature of PEDOT:PSS-based sensor technology, 
driven by the pursuit of enhanced functionality, comfort, 
and environmental consciousness.

5.3. Materials composition: from single to  
multi-component
The composition of PEDOT:PSS-based printing inks has 
also undergone substantial changes, evolving from single-
component formulations to more sophisticated multi-
component formulations. In the early stages, PEDOT:PSS 
with inherent conductivity was commonly used as the 
primary component for sensor fabrication. As the demand 
for improved sensor performance grew, there was a shift 

toward exploring and optimizing multi-component 
printing inks. This progression involved the incorporation 
of additional components, such as CNTs and graphene, to 
enhance various aspects of the sensors. The integration of 
CNTs into PEDOT:PSS formulations leads to the creation 
of composite inks that offer improved sensing repeatability 
and enhanced bending stability. These enhancements 
stem from the unique properties of CNTs, such as their 
excellent electrical conductivity and mechanical strength. 
Likewise, graphene/PEDOT:PSS composite inks have 
been developed to leverage the exceptional electrical, 
mechanical, and thermal properties of graphene. The 
synergistic effects of combining graphene with PEDOT:PSS 
contribute to sensors with enhanced sensitivity, response 
time, and stability. The shift from single-component 
to multi-component ink formulations highlights the 
drive to harness the strengths of various materials for 
optimized sensor performance. This evolution showcases 
the innovative approach in sensor development, where the 
judicious selection and combination of materials lead to 
sensors with advanced capabilities and improved reliability.

5.4. Function: from single function to multi-function
The functionalities of PEDOT:PSS-based sensors have 
undergone a remarkable evolution from singular capabilities 
to multi-functional versatility. Initially, these sensors 
started as single-purpose devices, such as pressure and 
strain sensors, providing specific insights into mechanical 
interactions. However, advancements in technology have 
driven a leap toward multi-functionality. From the early 
pressure and strain sensors, the field expanded to include 
stretchable versions of these sensors, enabling them to 
withstand deformation while retaining their sensing 
capabilities. This development marked a significant 
breakthrough in wearable and flexible electronics, 
allowing sensors to be seamlessly integrated into various 
applications. Furthermore, the expansion into multiple 
parameters has been a noteworthy trend. Sensors that were 
once limited to single measurements, such as temperature 
or humidity, have now evolved into dual-response sensors, 
simultaneously detecting both temperature and humidity 
changes. This expanded functionality is particularly useful 
in applications where correlated data provides a more 
comprehensive understanding of the environment. In the 
realm of biometric sensing, PEDOT:PSS-based sensors 
have exhibited a similar trend toward multi-functionality. 
Some sensors are engineered to simultaneously monitor 
multiple biochemical markers, enabling the comprehensive 
assessment of physiological conditions. For instance, 
sensors are designed to detect glucose, glutamate, and 
lactate simultaneously, enabling comprehensive metabolic 
insights. Moreover, the integration of different sensing 
modalities has led to the development of sensors capable 
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of capturing both physiological and biochemical signals. 
This is exemplified by sensors that can monitor both 
ECG signals and glucose levels in sweat during physical 
activities. Such multi-functional biosensors offer a holistic 
perspective, merging real-time physiological responses 
with biochemical variations.

6. Concluding remarks and prospects
PEDOT:PSS, a popular conducting polymer material, faces 
several challenges that limit its widespread use in various 
applications. The primary issues include the inconsistent 
conductivity of the material due to environmental 
sensitivity, instability, and aging of PEDOT:PSS over time, 
leading to decreased performance and reliability, difficulty 
in achieving uniform and defect-free film formation, 
low mechanical strength and flexibility, and interface 
incompatibility with certain substrates and interfaces 
in electronic devices. Addressing these limitations and 
challenges is essential to enhance the performance and 
applicability of PEDOT:PSS in areas such as energy storage 
devices, flexible electronics, and biosensors. Ongoing 
research focuses on improving stability, conductivity, 
mechanical properties, and interfacial compatibility of 
PEDOT:PSS materials to widen their practical utilization.

Looking ahead, the future of 3D-printed PEDOT:PSS 
hydrogel sensors holds promising prospects for further 
expanding their functionalities and applications. 
Regardless of these achievements, some challenges still 
remain. As technology continues to advance, several 
exciting directions emerge:

(1)	 Enhanced sensing modalities. Future PEDOT:PSS 
sensors are likely to encompass an even broader 
spectrum of sensing modalities. This may involve the 
integration of new materials, such as nanomaterials 
and biomolecules, to enable the detection of a wider 
range of analytes, including specific chemicals, ions, 
gases, and biomarkers.

(2)	 Real-time monitoring. The evolution of PEDOT:PSS 
sensors could lead to real-time, continuous 
monitoring of various parameters. This helps 
revolutionize the healthcare sector, enabling the 
constant tracking of health indicators and early 
disease detection, as well as improving patient 
outcomes and preventive care.

(3)	 Wireless connectivity. Incorporating wireless 
communication capabilities into PEDOT:PSS sensors 
may allow seamless data transmission to external 
devices or cloud platforms. This can facilitate remote 
monitoring, data analysis, and personalized feedback 
in real time.

(4)	 Miniaturization and integration. Advances in 
fabrication techniques could lead to smaller, more 
compact sensors that can be seamlessly integrated 
into a wide range of wearable devices, textiles, and 
even implantable medical devices.

(5)	 Adaptive and self-powered sensors. Future 
PEDOT:PSS sensors might harness energy from 
their surroundings or body movements, allowing 
them to operate autonomously and extend their 
operational lifetimes.

(6)	 Smart environments and Internet of Things (IoT). 
As the IoT ecosystem expands, PEDOT:PSS 
sensors could play a pivotal role in creating smart 
environments. These sensors may contribute to 
data-driven decision-making in industries, such as 
agriculture, infrastructure monitoring, and urban 
planning.

(7)	 Multi-parameter sensing. The sensors capable of 
simultaneous detection of multiple parameters will 
become more refined, allowing for a comprehensive 
understanding of complex systems and environments.

(8)	 Biocompatible and implantable sensors. 
Advancements in biocompatible materials and 
fabrication techniques will enable the creation of 
PEDOT:PSS sensors for implantation within the 
body, providing real-time monitoring of health 
conditions and therapeutic responses.

(9)	 Artificial intelligence integration. Supported 
by artificial intelligence and machine learning 
algorithms, the PEDOT:PSS sensors will be able to 
process complex data patterns, thereby improving 
accuracy and providing predictive insights.

(10)	 Environmental monitoring. Environmental 
monitoring is an important element in the 
development of sustainable and smart cities, and 
thus, PEDOT:PSS sensors can play a role in this 
regard by monitor environmental factors, such as 
pollution, humidity, and temperature.
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Abstract
Degenerative osteoarthritis, a common sequela of articular cartilage defect, significantly 
impacts the quality of life of millions of individuals worldwide. Three-dimensional (3D) 
bioprinting has emerged as an advanced tissue engineering strategy, offering precise 
spatial arrangements of cells, hydrogels, and bioactive cues. Hyaluronic acid (HA) is a 
crucial component of bioink designed for fabricating cartilage tissue. However, creating 
a bioink that closely mimics the cartilaginous extracellular matrix (ECM) still remains a 
challenge. HA hydrogels have limitations in recapitulating tunable mechanical properties, 
stimuli responsiveness, and flexibility in ligands’ adhesion akin to those of native tissues. 
In recent years, DNA has emerged as a smart biomaterial that endows hydrogels with 
tunable properties and allows for precise structural customization of the hydrogels due 
to its unique programmability. Integrating reversible DNA linkages, reconfigurable DNA 
architectures, DNA plasmid, and targeted DNA aptamers into HA hydrogels allows them 
to respond to the extracellular environment and express desired molecules, making 
them ideal artificial ECMs for 3D bioprinting of cartilage tissue. This review targets this 
challenge by highlighting the characteristics of DNA moieties designed as reversible 
crosslinkers, responsive units, and adhesion ligands to functionalize HA hydrogels. 
Furthermore, we offer perspectives on how DNA-functionalized HA hydrogels can be 
harnessed to create dynamic and biomimetic bioink capable of recapitulating the more 
complex functions required for cartilage tissue engineering.

Keywords: Hyaluronic acid; DNA functionalization; Cartilage regeneration;  
Tissue engineering

1. Introduction
Articular cartilage, a load-bearing connective tissue located at the bone interfaces, facilitates 
smooth and frictionless skeletal movements. However, cartilage defects due to traumatic 
injury or disease can lead to its degradation, resulting in widespread cartilage loss and 
potentially causing degenerative osteoarthritis.1-3 Adopting different tissue engineering 
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strategies, incorporating stem cells, utilizing advanced 
engineering techniques, and creating scaffold designs are 
among the techniques aimed at creating biostructures that 
are optimally conducive to cartilage regeneration.4-6 Among 
these approaches, three-dimensional (3D) bioprinting has 
emerged as a potent tool, enabling precise manipulation 
of the spatial arrangement of cells,7-9 biomaterials,10-12 and 
bioactive cues13-15 within three dimensions, thus emulating 
the intricate structure of natural tissues. Considering the 
distinctive tissue architecture of articular cartilage, such 
as low cell density and lack of vasculature, much emphasis 
is being placed on the careful selection of polymeric 
biomaterials for cartilage tissue engineering, among which 
hyaluronic acid (HA)—a pivotal polysaccharide constituent 
of the cartilage ECM and synovial fluid—has gained 
prominence.16-18 HA offers exceptional biocompatibility, 
biodegradability, and low immunogenicity, playing a crucial 
role in maintaining cartilage structural integrity through 
water retention and interactions with aggrecan and type II 
collagen.19 Moreover, HA supplementation in patients with 
degenerative osteoarthritis promotes the production and 
retention of matrix components, contributing to cartilage 
homeostasis.20-22 Although HA-based hydrogels possess 
appealing bioactive properties, they still have limitations 
in recapitulating tunable mechanical properties, stimuli 
responsiveness, and flexibility in ligands’ adhesion akin to 
those of native tissues.

Regenerating cartilage tissue is a complex biological 
process involving intricate interactions between cells 
and bioactive factors within the matrix. The extracellular 
matrix (ECM) plays a pivotal role in the cellular 
microenvironment, encompassing organized, anisotropic, 
and dynamic structures that deliver essential physical 
and chemical cues through interactions with cells.23-25 
Constructing 3D structures that closely mimic the natural 
ECM is essential for cartilage tissue regeneration. The 
ideal HA-based bioink should possess tunable physical 
and chemical properties, resembling the elastic modulus 
and dynamic characteristics that respond to changes in 
the cellular metabolic microenvironment. Additionally, 
adhesive ligands, similar to those in the native ECM, should 
be incorporated into HA-based hydrogels to recognize and 
interact with cell for desired biological functions.

DNA, traditionally known for its role in storing, 
replicating, and transmitting genetic information within 
cells, has emerged as a versatile, non-genetic biomaterial 
for constructing or functionalizing hydrogels.26,27 Notably, 
certain well-designed DNA hydrogels, such as those driven 
by DNAzyme catalysis,26 light,28 or magnetism,29 could 
convert chemical energy, magnetic energy, or light energy 
into mechanical energy, and dynamically modulate the 
morphology and properties of the hydrogel network. DNA 

hydrogels offer unique programmability due to Watson–
Crick base pairing, allowing the creation of precisely 
tailored structures, adjustable mechanical properties,30,31 
functional and targeted molecular recognition 
motifs,28,32,33 stimuli responsiveness,29,34-35 and exceptional 
biocompatibility.36 The substantial transformation 
undergone by DNA-functionalized hydrogels is marked 
by the integration of DNA molecules as crosslinkers 
or functional components and their release with 
programmable, versatile, and responsive characteristics, 
making them well-suited for applications in bioprinting 
and tissue engineering. Initially, oligonucleotides were 
covalently attached to vinyl polymers, enabling self-
assembly via complementary base pairing.37 Subsequent 
advancements incorporated DNA as crosslinkers, leading 
to smart hydrogels. Notable milestones also include the 
development of a supramolecular peptide-DNA hydrogel, 
capable of retaining shape and preserving cell viability, for 
3D bioprinting.38 Another innovation is represented by a 
stimuli-responsive G-quadruplex-crosslinked pNIPAM 
hydrogel capable of reversible transitions.39 In 2021, 
DNA aptamers were employed to functionalize bioink 
for 3D-printing cell-specific scaffold, which was utilized 
to promote cartilage formation.40 A recent development 
involves a dynamic DNA-crosslinked matrix formed using 
a synthetic DNA library-based hydrogel with ultra-high-
molecular-weight polymers.41 This technology allows 
precise control over viscoelasticity, thermodynamics, and 
kinetics, mimicking living tissue properties. Although 
research on DNA-functionalized bioinks is in its early 
stages, these materials show great potential in constructing 
ideal artificial ECMs, enabling the formation of artificial 
cartilage tissues in vitro and facilitating advanced tissue 
regeneration in vivo. This review outlines the characteristics 
and functional mechanisms of DNA sequence moieties, 
including reversible DNA linkages, reconfigurable DNA 
architectures, DNA plasmid, and targeted DNA aptamers, 
that are ideal for functionalizing HA hydrogels to create 
dynamic bioinks for cartilage tissue engineering (Figure 
1). With special emphasis, this review describes the 
current state of strategies used to functionalize hydrogels 
with DNA molecules, and exclusive advances of DNA-
functionalized HA hydrogels as dynamic and smart 
bioinks for engineering cartilage tissue. Although DNA-
functionalized bioinks are in their infancy, this review 
article aims to provide directions for guiding insightful 
research studies in this field. 

2. Action of DNA moieties
2.1. DNA as a crosslinker
The intrinsic properties of DNA in encoding sequences 
and its highly accurate structural assembly are keys to 
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manipulating both the microscopic and macroscopic 
characteristics of DNA-based hydrogels. DNA hydrogels 
can be obtained through various gelation strategies, 
including chemical or physical crosslinking. Chemical 
crosslinking is involved in the formation of the 
intermolecular covalent bonds within DNA, establishing 
stable and irreversible connections that preserve the 
mechanical resilience, stability, and shape fidelity. 
On the other hand, physical crosslinking capitalizes 
on non-covalent bonds including hydrogen bonds 

between complementary DNA sequences, electrostatic 
interactions as well as metal–ion coordination for 
crosslinking purposes. These bonds offer a dynamic 
and adjustable nature to the structure.42,43 When it 
comes to the fabrication of tunable DNA hydrogels, the 
gelation strategies can be categorized into three types: 
assembly guided by DNA sticky ends, assembly-induced 
enzymatically, and assembly based on hybridization 
chain reaction.  

Figure 1. Schemvatic illustration of DNA-functionalized HA bioink for cartilage regeneration. Created using BioRender.com.
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2.1.1. Assembly guided by DNA sticky ends
Sticky ends of a DNA molecule refer to the protruding parts 
of one strand beyond its complementary strand within the 
double helix. This structural characteristic allows the DNA 
chains to engage in hybridization, leveraging the principle 
of base pair complementarity. Based on this concept, a 
highly entangled 3D DNA hydrogel was fabricated through 
the self-assembly of short linear double-stranded DNA 
(dsDNA) units, each equipped with sticky ends44 (Figure 2a). 
DNA hydrogels can also be fabricated via branched DNA 
gelation systems. The assembly of Y-shaped DNA units was 
accomplished by means of i-motif DNA structures forming 
at the sticky ends. As a consequence, the fabricated DNA 
hydrogels exhibited prompt responsiveness to alterations in 
environmental pH, enabling controlled encapsulation and 
release cargos.45 DNA hydrogels with properties of thermal 

and enzymatic responsiveness can be hybridized via sticky 
ends that affix to two types of building blocks, such as 
linear double-stranded DNA and Y-shaped DNA. This 
adaptability of dynamic properties was achieved through 
precise modulation of the ratio of these constituent building 
blocks46 (Figure 2b). This method relies on hybridization 
reactions between single-stranded DNA molecules with 
complementary sequences to create a 3D network structure. 
The core advantages of this method lie in its simplicity, 
speed, and controllability, which allow for adjustments in 
hydrogel porosity and stiffness through an alteration to 
the length, type, and concentration of DNA molecules. 
However, a drawback of this method is its reduced stability 
and responsiveness, marked by its susceptibility to factors 
such as nucleases and temperature fluctuations, which 
could lead to hydrogel disassembly or annealing.

Figure 2. Assembly strategies of DNA hydrogels. (a) A pure DNA hydrogel formed by direct assembly of dsDNA monomers with sticky ends. Reprinted 
with permission from ref.44 Copyright © 2014 Wiley. (b) Direct assembly of sticky ends of Y-scaffold and linkers for pure DNA hydrogel. Reprinted with 
permission from ref.46 Copyright © 2011 Wiley. (c) DNA hydrogels by crosslinking and subsequent PCR primer extension. Reprinted with permission 
from ref.48 Copyright © 2013 Wiley. (d) DNA initiator-triggered clamped hybridization chain reaction self-assembly process. Reprinted with permission 
from ref.49 Copyright © 2017 Wiley. (e) Surface-initiated DNA hydrogel formation. Reprinted with permission from ref.49 Copyright © 2017 Wiley.
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2.1.2. Assembly induced enzymatically
Enzymes also play a pivotal role as essential molecular 
agents in facilitating the assembly of DNA hydrogels.47 For 
example, by using Taq polymerase, coupled with a pair of 
thermostable Y-shaped DNA building blocks, thermostable 
DNA hydrogels could be synthesized via polymerase 
chain reaction (PCR)48 (Figure 2c). Firstly, the DNA was 
crosslinked with psoralen and extended into a dumbbell 
shape. Subsequently, these oligonucleotides formed 
covalently interstranded, branched DNA nanostructures, 
highlighting the crucial role of polymerase enzymes in the 
efficient production of robust DNA hydrogels. The two 
Y-structured DNA units underwent psoralen treatment, 
resulting in crosslinked structures. These crosslinked 
entities served as modular primers for PCR.48 Moreover, 
the utilization of T4 ligase-mediated reactions enables the 
effective crosslinking of branched X-, Y-, and T-shaped 
DNAs, resulting in the formation of an interconnected 
gel system.47 The resulting DNA hydrogel leverages this 
enzyme-driven, ligase-mediated crosslinking mechanism 
under physiological conditions, showcasing its potential 
for applications such as controlled substance encapsulation. 
Different swelling profiles of DNA hydrogels can be 
achieved by adjusting the initial concentration and types 
of building blocks. This method employs reactions of 
enzymes such as ligases or polymerases to connect DNA 
molecules with different end sequences or branched 
structures to form a 3D network structure. The advantages 
of this method lie in its performance under physiological 
conditions and the ability to adjust crosslinking density 
and mechanical strength by selecting different enzyme 
types and concentrations. However, the drawbacks of this 
method include the complexity of hydrogel preparation 
process, which necessitates precise control of enzyme 
activity and reaction time, and the susceptibility to factors 
such as enzyme residues or inhibitors.

2.1.3. Assembly based on hybridization chain reaction
Hybridization chain reaction (HCR) is a unique, isothermal 
DNA strand displacement process involving two hairpin 
structures. It facilitates the formation of cross-opening 
polymer nucleic acid strands, acting as a versatile strategy 
to fabricate responsive hydrogels endowed with tunable 
characteristics. For example, DNA initiators, similar to 
catalysts in chemical synthesis or seeds in crystal growth, 
were employed to achieve precise temporal and spatial 
control in gelation process.49 These initiators direct 
3D self-assembly and clamped hybridization, yielding 
hydrogels with enhanced mechanical properties. Moreover, 
employing printed, surface-confined DNA initiators, these 
hydrogels can be patterned into two-dimensional shapes 
without external constraints to allow for the generation of 
hydrogels with precisely defined geometry, composition, 

and arrangement49 (Figure 2d and e). Hydrogen bonds, 
rather than covalent bonds, provide major support to the 
HCR-mediated network in DNA gelation systems, which 
is endowed with a less rigid but dynamic structure. This 
method employs HCR between single-stranded DNA 
molecules with hairpin structures or initiator sequences to 
form long-chain polymers, which crosslink with polymer 
chains to create a 3D network structure. The advantages 
of this method encompass precise control over hydrogel 
patterns, shapes, responsiveness, and the ability to 
introduce various functional elements, but this method is 
tied a time-consuming hydrogel preparation process, which 
involves multiple reaction steps and purification, and it may 
be susceptible to impurities or non-specific hybridization.

2.2. DNA as functional units
Beyond their role as crosslinking agents, DNA-
functionalized hydrogels can also incorporate 
reconfigurable DNA architectures and targeted DNA 
aptamers as responsive and recognition elements,50,51 such 
as G-quadruplexes (G4), i-motifs, triplex nucleic acids, 
plasmid, and aptamers, which facilitate the intelligent 
and functional regulation of hydrogels. By incorporating 
different functional elements, DNA hydrogels can achieve 
structural regulation, molecular recognition, and functional 
display under different environmental conditions. 

2.2.1. G-quadruplex
G-quadruplex and i-motif are both crosslinking modes 
induced by the secondary structure of DNA, depending 
on specific base pairing and structural conformation.52 
G-quadruplex is a four-stranded structure formed by 
guanine (G) bases of DNA. By regulating ion concentration 
and pH value, the physical and chemical properties of 
hydrogels can be controlled. Lu et al. explored a novel DNA 
hydrogel synthesized with acrylamide and G-rich nucleic 
acid. In the presence of K+ ions, the nucleic acid crosslinkers 
formed G-quadruplex structures, enabling reversible 
hydrogel formation. Furthermore, the authors incorporated 
hemin into the G-quadruplex hydrogel, endowing it with 
catalytic activity similar to horseradish peroxidase. By 
modulating K+ ions, krypto[2.2.2], temperature, and pH 
as stimulus factors, the authors could regulate the phase 
transitions of the hydrogel between solution, hydrogel, 
and solid states as well as the conductivity and spectral 
properties of polyaniline39 (Figure 3a).

2.2.2. i-motif
i-motif is a special structure formed by the pairing of 
protonated cytosine and guanine under acidic conditions. 
It can regulate the structural changes of hydrogels45  
(Figure 3b). For example, the incorporation of i-motif 
structures at the sticky ends of the DNA strands facilitates 
the formation of DNA hydrogels that respond rapidly to pH 
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fluctuations. These changes allow the hydrogel to capture 
and release cargo in a regulated manner. By integrating 
this i-motif sequence, which undergoes a pH-dependent 
conformational change, into the DNA hydrogel network, 
microscopic transitions occur, leading to significant 
changes in the mechanical properties of the hydrogel. 
Consequently, this strategy enables the reversible control 
of the hydrogel’s mechanical strength, ranging from 250 Pa 
to 1000 Pa, proving beneficial for applications such as cell 
differentiation and tissue engineering.53 

2.2.3. Triplex structures
The formation of triplex structures relies on the protonation 
of cytosine-guanine-cytosine (C-G-C+) and thymine-

adenine-thymine (T-A-T) base triplets. By adjusting 
environmental conditions (such as pH), the morphology 
and properties of hydrogels can be controlled. The C-G-C+ 
triplexes are formed at a pH of 5.0 and disassemble at a pH 
of 7.0, while the T-A-T triplexes are formed at a pH of 7.0 
and disassemble at a pH of 10.0. These triplex structures 
afford the DNA structures the ability to perform pH-
regulated reversible self-assembly, which allows it to switch 
between gel and liquid phases54 (Figure 3c).

2.2.4. DNA plasmid
Among its primary utilities, plasmids are instrumental in 
the field of recombinant DNA technology. This technique 
involves the integration of foreign DNA sequences into 

Figure 3. Hydrogels with functional DNA units. (a) Thermosensitive G-quadruplex-crosslinked copolymer hydrogel with reversible solution–hydrogel–
solid transitions. Reprinted with permission from ref.39 Copyright © 2015 Royal Society of Chemistry. (b) pH-responsive DNA hydrogel based on 3D 
assembly of Y-shaped DNA nanostructure with interlocking i-motif domains. Reprinted with permission from ref.45 Copyright © 2009 Wiley. (c) pH-
activated reversible DNA hydrogels based on triplex structures. Reprinted with permission from ref.54 Copyright © 2018 Royal Society of Chemistry. (d) 
Plasmid-complex-encapsulated-loaded alginate/HA hydrogel for bFGF delivery. Reprinted with permission from ref.56 Copyright © 2019 Royal Society 
of Chemistry. (e) ATP aptamer-modified linker and Y-scaffold DNA hydrogel with conformational transition and mechanical properties. Reprinted with 
permission from ref.57 Copyright © 2018 MDPI.
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plasmids, resulting in the formation of recombinant 
plasmids that can be introduced into host cells. This 
procedure requires the use of restriction enzymes to cleave 
DNA at specific sites, followed by the application of ligases 
to facilitate the fusion of DNA molecules. By harnessing 
these methodologies, researchers can construct plasmids 
containing precise DNA sequences. The inherent capacity 
of plasmid DNA to carry and independently replicate 
foreign DNA sequences establishes it as a fundamental 
tool in genetic engineering. In recent years, DNA plasmids 
have been introduced into hydrogel materials for tissue 
regeneration applications. For example, Wang et al. 
constructed two plasmids that encode mouse vascular 
endothelial growth factor (VEGF) and transforming 
growth factor-β1 (TGF-β1), respectively.55 They combined 
these plasmids with arginine-modified chitosan (Arg-CS) 
to form Arg-CS/pDNA nanoparticles, which acted as gene 
carriers. Next, they incorporated these nanoparticles into 
a composite hydrogel prepared from N-carboxymethyl 
chitosan (NCMC) and sodium alginate (SA), forming a 
gene-activated matrix (GAM). This GAM could achieve 
long-term and sustained gene release and expression in vitro 
and in vivo.55 Kim et al. combined plasmid DNA (pDNA) 
encoding mouse bFGF gene, which is a growth factor that 
can promote tissue regeneration, with polyethylenimine-
grafted poly(ethylene glycol) (PEI-g-PEG) complex to 
form a nanoparticle carrier that can protect pDNA from 
degradation and enhance transfection efficiency.56 They 
further loaded the nanoparticles into a mixture hydrogel 
of alginate (ALG) and hyaluronic acid (HA), which can 
solidify under mild conditions and release pDNA complex 
slowly56 (Figure 3d).

2.2.5. Aptamers
Aptamers are oligonucleotide molecules with high affinity 
and specificity that are obtained by systematic evolution 
screening. They can interact with specific target molecules, 
making hydrogels targeted and specific57 (Figure 3e). For 
instance, the adenosine triphosphate (ATP) aptamer, 
whose 3D structure is designed to precisely match the 
molecular structure of ATP, can be integrated into the 
linker DNA to regulate the mechanical properties of the 
hydrogel. When ATP is present, it is recognized and bound 
by the aptamer, causing a change in the 3D structure of 
the aptamer and subsequently forming a stable framework 
composed of two stacked G-quartets. The formation of 
this framework triggers a conformational change in the 
aptamer-DNA, thereby altering the physical properties 
of the DNA hydrogel, such as its mechanical strength. As 
a result of the specific interaction between ATP and its 
corresponding aptamer, the mechanical strength of the 
hydrogel increases from 204 Pa to 380 Pa. This regulatory 
mechanism can be achieved by changing the concentration 

of ATP in the hydrogel, thereby achieving fine control over 
the mechanical properties of the hydrogel.57 Additionally, 
aptamers can be conjugated into DNA hydrogels as 
targeting recognition molecules to enable selective 
binding and internalization of target cells by the DNA 
nanohydrogels, thus achieving targeted gene delivery.

Cartilage ECM is characterized by its intricate 
structure and multifaceted functions, serving as a source of 
mechanical, chemical, and biological cues that orchestrate 
cell behaviors such as proliferation, differentiation, 
migration, and tissue formation.58 Consequently, the 
properties of hydrogels, which act as synthetic ECMs, play 
a pivotal role in shaping cell functions during cartilage 
regeneration. Mechanical properties hold particular 
significance in the context of cartilage regeneration, as 
this tissue must endure varying loads and directions. 
Additionally, hydrogels possess the unique capacity 
to emulate the recognition attributes of natural ECM, 
which facilitates selective recruitment or release of 
cells and substances. Notably, the functionalization of 
hydrogels with DNA molecules allows them to mimic the 
characteristics of cartilage ECM, inducing differentiation 
of cells into chondrocytes and enhancing cartilage tissue 
support. This can be achieved through the introduction of 
reversible DNA crosslinking that enables the regulation of 
hydrogel mechanical properties in a reversible or even self-
healing manner.39,52 The incorporation of reconfigurable 
DNA structures further enhances hydrogel responsiveness, 
enabling adaptation to complex and dynamic 
microenvironments and regulation of cell behaviors and 
fate.56,57,59 By enhancing the recognition properties of 
hydrogels, DNA aptamers represent an additional avenue 
for enabling the selective adsorption and release of target 
cells or molecules, thereby enhancing the efficiency and 
quality of cartilage regeneration.60

3. DNA-functionalized hyaluronic acid  
hydrogels
In comparison to pure DNA hydrogels, hybrid DNA 
hydrogels offer a broader spectrum of applications. Hybrid 
hydrogels constructed through DNA crosslinking not only 
retain the inherent biological functions of DNA but also 
preserve the structural integrity of hydrogels.59 The energy 
necessary to break the bonds between complementary 
DNA base pairs is notably lower compared to the energy 
required for traditional polymer chains and crosslinking 
agents. The integration of customizable DNA into polymer 
gel systems imparts a degree of structural control and 
property modulation. HA is a linear high-molecular-weight 
polysaccharide comprising repeating disaccharide units 
composed of N-acetyl-D-glucosamine and D-glucuronide. 
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These units are connected by β-(1,3) and β-(1,4) glycosidic 
bonds. HA encompasses both polar segments with positive 
and negative charges, as well as non-polar portions lacking 
charge separation, which contribute to the formation of 
intermolecular linkages. The fundamental structure of 
HA consists of a continuous polymer chain covalently 
linking N-acetyl-D-glucosamine and D-glucuronic acid 
units.58 The carboxyl group of glucuronic acid, primary 
and secondary hydroxyl groups, and N-acetyl group 
are the three functional groups involved in the chemical 
modification of HA.61 To prepare DNA-conjugated HA, 
DNA strands can be post-modified onto HA by means of 
EDC-NHS chemistry, Michael addition, click chemistry, 
etc. to incorporate DNA molecules functionalized with 
handles like amino-DNA, thiol-DNA, and azide-DNA. The 
extent of DNA attachment via this approach is contingent 
on distinct reaction efficiencies and conditions.59 

HA can be prepared as a derivative of DNA-crosslinked 
HA hydrogels by chemically modifying groups on the 

molecular chain. For example, HA reacts with maleic 
anhydride to form HA-Mal, which then forms a thioether 
bond with thiol groups in deprotected thiolated oligo-
DNA. After mixing HA modified with two complementary 
single-stranded DNAs, the hybridized complementary 
strands serve as crosslinking points to form a hydrogel62 

(Figure 4a). Moreover, HA can be activated by EDC 
(1-ethyl-3-(3-dimethylaminopropyl) carbodiimide) 
and NHS (N-hydroxysuccinimide), which converted 
carboxylic acid groups on HA into highly active reaction 
intermediates that could react with amino-modified 
nucleic acids. By connecting amino-modified nucleic acids 
(3) and hairpins (5) to the HA skeleton, copolymers HA-
(3) and HA-(5) are formed. Then, nucleic acid (3) in HA-
(3) hybridized with equimolar amount of nucleic acid (4), 
generating crosslinked copolymer HA-(3)/(4). Hairpins (5) 
also participate in the HCR reaction, forming crosslinking 
units by complementary base-pairing with hairpins (4). 
These crosslinking units can stably connect the MOFzyme 
and the hydrogel. Moreover, hairpins contain the ZEN-

Figure 4. Hydrogels functionalized with DNA moieties. (a) Crosslinking of HA–DNA via cleaved plasmid DNA fragments. Reprinted with permission 
from ref.62 Copyright © 2020 Hindawi. (b) DNA–HA hydrogel and bimetallic MOFzyme-based colorimetric aptasensor targeting zearalenone. Reprinted 
with permission from ref.63 Copyright © 2022 Elsevier. (c) DNA-directed expansion of DNA-crosslinked polyacrylamide gels. Reprinted with permission 
from ref.28 Copyright © 2017 AAAS. (d) Photopatterning and hydrogel expansion. Reprinted with permission from ref.28 Copyright © 2017 AAAS. 
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specific aptamer sequence that binds to ZEN, if present, to 
cause a conformational change of hairpins (5) and trigger 
the disintegration of the hydrogel63 (Figure 4b).

The DNA sequences within hybrid hydrogels can 
also be crosslinked using diverse strategies to attain 
reversible and mechanical control. For example, two 
types of functionalized single-stranded DNAs can be 
copolymerized with polymer monomers to form reversible 
DNA hybrid hydrogels by introducing R1 sequences 
complementary to the crosslinking chains.64,65 In addition, 
the “hairpin structure” of DNA sequences is used to control 
the expansion and change shape of hybrid hydrogels. 
The hairpin structure refers to a structure composed of 
two complementary DNA fragments; one of which is 
a “polymerizing hairpin” used to introduce additional 
monomers and promote hydrogel expansion, while the 
other is a “terminator hairpin” that does not participate 
in further DNA crosslinking reactions and limits the 
expansion process of hydrogels. The final expansion size 
of hydrogels can be precisely controlled by adjusting the 

relative concentration of polymerizing and terminator 
hairpins28 (Figure 4c and d).

The functionality of DNA hybrid hydrogels can be 
tailored by integrating specific DNA components, such 
as reconfigurable DNA architectures for environmental 
responsiveness, gene transfection, and DNA aptamers 
for molecular recognition60,66 (Figure 5). For example, 
two types of polymer monomers (polyacrylamide chains) 
have been modified with predesigned hairpins and nucleic 
acid tethers, respectively. In the presence of a promoter, 
the hairpin structures hybridized with each other to 
form double-stranded DNA bridges that crosslinked the 
copolymer chains into a hydrogel. Notably, the hairpins 
contained caged sequences of anti-ATP or anti-cocaine 
aptamers, which could be unlocked by the formation 
of aptamer–ligand complexes. The nucleic acid tethers 
contained pH-sensitive duplex units, which could 
dissociate by forming i-motif structures under acidic 
conditions. These nucleic acid units provided stimuli-
responsive functions to the hydrogel shells.67 The unique 

Figure 5. Advantages of DNA-functionalized HA bioink. Created using BioRender.com.
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sequences and structures of these DNA elements can 
encode functional details, imbuing hydrogels with precise 
and tailored recognition and response to external stimuli. 
This inherent programmability of DNA affords researchers 
the flexibility to adeptly design and regulate smart 
hydrogel.68 DNA-functionalized HA hydrogels combine 
the advantages of both HA and DNA as biomaterials for 
cartilage engineering. HA provides biocompatibility, 
biodegradability, and low immunogenicity, as well 
as mimics the natural component of cartilage ECM. 
DNA provides structural programmability, stimuli 
responsiveness, molecular recognition, and gene delivery 
functions, and enables precise control over the mechanical 
properties and degradation rate of the hydrogels. Therefore, 
DNA-functionalized HA hydrogels have the potential to 
serve as a versatile and intelligent bioink platform for 3D 
bioprinting of cartilage tissue.

4. Implications of advanced bioinks for car-
tilage engineering
Utilizing customizable structural configurations, DNA-
functionalized hydrogels exhibit the ability to regulate 
cellular behavior and fate, providing essential physical, 
chemical, and biological cues necessary for cellular 
proliferation.69,70 These functionalized hydrogels have 
broad application prospects in cartilage regeneration 
and can be classified, according to their modes of action, 
into different categories, such as cell protection, drug 
delivery, cell recruitment, gene transfection, and reversible 
mechanical regulation (Figure 6).

4.1. Cell protection 
Certain DNA-functionalized hydrogel can serve as an ideal 
cell carrier, providing suitable mechanical support and 

Figure 6. Overall concept map of the DNA-functionalized HA bioink in cartilage engineering. Created using BioRender.com.
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biological protection, preventing cells from being damaged 
by shear forces or immune system during delivery. Yan et 
al. presented a DNA hydrogel-based delivery system for 
mesenchymal stem cells (MSCs) for severe osteoarthritis 
treatment in a rabbit model.71 The DNA hydrogel matrix 
demonstrated effective shielding of encapsulated MSCs, 
which led to enhanced therapeutic outcomes in terms 
of cell transportation and cartilage regeneration. The 

hydrogel exhibited remarkable resistance against robust 
shear forces, thereby contributing to the successful 
improvement of MSC-mediated treatment71 (Figure 
7a and b). Another study showed that the rigidity of 
dsDNA and the soft protection of DNA supramolecular 
network in DNA hydrogel ensured the proliferation and 
differentiation of tendon stem/progenitor cells (TSPCs) 
by protecting them from external compression and sliding 

Figure 7. DNA hydrogels for the construction of tissue in vitro. (a) Anti-friction delivery system for MSCs to treat severe osteoarthritis. Reprinted with 
permission from ref.71 Copyright © 2021 Wiley. (b) Assessment of DNA hydrogels in cartilage degeneration using macroscopic observations, ICRS score, 
and micro-computed tomography imaging after treatment. Reprinted with permission from ref.70 Copyright © 2021 Wiley. (c) Schematic illustration 
of encapsulating tendon stem/progenitor cells (TSPCs) within DNA hydrogel. Reprinted with permission from ref.72 Copyright © 2023 Wiley. (d) Cell 
encapsulation and release using microwells and DNA hydrogel with controlled restriction enzyme digestion. Reprinted with permission from ref.73 
Copyright © 2013 Wiley. (e) The L-DNA hydrogel self-assembles from L-Y scaffold and L-linker, which have a left-handed duplex structure, in contrast 
to the right-handed helical D-DNA. Reprinted with permission from ref.75 Copyright © 2022 Wiley. (f) Sustained cytokine delivery with physically 
crosslinked DNA hydrogel. Reprinted with permission from ref.77 Copyright © 2022 American Chemical Society. 
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shear.72 Jin et al. encapsulated single cells in DNA hydrogel 
caps within PDMS (polydimethylsiloxane) microwells. 
After 24 h of culture, 98% of the cells remained viable. 
Using the restriction enzyme EcoR I could open the DNA 
hydrogel caps to release the encapsulated single cells on 
demand. Strategically, using specific restriction enzymes 
and digesting DNA hydrogel could precisely control the 
release of cells73 (Figure 7d). In addition, researchers also 
prepared biostable and non-biodegradable DNA hydrogel 
networks by replacing natural D-type DNA with L-type 
DNA, which had better biostability and low inflammation 
response. In 3D cell culture and tissue engineering, L-DNA 
hydrogels can maintain uniform cell distribution, prevent 
degradation and remodeling of ECM, and provide an inert 
mechanical stimulation platform74,75 (Figure 7e).

4.2. Drug delivery 
The structure of DNA hydrogels can form hollow 
internal spaces, which provide a favorable environment 
for drug molecule encapsulation. Under electrostatic 
attraction, positively charged subunits can bind to DNA 
nanostructures. These characteristics are the prime factors 
prompting researchers to use nucleic acid nanostructures 
as carriers to deliver drugs to target cells. Notably, Chen et 
al. developed an injectable DNA hydrogel that could deliver 
dexamethasone and induce macrophages to polarize to M2 
phenotype, in order to promote bone formation.76 Li et al. 
also developed a physically crosslinked DNA hydrogel 
loaded with interleukin-10 as a soft bioscaffold,77 which 
could gradually degrade or hydrolyze under physiological 
conditions, thereby continuously releasing cytokines for a 
long time (Figure 7f). In addition, Borum et al. effectively 
encapsulated MB-Dox conjugates within specific regions of 
DNA hydrogels.78 Upon in vivo injection, these hydrogels 
undergo degradation initiated by nucleases present in 
bodily fluids, resulting in the gradual release of MB-Dox 
conjugates. Importantly, the rate of this release can be 
finely controlled by modulating the weight percentage of 
the hydrogel.78

4.3. Cell recruitment 
Unlike inherent ECMs, traditional hydrogels generally 
lack bioactive groups serving as “baits” to attract cells. The 
integration of bait molecules into DNA-based hydrogels 
enables precise interactions between cell and matrices, thus 
verifying the presence of requisite cell surface markers. 
Mimicking the ECM requires the ability of the hydrogels 
to recognize specific cell types, which is the fundamental 
of tissue engineering.51,79 Yao et al. constructed a DNA 
hydrogel using the double rolling circle amplification (RCA) 
method to achieve effective capture and enzymatically 
triggered release of bone marrow mesenchymal stem 
cells (BMSCs)80 (Figure 8a). The introduced aptamer 

Apt19S exhibited a strong binding affinity toward the 
ALPL protein on the surface of BMSCs, achieving specific 
anchoring of BMSCs. By digesting the DNA network into 
fragments with the nucleic acid enzyme DNase I, BMSCs 
can be released in a concentration-dependent manner 
within tens of minutes. Moreover, Hu et al. employed DNA 
aptamer Apt19S was immobilized on the bilayer scaffold to 
recruit MSCs for articular cartilage and subchondral bone 
regeneration.81 The inclusion of the stimulatory factor 
kartogenin (KGN) within the aptamer-functionalized gel 
layer enhanced the process of chondrogenic differentiation, 
guiding MSCs toward adopting a chondrocyte phenotype. 
In parallel, the aptamer-functionalized 3D graphene 
oxide-based biomineral framework (GBF) layer expedited 
the osteoblastic differentiation of MSCs, facilitating 
their transformation into osteoblasts81 (Figure 8b). 
Except aptamer Apt19S, aptamer HM69 was also used to 
specifically recruit MSC. Yang et al. chemically combined 
the aptamer HM69 with decellularized cartilage ECM 
and subsequently blended it with gelatin methacrylate 
(GelMA) to produce a photo-crosslinkable bioink. 
The 3D-bioprinted scaffold can guide MSCs to move 
directionally to the site of cartilage injury in situ82 (Figure 
8c and d). Apart from cells, DNA hydrogels can also bind 
to and recruit exosomes. An exosome separation strategy 
based on a DNA network of polyvalent adaptors has been 
developed.40 A DNA ultra-long single strand containing 
polyvalent adaptors was synthesized by enzyme-catalyzed 
RCA reaction. The DNA single strand was added to the 
biological system. The DNA chain containing polyvalent 
adaptors could capture exosomes through specific 
recognition of CD63 protein on exosomes.40 

4.4. Gene transfection 
Hydrogels can serve as an effective gene carrier for 
encapsulating and delivering different types of DNA 
molecules, such as plasmid DNA and siRNA, to damaged 
tissues.55,56 Hydrogels can prevent plasmid DNA from 
being degraded or cleared by nucleases or the immune 
system and enhance the transfection efficiency of DNA 
molecules.55,56 These functionalized hydrogels can 
also achieve long-term and sustained release of DNA 
molecules through the addition of  degradable or cleavable 
crosslinkers or functional units, which enable the hydrogel 
to undergo structural changes or degradation according to 
environmental conditions or target molecules to release 
active DNA molecules.

4.5. Reversible mechanical regulation
One of the enduring challenges in tissue engineering is to 
construct artificial tissues with 3D arrangement of different 
types of living cells.83 Li et al. showed that these hydrogels 
can be used for in situ multilayer 3D cell printing, which 
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creates structures with viable cells and normal functions. 
By mixing peptide–DNA conjugates (bioink A) and 
covalent DNA linkers (bioink B) in specific ratios, the 
hydrogel forms rapidly and possesses self-healing and 
high mechanical strength properties. It also responds to 
proteases and nucleases, allowing selective removal of 
hydrogel sections in the presence of cells. This advancement 
opens doors to fabricating precise 3D tissue structures with 
diverse cell arrangements.84 Recently, Peng et al. developed 
a hydrogel named DyNAtrix, which consists of ultra-high-
molecular-weight polymers and DNA crosslinkers.41 The 
polymers are connected with DNA anchor chains, which 

can bind with DNA crosslinkers composed of two splints, 
forming a dynamic supramolecular network. By changing 
the sequence information of the overlap domain between 
the splints in the DNA crosslinkers, the mechanical, 
thermodynamic, and kinetic properties of the hydrogel 
can be systematically regulated to suit different cell and 
organoid culture needs. For instance, stress relaxation 
time from less than 1 s to several hours can be achieved by 
choosing different lengths of overlap domain. Thermally 
activated crosslinking at 37°C can be achieved by adding 
blocking strand. Controlled degradation of the hydrogel 
can be achieved by adding DNase I. Since the non-covalent 

Figure 8. DNA-functionalized hydrogels for construction of tissue in vitro. (a) BMSCs recognition and binding by Apt19S-FAM, analysis of fluorescence 
microscopy, and quantitative assessment. Reprinted with permission from ref.80 Copyright © 2022 American Chemical Society. (b) Aptamer-bilayer 
scaffold in osteochondral defect repair. Reprinted with permission from ref.81 Copyright © 2017 Wiley. (c) Aptamer-based 3D-bioprinted scaffolds for 
enhanced cartilage regeneration. Reprinted with permission from ref.82 Copyright © 2021 American Chemical Society. (d) In vivo macroscopic and 
confocal images of endogenous stem cell migration. Reprinted with permission from ref.82 Copyright © 2021 American Chemical Society. (e) Polymer 
crosslinking scheme using a library of crosslinker splints to prevent intramolecular bond formation. Reprinted with permission from ref.41 Copyright © 
2023 Nature. (f) Confocal microscopy images of hiPSC cysts in DyNAtrix [+RGD] vs. Matrigel at day 7, and images of a trophoblast organoid in DyNAtrix 
[+RGD] stained for TEAD4, E-cadherin, GCM1, and DAPI (nuclei) at day 7. Reprinted with permission from ref.41 Copyright © 2023 Nature.
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bonds between DNA crosslinkers are reversible, this 
hydrogel has good self-healing properties, which allows 
the hydrogel to be printed and reshaped without damaging 
cells. The authors successfully cultured human-induced 
pluripotent stem cells using DyNAtrix and observed 
their proliferation, morphogenesis, and differentiation 
in the hydrogel, which holds great potential in tissue 
engineering41 (Figure 8e and f). 

Taken together, the integration of DNA hybrid 
hydrogels into cartilage engineering holds immense 
promise for driving the field forward. These hydrogels 
offer precise control over cellular behaviors through 
customizable structures. This modulation capacity enables 
diverse applications, from shielding encapsulated cells from 
shear forces to enabling controlled cell release. Beyond cell 
encapsulation, DNA hybrid hydrogels function as versatile 
carriers delivering therapeutics, such as drugs, cytokines, 
and exosomes, to targeted sites in order to boost treatment 
effectiveness. However, several limitations surrounding the 
application of DNA-functionalized hydrogels in cartilage 
regeneration should be acknowledged: (i) impurities or 
non-specific hybridization, which leads to reduced stability 
and responsiveness of hydrogels; (ii) interference by 
enzyme residues or inhibitors, which makes the preparation 
process of hydrogels complex and uncontrollable; and 
(iii) rejection by the immune system or adverse reaction 
stemming from exogenous gene expression, which lowers 
biocompatibility and safeness of hydrogels. Nevertheless, by 
mimicking synthetic ECMs using specific aptamers, DNA-
functionalized hydrogels facilitate cell-specific recruitment 
and differentiation, which are the core functions required 
by tissue engineering strategies. With their multifaceted 
capabilities, DNA hybrid hydrogels emerge as a dynamic 
toolset with transformative potential, poised to redefine 
cartilage engineering and tissue regeneration.

5. Conclusion
Hyaluronic acid is a prominent polysaccharide found 
in living tissues, possessing high potential for hydrogel 
fabrication due to its exceptional biocompatibility. 
Nevertheless, conventional crosslinking methods for HA, 
which often involve the use of chemical agents or the 
introduction of functional groups, limit the dynamic and 
adaptable characteristics of the resulting products. This 
renders them less than optimal for cartilage applications.56 
Conversely, DNA, as a biological macromolecule, 
exhibits enhanced biocompatibility and degradability. 
It offers exceptional structural programmability and 
multifunctionality, allowing for the customization of 
desired attributes, such as specific recognition, targeted 
specificity, and biocatalytic activity.59 The inherent 
flexibility of DNA molecules empowers hydrogels with 

precise structural customization and the ability to fine-
tune their physical and chemical properties. Recently, 
a review unveils the unprecedented prospects of DNA 
integration into dynamic supramolecular hydrogels in 
cartilage tissue engineering and illuminates the strategy 
of incorporating reconfigurable DNA building blocks into 
hyaluronic acid hydrogels, which serve as crosslinking 
nodes within network structures, with implications for 
advancing cartilage repair through the rational design of 
responsive smart hydrogels.38 

The complex interplay between in vivo cell interactions 
and the ECM relies on the temporal dynamics and 
spatial definition of physical and chemical cues. This 
interaction replicates stem cell microenvironments and 
guides suitable cell phenotypes. Unlike conventional 
static hydrogels, dynamic DNA–HA hybrid hydrogels not 
only fulfill the biological and mechanical requirements of 
bioinks, but also exhibit in situ responsiveness to cellular 
signals and external stimuli. This attribute holds promise 
for simulating the physicochemical characteristics of 
chondrocyte ECMs.85 Despite these advantages, several 
challenges remain in advancing the utilization of DNA–
HA hybrid hydrogels for cartilage tissue regeneration. 
Variations in synthesis methodologies yield DNA hydrogels 
with distinct pharmacokinetics, suggesting varying 
anti-enzyme activities. Distinct stimuli should induce 
different kinetic behaviors in DNA hydrogels. However, 
comprehensive studies on the pharmacokinetics of DNA 
hydrogels are currently limited, possibly due to research 
limitations or insufficient focus on this area. In-depth 
kinetic inquiries will contribute to the informed design 
of DNA hydrogels for specific applications, fostering 
the development of controlled release hydrogels and 
tissue engineering advancements. With the continuous 
development of DNA nanotechnology, the structure and 
function of DNA-functionalized hydrogels will become 
more diverse and sophisticated to align with different 
biomedical needs. For example, increasing studies 
focus on exploring various DNA crosslinking strategies, 
optimizing the mechanical properties of DNA hydrogels, 
and achieving dynamic regulation of mechanical signals. 
Moreover, improving enzyme resistance and immune 
evasion abilities of DNA hydrogels, as well as controlling 
their degradation rate and products, are also important 
directions. Furthermore, by integrating different 
functional elements, such as nucleic acid aptamers, 
nucleases, gene carriers, and nanoparticles, more DNA-
functionalized hydrogels can be developed as bioinks to 
construct organoids with complex structure and function. 
In summary, the convergence of DNA and HA presents 
an intriguing bioink platform, which has the potential to 
be widely applied in the field of cartilage repair.
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Abstract
Three-dimensional (3D) bioprinting technologies play significant roles in various 
facets of the medical field, such as bioengineering, tissue repair, scaffolds, 
biomedical devices, and drug. As a versatile manufacturing technology, 3D 
bioprinting is able to overcome the constraints of other conventional methods 
and shows potential for future advancements in the field of biology. Nevertheless, 
the existing 3D bioprinting technologies still grapple with significant challenges in 
materials, equipment, and applications. Therefore, it is essential to select appropriate 
bioprinting method in alignment with the required application. In this review, we 
aim to cover the development, classification, and application of 3D bioprinting, 
with a particular emphasis on the fundamental printing principles. Additionally, we 
discuss the potential of 3D bioprinting in terms of materialization, structuralization, 
and functionalization, highlighting its prospective applications. We firmly believe 
that 3D printing technology will witness widespread adoption in the future, as it has 
the potential to address the limitations associated with multi-size, multi-material, 
multi-cell, and high-precision bioprinting.

Keywords: Tissue engineering; Scaffolds; Biomedical devices; Drug delivery

1. Introduction
Three-dimensional (3D) bioprinting technology leverages customizable 3D models, 
software algorithms, and precision control molding methods to integrate cells, 
biomolecules, and biological scaffolds.1 This innovative and multidisciplinary field 
unifies manufacturing principles with biomedical science to conceive and produce 
functional artificial organs, implants, and intricate 3D cellular structures.2 Due to their 
capacity to fabricate intricate and personalized structures, 3D bioprinting technologies 
hold tremendous potential in medical applications. More importantly, 3D printing offers 
an effective solution, marked by its precision and customization capabilities, to address 
the distinct physiological variations and characteristics between individuals.3 Thus, this 
technology finds utility in crafting medical innovations like customized implant stents, 
tissues, and organs, which can be tailored to individual needs, revolutionizing healthcare 
through personalized therapeutic solutions.4 3D bioprinting demonstrates its prowess 
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in producing limited-batch or large-scale personalized 
medical devices, expanding from its initial role in in 
vitro device production. Its applications are now rapidly 
growing to encompass individually customized permanent 
implants, clinical restorative interventions, and pioneering 
research endeavors in drug development.5 3D bioprinting 
technologies have emerged as promising tools for creating 
intricate 3D cell structures in vitro. However, there are 
several common misconceptions surrounding these 
technologies. Many people believe that 3D bioprinting 
can print any type of material and facilitate the production 
of transplantable organs, such as hearts, livers, kidneys, 
and lungs. In reality, the original vision of 3D bioprinting 
producing fully functional transplantable organs has 
not been realized, and significant hurdles remain to be 
overcome.6 Organs are significantly more complex than 
commonly understood. Firstly, there is still much to 
uncover about the intricate biological processes involved 
in organ development. Secondly, reproducing the complex 
architecture of organs presents substantial manufacturing 
challenges.7 For instance, despite their seemingly simple 
appearance, blood vessels comprise multiple layers with 
diverse cell structures, and they possess properties such 
as selective permeability, elasticity, and anticoagulation. 
These factors make it extremely challenging to bioprint 
fully functional blood vessels in vitro to replace damaged 
ones in vivo.

Contemporary research in the realm of 3D bioprinting 
primarily concentrates on establishing a 3D biological 
environment in vitro to mimic in vivo conditions, and 
encompasses endeavors like high-throughput drug 
screening, organogenesis, and the study of pathological 
mechanisms. It is crucial to recognize, however, that 
creating tissues or organs in vitro is incapable of fully 
addressing the escalating scarcity of transplantable organs. 
While it is feasible to manufacture cell-housing structures, 
these structures merely mimic the external appearance 
and form of internal tissues and organs. The cells within 
these constructs only exhibit fundamental collaborative 
functions, falling short of the intricate physiological 
operations showcased by real organs. This conundrum 
epitomizes the major challenge confronting 3D bioprinting 
technologies today.

This paper furnishes an overarching review of the 
evolution, categorization, and utilization of 3D bioprinting 
technologies, emphasizing the foundational principles 
of 3D printing. Additionally, we introduce biological 
materials that harmonize with 3D printing. However, the 
current research landscape predominantly encompasses 
a limited spectrum of biological materials, whereas 
human tissues and organs, for the most part, comprise 
intricate amalgamations of elements with specific 

biological and mechanical impacts. Gazing ahead, we 
engage in speculation concerning the potential evolution 
of 3D bioprinting technologies. Our projection envisions 
widespread adoption of these technologies across diverse 
domains, especially for the fabrication of individualized 
and heterogeneous intricate biological constructs. 3D 
bioprinting stands poised for applications spanning the 
generation of in vitro medical models, bespoke implantable 
devices, scaffolds for tissue engineering, and elaborate 3D 
cellular frameworks. Furthermore, it will wield a pivotal 
role in tailored diagnostics and therapeutics, customized 
medical equipment, regenerative medicinal interventions, 
and domains of investigation encompassing pathological 
and pharmacological inquiries, drug innovation, and 
biopharmaceutical sector. On the whole, the forthcoming 
horizons for 3D bioprinting technologies radiate promise 
and portend a revolution in the medical sector for years to 
come.

2. Overview of 3D bioprinting technologies
2.1. Research progress of 3D bioprinting at home 
and abroad
In recent times, the advancements in artificial organ 3D 
printing technology have garnered significant interest across 
diverse research fields. Numerous investigations have been 
undertaken in this domain. For example, Antezana et al. 
harnessed micro-stereolithography technology to fabricate 
scaffolds for tissues.8 Jiang et al. devised a technique that 
incorporates graphene oxide (GO) and mesenchymal 
stem cells directly into gelatin methacryloyl (GelMA), 
forming biocompatible scaffolds for bone regenerative 
therapy.9 Furthermore, through 3D bioprinting, the 
decellularized extracellular matrix (dECM) is freeze-
dried and subsequently reconstituted, then amalgamated 
with gelatin, alginate, and cells, yielding a novel form of 
biological scaffold. The United States is actively playing 
a spearheading role in the research and development of 
3D printing of artificial organs, and has initiated projects 
focusing on the crafting of 3D breast cancer tissue models, 
cell printing for wound healing, and the fusion of microliver 
simulations with cell constructs. Esteemed institutions such 
as the Massachusetts Institute of Technology (MIT) are at 
the forefront of this field, concentrating notably on cell 3D 
printing and organ bioprinting. Several medical research 
organizations and enterprises have also made significant 
strides utilizing 3D printing technology to fabricate human 
organs and tissues, including arteries, cardiac tissue, lungs, 
and kidneys. In addition, Koch et al. have corroborated 
the viability of 3D printing for tissue regeneration.10 The 
rapidly evolving 3D printing technology for artificial organ 
in China has surpassed the global standards. Researchers 
from numerous Chinese universities and institutions have 
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achieved remarkable breakthroughs in this domain. At 
Tsinghua University, Sun et al. group produced animal 
hearts using cardiomyocytes and biomaterials. The printed 
cells demonstrated rhythmic beating, suggesting potential 
functionality of the printed organs. Furthermore, they 
3D-printed stem cells extracted from amniotic fluid 
and incorporated bone differentiation factors to achieve 
activation. This innovation can address periodontal tissue 
defects. Following printing and cultivation, the product 
exhibited an organized structure with physiological 
functions. This team also pioneered essential bioprinting 
technology, resulting in novel biological patents for a precise 
stem cell culture system featuring biomimetic capabilities. 
China’s rapid strides in the advancements of 3D printing 
technology for artificial organ have enabled its permeation 
into diverse applications, including medical implants. 
These advancements hold immense potential for the future 
of regenerative medicine and healthcare (Figure 1).

Leveraging strides in both life science and 
manufacturing, 3D printing has found wide-ranging 
applications within biomedical domains encompassing 
surgery, dentistry, tissue engineering, regenerative 
medicine, and pharmaceutical formulation.11 Empowered 

by computer-assisted imaging, 3D bioprinting technology 
empowers the meticulous creation of tailored scaffolds 
that faithfully replicate the intricate 3D framework of 
impaired tissues and organs. These scaffolds, coupled 
with seed cells and scaffold materials, acquire biological 
functionality. As a result, 3D bioprinting has drawn 
substantial interest within the sphere.12 In 1990, Chuck 
Hull first introduced the concept of 3D printing.13 Since 
the 1990s, 3D printing technology has rapidly advanced. 
The initial 3D bioprinter was developed by Wilson and 
Boland.14 In contrast to traditional flat printing, 3D 
printing entails the creation of 3D objects. It operates on 
the principles of additive manufacturing, where layers are 
progressively deposited to form a complex 3D structure. 
This diverges from conventional manufacturing methods 
like subtractive manufacturing and molding. As one of the 
disruptive technologies shaping the forthcoming economy 
and human existence, 3D printing seamlessly amalgamates 
diverse disciplines, including materials science, machinery 
manufacturing, information technology, electronics, 
and engineering design. It surmounts the limitations 
encountered by conventional manufacturing in dealing with 
intricate structures. 3D printing permits the production of 
tailored and personalized items, significantly improving 

Figure 1. A timeline depicting the advancements of 3D bioprinting.
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cost-efficiency and instigating a fresh industrial paradigm. 
Post-2020, numerous novel 3D bioprinting techniques 
have emerged, such as in situ printing, suspension 
printing, and digital light processing.15 Presently, 3D 
printing boasts wide-ranging applications across domains 
such as biomedicine, aerospace, architectural design, 
cultural industries, industrial production, and military 
equipment.16,17 

In this part, we present and compare four primary types 
of 3D bioprinting technologies, namely fused deposition 
modeling (FDM), direct ink writing (DIW), selective laser 
sintering (SLS), and digital light processing (DLP) (Table 1).
Abbreviations: DLP, digital light processing; DIW, direct 
ink writing; FDM, fused deposition modeling; SLS, 
selective laser sintering.

2.2. Fused deposition modeling
Fused deposition modeling is a rapid prototyping process 
distinct from other techniques as it does not rely on lasers 
as a formative energy source. Instead, it involves the 
heating and liquefaction of diverse wire-like materials, 
such as engineering plastics including polylactic acid 
(PLA) and polycarbonate (PC), followed by layer-by-layer 
construction.18,19 The formative sequence is described as 
follows (Figure 2A): Controlled by computer algorithms, 
the heating nozzle maneuvers within the XY plane in line 
with the cross-sectional outline of the desired product. 
Thermoplastic filament materials are fed into the heating 
nozzle via a wire feeding mechanism. Subsequently, these 
materials are heated, reaching a semi-liquid state within the 
nozzle, and then extruded. Upon extrusion, the material is 
selectively laid onto the work surface and rapidly cooled, 
yielding a slender profile with a designated thickness. After 
each cross-sectional layer is generated, the work surface 
is lowered, and the subsequent layer is deposited. This 
iterative process closely resembles the act of “drawing” the 
contour of the cross-section, culminating in the creation of 
a 3D product.20 Nevertheless, it is crucial to acknowledge 
that FDM, as a molding technology, bears inherent merits 

and demerits in comparison to other molding techniques. 
Among its merits are elevated molding precision, robustness 
of the printed model, and an array of color choices. On the 
flip side, it harbors shortcomings, including a relatively 
coarse surface texture on the molded object.

2.3. Direct ink writing
Direct ink writing, also known as robocasting grouting, is 
a process involving the controlled extrusion of ink from 
a temperature-regulated barrel through a nozzle onto a 
substrate using either a screw extrusion or pneumatic 
pressure control system (Figure 2B). The ink is deposited in 
a layer-by-layer fashion based on the analysis of model slices 
and the generation of code. Key direct writing parameters 
(pressure, speed) and environmental factors (temperature, 
direct writing medium) significantly influence the process. 
It is crucial to appropriately match the ink with the 
corresponding direct writing parameters and environmental 
conditions to ensure structural stability. DIW displays three 
central attributes.21,22 Firstly, it offers versatility in material 
selection, encompassing metals, ceramics, polymers, 
hydrogels, composites, and even biological cells. Secondly, 
the ink exhibits shear-thinning properties and notable 
viscoelasticity, enabling it to sustain a consistent form and 
layer stacking without collapsing post-extrusion. Thirdly, 
the ink boasts elevated solid content, thereby mitigating 
volume and shape alterations during subsequent processing. 
Ink solidification can be accomplished through solvents, 
temperature shifts, gelation, or direct writing media, among 
others. The rheological properties and solid content are 
contingent on the chosen solidification mechanism. Inks 
with slower curing rates require solid content with higher 
moduli to ensure proper solidification, whereas inks with 
quicker curing rates can tolerate with solid content of 
lower moduli.23 However, DIW does come with certain 
constraints. Primarily, materials must be carefully designed 
to be compatible with direct writing inks and to flow 
seamlessly through the narrow nozzle, as clogging can occur 
otherwise. Secondly, the product’s diameter is often confined 
by the nozzle’s size, and the pattern deposited is restricted by 

Table 1. Comparison of different 3D printing technologies

Methods Materials Fabrication mechanism Typical
resolution

Applications Cost

FDM Thermoplastics Heating and extruding solid 
filament

50–100 μm Blood vessel, tissue +

DIW Viscoelastic ink Liquid ink is 
squeezed through the nozzle

1–250 μm Organ, tissue +

SLS Polymers, ceramics, 
metals, and composites

Melt sintering 1–250 μm Tooth, skeleton ++++

DLP Optical crosslinking 
material

Optical crosslinking 50–200 μm Organ, tissue, delivery +++
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the movement trajectory of the nozzle.24 These limitations 
present challenges to the innovative application of DIW.

2.4. Selective laser sintering
Selective laser sintering is a 3D printing methodology 
that employs an infrared laser to fuse powder materials 
together. The process commences by depositing a layer 
of powder material using a powder roller (Figure 2C). 
Subsequently, the powder is heated to a temperature just 
below the sintering threshold by a temperature control 
mechanism within the printing apparatus. A laser beam 
is then directed onto the powder layer, elevating the 
temperature of the irradiated powder above its melting 
point. This triggers sintering, causing the powder 
particles to fuse and establish a bond with the previously 
consolidated layer beneath.25 As each layer is sintered, 
the printing platform descends by a layer thickness, and 
the powder application system overlays a fresh layer of 
powder onto the platform. Subsequently, the laser beam is 
precisely controlled to irradiate the new layer for sintering. 
This cyclical procedure is reiterated layer by layer until the 
entire 3D object is successfully printed.

SLS demonstrates versatility in printing diverse 
materials, spanning polymers, ceramics, metals, and 
composite substances. Additionally, it facilitates the 
generation of intricate and distinct structures. The merits 
of SLS encompass a few crucial aspects26:

(i)	 SLS technology is compatible with a broad spectrum 
of materials, encompassing nylon, polystyrene, 
various polymers, metals like iron and titanium, 
alloys, ceramics, and coated sand. This material 
diversity facilitates the creation of diverse prototypes 
and components. 

(ii)	 One notable advantage of SLS is its heightened 
manufacturing efficiency. Unlike certain additive 
manufacturing processes that fully melt the powder, 
SLS solely sinters it, thereby speeding up the 
production times. Furthermore, SLS demonstrates 
remarkable material utilization efficiency. Unfused 
powder can be reclaimed for use, minimizing 
material wastage and saving cost in comparison to 
other techniques.

(iii)	 Diverging from FDM and stereolithography 
processes, SLS does not necessitate auxiliary support 
structures. Unfused powder can inherently support 
the model’s cavities and overhangs, negating the 
requirement for supplementary support design. This 
enables the direct fabrication of intricate prototypes 
and components. The versatility of SLS technology 
extends to an array of applications. Leveraging a 
variety of formable materials, sintered components are 

adaptable for multiple functions, including prototype 
design models, master dies for die casting, investment 
casting molds, and casting shells and cores.

Several technical limitations of SLS are depicted  
as follows27:

(i)	 Elevated raw material expenses and procurement 
costs: The materials employed in SLS, especially 
metal powders, can be costly. Additionally, sourcing 
and acquiring these materials can prove to be 
demanding and expensive.

(ii)	 Metal parts produced through SLS often exhibit 
unsatisfactory or limited mechanical properties, 
such as heightened porosity and suboptimal 
mechanical attributes. The joining of low-melting-
point powder with high-melting-point powder 
results in reduced elongation and restricted 
suitability for manufacturing functional metal 
components.

(iii)	 Utilizing varied materials in SLS might 
necessitate supplementary and intricate auxiliary 
procedures. For instance, raw materials may need 
extensive pretreatment, including heating, which 
increases overall production time and expenses. 
Additionally, finishing surfaces may entail powder 
cleaning.

2.5. Digital light processing
Digital light processing is a technology harnessing 
digital processing to project image signals, yielding a 
final product. The DLP apparatus (depicted in Figure 
2D) comprises a reservoir containing photopolymer, 
which can be solidified through ultraviolet light exposure 
at a specific wavelength. Positioned below the liquid 
reservoir is the DLP imaging system, with its imaging 
surface situated at the bottom. Through the curing of 
a thin layer of photopolymer possessing a predefined 
shape and thickness corresponding to the cross-sectional 
configuration extracted from prior slicing, a 3D structure 
is incrementally assembled layer by layer.28 Above the 
liquid reservoir, a lifting mechanism elevates the cured 
resin, detaching it from the bottom surface and causing 
it to adhere to the lifting plate or the preceding mold’s 
resin layer. This integration of projection mechanisms 
contributes to the compact sizing of the equipment, as 
the layer curing and forming function module is more 
compact. The molding traits of DLP technology are 
concisely summarized as follows2,29: (i) elevated curing 
speed due to heightened light efficiency at 405 nm; (ii) 
cost-effectiveness; (iii) high-resolution output; and (iv) 
enhanced reliability. 
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However, DLP is not devoid of inherent drawbacks 
and disadvantages: (i) Post-printing, remnants of 
consumable resin may be left on the model’s surface, 
necessitating subsequent cleaning and washing. (ii) The 
printing platform’s dimensions are restricted, preventing 
the production of voluminous models. (iii) Resin is a 
chemical compound emitting a range of undesirable 
odors, containing trace toxins, and demanding a specific 
operating environment (Figure 2).

3. Materials for bioprinting 
3.1. Biomedical polymer materials
Biomedical materials represent a distinct category 
of substances, either natural or synthetic, that are 
meticulously crafted to interact harmoniously with living 
systems. These materials find application in diverse medical 
contexts, encompassing disease diagnosis, treatment, the 
replacement of cells, tissues, and organs, as well as the 
stimulation of regenerative processes.30,31 Medical polymer 
materials can be sorted into three primary categories: 
natural polymer materials, non-degradable polymer 
materials, and degradable polymer materials. In this 
segment, we delve into a more comprehensive exploration 
of each of these material categories.

Natural medical polymer materials are of organic 
origin and encompass substances like cellulose, chitin, 

and hyaluronic acid. For example, cellulose is as a 
macromolecular polysaccharide composed of glucose 
units.32 It demonstrates insolubility in water and 
common organic solvents. Notably, cellulose is the 
primary constituent of plant cell walls and ranks as the 
most abundant polysaccharide in nature, contributing 
to over 50% of the carbon content in the plant realm. 
Cotton, characterized by a cellulose content approaching 
100%, represents a pristine natural source of cellulose.33 
Broadly, wood harbors around 40–50% cellulose, 10–30% 
hemicellulose, and 20–30% lignin. Although cellulose itself 
is soluble in water, the substantial intermolecular hydrogen 
bonding it possesses obstructs its dissolution in both water 
and organic solvents. This solubility constraint restricts its 
utility in biomedical applications (Figure 3).34

Chitin, a polysaccharide sourced from the exoskeletons 
of marine crustaceans, manifests as a pale beige to white 
substance. It readily dissolves in concentrated hydrochloric 
acid, phosphoric acid, sulfuric acid, and acetic acid, yet 
it remains insoluble in alkaline solutions, various other 
organic solvents, and water. The versatility of chitin is 
showcased through its extensive application in diverse 
medical products. It finds utility in crafting an array of 
medical supplies, such as contact lenses, synthetic skin, 
sutures, artificial dialysis membranes, and prosthetic blood 
vessels (Figure 4).35,36

Figure 2. Schematic illustrations of different 3D printing technologies. (A) Fused deposition modeling; (B) direct ink writing; (C) selective laser sintering; 
(D) digital light processing.
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Figure 3. Cellulose material. (A) Schematic representation of the hierarchical structure of cellulose molecules from abundant sources.32 Copyright © 
Elsevier 2022. Reprinted with permission of Elsevier. (B) 3D-printed cellulose nanofibrils resembling cartilage tissues of human ear.33 Copyright © 
American Chemical Society 2015. Reprinted with permission of American Chemical Society. (C) Direct imaging of cellulose fibrils (stained blue) in 
isotropic, unidirectional and patterned samples; scale bar: 200 μm.34 Copyright © Springer Nature 2016. Reprinted with permission of Springer Nature.

Figure 4. Chitin material. (A) Multi-scale structures of chitin in nature.35 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley 
and Sons. (B) Chemical structures of chitin; arrangements of chitin molecules in α-chitin, β-chitin, and γ-chitin.35 Copyright © John Wiley and Sons 2023. 
Reprinted with permission of John Wiley and Sons. (C) Preparation of chitin ionic liquid gel.35,36 Copyright © Elsevier 2020. Reprinted with permission 
of Elsevier.
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Hyaluronic acid is an acidic mucopolysaccharide 
initially extracted from the vitreous body of bovine 
eyes.37 Owing to its distinctive molecular structure and 
unique physical and chemical attributes, hyaluronic 
acid serves various pivotal physiological roles within 
the body. For instance, it functions in joint lubrication, 
the regulation of blood vessel wall permeability, and 
the modulation of proteins. Given its considerable 
clinical significance as a biochemical drug, hyaluronic 
acid has extensive applications in numerous types of 
eye surgeries, including lens implantation, corneal 
transplantation, and anti-glaucoma procedures.38,39 
Furthermore, it contributes to the treatment of arthritis 
and expedites wound healing (Figure 5).

Non-degradable polymer medical materials possess 
the capacity to maintain stability over extended periods 
within the physiological environment, resisting substantial 
degradation, crosslinking, or physical deterioration. These 
polymers showcase exceptional physical and mechanical 
attributes, which are pivotal for their swift integration into 
the medical domain. Several noteworthy non-degradable 
polymer medical materials include polyethylene, 
polypropylene, polyvinyl chloride, polyvinyl alcohol, and 
polymethyl methacrylate (Figure 6).

Polyethylene is a milky white thermoplastic resin 
polymerized from ethylene. It can be industrially produced 
from a mixture of the copolymer of ether and a small 
amount of α-olefin. Polyethylene is tasteless, odorless, 

Figure 5. Hyaluronic acid (HA) material. (A) HA disaccharide unit chemical structure and its structural, physical, and biological properties.37 Copyright 
© John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (B) Major applications of HA in biomedical fields.37 (C) HA-coated 
liposome for targeted delivery of curcumin.38,39 Copyright © John Wiley and Sons 2022. Reprinted with permission of John Wiley and Sons. Copyright © 
Elsevier 2023. Reprinted with permission of Elsevier. (D) Preparation of SA/HAexo-PLGAKGN scaffold and its biological function.38,39 Copyright © John 
Wiley and Sons 2022. Reprinted with permission of John Wiley and Sons. Copyright © Elsevier 2023. Reprinted with permission of Elsevier. (E) Schematic 
illustration of forming HepaRG spheroids containing HA microparticles and evaluating cell viability and cell migration activity.38,39 Copyright © John 
Wiley and Sons 2022. Reprinted with permission of John Wiley and Sons. Copyright © Elsevier 2023. Reprinted with permission of Elsevier.
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non-toxic, and wax-like in texture. It has excellent low-
temperature resistance (the lowest operating temperature 
can reach -100 to -70°C), has good chemical stability, 
and is resistant to most acids and alkalis. Given its good 
biocompatibility, it is ideal for long-term implantation.40 
The fact that it can be preformed lends itself convenient 
for clinical use, and it can be thermally sculpted to meet 
clinical requirements. Polyethylene can be fastened with 
sutures, screws, and wires and is mainly used in jaw 
surface repairs, eyeball fillings, nose or cheek fillings, and 
ventilation medical devices.

Polypropylene is a polymer produced through addition 
polymerization of propylene. It is a white waxy material with 
transparency and lightness. Polypropylene is flammable, but 
it can resist the corrosion of acids, alkalis, salt solutions, 
and various organic solvents below 80°C.41 Nevertheless, 
it will decompose under high temperature and oxidation. 
Polypropylene is a thermoplastic synthetic resin with 
excellent properties. It is a colorless, translucent, lightweight, 

general-purpose plastic with notable properties such as 
chemical resistance, heat resistance, electrical insulation, 
high mechanical strength, and good processability, 
including abrasion resistance.42 In the medical field, the 
most common polypropylene medical products are medical 
non-woven fabrics. These fabrics are produced with special 
polypropylene material and warp knitting process, which 
have excellent thermal stability and abrasion resistance.43 In 
addition, disposable medical products such as gloves, scotch 
tape, and medical tubing are also made of polypropylene.44,45 
Polypropylene is also used in hardware products due to its 
chemical stability, mechanical properties, and physiological 
safety. For example, it can be used as a flat artificial kidney 
splint. Polypropylene, whose surface has been treated with 
active agents, can also be used to produce artificial lungs 
(Figure 7).

Polyvinyl chloride (PVC) is a polymer formed through 
free radical polymerization under the action of light and 
heat. It is an amorphous white powder with a relative 

Figure 6. Polyethylene material. (A) Schematic representation of the methodology adopted for biomimetic porous high-density polyethylene/polyethylene-
grafted-maleic anhydride scaffold development.40 Copyright © Elsevier 2023. Reprinted with permission of Elsevier. (B) Porous high-density polyethylene 
scaffolds.40 Copyright © Elsevier 2023. Reprinted with permission of Elsevier.
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density of about 1.4. PVC materials are widely used in 
the medical device industry, mainly because of their good 
physical properties, such as ease to manufacture, and good 
compatibility with intravenous fluids and blood. Commonly 
used PVC products in medical treatment contain dihexyl 
phthalate plasticizer. The function of dihexyl phthalate is 
to increase the elasticity of PVC products. As one of the 
most cost-effective and widely used plasticizers, dihexyl 
phthalate functions to make PVC soft and elastic. PVC 
is also the principal material used in disposable sterile 
medical devices, and medical products made of plasticized 
PVC were originally used to replace natural rubber and 
glass in medical devices, since plasticized PVC material 
is easier to sterilize, more transparent, more chemically 
stable, and cost-effective. Plasticized PVC products are 
easy to use, and because of their softness and elasticity, 

they can minimize damage to sensitive tissues and reduce 
discomfort to patients (Figure 8).

Polyvinyl alcohol (PVA) is a white, stable, non-toxic, 
water-soluble polymer. It usually exists in the form of 
a powder, flake, or flocculent solid produced through 
the polymerization and alcoholysis of vinyl acetate. PVA 
contains many alcohol groups, which give it polarity and 
the ability to form hydrogen bonds with water. Therefore, it 
is soluble in water. It is also soluble in hot hydroxyl solvents, 
such as glycerin and phenol, but insoluble in general 
organic solvents, such as methanol, benzene, acetone, and 
gasoline. PVA with a degree of alcoholysis of less than 
95% can be dissolved in water at room temperature, while 
PVA with a degree of alcoholysis of more than 99.5% can 
only be dissolved in hot water above 95°C. PVA has been 
widely used in the field of biomedical engineering due to 

Figure 7. Polypropylene material. (A) Ag-Cu nanoparticles anchored on polypropylene (PP) nonwoven fabrics.41 Copyright © Elsevier 2021. Reprinted 
with permission of Elsevier. (B) Schematic illustration of the preparation of PMP/PP TFC membrane and subsequent anticoagulant modification with 
PVA/PSS.42 Copyright © Elsevier 2022. Reprinted with permission of Elsevier. (C) Schematic illustration of lithium deposition for cells using rGO/Li-
Al-LDH@PP separators.43 Copyright © Elsevier 2022. Reprinted with permission of Elsevier. (D) Scanning electron microscopy micrographs.44,45 (E) 
Polypropylene-derived carbon can be employed as a heating element for boiling water at 8 W.44,45 Copyright © Elsevier 2021. Reprinted with permission of 
Elsevier. Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons.
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its water content, elastic modulus, low friction coefficient, 
high mechanical strength, rich pore structure, and good 
biocompatibility, which is equivalent to that of human 
tissue. PVA is also used in artificial cartilage, sustained 
drug release system, ophthalmology, artificial cell 
microencapsulation, anticoagulant materials, biomedical 
sponge, etc (Figure 9).

Polymethyl methacrylate (PMMA), commonly known 
as acrylic or plexiglass, is a polymer used as a substitute 
for glass by virtue of its high transparency, affordability, 
and ease of processing. In addition to possessing high 

mechanical strength and good moisture resistance, PMMA 
is lightweight and durable for a long time under humid 
conditions. It is also resistant to water-soluble inorganic 
salts and some dilute acids. PMMA has excellent anti-aging 
properties, biocompatibility, excellent optical properties, 
and high light transmittance.57,58 Carbon fiber-reinforced 
PMMA composites exhibit superior flexural strength, 
modulus of rupture, and impact resistance compared to 
human skull materials, and play a vital role in protecting 
patients after skull defect repair.59 Modified hydrophilic 
PMMA is widely used in ophthalmology, burn dressings, 
drug microcapsules, and other fields. In addition, PMMA 

Figure 8. Polyvinyl chloride (PVC) material. (A) Schematic illumination of CEC/PVCg matrix for actuation and sensing applications.46 Copyright © 
Springer Nature 2023. Reprinted with permission of Springer Nature. (B) Photograph of PVC DMA gel and PVC.47 Copyright © Elsevier 2023. Reprinted 
with permission of Elsevier. (C) Microscopic morphology of PVC gel and PVC organic-ionogel.48 Copyright © Elsevier 2023. Reprinted with permission 
of Elsevier. (D) Hydrogel-interconnected NIPVC gel being stretched by >450%.49 Copyright © Elsevier 2022. Reprinted with permission of Elsevier. (E) 
Schematic of the PVC gel-based single layer TENG and 3D network structure of the PVC gel.50 Copyright © John Wiley and Sons 2022. Reprinted with 
permission of John Wiley and Sons. (F) Schematic representation of the mechanism behind electric field-induced bending deformation of PVC gel.51 
Copyright © John Wiley and Sons 2022. Reprinted with permission of John Wiley and Sons. (G) Schematic of biocomposites preparation.52 Copyright © 
Springer Nature 2023. Reprinted with permission of Springer Nature.
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is the main polymer material used in the production of 
dialysis membranes for artificial kidneys (Figure 10).

Degradable polymer materials refer to synthetic 
polymers that can spontaneously degrade in a biological 
environment and produce non-toxic degradation products. 
These materials must meet specific requirements, such 
as not causing an immune or toxic reaction after entering 
the human body. In addition, the degradation time of the 
material must match the time for the material to function 
in vivo, with its eventual metabolism occurring outside the 
body. Degradation products of the material must also be 
non-toxic and non-immunogenic. Finally, the material must 
be easy to process. Polycaprolactone, poly(lactic-co-glycolic 
acid), and hydrogel are typical degradable polymer materials.

Polycaprolactone (PCL) is an organic polymer that 
appears as a white solid powder. It is soluble in organic 

solvents but insoluble in water. PCL has a low melting 
point, is biodegradable and biocompatible, and can be used 
in degradable plastics, medical and hygienic products, 
plastic materials, nanofiber spinning, plasticizers, etc.65,66 
Poly(lactic acid-co-glycolic acid) (PLGA) is produced by 
the random polymerization of two monomers, lactic acid 
and glycolic acid. It is a functional, degradable organic 
compound with excellent biocompatibility, non-toxicity, 
and film-forming ability. PLGA has a wide range of 
applications in medicine, medical engineering, and various 
modern industrial fields.67 In the United States, PLGA has 
been certified by the U.S. Food and Drug Administration 
(FDA) and officially recognized as a pharmaceutical 
excipient by the United States Pharmacopoeia (Figure 11).68

3.2. Hydrogel materials
Hydrogels are potential materials providing a strong 
impetus behind the development of medical field. The 3D 

Figure 9. Polyvinyl alcohol (PVA) material. (A) A schematic illustration of the fabrication process of slippery PVA hydrogel contact lens using 3D-printed 
smooth molds.53 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (B) Schematic illustration process for 
MXene@Ag/PVA composite films.54 Copyright © Springer Nature 2023. Reprinted with permission of Springer Nature. (C) Computer-aided design (CAD) 
model (left) and stereomicroscopic images (right) of perfusable branch constructs fabricated via volumetric printing using a resin containing 1.5% nPVA 
and 3% nPVA within 14.2 and 11.5 s, respectively.55 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (D) 
Optical images of different magnetic salted-out PVA microrobot structures immersed in acetone. Scale bar: 100 µm. The insets correspond to the designs 
used for printing the microstructures.56 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons.
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network structure allows them to absorb large amounts 
of water, which causes expansion while maintaining the 
structure. The properties of hydrogels are dictated by 
their structure. Biocompatibility, biodegradability, and 
nanocomposite properties are the most common properties 
of hydrogels used in the medical field. Hydrogels boast a 
high resemblance to living tissue than any other synthetic 
biomaterial and are closer to the extracellular matrix 
(ECM) in nature.75,76 Besides, hydrogels are able to reduce 
water absorption at the surrounding tissues, thereby 
improving the biological properties of the material.

Hydrogels can be classified according to their response 
to external stimuli. Traditional hydrogels are relatively 
insensitive, while environmentally sensitive hydrogels can 
detect small changes in the environment, which could 
lead to structural, chemical, and even genetic changes. 

Temperature-sensitive hydrogels, pH-sensitive hydrogels, 
light-sensitive hydrogels, and pressure-sensitive hydrogels 
are a few examples of sensitive hydrogels. Hydrogels 
have good scientific research and market application 
prospects due to their varied response properties to 
different environmental conditions.77,78 Furthermore, 
hydrogels can be distinguished based on their network 
bonding. Physical hydrogels are generated by physical 
forces such as electrostatic interactions, hydrogen bonds, 
and chain entanglements, while chemical hydrogels are 
formed by crosslinking chemical bonds. Hydrogels can 
also be classified according to their synthetic materials, 
with synthetic polymer hydrogels and natural polymer 
hydrogels being the two main subcategories.

Hydrogel materials are biofunctional materials 
that share high level of similarity to living tissues by 

Figure 10. Polymethyl methacrylate (PMMA) material. (A) Schematic of the preparation and functional mechanism of PG@PMMA through emulsion 
polymerization.60 Copyright © Elsevier 2023. Reprinted with permission of Elsevier. (B) Scanning electron microscopy (SEM) images of tensile fracture 
surface.61 Copyright © Springer Nature 2023. Reprinted with permission of Springer Nature. (C) Electrospun PMMA fibers-based membrane achieving 
a full-particle size separation of oil-water emulsion.62 Copyright © Elsevier 2023. Reprinted with permission of Elsevier. (D) Key applications of PMMA: 
secondary impression tray, acrylic artificial teeth, and denture with acrylic teeth.63 (E) Cross-sectional SEM and digital camera images of the hybrid 
photothermal structure; scale bars: 1 µm and 0.5 cm, respectively.64 Copyright © Elsevier 2023. Reprinted with permission of Elsevier.
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virtue of their high water content, good water retention, 
good biocompatibility, and microstructure similar to 
ECM. Hydrogels are highly permeable to water-soluble 
metabolites, such as glucose, nutrients, and oxygen. 
Their ability to immobilize and release cells, genes, and 
drugs makes them versatile materials for biomedical 
applications, including drug delivery systems, ophthalmic 

materials, tissue engineering scaffolds, medical dressings, 
and cosmetics.

Hydrogels have good permeability to water-soluble small 
molecules and can release loaded substances continuously 
for a long time. This property enables hydrogels to be used 
as smart carriers in drug delivery systems for enhanced 
targeting efficacy. The vitreous body, situated between the 

Figure 11. Polycaprolactone (PCL) and poly(lactic acid-co-glycolic acid) (PLGA) materials. (A) PCL electrospun nanofiber membranes with immobilized 
MXene; transmission electron microscopy image of the PCL-MX-2 sample (red arrows point to MXene flakes).69 Copyright © American Chemical Society 
2023. Reprinted with permission of American Chemical Society. (B) Schematic diagram of a composite scaffold of mesoporous hyaluronic acid (HA) 
microspheres loaded with BMP-2 and PLGA matrix.70 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (C) 
Morphological images of fabricated electrospun PCL/polycarbosilane (PCS).71 Copyright © Elsevier 2022. Reprinted with permission of Elsevier. (D) 
The preparation process of PLGA/PATGP core-shell nanofibers.72 Copyright © Springer Nature 2022. Reprinted with permission of Springer Nature. 
(E) Fibroblast membrane‐camouflaged nanoparticle (FNP) is supported by a PLGA-based nanoparticle cores.73 Copyright © John Wiley and Sons 2022. 
Reprinted with permission of John Wiley and Sons. (F) Contemporary stealth surface modifications for improved PLGA particulate drug delivery.74 
Copyright © John Wiley and Sons 2022. Reprinted with permission of John Wiley and Sons.
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lens and the retina, is a clear gel composed of collagen and 
hyaluronic acid, making it a hydrogel tissue with sufficient 
strength and elastic functions. Hydrogels have been 
utilized to make artificial vitreous bodies for addressing 
conditions such as vitreous opacity and retinal detachment 
that can lead to vision loss. The hydrogel-based artificial 
vitreous body developed by Leone et al. using polyethylene 
glycol/polyvinylpyrrolidone exhibited viscoelasticity and 
effectively filled and smoothed the retina. Additionally, 
hydrogels are biocompatible and hydrophilic, and can swell 
up after water absorption without affecting their structural 
integrity. They can encapsulate bioactive factors, transmit 
signals to cells, and support cell culture.79 As scaffold 
materials for tissue engineering, hydrogels can fill defect 
spaces and provide support structures for cell growth and 
function. Furthermore, neural progenitor cells can be 
cultured and expanded within hydrogels to create scaffolds 
for stem cell culture.80 Traditional wound dressings such as 
gauze and cotton balls are clinically used because they can 
easily adhere to the wound. On the other hand, hydrogels 
emerge as a better option as they provide a high-humidity 
healing environment while continuously absorbing wound 
exudate. The transparency or translucence of hydrogel is 
another advantage, allowing wound monitoring, and the 
drug can be embedded in the hydrogel, so that the drug 
can be gradually and continuously released to the affected 
area to promote healing of the wound. Therefore, hydrogel 
dressings have become an increasingly important functional 
material in the field of skin repair and regeneration in 
recent years.81 This is also marked by the important 
functions of hydrogels suitable for skin repair, such as 
oxygen permeability, physical barrier against bacteria, 
absorption of secretions and odor control, mitigation of 
inflammatory response and blood infiltration, inhibition 
of scar formation, and acceleration of wound healing. 
Hydrogels can be used as skin substitutes during wound 
healing, protecting the skin while preventing subsequent 
damage, promoting skin regeneration, and accelerating 
wound healing.82 Taken together, hydrogels have great 
promise as potential material for facilitating effective 
wound healing and skin repair (Figure 12).

3.3. Biomedical ceramic materials
A biomedical ceramic is a specific type of ceramic designed 
for medical applications. They represent an important 
branch of biomaterials and are the first inorganic non-
metallic materials used for the diagnosis, treatment, and 
regeneration of pathological human tissues and organs.88 
Initially, the materials for implantation into the human 
body for tissue replacement and repair were selected 
based on the criteria of non-biochemical reactivity and 
high stability, and this resulted in the first generation of 
bioceramics or bioinert ceramics. However, further research 

on the interaction of implant materials with the human 
body gave rise to the second-generation bioceramics, 
which have been developed into bioactive ceramics that 
can form biochemical bonds with tissues.89 Porous calcium 
phosphate bioactive ceramics exhibit osteoinductivity, or 
the ability to induce bone tissue formation without the 
addition of growth factors or living cells, sparking research 
interest in materials for tissue regeneration. Biomaterials 
such as biomedical ceramics can adjust the biological 
effects of materials by controlling various parameters of the 
material, such as phase structure, chemical composition, 
mechanical properties, porous structure, and surface 
micro-nanostructure. This regulation can effectively 
control the directed differentiation and specific cell 
behavior of stem cells, regulate the growth of blood vessels, 
and promote the regeneration and repair of damaged 
tissues. A new generation of tissue-inducing biomaterials 
has been developed based on osteoinductive studies of 
porous calcium phosphate ceramics. These materials can 
stimulate self-healing functions, allowing regeneration of 
damaged tissue or organs after implantation.

Traditional belief suggests that non-living biomaterials 
cannot elicit tissue formation or organ regeneration. 
However, recent research developments challenge this 
notion by showing that tissues and organs can indeed arise 
from non-living substances. This perspective represents 
a significant departure from the established concept of 
biomaterials. Notably, research on biomedical calcium 
phosphate ceramics, which can induce bone tissue 
formation, has illuminated several novel approaches to 
tissue regeneration. These approaches propose utilizing 
non-living biomaterials implanted within the human 
body to stimulate the regeneration or formation of living 
tissues and organs. This innovative method is referred to as 
material-induced tissue regeneration.95 

Biomedical ceramics have found extensive applications 
in medical field, including artificial bones, artificial joints, 
artificial tooth roots, bone filling materials, bone substitutes, 
tissue engineering scaffolds, artificial heart valves, artificial 
tendons, artificial blood vessels, artificial trachea, and 
prosthetic skin. This versatility has led to their integration 
into a wide range of prosthetic and medical devices. From 
a clinical perspective, the primary objective of utilizing 
biomedical ceramic materials is to replace damaged hard 
tissues like bone and dental tissue through transplantation 
techniques, addressing defects and providing mechanical 
support. Due to their remarkable physical and chemical 
similarity to natural hard tissues, biomedical ceramics have 
gained prominence in surgical applications, notably in the 
fields of dentistry and orthopedics. Alumina and zirconia 
ceramics are among the most notable biomedical ceramics, 
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which are renowned for their exceptional mechanical 
properties. These materials can be fashioned into artificial 
implants, dental crowns, and patches, restoring the function 
of compromised tooth tissues. Additionally, they can be 
utilized to create artificial joints that replace damaged joints 
for restoring mobility and functionality. The continuously 
advancing biomedical ceramics preparation techniques have 
bequeathed ceramic artificial joints superior performance, 
as compared to traditional alloy materials, in replacement 
operations of joints, such as hip, knee, shoulder, elbow, 
and wrist. For instance, alumina-zirconia composite 
ceramic joints, often referred to as “powder pottery,” have 
substantially improved wear resistance, chemical stability, 

and biocompatibility. They also emerge as a promising 
interface material for artificial joints, potentially surpassing 
both traditional alloy joints and conventional ceramic 
artificial joint materials (Figure 13).

Furthermore, hydroxyapatite and bioactive glass 
biomedical ceramic materials have gained significant 
attention in recent years. These materials find widespread 
use as coatings for metallic implants or as components in 
composite implants, such as bone screws, plates, and other 
orthopedic implants. These materials capitalize on their 
strong biocompatibility properties, leading to substantial 
improvements in the osseointegration capability of 

Figure 12. Hydrogel materials. (A) Photographs of sodium alginate(SA) solution, human-like collagen (H-A) solution, and formed hydrogel.83 Copyright 
© Springer Nature 2023. Reprinted with permission of Springer Nature. (B) Schematic illustration and photos of the CNTs-Ecoflex0.1/PNIPAm0.5 as an 
electric switch to turn on/off red and green lights under NIR irradiation.84 Copyright © Elsevier 2021. Reprinted with permission of Elsevier. (C) Schematic 
diagram of the positive and negative curvatures bending for electroactive hydrogel as a function of the separated electric field with a vertical electrode 
configuration.85 Copyright © Springer Nature 2020. Reprinted with permission of Springer Nature. (D) The structure of the electric and magnetic field 
integrated systems.86 Copyright © IOP 2020. Reprinted with permission of IOP. (E) Scanning electron microscopy images of microgel@PAM/CS hydrogels 
and typical macroscopic wound healing panorama on days 7, 11, and 15.87 Copyright © American Chemical Society 2023. Reprinted with permission of 
American Chemical Society.
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implants.96 Their importance is growing across various 
applications, including fracture fixation repair, spinal 
fusion, alveolar bone elevation, mandibular reconstruction, 
and tooth root replacement. In cases of bone replacement 
and filling, porous biodegradable biomedical ceramics 
are employed, which are readily absorbed by the body 

after implantation. These ceramics stimulate bone tissue 
regeneration, expediting the recovery of bone tissue 
function. This category encompasses materials like porous 
hydroxyapatite ceramics, tricalcium phosphate ceramics, 
and more. Notably, these porous ceramic materials often 
serve as carriers for cells and factors used in bone tissue 

Figure 13. (A) Schematic diagrams of metal-organic framework tricalcium phosphate (MOF-TCP) scaffolds.89 Copyright © John Wiley and Sons 2023. 
Reprinted with permission of John Wiley and Sons. (B) Schematic representation of the process for producing template inverted particle (TIP), an inorganic 
calcium phosphate microparticle.90 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (C) BG-TCP bioceramic 
scaffolds promote bone regeneration through the regulation of angiogenesis and osteogenesis.91 Copyright © Elsevier 2023. Reprinted with permission 
of Elsevier. (D) Focused ion beam scanning electron microscopy (FIB-SEM) images of Ti-TESPMA-Gel-CaP and Ti-TPSA-Gel-CaP.92 Copyright © John 
Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (E) Schematic diagram of EPI-loaded PAA/CaP (CaP-EPI) nanoparticles for 
transarterial chemoembolization (TACE) therapy.93 Copyright © American Chemical Society 2023. Reprinted with permission of American Chemical 
Society. (F) Images of water-triggered, complete filling of a defect in chicken bone by using a pre-compressed biphasic calcium phosphate (BCP) ceramic 
sponge.94 Copyright © John Wiley and Sons 2021. Reprinted with permission of John Wiley and Sons.
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engineering, significantly enhancing bone regeneration 
processes.97 As 3D printing technology for biomedical 
ceramics continues to mature, the potential clinical 
applications for these materials are likely to expand further, 
opening up new avenues for innovation in the medical 
field (Table 2).

4. Applications of 3D bioprinting
As advancements in science and technology continue, 
organ transplantation has emerged as a lifeline for an 
increasing number of individuals facing organ failure and 
diagnosed with malignant tumors. However, the persistent 
shortage of donors has posed significant challenges for 
both patients and medical professionals. This scarcity has 
spurred the growth of underground and black-market organ 
trading. Recognizing the importance of addressing this 
concern, the Chinese government has resorted to scientific 
approach, placing significant emphasis on developing new 
technologies in the field of organ transplantation. Statistics 
reveal that out of the 1.5 million individuals in China 
afflicted with organ failure each year, only a fraction, roughly 
over 10,000 people, are qualified for organ transplantation. 
Unfortunately, many of the unselected individuals are left 
to face the increasing risk of organ deterioration or fatality 
while awaiting suitable donors.98,99 In recent years, the advent 
of 3D printing technology has offered a potential solution to 
the grave challenges encountered in organ transplantation. 
The inception of 3D printing technology dated back to the 
mid-1990s. This technique involves methodologies such as 
photocuring and layering of materials to rapidly prototype 
a design. This emerging application technology relies on 
computer-generated 3D digital imaging and multi-level 
continuous printing techniques. 3D printing for artificial 
organs is rooted in this technology, which specifically 

utilizes living cells as raw materials to print functional 
living tissues. This approach can employ autogenic adult 
stem cells, which are induced to differentiate in vitro, as 
the foundation for printing functional organs or tissues. 
This can be achieved by in vitro and in vivo means, thus 
overcoming the challenge of organ scarcity by generating 
substitutes for malfunctioning organs or tissues.100,101 In the 
realm of organ transplantation, this technique stands as a 
notable method for generating bone, artificial blood vessels, 
skin, vascular splints, heart tissue, and cartilage structures.

4.1. Artificial bone
The demand for personalized customized artificial bones 
in clinical applications is significant due to the irregular 
shapes of human bones and substantial variations in inter-
individual anatomy.102,103 Ma’s work involves femtosecond 
laser-programmed 3D microrobotic prototype artificial 
musculoskeletal systems.104 This approach utilizes two 
photosensitive materials sequentially built in predesigned 
structures, offering a general protocol for the direct 
printing of 3D microrobots composed of multiple 
materials. Huang et al. introduced a new surgical strategy 
for anterior fixation of unstable sacral fractures assisted 
by a minimally invasive subtropical approach using 3D 
printing.105 This approach minimizes trauma and bleeding 
while addressing complex fractures. Strehin developed a 
chondroitin sulfate-polyethylene glycol (CS-PEG) adhesive 
hydrogel with versatile biomedical applications.106 By 
functionalizing the carboxyl groups on the chondroitin 
sulfate (CS) chain with n-hydroxysuccinimide (NHS), 
adhesive hydrogels comprising biological and synthetic 
components were established. On the other hand, Dekali 
et al. reported a reproducible bioprinting process, followed 
by successful post-bioprinting chondrogenic differentiation 
using numerous human mesenchymal stem cell spheroids 

Table 2. Comparison of different materials

Materials Advantages Disadvantages

Cellulose Abundant in content Poor solubility

Chitin Abundant in content Poor solubility

Hyaluronic acid Good mechanical properties The preparation process is intricate and costly

Polyethylene High biocompatibility Poor solubility

Polypropylene Excellent electrical performance Poor antioxidant

Polyvinyl chloride Excellent electrical performance Low biocompatibility

Polyvinyl alcohol Excellent electrical performance Poor fluidity

Polymethyl methacrylate High biocompatibility The preparation process is intricate and costly

Polycaprolactone Excellent electrical performance Poor solubility

Poly(lactic acid-co-glycolic acid) High biocompatibility The preparation process is intricate and costly

Hydrogels High biocompatibility Low biocompatibility

Biomedical ceramics High biocompatibility The preparation process is intricate and costly
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encapsulated in xanthan alginate gel.107 Liu et al. prepared 
PCL/SrHA composite scaffolds via 3D printing, which 
hold great promise as bone tissue engineering implant 
materials.108 Another achievement was accomplished in 
the creation of a 3D-printed biodegradable scaffold for 
controlled release of deferoxamine, which is essential 
for angiogenesis and osteogenesis.109 The scaffold’s 
design aligns with bone development and remodeling 
through surface ammonolysis and layer-by-layer 
assembly techniques. The combination of 3D printing 
technology and digital design effectively enhances internal 
fixation and implantation outcomes for complex tibial  
plateau fractures (Figure 14).

4.2. Artificial blood vessels
In the modern context, the rising prevalence of 
cardiovascular and cerebrovascular diseases has 
heightened the clinical demand for vascular grafts. 

To meet this demand, 3D artificial organ technology 
is harnessed to fabricate blood vessels and vascular 
repair materials for transplantation. For instance, Gold 
et al. introduced a novel nanoengineered hydrogel 
bioink capable of 3D-printing anatomically accurate 
multicellular blood vessels by recreating the intricate 
physical and chemical microenvironment of the human 
vasculature.110 A bioprinting strategy known as sequential 
printing in a reversible ink template (SPIRIT) was 
developed by Fang et al., which allows the generation 
of cardiac tissue and organoids through extensive stem 
cell proliferation and cardiac differentiation.111 Moore 
et al. identified a subset of natural materials with the 
potential to produce durable, small-diameter vascular 
grafts, addressing a critical need for cardiovascular 
treatments.112 As part of the effort to meet the growing 
demand for grafts, Silbermann et al. introduced a method 

Figure 14. Artificial bone. (A) Schematic illustration for the femtosecond laser programmable fabrication of the musculoskeletal systems.104 Copyright 
© Springer Nature 2020. Reprinted with permission of Springer Nature. (B) Simulated anterior plate fixation on a 3D-printed sacral fracture model.105 
Copyright © Elsevier 2021. Reprinted with permission of Elsevier. (C) Hematoxylin–eosin staining of CS-PEG and PEG gels after subcutaneous injection 
in a rat model.106 Copyright © Elsevier 2010. Reprinted with permission of Elsevier. (D) Chondrogenic differentiation after the bioprinting process was 
confirmed with the assessment of GAG deposition in cells cultured in chondrogenic media for 28 days (GAG is stained blue in Alcian blue staining), as 
compared to no deposition at day 1, before the differentiation process commenced.107 Copyright © John Wiley and Sons 2023. Reprinted with permission 
of John Wiley and Sons. (E) Microcomputed tomography images and 3D reconstruction images of Sprague-Dawley rats’ skull defects after treatment with 
different 3D-printed scaffolds for 12 weeks.108 Copyright © Elsevier 2019. Reprinted with permission of Elsevier. (F) The staining image showed that the 
new bone matured after 4 and 8 weeks of implantation.109 Copyright © Elsevier 2019. Reprinted with permission of Elsevier. 
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to enhance engineered cardiac tissue prepared from 
differentiated induced pluripotent stem cells (iPSCs) and 
ECM-based hydrogels in a fully biocompatible manner.113 
On the other hand, Mark et al. pioneered the assembly 
of hundreds of thousands of organ-building blocks into 
living matrices with high cell density.114 Embedded 3D 
bioprinting introduces perfusable vascular channels, 

resulting in perfused cardiac tissue that fuses and beats 
synchronously over a 7-day period. Besides, Song et al. 
utilized a femtosecond laser beam loaded on a spatial 
light modulator (SLM) through pre-designed computer-
generated holograms (CGHs) to modulate into a gap-ring 
Bessel beam, subsequently fabricating artificial blood 
vessels (Figure 15).114

Figure 15. Artificial blood vessel. (A) Fabrication of 3D vascular model.110 Copyright © John Wiley and Sons 2021. Reprinted with permission of John Wiley 
and Sons. (B) An image sequence showing the embedded printing of a branched vascular network within the micro-based biphasic (MB) bioink-based 
suspension medium.111 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (C) Criteria for the rational design 
of artificial blood vessels. Abbreviations: EC, endothelial cell; EG, endothelial glycocalyx; RBC, red blood cell; SMC, smooth muscle cell.112 Copyright © 
Elsevier 2022. Reprinted with permission of Elsevier. (D) Reinforcing 3D-printed vascularized cardiac tissue.113 Copyright © John Wiley and Sons 2023. 
Reprinted with permission of John Wiley and Sons. (E) A conceptual schematic showing the rapid preparation of complex biomimetic microtube networks 
by a dynamic holographic processing method.114 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons.
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4.3. Artificial organ
The integration of precision medicine approach into 3D 
printing of human organs was first proposed by Radenkovic 
et al.115 This concept involves seeding cells with optimal 
resolution, ensuring their viability during printing, 
employing compatible printers, and ultimately implanting 
the fabricated organs into patients. For instance, creating 
artificial livers involves emulating hepatic lobule structure 
to manufacture hepatic units, the fundamental components 
of liver structure and function. Yuan et al. presented a 
robust gelatin-based hydrogel with remarkable toughness 
and biocompatibility, which can be directly sutured to 
severed tendons of adult rabbits, rapidly promoting tendon 
differentiation and recovery to the initial state within 8 
weeks.116 In another study, Wang et al. developed a clinical-
grade bioartificial liver (BAL) device utilizing human 
induced hepatocytes (hiHeps) produced under Good 
Manufacturing Practice (GMP) conditions.117 Meanwhile, 
Liu et al. successfully repaired a skull model with a sagittal 
suture defect.118 Several studies have proposed techniques 
based on 3D printing for facilitating artificial organ 
creation. John et al. reported a method for creating aligned 
cardiac tissue using anisotropic organ building blocks 
bioprinted from human-induced pluripotent stem cell-
derived cardiomyocytes.119 This approach enables high cell 
density and intricate cell arrangements, which are critical 
determinants for functional cardiac tissue creation. On the 
other hand, Noor et al. presented a simple technique for 
3D printing thick, vascularized, perfusable cardiac patches 
tailored to a patient’s immune, cellular, biochemical, 
and anatomical attributes.120 Mathematical modeling of 
oxygen delivery further improved vascular structure, and 
the elongated cardiomyocytes in these patches exhibited 
abundant actin striations (Figure 16).

4.4. Skin repair
Researchers have explored various ECMs in the context 
of 3D printing technology for skin applications. This 
approach aims to optimize the natural properties and 
activity of skin, allowing for effective repair of damaged 
skin post-transplantation and seamless integration 
between printed and normal skin. Wu et al. utilized three 
distinct skin cell types—keratinocytes, melanocytes, and 
fibroblasts from different donors—to create a 3D-colored 
human skin structure that closely resembles the complex 
pigmentation of the donors.121 This innovation has enabled 
the development of in vitro 3D skin constructs with 
coloration, serving purposes such as toxicology testing 
and basic cell biology research. Hakimi et al. introduced 
a handheld skin printer capable of on-site fabrication 
of biomaterial and skin tissue sheets featuring varied 
homogeneity and structural composition.122 Precise sheet 
formation was achieved by synchronizing the delivery flow 

rates of bioink and crosslinker solutions, along with the 
speed at which a pair of rollers actively moved the cartridge 
across the surface. Additionally, Kim et al. presented a novel 
printing platform for the creation of mature, perfusable 
vascularized 3D human skin equivalents, encompassing 
epidermis, dermis, and subcutaneous tissue.123 This 
advancement holds potential for offering an enhanced in 
vitro platform for pathology research and the investigation 
of dermatological mechanisms. The application of 3D 
bioprinting in regenerative medicine provides a flexible tool 
to address these challenges. For instance, Cubo utilized this 
technique to print two layers of human skin using bioinks 
containing human plasma, primary human fibroblasts, 
and keratinocytes obtained from skin biopsies.124 This 
highlights the potential of 3D bioprinting in generating 
skin constructs for various applications, ranging from 
regenerative medicine to dermatological research.

Ma et al. employed “cell writing” bioprinting 
technology to create a functional skin substitute, supplied 
with blood vessels, based on a biomimetic multicellular 
system.125 This system, encompassing SS-containing 
constructs, showcased an unprecedented blend of 
vascularized skin-like structure and the capacity to induce 
vascularization. It demonstrated remarkable angiogenic 
activity both in vitro and in vivo. This investigation offers 
insights into crafting biomimetic multicellular structures 
with angiogenesis-inducing attributes, which can aid in 
regenerating vascularized complex and layered tissues. 
Zhang et al. developed a swift and straightforward method 
to directly process adipose tissue into microfragmented 
adipocyte ECM.126 This matrix was harnessed as the 
primary component of bioinks for fabricating biomimetic 
multilayered implants via 3D bioprinting. This approach 
accelerates the production of bioprinted skin substitutes 
and holds promise for treating full-thickness skin defects. 
Puchett et al. showcased newly formulated inks and the 
capability to generate comprehensive skin models through 
an open-source printer.127 Through immunostaining and 
electron microscopy, they demonstrated that the bioprinted 
skin displayed all the characteristics of human skin at both 
molecular and macromolecular levels. This underscores 
the potential of bioprinting to create highly authentic skin 
models for various applications (Figure 17).

4.5. Stomatology
Mouthwash tools are made of a variety of materials, 
including alloys, biochemical ceramics, and photosensitive 
resins. Alloys are predominantly used in 3D printing for 
creating toothed belts, dental bridges, metal inner crowns, 
and other components. Laser sintering is sometimes 
employed in tooth restoration. Ceramic 3D printing 
is used to repair damaged oral tools and restore gear 
components, especially for backlash correction, and is 
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often performed together with β-tricalcium phosphate 
and apatite, which share structural similarity to teeth.128,129 
Polymer materials, specifically photosensitive resin, are 
employed in mouthwash tools, often combined with 
anodized aluminum oxide and zirconia-mounted ceramics 
in printed joints.

Han et al. developed a particle-based bioink called 
demineralized dentin matrix (DDM) with improved 
3D printing capabilities.130 Cytocompatibility tests 
demonstrated that this bioink preserved the viability of 
dental pulp stem cells (DPSCs) at over 95%. Furthermore, 
DPSCs displayed enhanced odontogenic differentiation 

Figure 16. Artificial organ. (A) 3D-printed custom-made skull implant produced by Xilloc B.V. was used to treat a left-skull deformity acquired after 
multiple surgeries and resorption of transplanted bones.115 Copyright © Elsevier 2016. Reprinted with permission of Elsevier. (B) Intraoperative images 
of in vivo tendon repair experiments.116 Copyright © John Wiley and Sons 2023. Reprinted with permission of John Wiley and Sons. (C) Miniature pigs 
treated with empty-BAL or hiHep-BAL.117 Copyright © Elsevier 2023. Reprinted with permission of Elsevier. (D) Photographs showing a critical-sized 
skull defect (4 × 1 mm) in the nude mice and the transplantation of biomimetic periosteum.118 Copyright © John Wiley and Sons 2023. Reprinted with 
permission of John Wiley and Sons. (E) Schematic overview of the bioprinting process used to generate aligned cardiac macrofilaments on macropillars.119 
Copyright © John Wiley and Sons 2022. Reprinted with permission of John Wiley and Sons. (F) A printed heart within a support bath.120 Copyright © 
John Wiley and Sons 2019. Reprinted with permission of John Wiley and Sons.
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with increasing DDM particle concentration. Ahmadinejad 
et al. created composite materials, such as PCL/45S5 
bioglass (BG), and 3D-printed scaffolds using PCL/HA.131 
These structures were evaluated separately for dentin and 
pulp tissue regeneration. Their findings indicate that PCL/
BG and PCL/HA scaffolds exhibit the potential to enhance 
human dental pulp stem cell (hDPSC) adhesion and 
odontogenic differentiation, contributing to dental tissue 
regeneration. 

Lin et al. conducted research involving the 
incorporation of varying concentrations of calcium silicate 

(CS) within a GelMA matrix.132 They utilized bioprinting 
to create scaffolds loaded with hDPSCs, aiming to assess 
their potential to promote tooth formation. The outcomes 
revealed that CS/GelMA scaffolds not only improved 
the physical and chemical attributes of hDPSCs but also 
exhibited enhanced tooth generation capabilities when 
compared to GelMA scaffolds. These findings suggest that 
CS/GelMA scaffolds hold promise as cell-loaded materials 
for future clinical applications and dentin regeneration. 
In the work by Wang et al., bilayer scaffolds supported by 
gingival fibroblasts and composed of collagen and strontium-

Figure 17. Skin repair. (A) 3D-bioprinted pigmented human skin constructs with uniform skin pigmentation.121 Copyright © IOP 2018. Reprinted with 
permission of IOP. (B) In situ 3D printing in the field of skin repair.122 Copyright © Royal Society of Chemistry 2018. Reprinted with permission of Royal 
Society of Chemistry. (C) A 3D skin equivalent composed of dermis and epidermis (normal) and a perfusable and vascularized 3D skin equivalent 
composed of hypodermis, dermis, and epidermis.123 Copyright © John Wiley and Sons 2019. Reprinted with permission of John Wiley and Sons. (D) 
Histological analysis, performed 8 weeks post-grafting, of bioprinted human skin grafted to immunodeficient mice.124 Copyright © IOP 2018. Reprinted 
with permission of IOP. (E) Induction of skin tissue regeneration in nude mice.125 Copyright © John Wiley and Sons 2021. Reprinted with permission 
of John Wiley and Sons. (F) Representative hematoxylin–eosin staining images of biomimetic multilayer implants on day 14, which accelerated wound 
healing in a murine model of a full-thickness skin defect.126 Copyright © American Chemical Society 2023. Reprinted with permission of American 
Chemical Society. (G) Histological and morphological characterization of bioprinted skin.127 Copyright © John Wiley and Sons 2017. Reprinted with 
permission of John Wiley and Sons.
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doped calcium silicate (SrCS) were fabricated.133 Achieved 
through 3D printing, these cell-supported collagen/SrCS 
bilayer scaffolds demonstrated the potential to promote 
bone regeneration in the context of osteoporosis, while 
also enhancing osteogenesis. This approach is particularly 
relevant for periodontal regeneration. Kim et al. evaluated 
the effects of biocomposites incorporated with bioactive 
cells, bone-derived dECM, and calcium phosphate 
ceramics on osteogenic and odontogenic differentiation 
of hDPSCs.134 The hDPSC-loaded biocomposite was 
implanted into the subcutaneous region of mice, leading to 
significant osteogenic/odontogenic heterotopic hard tissue 

formation after 8 weeks. Yang et al. designed 3D-bioprinted 
biomimetic periodontal modules using GelMA/dECM 
cell-loaded bioinks.22 These modules exhibited high 
integrity and substantially enhanced the regeneration of 
periodontal tissues in Beagle hybrid models. Notably, they 
facilitated the development of well-aligned periodontal 
fibers, anchoring structures at the bone-ligament interface, 
and highly mineralized alveolar bone (Figure 18).

4.6. Cellular printing
Cell printing pertains to incorporating living cells in 
biomaterials, like hydrogels, for generating bioinks. These 

Figure  18. Stomatology. (A) Fabrication result of tooth-shaped hydrogel construct printed with DPSC-laden DDM particle bioink (10% w/v).130 (B) 
Morphological characterization of the 3D-printed PCL/BG and PCL/HyA bilayer scaffolds CAD models of the scaffolds.131 Copyright © MDPI 2021. 
Reprinted with permission of MDPI. (C) Printability test of CS/GelMa bioinks and the images of the fabricated 3D scaffolds.132 Copyright © MDPI 2021. 
Reprinted with permission of MDPI. (D) Side-view images of the Collagen bioink/SrCS bilayer scaffolds.133 Copyright © MDPI 2021. Reprinted with 
permission of MDPI. (E) Optical for 3D printing dECM-20 biocomposite.134 Copyright © John Wiley and Sons 2022. Reprinted with permission of John 
Wiley and Sons. (F) Periodontal regeneration induced by the 3D-bioprinted periodontal module.22 Copyright © John Wiley and Sons 2023. Reprinted with 
permission of John Wiley and Sons.
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bioinks are then used in 3D printing to construct organs 
or organ prototypes. This approach finds extensive utility 
in tissue repair, which is instrumental for unraveling tissue 
development mechanisms and facilitating drug screening. 
Hydrogels, formulated from hydrophilic polymers such as 
alginate, gelatin, and GelMA, undergo crosslinking through 
various mechanisms, such as thermal entanglement, 
molecular self-assembly, electrostatic interactions, ionic 
bonding, and chemical reactions. Cui et al. introduced 
an innovative technique employing 3D cell printing 
technology to establish a method for addressing volumetric 
muscle loss using dECM bioink.135 This technique facilitated 
the generation of volumetric muscle structures utilizing 
cell-loaded dECM bioinks with the aid of a particle-
based printing approach. The outcomes underscore the 
potential of 3D cell printing in conjunction with tissue-
derived bioinks for effectively generating biomimetic 
engineered muscles, thus enhancing the treatment of 
volumetric muscle loss injuries. Proposed by Ribezzi et al., 
a groundbreaking approach termed embedded extrusion 
volume printing, which encompasses polymer extrusion 
bioprinting and layerless ultrafast volumetric bioprinting, 
allows for the spatial arrangement of various inks and cell 
types, opening up new avenues for producing biologically 
functional regenerative grafts.136 Moreover, this approach 
holds promise in developing engineered living systems and 
models for metabolic diseases. 

Ali et al. devised a kidney-specific microenvironment 
for kidney tissue bioprinting using a photo-crosslinked 
kidney ECM-derived bioink called KdECMMA.137 The 
resulting bioprinted kidney constructs exhibit both 
structural and functional traits akin to native kidney 
tissue. The utility of tissue-specific ECM-derived bioinks 
was demonstrated in cell-based bioprinting, promoting 
cell maturation and eventual tissue formation. Singh et 
al. utilized coaxial 3D cell printing technology to craft 
microfluidic hollow tubes, comprising tubular/vascular 
renal parenchyma composed of tubular epithelial cells 
and endothelial cells.138 They developed a hybrid bioink 
that can create the microenvironment of vascularized 
native kidney tissue. With rapid crosslinking properties, 
this hybrid bioink optimizes cell function and retains 
the predefined hollow tube architecture, which holds 
promise for applications in regenerative medicine. On the 
other hand, Kim et al. innovatively modified the 3D cell 
printing process to yield in situ uniaxial alignment and 
microtopography.139 Leveraging 3D printing technology, 
they successfully generated cell-based dECM structures 
imbued with distinct topographical cues. This approach’s 
potential extension to various musculoskeletal tissues like 
tendons and ligaments could lead to the development of 
in vitro tissue-on-a-chip models for drug screening and 

developmental studies. Abate’s team introduced a novel 
microfluidic technique named high-resolution single-cell 
printing.140 This technique utilizes a highly miniaturized 
microfluidic sorter within Bioprine to precisely print 
individual cells from a mixture of multiple candidates. 
Achieving precision at ~10 μm and a speed of ~100 Hz, 
this approach has notable implications for bioprinting 
applications requiring single-cell precision.

This technology overcame the limitations of traditional 
tissue engineering methods with low spatial resolution 
and allows for precise control of cell distribution. In the 
“cell printing” process, cells (or cell aggregates) and a sol 
gel (precursor of hydrogel) are simultaneously placed 
in the printhead of a printer. The deposition positions 
of cell-containing droplets are controlled by a computer, 
and printing is done point by point at specified locations. 
After printing one layer, another layer is printed on top, 
and this layer-by-layer process continues to create a 3D 
multicellular/gel system.

Compared to traditional tissue engineering techniques like 
“cell-scaffold” methods, cell printing offers several advantages: 
(i) simultaneous construction of biologically active 2D or 
3D “multi-cell/material” systems; (ii) accurate deposition of 
different types of cells in spatiotemporal manner; and (iii) 
creation of a 3D microenvironment for cells. 

Furthermore, cell printing is a high-throughput 
cell arrangement technology that is entirely computer-
controlled and can be developed into a technique for in 
situ operations within an organism. This technology finds 
applications in tissue engineering, development of cell-
based sensors, modeling in drug metabolism kinetics, and 
drug screening (Figure 19).

5. Discussion
3D bioprinting technology can meet personalized, small-
batch, and large-scale medical needs. It has been widely 
used in the field of in vitro medical device manufacturing 
and is currently being extended to personalized permanent 
implants, clinical prosthetics, and drug development 
trials. However, with the expansion of the application of 
3D bioprinting technology in the field of biomedicine, 
problems such as low printing throughput, standardization 
of preparations, and specialization have become key 
constraints restricting the application of this technology. 
In addition to adopting the core technology of traditional 
3D printing, all manufacturing processes must be able 
to satisfy biological and medical standards, as well as 
preserve cell activity and tissue function. This required 
extensive experimentations to optimize the integration of 
biomaterials, cells, and growth factors for 3D bioprinting 
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each organ. Despite that, some specific limitations of 
bioprinting should be acknowledged.

5.1. Methods
Extrusion printing poses a considerable hurdle to 
sustaining cell viability. When printing involves cells, 
the chief detriment to cellular integrity arises from the 
shear forces induced by liquid flow during the printing 
process. Furthermore, the diminutive caliber of the nozzle 
markedly exacerbates cellular impairment. Consequently, 
the extrusion printing approach encounters challenges 
in concurrently attaining optimal cell vitality and precise 
printing. Altering the nozzle diameter entails trade-
offs: increasing it compromises printing resolution, 

whereas decreasing it compromises printing accuracy, 
thus jeopardizing cell viability. Conversely, light-assisted 
methodologies sidestep the nozzle structure, effectively 
managing both cell vitality and printing precision. 
Nonetheless, it is important to note that light exposure also 
influences cell activity, necessitating judicious control of 
light parameters for optimal outcomes.

5.2. Materials
Modifying crosslinked materials presents a pivotal 
approach within the realm of light-assisted molding. This 
technique, known as crosslinking molding, involves the 
fixation and shaping of printed materials through precise 
temperature regulation, chemical treatments, ultraviolet 

Figure  19. Cellular printing. (A) 3D cell printing of large-volume tissue constructs with a granule-based printing reservoir.135 Copyright © Elsevier 
2019. Reprinted with permission of Elsevier. (B) Sequential steps of embedded extrusion volumetric printing.136 Copyright © John Wiley and Sons 2023. 
Reprinted with permission of John Wiley and Sons. (C) Printing code and gross images of the printed KdECMMA-based constructs.137 Copyright © 
John Wiley and Sons 2019. Reprinted with permission of John Wiley and Sons. (D) Coaxial printing of monolayer and bilayer structures in complex 
hollow tubes.138 Copyright © Elsevier 2020. Reprinted with permission of Elsevier. (E) Optical, scanning electron microscopy, and live/dead images of the 
structures printed using the dECM-MA-based bioinks.139 Copyright © Elsevier 2020. Reprinted with permission of Elsevier. (F) High-definition single-cell 
printing printhead design and operation.140 Copyright © John Wiley and Sons 2020. Reprinted with permission of John Wiley and Sons.
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irradiation, and similar methods, all aimed at achieving the 
desired form. However, these crosslinking methodologies 
encounter a significant challenge, notably the potential 
to induce harm to cellular structures, proteins, and other 
sensitive materials. Presently, the prevailing strategy 
involves scaffold crosslinking employing substances like 
alginate, followed by cell cultivation atop the scaffold. 
Within the domain of bioprinting, conventional 3D 
printing materials are inadequate, thereby underscoring 
the ongoing necessity for innovative material development 
to address this predicament.

5.3. High throughput
The term “high throughput” denotes the capability to 
concurrently print multiple materials. It is important to 
note that different biological tissues own a diverse array 
of components, including cell types, proteins, and growth 
factors. Thus, this necessitates a more broadened scope 
of materials for printing, including those with intricate 
compositions and structures. As such, this constitutes a 
remarkably intricate precision-centric printing technology. 
Presently, extrusion printing employs a multi-nozzle 
structure to simultaneously print various materials; 
however, this approach struggles to maintain precise control 
over accuracy. In contrast, light-assisted printing lacks an 
efficient means to seamlessly switch between a multitude of 
printing materials, thus posing a limitation to its versatility.

5.4. Printing cost
The cost implications stem from two principal facets: the 
expense associated with printing equipment and the outlay 
for printing materials. In terms of equipment, extrusion 
printing equipment emerges as the more economical 
choice. Nevertheless, it harbors intrinsic constraints such as 
subpar resolution, compromised cell vitality, compatibility 
with a restricted spectrum of applicable materials, as well 
as susceptibility to issues like nozzle clogs and pipeline 
contamination. Separately, light-assisted printing demands 
a higher initial investment for equipment and entails greater 
technical complexity. In addition to the primary printing 
apparatus, supplementary equipment such as temperature 
and humidity control systems, monitoring devices, and 
other support structures also contribute to the overall cost.

Regarding printing supplies, when it comes to cell-
loaded printing, an assortment of cultured cell materials 
like serum and media are requisite. The delicate nature of 
cells makes them susceptible to premature demise, thereby 
exacerbating the depletion of consumables. Moreover, the 
field of bioprinting is currently marked by a protracted 
return-on-investment timeline. This is particularly evident 
in the context of tissue engineering, where the application 
of bioprinting remains primarily confined to research 

and development, with only a scant number of tangible 
product-level applications thus far.

5.5. Multi-technology integration
The four printing technologies highlighted in section 
2 exhibit distinct strengths and weaknesses. However, 
the existing literature has yet to yield reports that 
comprehensively amalgamate these various technologies 
for simultaneous application. The prospect of employing 
diverse methods tailored to specific organs is compelling, 
given the intricate nature of biological tissue. The 
multifaceted structure of biological tissue necessitates 
distinct preparation methods for varying components. 
The challenge lies in seamlessly harmonizing disparate 
realization methods to achieve a unified and cohesive 
approach. Currently, the integration of these methods 
remains a formidable task, one that demands innovative 
solutions to bridge the gap between the intricacies of tissue 
structure and the practicalities of printing technologies.

6. Outlooks
With the advances in 3D bioprinting and deepening 
crossover of different disciplines, the potential for 
revolutionary strides within in vitro living system 
engineering becomes increasingly plausible. Technological 
trends signify a shift from employing singular structural 
materials to harnessing functional and biological materials, 
underpinned by the scientific groundwork laid by 3D 
bioprinting. Concomitantly, progress in cell technology 
and biological materials furnishes the essential building 
blocks. The crux of this transformative evolution lies in 3D 
bioprinting as a pivotal manufacturing technique. Notably, 
the fusion of micro-nanotechnology and microfluidic chip 
technology has the capacity to engender sophisticated 
bionic bioreactors for cultivating living systems and living 
mechanical devices. Collectively, these developments hold 
the promise of catalyzing paradigmatic shifts within the 
realm of in vitro living system engineering.

6.1. 3D printing of tissues and organs
Indeed, 3D bioprinting represents a pivotal avenue for 
surmounting the challenges of organ transplantation in 
the future. It emerges as a crucial approach in addressing 
the persistent scarcity of donor organs. Anchored in an 
interdisciplinary convergence encompassing biology, 
materials science, chemistry, computer science, and 
various other fields, 3D bioprinting stands as a profound 
synthesis. This amalgamation of disciplines facilitates the 
fabrication of human tissues and organs, thereby offering 
a transformative solution to the critical donor shortfall 
in organ transplantation. By harnessing the power of 3D 
bioprinting, the prospect of manufacturing functional 
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human organs emerges as a promising trajectory that 
could revolutionize the field of organ transplantation.

Currently, the field of organ fabrication through 3D 
bioprinting is still in its nascent stages, with numerous 
underlying mechanisms yet to be fully elucidated. While 
successful achievements have been made in printing 
simpler tissues such as cartilage and skin, considerable 
limitations persist when attempting to print organs with 
intricate functionalities, such as liver, heart, and kidneys. 
Presently, the focus lies in reproducing the structural form 
of the organ, but the replication of complex physiological 
functions remains an ongoing challenge. Aspects like 
blood circulation, efficient oxygen and nutrient delivery 
to tissues, and timely elimination of metabolic waste prove 
intricate to replicate. Consequently, achieving artificial 
organs that emulate the capabilities of natural tissues and 
organs necessitates the convergence of 3D bioprinting 
with microfluidic technology, organ chips, and other 
related approaches. This underscores the requirement for 
continued exploration and research by numerous scholars 
in the quest to develop functional artificial organs.

6.2. Drug screening
Absolutely, 3D bioprinting technology holds immense 
potential in the realm of drug screening. As 3D 
bioprinting techniques advance, so does the refinement 
of 3D cell culture methods, subsequently catalyzing the 
development of sophisticated in vitro drug screening 
models. This technology transcends the limitations 
of traditional single-layer cell cultures, offering the 
capability to intricately mimic the microenvironment 
and material structure of cells within the body. This 
heightened fidelity in cell culture facilitates more 
accurate and intuitive representations of physiological 
conditions, culminating in optimal conditions for drug 
screening and the mitigation of treatment-related risks, 
particularly in the context of cancer. By harnessing the 
power of 3D bioprinting, the landscape of drug screening 
is significantly enhanced, enabling researchers to explore 
and assess potential treatments with heightened precision 
and reliability. 

Indeed, the in vitro tumor models engendered through 
3D bioprinting technology offer a remarkable advancement 
in accurately emulating the human physiological context. 
These models intricately replicate the dynamic spread of 
tumor cells within the human body, enhancing the efficacy 
of drug screening procedures. The progression of research 
in this field has even extended to encompass the intricate 
microenvironment existing within tumors.

While these achievements signify notable strides, 
it is crucial to acknowledge that the journey toward 

transformative breakthroughs in cancer treatment and 
the fabrication of artificial organs is far from concluded. 
The complexities inherent in cancer, along with the 
multifaceted intricacies of organ functionality, present 
formidable challenges that necessitate continued 
dedication, interdisciplinary collaboration, and innovative 
approaches. Nonetheless, the fusion of 3D bioprinting and 
advanced biomedical research positions us on a promising 
trajectory, guiding us toward future breakthroughs that 
hold the potential to reshape the landscape of cancer 
treatment and organ manufacturing.

6.3. Construction of in vitro physiological system
Microphysiological systems, also commonly known as 
organ-on-a-chip platforms, are in vitro constructs that 
emulate the interconnections between diverse human tissues 
and organs. Each of these systems is meticulously fashioned 
to replicate both the configuration and functionality of 
a distinct human organ or internal organ section. These 
constructs are interconnected through microfluidic 
networks. Their capabilities encompass the emulation 
and examination of interactions, such as those of drug–
cell, cell–cell, and organ–organ, within an in vitro setting, 
demonstrating an exceptional level of physiological fidelity.

Microphysiological systems span a spectrum of 
technological domains, including microfluidic chips, stem 
cell biology, 3D microarchitectures/matrices, engineering 
of multicellular systems, diverse bioassay methodologies, 
database tools, and computational models catering to 
singular or multiple organ systems. The paradigm of 
microphysiological systems is poised to bring about 
a paradigm shift in fundamental biology, physiology, 
pharmacology, toxicology, and medical research. The 
emphasis of microphysiological systems should be 
on devising tools that are physiologically relevant, 
straightforward, reproducible, and economical, thereby 
benefiting the entire scientific community.

6.4. Transition from structural to functional 
bioprinting
3D bioprinting is an advanced technology that combines 
biological materials with biocompatible scaffold materials 
to create biological tissues or organs with specific structures 
and functions. In this field, there are several challenges, and 
one of them is the transition from structural to functional 
bioprinting.

Potential solutions to achieve this transition include:

(i)	 Cell viability and differentiation. The structures 
created through 3D printing may have adverse effects 
on cell viability and differentiation. Solutions involve 
improving the formulation of bioinks to enhance cell 
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viability and utilizing biofeedback mechanisms to 
guide cell differentiation. 

(ii)	 Structural complexity. Creating biologically complex 
tissues is a challenge. Using multi-material printing 
and scaffold melting techniques can enable the 
fabrication of more intricate structures. 

(iii)	 Biocompatibility. Printed materials must be 
compatible with the human body and not trigger 
immune responses. Researchers have been developing 
novel bioinks to enhance biocompatibility. 

(iv)	 Functionality. Structured biological tissues must 
perform specific physiological functions. This may 
require consideration of the tissue’s microstructure 
and tissue engineering parameters during the design 
process to ensure it possesses the desired functionality.

6.5. Embedded bioprinting
Embedded 3D bioprinting refers to the 3D printing 
technology where biological materials are directly 
embedded into living tissues to repair, enhance, or 
augment the functionality of biological organisms. This 
is a field with enormous potential but also faces future 
opportunities and challenges.

Embedded 3D bioprinting enables the customization 
of biological tissues and organs according to the 
individual patient’s needs, epitomizing the concept of 
personalized medicine. This technology can be used for 
tissue repair, organ regeneration, and treatment of various 
diseases and injuries. Embedded 3D bioprinting can also 
be employed to create microtissue models with specific 
cell types and functions, suitable for drug screening and 
disease research. Devices for embedded 3D bioprinting 
can be utilized to produce wearable sensors, implantable 
medical devices, and smart health monitoring systems. If 
successful, embedded 3D bioprinting holds the potential 
to address long-standing issues in the medical field, such 
as organ transplantation.

However, it also presents several challenges: 

(i)	 Material selection and compatibility. The biological 
materials used in printing must be compatible 
with the host tissue to prevent immune rejection. 
Nevertheless, finding suitable bioinks and scaffold 
materials remains a challenge. 

(ii)	 Cell survival and differentiation. During the 
embedding process, cells need to survive and adapt 
to their new environment. However, ensuring cell 
survival and differentiation is a complex issue. 

(iii)	 Structural stability. The structures created through 
embedded 3D bioprinting must remain stable and 

can interact with surrounding tissues. Addressing 
issues related to structural stability and interaction is 
crucial.

6.6. Artificial food
3D-printed artificial food is a field full of potential, offering 
many opportunities, but this rising domain also faces some 
challenges. The following are the future prospects and 
challenges of 3D-printed artificial food. 

3D-printed food can be customized according to 
individual health needs and taste preferences, providing 
more personalized nutritional solutions. A more efficient 
production process is employed to produce 3D-printed 
food, thereby reducing food waste and the demand for 
land and water resources. This technology can be used to 
create new food textures, shapes, and tastes, driving food 
innovation. 3D printing of food is regarded as a rapid food 
production process that can efficiently overcome any food 
shortage situations. 

However, there are still some challenges facing this 
particular segment of 3D printing. Developing materials 
suitable for 3D printing of food while considering food 
safety, taste, and texture is a complex challenge. Ensuring 
the safety of 3D-printed food is a critical issue that needs 
to be addressed by a strict adherence to the prevailing 
food manufacturing and hygiene standards. Currently, 3D 
printing of food is a relatively costly endeavor; therefore, 
improvements in production efficiency to reduce costs 
and achieve scalability are required. In addition, the use 
of sustainable materials and production methods must be 
considered to minimize the environmental impact arising 
from the 3D printing process of food.

7. Conclusion
In summary, 3D bioprinting technology is widely used 
in the medical field and has unique advantages in the 
field of organ reconstruction, including the production of 
simulated medical models and biomedical devices. This 
technique has garnered enormous attention, which has 
promoted the unprecedented development of a growing 
number of promising biomolecular materials. At present, 
3D bioprinting technology is still unable to build organs 
and tissues that can be directly used for transplantation. 
In fact, several challenges should be surmounted in 
the process of continuously optimizing the current 
bioprinting techniques, such as strengthening immune 
response, affording capacity to vascularize, enabling 
multi-tissue printing, and allowing bionic structure 
formation, which are also viewed as opportunities for 
further improving the techniques. We believe that in 
the near future, bioprinting can achieve more profound 
breakthroughs in artificial organ preparation, which 



Advancements in 3D printing

73Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1752

International Journal of Bioprinting

directly contributes to the development of organ 
transplantation and personalized medicine.
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Abstract
Bioprinting is a novel technique with a wide range of potential uses, including the 
fabrication of functioning tissue constructs for use in the biomedical sectors. It is a 
revolutionary method for high-throughput manufacturing that automates fine control 
over manufactured structures. Bioink refers to the solution of biomaterials usually 
encapsulating cells used in the bioprinting process; this bioink often encapsulates the 
appropriate cell types. In order to create the ultimate architecture, this bioink should 
solidify during or shortly after bioprinting. Bioinks can be developed from either 
all-natural or all-synthetic biomaterials, or a blend of the two. Cell aggregation can 
occasionally be used as a bioink without addition of any biomaterials, in bioprinting 
process. To bioprint functional tissues and organs, an optimal bioink should possess 
mechanical, rheological, and biological characteristics mimicking those of the target 
tissues. For attaining physicomechanical properties, anisotropic fillers are commonly 
added in bioink formulations. In this review, we provide an in-depth discussion of 
various anisotropic fillers used in bioprinting and their fabrication techniques, and 
outline their multifunctional applicability in biomedical and environmental areas. 
Given the steady growth of bioprinting market, we also present the global scenario 
of the bioprinting market and their techno-commercial orientations.

Keywords: 3D printing; Cell-laden scaffolds; Bioink; Biofabrication; Bioprinting; 
Commercialization

1. Introduction
Three-dimensional (3D) bioprinting is a groundbreaking technology that holds great 
significance in tissue engineering. It enables the precise fabrication of intricate 3D 
structures by depositing biomaterials, cells, and bioactive factors layer by layer. One of the 
main benefits of 3D bioprinting is its ability to precisely control the spatial arrangement 
of components within the fabricated constructs. This level of control enables the creation 
of biomimetic tissue architectures, encompassing intricate vasculature networks and 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/


3D-printed nanocomposites: Synthesis & applications

81Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1637

International Journal of Bioprinting

multicellular arrangements, which are critical for the 
proper functioning of tissues. By mimicking the native 
tissue microenvironment, 3D-bioprinted constructs 
have the potential to exhibit enhanced functionality and 
promote more accurate tissue replication.1 This technology 
has far-reaching implications in regenerative medicine, 
as it offers the possibility of creating personalized tissues 
and organs tailored to individual patient needs. Moreover, 
3D bioprinting enables the fabrication of tissue models for 
drug screening and disease research, providing a platform 
for more accurate and efficient preclinical studies. Overall, 
3D bioprinting represents a transformative approach in 
tissue engineering with the potential to revolutionize 
regenerative medicine and address the growing demand 
for tissue-engineered therapies. 

Anisotropic filler (AF)-reinforced polymer 
nanocomposites (PNCs) are a type of material that 
merges polymer matrices with fillers that have directional 
properties.2 Fillers like carbon nanotubes (CNT), 
graphene, nanocellulose, or aligned nanofibers are usually 
used to give nanocomposites anisotropic properties. 
Incorporating anisotropic fillers into polymer matrices can 
affect their mechanical, electrical, thermal, cell behavior, 
and other functional properties in specific directions.3 
The production of AF-PNCs involves various techniques, 
such as electrospinning, self-assembly, templating, 
and other fabrication methods. Nanocomposites have 
numerous applications in various fields, including 
aerospace, automotive, electronics, energy, and biomedical 
engineering.4 Their anisotropic properties can be 
utilized to enhance performance and functionality in 
specific directions.

The integration of 3D bioprinting and nanocomposites 
holds great significance and potential in tissue engineering 
and beyond. The mechanical properties of 3D-printed 
constructs can be significantly enhanced by incorporating 
nanoscale fillers into the bioink or polymer matrix,5 
resulting in increased strength and structural integrity. 
Nanocomposites can be designed to have specific 
biological functions, allowing for the precise release of 
bioactive molecules that can affect cellular behavior and 
promote tissue regeneration.6 By incorporating functional 
elements that possess unique properties, such as electrical 
conductivity or magnetic responsiveness, it becomes 
possible to create multifunctional tissues and bioelectronic 
devices. In essence, the combination of 3D bioprinting 
and nanocomposites offers a promising avenue for the 
creation of tailored tissue constructs that possess enhanced 
mechanical, biological, and functional characteristics.7

The distinctive aspect of this review article is its 
exclusive amalgamation of methodologies, focus on 
anisotropic fillers, and investigation of multifaceted 

applications. The objective of the current discussion is to 
provide an overview of the synergistic potential between 
the fields of 3D bioprinting and AF-PNC, along with its 
innovative perspectives. Secondly, the article concentrates 
on several different types of AFs, the application of which 
in 3D bioprinting provides distinctive prospects, despite 
the extensive research conducted on nanocomposites with 
isotropic fillers. This review aims to enhance the current 
knowledge base in the specialized area of AF-PNCs through 
an analysis of synthesis techniques, dispersion strategies, 
and resultant properties. Finally, this article delves into 
the multifaceted applications of 3D-bioprinted AF-
PNCs, which extend beyond the conventional mechanical 
improvements commonly attributed to such materials. 
The prospective applications of the subject matter in the 
application of tissue engineering, drug delivery systems, 
and bioelectronic devices are also discussed. 

2. Overview of 3D printing techniques
3D printing, a subset of additive manufacturing (AM), 
constructs 3D structures layer by layer from a variety of 
materials, including plastics, metal, and polymers.8-10 It 
possesses several advantages, in terms of cost-efficiency, 
ease of operation, and mass production availability, as 
compared to traditional manufacturing procedures.11 
However, 3D printing is difficult since it typically involves 
a process of trial and error in order to determine the 
combination of components (material, printer, process 
parameters, and post-processing) that can generate the 
desired result. On the other hand, with the exception of 
fibrous reinforcements, it is extremely challenging for 
manufacturers to manage the distribution or placement of 
fillers inside polymeric frameworks.12

3D printing applications include not only manufacture 
of clothing and toys as well as construction, but also 
biomedicine like fabrication of cartilage, ears, and skin. 
Non-living constructs are fabricated as 3D-printed objects 
to serve as space-filling or structural prostheses in medical 
applications.13 However, replacement of injured organs is 
the final goal of tissue engineering.14 Bioprinting can be 
used to create organ-mimetic scaffolds, which precisely 
deposit bioinks to fabricate tissue-mimetic structures. The 
3D environment promotes cell–cell and cell–extracellular 
matrix (ECM) interactions which are not available in 
plate-culturing conditions.15-17

The four main 3D bioprinting techniques are inkjet-
based, laser-assisted, light-induced, and microextrusion-
based printing (Figure 1).18-22 The main features of the four 
categories, including operation principle, resolution, ink 
materials, and cell viability, are summarized in Table 1. 
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Inkjet bioprinting is the simplest and least expensive 
strategy, producing small volumes of droplets at about 1 
to 100 picoliters to a printing platform via piezoelectric 
actuators.8 It has been discovered that interactions between 
adjacent droplets and droplets-substrate affect the spatial 
resolution. However, the main limitation of this approach 
is the restricted materials choice and low cell viability. The 
ink’s viscosity should be maintained at a low level of 3.5–
12.0 mPa·s, which however limits its use to constructing 
two-dimensional (2D) tissues such as skin and cartilage.14

Laser-assisted bioprinting (LAB) is renowned for 
its ability to deposit bioinks composed of cells, nucleic 
acids, or peptides.23 LAB is carried out by shining a laser 
on the bioinks. It is capable of working with inks with 
viscosities between 1 and 300 mPa·s and encapsulating cell 
with concentrations of up to 108 cells/mL. A needle-free 
system that can eliminate needle clogging and high spatial 
resolution are major advantages of this technique. The fact 

that the materials must rapidly crosslink to prevent cellular 
gravitational settling during long printing processes is an 
important consideration for LAB. 

Light-induced bioprinting, also known as 
stereolithography (SLA), was developed in the 1980s.19 In 
SLA, a focal point of light is moved with scanning mirrors, 
and the light-sensitive liquid inks are crosslinked on the 
building stage. After curing each layer, the build stage gets 
lower in the ink solution so that further crosslinking can 
take place. The stage’s lowering height is set to less than the 
curing depth, thus giving a high level of integrity between 
each layer.24 Traditional SLA has a maximum resolution 
of about 25 μm. The newly-developed high-definition 
SLA and μ-SLA have high resolution of up to several 
micrometers.8 Furthermore, the needle-free system, like 
LAB, avoids the occurrence of needle clogging. 

Microextrusion-based bioprinting is a technique 
that extrudes ink through the needle and controls its 

Figure 1. Schematic illustrations of the four 3D printing strategies: (a) inkjet-based, (b) laser-assisted, (c) light-induced, and (d) extrusion-based. Schematic 
illustrations of (e) pneumatic and (f) mechanical-driven extrusion-based printing. Reproduced from ref.14 Schematic illustration of (g) graphene/TPU 
filament production and (h) conventional FDM method for printing graphene/TPU composites. Reproduced with the permission from ref.22 Copyright © 
2021 American Chemical Society.
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movement with a three-axis motion control system 
to build 3D layer objects. In the traditional extrusion-
based printing technique, the plastic filament is extruded 
through a high-temperature extruder, and the melted 
plastic solidified once extruded and quickly bound to 
the previous layers.25 Microextrusion bioprinter with 
syringes was created based on the general concept of fused 
deposition modeling (FDM) printer. This strategy is very 
popular in tissue engineering owing to its advantages 
such as ease of operation, availability of inks with a wide 
range of viscosities, multiple crosslinking methods, and 
high cell loading density.26-28 To create 3D architectures, 
biomaterials are loaded into the syringe and extruded via a 
pneumatical (Figure 1e) or mechanical-driven (Figure 1f) 
system.14 Inks with a viscosity between 30 mPa·s and 60 
kPa·s can be readily extruded via a pneumatic system, 
whereas high-viscosity bioinks of greater than 60 kPa·s 
can be better extruded via a mechanically driven system. A 
systematic consideration should be given to the pressure, 
movement speed, extrusion flow rates, needle size, and 
layer heights in order to ensure an optimal resolution.

Inspired by the concept of using a coaxial spinneret 
to fabricate hollow nanofilaments in electrospinning, 

coaxial needles were first adopted by Ozbolat et al. in 3D 
bioprinting to fabricate micro-fluidic channels.40-42 The 
bioink is injected through the exterior needle, while the 
crosslinking agent is extruded through the interior needle, 
leaving stand-alone perfusable vessels. The commonly 
used bioink and crosslinking agent for coaxial printing 
are alginate composite and CaCl2 solution.41,43,44 Sacrificial 
bioprinting, a “removable” bioink deposited in a matrix 
via microextrusion bioprinting which was followed by 
matrix curing and sacrificial ink removal,45,46 was first 
demonstrated by Wu et al.47 This method could be utilized 
for fabricating 3D interconnected wall-less channels. Similar 
to sacrificial bioprinting, embedded extrusion bioprinting 
was developed to fabricate heterogeneous complex 3D 
tissue with biomaterials in high resolution,48,49 where the 
bioinks are extruded into a supporting matrix, composed 
of elastomer,48 viscous oil,50 granular gel suspension,51 or 
self-healing hydrogels,52 which is removed afterward. 

The supporting bath material should, in general, 
behave like Bingham plastic that is rigid at low shear 
forces but flexible when it reaches high shear stresses.27,49 
Suitable yield stress smooths needle movement and 
supports printed constructions. Supporting bath yield 

Table 1. Comparison of the four bioprinting approaches

Specification Inkjet Laser-assisted Light-induced Microextrusion-based Ref

Principle Electrical heating or 
piezoelectric actuation

Applying an energized pulsed 
laser on target or ribbons and 
being deposited over metal 
substrates.

UV-initiated curing 
of the liquid photo-
responsive materials on 
the build stage

Extrusion of pre-gel 
solution through a 
needle and build up 
layer-by-layer

29-39

Resolution 85–300 μm > 5 μm > 25 μm 100 μm–10 mm

Gelation Fast; chemical 
crosslinking.

Fast; chemical, photo-
crosslinking

Fast; chemical, photo-
crosslinking

Medium; chemical 
crosslinking, shear-
thinning, temperature

Dispensing speed Fast (1–10,000 
droplets/s)

Medium-fast  
(200–1600 mm/s)

Fast, chemical 
crosslinking

Slow (10 μm–50 mm/s)

Material viscosity 3.5–12 mPa·s 1–300 mPa·s 1–300 mPa·s 30–6 × 107 mPa·s

Cell density Low (<106 cells/mL) Medium, 108 cells/mL Medium, 108 cells/mL High, cell spheroids

Cell viability >85% >95% >90% 40–80%

Advantages •	 Low-cost, simple 
system

•	 High resolution
•	 Fast printing speed
•	 High cell viability

•	 High resolution
•	 High cell viability
•	 Good vertical fidelity

•	 Low cost
•	 High resolution
•	 Fast bioprinting 

speeds
•	 High cell viability
•	 Fair vertical fidelity

•	 Bioinks with wide 
range of viscosity

•	 High cell density
•	 Simple system
•	 Multiple composition
•	 Feasibility

Disadvantages •	 Limited availability 
of bioinks with low to 
medium viscosities 

•	 Low cell density 
•	 Mostly applied to 2D

•	 Complex system
•	 Expensive
•	 Medium bioprinting 

speed
•	 Medium on cell density

•	 Moderately complex 
system

•	 Bioink limited to 
photo-polymerization 
crosslinking

•	 Medium on cell density

•	 Low to moderate cell 
viability

•	 Slow bioprinting speed
•	 Moderate resolution
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stress is usually one order of magnitude lower than ink 
yield stress to prevent filament breaking and enable fine 
filament deposition.50 Ink and supporting bath should 
have equal viscosity, osmolality, and density to increase 
print resolution. Supporting bath material and ink with 
a weak interfacial tension prevents printed structures 
from deforming. Microparticle size also affects extruded 
filament surface shape in granular supporting bath. 
Microparticle “spurs” link filaments.50 In comparison to 
larger granular gels, smaller and more uniform microgel 
supporting media exhibit higher-resolution structures due 
to their lower stiffness, viscosity, and yielding stress.

3. Rheological aspects of 3D-printed  
composites
Previous studies suggest that bioinks must meet certain 
chemical and physicochemical requirements to print 
high-resolution constructs and provide a cell-friendly 
environment. Rheological property, which describes 
material’s flow and deformation under stress, is the main 
factor affecting its printability and fidelity. Microextrusion-
based bioprinting is widely studied due to its broad viscosity 
range processability, ease of use, multimaterial printing 
possibility, and high cell loading density; therefore., this 
review will discuss the required rheological properties for 
microextrusion-based bioprinting.

In microextrusion-based printing, bioink undergoes 
high shear strains during extrusion and rests after 
deposition. Viscosity, dynamic modulus, yield stress, 
and elastic recovery are used to characterize the process; 
extrudability, printability, and shape fidelity affect tissue 
construct feasibility; printability describes bioink’s ability 
to be extruded, form filaments, and stack up to create 
constructs, while printing fidelity refers to the filaments’ 
shape retention and is usually assessed by filament 
diameter, uniformity, and gravity resistance.

3.1. Shear thinning and its impact in bioprinting 
Viscosity decreases with increasing shear rate in shear-
thinning materials. Due to their unique properties and 
potential to fabricate complex biological structures, 
these materials have garnered interest in 3D bioprinting. 
Effects of shear-thinning materials on 3D bioprinting, 
bioink formulation, and printed constructs are described 
as follows:

•	 Printability and precise deposition: Shear-thinning 
behavior allows bioinks to flow easily through the 
printing nozzle, allowing precise layer deposition. 
Under shear stress, viscosity decreases, ensuring 
smooth flow and accurate cell and biomaterial 
placement for high-resolution printed structures.

•	 Structural support: Shear-thinning materials can 
support printing. The bioink’s viscosity can be 
adjusted to maintain structural integrity during 
layer-by-layer printing by changing the shear rate. 
Printing delicate scaffolds or complex anatomical 
structures requires structural support.

•	 Cell viability and biofunctionality: Shear-thinning 
materials can be biocompatible and promote cell 
survival, proliferation, and differentiation.53 The 
controlled decrease in viscosity during printing 
reduces shear stress and mechanical damage to 
encapsulated cells, preserving their viability and 
functionality; therefore, living cells can be added 
to bioink to create functional tissues and organs.

•	 Complex tissue architecture: Shear-thinning 
materials can create complex tissue architectures 
with precise microstructure control. The 
bioink’s ability to flow and conform to intricate 
geometries allows it to create vascular networks, 
heterogeneous tissue structures, and biochemical 
cue gradients. Biomimetic tissues that mimic 
native tissue organization can be created.

Bioinks should have shear-thinning behavior and a 
viscosity suitable for extrusion to optimize flow during 
printing and stability after deposition. To achieve the 
desired viscosity profile, rheological characterization 
helps determine the bioink composition, including 
biomaterials, crosslinkers, and additives. The printed 
structure is also required to solidify via a crosslinking 
mechanism, such as physical crosslinking (temperature 
or pH changes), chemical crosslinking (reactive groups), 
or light-mediated crosslinking (photoinitiators). 
Additionally, the bioinks should be compatible with 
encapsulated cells for high cell viability and functionality. 
Cell adhesion, proliferation, and differentiation should be 
supported by the bioink composition while minimizing 
cytotoxicity and inflammatory responses. These 
interactions depend on biomaterials, growth factors, and 
cell-encapsulation methods.

3.2. Viscoelasticity
Viscoelasticity is a fundamental characteristic of materials 
in demonstrating both elastic and viscous behaviors, 
significantly impacting the printed constructs’ structural 
integrity, cell viability, and functionality.54 The present 
section delves into the influence of viscoelasticity on 
the process of bioprinting and deliberates on its effects 
on the formulation of bioink, printing parameters, 
and the potential applications of tissue engineering.55 
The general method for determining a fluid’s viscosity 
involves placing the sample in the annulus of a series 
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of concentric cylinders. Fluid should be sheared 
between cylinders, and the torque exerted on the inner, 
stationary cylinder by the outer, rotating cylinder 
is measured.56 Non-Newtonian fluids are those that 
follow this relationship and can be further classified as 
either pseudoplastic (n = 1) or dilatant (n > 2) fluids. 
Pseudoplastic fluids (sometimes called shear-thinning 
fluids) have high viscosities at low shear strengths but 
lower values as the shear force is increased. On the 
other hand, a dilatant (also known as a shear-thickening 
fluid) acts in the opposite way.57 A shear pressure versus 
shear rate diagram is used to compare and contrast 
Newtonian and non-Newtonian liquids. Some non-
Newtonian fluids also behave like solids when they are 
moved. This is considered a factor of time because flow 
causes the rearrangement of fluid molecules,58 a reaction 
defining the characteristic of viscoelasticity, which can 
happen to both solids and liquids. Viscoelastic materials 
are polymers and predominantly biological materials, 
manifesting qualities in the zone between those of an 
elastic material and a viscous material.

4. Different types of AF-based 3D prints 
In spite of its widespread adoption and user-friendliness, 
microextrusion-based 3D printing technique has 
numerous drawbacks that prevent it from fulfilling 
its potential as an environment-friendly alternative to 
conventional production techniques. For example, the 
mechanical property of 3D-printed parts is commonly 
poorer than that of samples fabricated via traditional 
methods. It is anticipated that polymer/nanofillers would 
display enhanced characteristics, particularly at low 
weight percentage of filler under which the influence of 
mechanical reinforcing will be the most obvious.59 

4.1. Clay/polymer nanocomposites
Due to its layered structure, thermal stability, rheology, 
mechanical strength, and absorption and adsorption 
capacity, clay, such as phyllosilicate, laponite, and 
montmorillonite, has great potential in tissue 
engineering.60-63 However, the incorporation of nanoclays 
into the polymer feedstock filament is still challenging 
due to the high viscosity of the raw material melt, which 
is detrimental to the processability of the material and 
the establishment of printed objects. For example, when 
laponite is dispersed in water, sodium ions dissociate 
from individual platelets, resulting in negatively 
charged face, while the hydroxide ions dissociate at the 
rim, leaving the rim slightly positively charged.8 The 
charge distribution drives the self-assembly of laponite 
platelets via electrostatic interactions to form gel, 
which shows typical characteristics of “thixotropic” and 
“shear-thinning” behavior.8

At present, studies on the addition of non-rubber 
polymer/clay composites in FDM that has demonstrated 
greater attributes remain scarce. Weng et al. used melt 
intercalation method to prepare acrylonitrile butadiene 
styrene (ABS) containing modified montmorillonite.64 
Adding 5 wt% of the modified montmorillonite 
enhanced the tensile strength of 3D-printed and 
molded ABS samples by 43% and 28.9%, respectively. It 
was discovered that the incorporation of the modified 
montmorillonite resulted in a significant rise in elastic 
strength, toughness, and dynamic mechanical modulus, 
while simultaneously leading to a reduction in thermal 
expansion ratio and weight loss. The developed ABS 
nanocomposites with improved mechanical and 
thermal characteristics are therefore good candidates 
for FDM 3D printing. Additionally, the large and highly 
charged plane surface of montmorillonite is beneficial 
for the adsorption of bioactive molecules. In addition 
to being biocompatible, it promotes cell proliferation 
and attachment, and induces osteogenesis of the 
encapsulated stem cells.65  Poly (lactic acid) (PLA) is 
another widely used material in filament compounding, 
ranking among the top five in terms of both market 
value and volume, alongside ABS.66 Paspali et al. 
prepared PLA/clay nanocomposite strands to determine 
how the composition affects the physical properties 
of the printed specimens and delineate the effect of 
clay intercalation level on the physical properties.67 
In another research, the production of biocompatible 
polymer nanocomposite was revealed. Using a single 
screw extruder nanomixer, the ink was manufactured 
by mechanically combining polycaprolactone (PCL), 
montmorillonite, and hydroxyapatite.68 

4.2. Graphene/polymer nanocomposites
Hierarchically coordinated pattern engineering has 
been made possible by the attention paid to carbon-
based nanomaterials during the past two decades. These 
nanomaterials include fullerene, carbon nanotubes 
(CNT), graphene and its derivatives, nanodiamonds, and 
carbon dots reinforcements.69 Its unusual atomic structure 
and electron distribution provide graphene exceptional 
specific surface areas, thermal and electrical conductivity, 
mechanical properties, optoelectronic behaviors, carrier 
mobility, and chemical stability.47 

Recent research has discovered that graphenic filler 
increases polymeric mechanical properties because a 
single graphene layer’s Young’s modulus is 1 TPa, which 
is 200 times the breaking strength of steel.70 In order 
to generate graphene-based polymer nanocomposites, 
various manufacturing procedures, such as melt mixing, 
solvent-aided casting/coating methods, electrospinning, 
and so on, are utilized. Moreover, the basic dispersion 
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efficiency is significantly reduced by phase separation and 
graphene agglomeration in the polymer matrix, but this 
could be overcome by adding graphene derivatives.71-75 
The use of 3D printing and graphene or its derivatives 
allows rapid prototyping and manufacture of 3D systems 
with appropriate properties and functionality.76 In most 
cases, printing complex 3D designs with less than 5% 
graphene improves their properties, processing time, and 
cost. FDM is an effective way to build complex structures 
from graphene-based polymer nanocomposites, according 
to Wei et al.77 Guo et al. also reported the creation of an 
asymmetrically aligned structure printed with thermoplastic 
polyurethane (TPU)/graphene composites.22 The through-
plane thermal conductivity of the printed vertically 
aligned framework is shown to be up to 12 W∙m–1∙K–1  
at 45 wt%. This is approximately eight times higher 
than the through-plane thermal conductivity (TC) of a 
laterally printed construct and outperforms several of the 
conventional particulate composite structures (Figure 1g 
and h). Similar kind of phenomenon also has been reported 
elsewhere.78 Furthermore, Chen et al. discovered that the 
attributes of the printed structure differed depending on 
printing orientation (Figure 2).79 The printed structures 
are biocompatible with NIH/3T3 fibroblasts, making them 
promising tissue engineering scaffolds. Other studies show 

that most graphene and its derivatives are cytocompatible 
in vitro and in vivo, suggesting their potential in tissue 
engineering and regenerative medicine. However, 
concentration, geometry, size, and surface functionality 
of 2D nanomaterials affect biocompatibility. Nanoscale 
graphene derivatives, especially tubular ones like single-
walled CNTs (SWCNTs) in the 10–100 nm size range, may 
cause cytotoxicity and inflammation.46 

4.3. Carbon nanotubes/polymer composites
Since the popularization by Iijima, CNTs have been widely 
employed to build multifunctional polymer composites 
because of its outstanding electrical, thermal, and 
mechanical characteristics.80 Polymer nanocomposites 
achieve electrical conduction via inter-aggregate 
conductance, field emission, and electron tunneling. Either 
the particles make contact with one another, creating a 
conductive effect, or the electrons “tunnel” from one CNT 
to another, creating a conductive effect. This assembly 
of CNTs results in a percolated network of continuous 
conductivity. Above a certain critical CNT concentration, 
it is feasible to develop a percolated network.81 Conversely, 
a quasi-dispersion of CNTs can potentially lead to higher 
electrical conductivity.82 However, the aggregation of CNTs 
might clog the nozzles in microextrusion-based printing. 

Figure 2. Diagrammatic representations of (a) 3D printing standing specimens, (b) S compression illustration, (c) 3D printing lying specimens, and (d) L 
compression test. Reproduced with the permission from ref.79 Copyright © 2017 American Chemical Society.
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By optimizing the size of the conductive fillers and printing 
variables, such as temperature, movement speed, and 
retention time, the nozzle jamming can be controlled.83 
Gonzalez et al. conducted research on a mixture of 
multiwalled carbon nanotubes (MWCNTs), poly(ethylene 
glycol) dimethacrylate (PEGDA), and poly(ethylene 
glycol) methyl ether methacrylate (PEGMEMA).84 The 
desired CNT distribution was achieved by first sonicating a 
mixture containing PEGMEMA and CNTs, and then high-
shear mixing the slurry following the addition of PEGDA 
resin and photoinitiator. Additionally, recent research 
has also investigated the application of CNT in tissue 
engineering applications. Shin et al. found that adding 
small amount of CNTs (3 mg/mL) in GelMA increased the 
compressive modulus from 10 kPa to 32 kPa and influenced 
the hydrogel pore size without changing the porosity.85,86

4.4. MXenes-based composites
To create a flexible, self-standing polymer composite, 
Li et al. combined the advanced polymer binder jet 
printing  method (Figure 3a) with novel 2D Ti3C2Tx 
MXene.87 The negative electrostatic charge of the MXene, 
in conjunction with dependable ink deposition technique, 
makes it possible for ultra-high concentrations of MXene 
ink to be expelled without any clumping or other issues.88 
Due to its dissolvability in water and compatibility with 
biological systems, poly(vinyl alcohol) (PVA) was selected 
as the basis for the polymer. Rheological studies revealed 
that the ink continued to act as a liquid and exhibited good 
shear-thinning behavior. This, in turn, made it possible to 

print a PVA construct that was both consistent and devoid 
of voids.

In another research, aqueous 3D-printable MXene/
polyethylene oxide (PEO) inks were developed for liquid 
deposition modeling 3D printing.89 The hydrogen bonding 
among MXenes and PEO in an aqueous system endows 
hybrid ink with thixotropy behavior, thus enabling 
printing. Electromagnetic interference (EMI) shielding 
performance was investigated in the printed semi-
transparent samples. In addition, extremely anisotropic 
thermal properties may be achieved by the 3D printing 
technique. Yuan et al. conceived the idea for an intelligent 
EMI shielding switch, which allowed them to concurrently 
achieve the electromagnetic shielding and transmitting 
functionalities in one piece.90

Basara et al. engineered human cardiac patching using 
aerosol jet-printed 2D titanium carbide (Ti3C2Tx) MXene-
PEG hybrids.91 Aerosol jet printing is a type of additive 
manufacturing enabling to print nanomaterial-based inks 
on curved surfaces at a spatial precision.92 The nanoink 
is volatilized with the help of an ultrasonic atomizer and 
guided to the deposition head, where it is aerodynamically 
focused by a concentric sheath gas flow. This process is 
depicted in Figure 3b. The fabricated electroconductive 
cardiac patches illustrated enhanced alignment of human-
induced cardiomyocytes (iCMs) from pluripotent stem 
cells. They also evaluated the cytotoxic effects of the 
MXene-PEG hybrid hydrogel on iCMs for a period of 
7 days. Further, they analyzed the protein production, 
gene function, and Ca2+ flow intensity and transmission. 

Figure 3. (a) Schematic illustration of binder jet printing process. An inkjet setup was created by connecting an MXene ink supply to a peristaltic pump 
and a print nozzle. A uniform coating of PVA powder was applied to the print stage by a roller and then spread there. Reproduced with the permission 
from ref.87 Copyright © 2022 Royal Society of Chemistry. (b) Schematic illustration of ultrasonic atomizer and printer deposition head. In the ultrasonic 
atomizer (left), ultrasonication aerosolizes ink and an inert carrier gas flow (N2) presses the ink vial, forcing the aerosolized ink and inert gas flow toward 
the deposition head. In the deposition head (right), an annular inert gas sheath (N2) focuses aerosolized ink flow and directs it to the substrate through  
a nozzle. 
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According to the results of this work, a composite 
hydrogel made of MXene and PEG shows potential as an 
electroactive scaffold for the treatment of heart damage.

4.5. Biofiber-based composites 
Biomass can completely decompose in the soil without 
generating harmful chemicals.93 Low cost, availability, 
degradability, widespread accessibility, light weight, 
acceptable tensile stiffness, and diminished healthcare 
implications are all benefits of lignocellulosic fibers.94 
Therefore, natural fibers (e.g., from poplar wood or other 
biopolymers) are commonly incorporated into polymer 
matrix to develop hybrid biocomposites with high stiffness, 
light weight, biodegradability, and recyclability.95 In addition 
to being low-cost, degradable, widely accessible, and light 
weight, lignocellulosic fibers have appropriate tensile stiffness 
and do not cause profound healthcare implications.94 

Biorefinery lignin derived from Pinus radiata was 
blended with polyhydroxybutyrate composites and melt-
extruded to form composite filaments.96 The rheology 
findings show that adding lignin as fillers at a weight-to-
weight ratio of 20% caused a change in the melt viscosity 
and made the material suitable for 3D printing. Zhao et 
al. prepared poplar/PLA composites with variable sized 
poplar fiber mesh.97 As poplar fibers shrank, poplar/PLA 
tensile strength increased from 34 to 54 MPa. Composites 
made from shorter poplar fibers showed more compact 
fracture surfaces and fewer voids. Liu et al. synthesized PLA 
composites with sugarcane bagasse.98 Adding sugarcane 
bagasse to PLA lowered tensile and flexural strength 
but enhanced flexural modulus in printed samples. In 
another study, two types of polyethylene were mixed with 
thermal–mechanical pulp fibers to make biocomposites.93 
The hydrophilic character of thermal–mechanical pulp 
fibers was changed by enzymatically grafting hydrophobic 
compounds (octyl gallate and lauryl gallate). Ethylene 
filaments with low melt flow index have low void 
percentage and thickness variability. The morphologies, 
mechanical properties, crystallization properties, and 
heat resistance of 3D-printed materials were also studied. 
This research shows that biocomposites can be made from 
massive amounts of residual lignin.

5. Engineering strategies for filler  
alignment in bioprinting 
Tissue engineering is a multidisciplinary biomedical 
engineering field that integrates biological science and 
engineering.99 It represents a new approach to constructing 
artificial tissues for clinical studies, translation, and 
drug delivery since the patient-specific autologous cell-
incorporated scaffold generated through this approach 

shows no adverse response.100-102 Engineered human organ-
mimicking scaffolds can be produced using bioprinting 
strategy. Unlike current intraoperative procedures, 3D 
printing can generate customized devices with exceptional 
accuracy. Thus, most 3D printing-related biomedical 
applications include the production of non-living structures, 
such as gadgets used in orthopedics, surgical equipment, 
and osteonecrosis implants.103 In order to improve the 
functionality and viability of bioprinted constructions, 
controlled filler orientation is crucial since it mimics 
the natural structure of tissues and organs. Many tissues 
including muscles, skin, vessel, and nerves exhibit parallel 
alignment in the arrangement of cells and ECM. For example, 
the cytoskeletons and nuclei of tenocytes are elongated 
along the direction of parallel-aligned collagen fibers in 
tendon.104 The alignment of cells plays a significant role in 
the cell functions; for instance, the alignment of cardiac cells 
is fundamental to heart contraction.105 In addition, radially 
alignment of tissue is observed in cornea, meniscus, dura 
mater, etc.106 To simulate human tissue and engineer tissue 
or organ for replacement, developing controlled anisotropic 
scaffolds is therefore vital as the matrix microenvironment 
is responsible for cellular behaviors including attachment, 
movement, proliferation, and differentiation in vivo.107,108 
Anisotropic topographies have a significant impact 
on how cells behave in terms of both morphology and 
function, particularly fibroblasts, osteoblasts, neurons, 
and mesenchymal stem cells (MSCs).108 The transverse or 
longitudinal topological signals in anisotropic scaffold could 
be sensed by cells and guide cellular fate by modulating cell 
growth and differentiation, which in turn regulates tissue 
regeneration and their microenvironment.104 

Cell adhesion that regulates the signal transmission 
between cell membrane and ECM during adhesion and 
migration can be modulated via the nano- or micro-
scale topographies in the anisotropic scaffolds.108,109 
Cell movement is usually influenced by several factors 
including durotaxis, haptotaxis, chemotaxis, galvanotaxis, 
and mechanotaxis.107 Among these, mechanotaxis is of 
great importance in regulating cell fate. Research has 
explored the mechanical feedback to cells. Cells sense the 
internal matrix stiffness and external mechanical loads 
and transduce the mechanical signal into physiological 
responses to guide cell growth and differentiation.110 As 
substrate stiffness increases, 3T3 fibroblasts become less 
motile while spreading more widely, an indication of 
the significant role that substrate stiffness plays in tissue 
regeneration by influencing cell behavior and cellular fate. 
Stiffer ones are prone to guide cells to produce stress fibers 
and enter cell cycle, increasing cell traction, spreading, and 
proliferation. In contrast to stiffer ones, softer substrates 
promote cell secretory activity. The cellular response to 
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substrate stiffness in some representative tissues has been 
investigated.104 Therefore, by controlling the alignment 
of AFs, the scaffold exhibits anisotropic mechanical 
properties, thus regulating cellular behaviors. For instance, 
human umbilical vein endothelial cells (HUVECs) are 
found to align themselves along the direction of fibers. 
Additionally, aligning the conductive fillers increases 
the possibility of filler connections, which help establish 
conductive network and promote cell growth in scaffolds, 
such as cardiac tissues.111 

Filler alignment is a complex problem warranting a 
solution by means of novel technical approaches. There 
are a number of intriguing approaches for achieving exact 
filler orientation, including the use of external stimuli like 
magnetic and electric fields, the optimization of nozzle 
design, gradient printing, and multimaterial extrusion. 
Researchers can use external magnetic fields to precisely 
move and align fillers in bioink that contains magnetic 
nanomaterials.112 This method provides interesting new 
opportunities for the printing of highly shaped tissues 
by allowing for dynamic control over filler orientation 
both during and after the printing process. Pardo et al. 
suggested that magnetically assisted 3D bioprinting and 
matrix-assisted 3D bioprinting be used together to make 
high-resolution hybrid composites that can not only copy 
the anisotropy of native tissues but also allow for remote 
control of tissue constructs as they mature.114 For this 
purpose, bioinks made of gelatin-methacryloyl (GelMA), 
short magnetically responsive microfibers (sMRFs), and 
human adipose-derived stem cells (hASCs) were extruded 
into fibrillar cellulose nanocrystals (CNCs)-based baths 
while low-strength magnetic fields were applied. This 
produced high-resolution constructs with controlled 
anisotropic architectures.

In the quest for filler alignment, electric fields are 
another potent instrument. Electrostatic forces can be used 
to direct and orient charged fillers within the bioink.113 
It is feasible to engineer tissues with desired qualities by 
aligning charged fillers to form structures using controlled 
electric fields. Moreover, shear forces within the printing 
nozzle can be manipulated to achieve filler alignment. 
With optimized nozzle design, bioprinters may generate 
controlled shear pressures on the bioink during extrusion.115 
Mechanically enforcing filler alignment along the shear 
direction paves the way for highly anisotropic design. By 
adjusting the filler content or bioink properties, gradient 
printing is a flexible method. Fillers position themselves as 
bioink moves from one area to another, creating structures 
with acceptable orientation gradients. This method is 
applicable to the development of multilayered, complex 
tissues.116 Bioprinters with dual or multinozzle systems 

provide finer control over filler alignment than those with 
single-material extrusion capability. By extruding multiple 
materials at once, each with its own unique properties, 
scientists may design structures with precisely controlled 
filler orientation.117 This method is perfect for fabricating 
composite tissues and scaffolds with tailored architectural 
properties. In smart rheological control, the viscosity and 
shear-thinning behavior of the bioink are adjusted for 
optimal performance. By fine-tuning these characteristics, 
we can improve the bioink’s ability to aid with filler 
alignment during printing. Rheological optimization 
keeps the filler oriented while the bioink flows smoothly. 

Filler alignment can be stabilized through post-printing 
crosslinking techniques. After bioprinting, the structure 
can be treated with UV radiation, chemical crosslinkers, 
or enzymatic reactions.118 The fillers can be permanently 
fixed in their preferred orientation using any one of these 
treatments to enhance the structure’s durability. 

The combination of smart rheological control, real-
time monitoring, and post-printing crosslinking has 
placed us closer to realizing the full potential of bioprinting 
in regenerative medicine and tissue engineering. However, 
recreating the organization of ECM and the cell patterns 
of anisotropic tissues in bioengineered constructs is still a 
major problem in the realm of biofabrication.

6. Applications of 3D-printed polymer  
composites for biomedical applications
To demonstrate the applicability of bioprinting in tissue 
engineering, most studies focused on developing bioink 
materials because cell-friendly environment is one of the 
most important factors influencing its feasibility.119,120 
Additionally, AF-PNCs are under investigation as the 
orientation of the AF has significant influence on the 
cellular behaviors. 

6.1. Skin tissue
Skin is the largest organ of human body and composed of 
multilayered structures, including epidermis, dermis, and 
hypodermis, and various cell types, such as keratinocytes, 
fibroblasts, and melanocytes.121 Artificial skins can not 
only serve as skin grafts for wound healing but also 
experimental platform to investigate its permeability 
and inflammatory response during the transdermal and 
topical drug formulation development and screening. 
The development of techniques has allowed for the highly 
accurate and complex 3D bioprinting of multistratified 
skin tissue that closely resembles natural skin. 

Cubo et al. fabricated a human plasma-derived bi-
layered skin.122 To replicate the structure of natural skin, 
they printed the dermis with fibroblasts-laden fibrin 
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hydrogel and then deposited a second confluent monolayer 
of hydrogels encapsulating keratinocytes. Both in vitro and 
in vivo experiments were conducted on the artificial skin 
through histological and immunohistological methods. 
The encapsulated cells exhibited high cell viability, and the 
in vivo differentiation property of the skin, which grafted 
onto the back of mice, was examined. Orthkeratotic 
stratum corneum was generated, implying stratification 
and terminal differentiation of the printed skin. The fast 
fabrication speed, together with the high resemblance to 
the natural human skin, corroborates the application of 
microextrusion-based bioprinting in fabricating artificial 
skin. Kim et al. replicated skin anatomy by constructing 
vascularized dermis and hypodermis and the topical 
epidermal layer via extrusion (Figure 4a and b).123 The 
functional biomarkers in each compartment, such as 
filaggrin, laminin, keratin 10, fibronectin, collagen type I, 
and CD31, were examined and expressed in specific regions, 
indicating the successful formation of matured skin. The 
bioengineered vessel provided nutrition and oxygen and 
promoted the physiological interaction with epidermis 
during the differentiation of keratinocyte, presenting a 
novel strategy used to fabricate physiologically human-
mimetic skin that serves as a more reliable experimental 
platform for evaluating the cytotoxicity of drug and 
cosmetic and investigating skin-related diseases.

Skin tissues are anisotropic with varied mechanical 
characteristics depending on their location. Flexible 
anisotropic electronic skin was engineered by Pei et al. 
via 3D printing strategy. The strong shear and tensile 
stress generated at the nozzle walls assisted the alignment 
of the ionic salt-montmorillonite (IS-MMT) in poly 
(vinylidene fluoride) (PVDF) inks along the printing path, 

thereby constructing a desirable anisotropic artificial skin. 
The oriented IS-MMT in turn facilitates PVDF dipoles 
alignment, which greatly improved the piezoelectric 
properties of electronic skin.124 Lackner et al. fabricated 
anisotropic structures, composed of nanocellulose and 
alginate, with gradient mechanical properties. Controlling 
the fiber orientation through the printing path allowed 
for fine-tuning of the mechanical performance. The 
engineered structure could be applied to the production of 
different tissues, such as skin, cartilage, and cardiovascular 
tissues.125 

6.2. Cartilage tissues
Cartilage is an avascular tissue containing only 10–15% of 
chondrocytes, which justifies its limited self-regenerative 
capability.126 Several techniques have been developed 
to repair defective cartilage, but the repaired cartilage 
exhibits fibrocartilaginous phenomena and is not able to 
withstand the intense mechanical pressure.127 Therefore, it 
is crucial to regenerate cartilage-like tissue endowed with 
mechanical property that can induce chondrogenesis and 
replace damaged cartilage. 

Antich et al. deposited PLA with superior mechanical 
strength in grid-like structure to support hyaluronic acid-
based hydrogel. They mixed hyaluronic acid and alginate 
and discovered that adding hyaluronic acid increased the 
expression of chondrogenic gene markers.128 Schipani 
et al. fabricated anisotropic articular cartilage constructs 
with interpenetrating network composed of alginate 
and GelMA.129 The constructs are soft in compression 
and stiff in tension, which simulated human cartilage. 
In addition, the bioprinted artificial articular cartilage 
promoted chondrogenesis, and the encapsulated bone 
marrow-derived stromal cells produced hyaline-like 

Figure 4. (a) Schematic representation of the fabricated artificial skin with microstructure and (b) the cross-sectional views. Reproduced with the 
permission from ref.123 Copyright © 2018 John Wiley & Sons, Inc. 



3D-printed nanocomposites: Synthesis & applications

91Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1637

International Journal of Bioprinting

cartilage matrix. By adding anisotropic fillers, such as 
nanocellulose, into alginate solution, the printability of the 
bioink was significantly improved.130,131 The nanocellulose-
incorporated bioink exhibited enhanced cell spreading, 
proliferation, and ECM formation, demonstrating its 
great potential in 3D printing of living tissue and organs. 
Researchers have also demonstrated that the anisotropic 
gradient-structured cartilage exhibited better cartilage 
repair effect both in vivo and in vitro as the anisotropic 
structure can provide desirable mechanical characteristics 
and signaling pathway required for chondrogenic 
differentiation.132,133 To closely resemble the anisotropic 
heterogeneous multilayered structure of natural cartilage, 
a novel strategy combining microfluidic and 3D printing 
technique to construct engineered zonal cartilage was 
developed.134,135 The technology relies on a microfluidic 
printing head connected to a coaxial needle extruder 
to print muscle precursor cells onto hydrogel fibers in a 
high-resolution 3D bioprinting process. The advanced 
approach enables the deposition of chemical, physical, 
and biological cues, making it possible to fabricate 
scaffolds with exceptionally high shape fidelity and cell 
viability. Zone-specific matrix was observed after human 
articular chondrocytes and human bone marrow-derived 
mesenchymal stem cells were cultured for 3 weeks 
in vitro.134

6.3. Bone tissues
Bone is one of the rigid body tissues and composed of two 
main components, i.e., collagen and calcium phosphate. 
Bone tissue constructs that are hierarchically porous are 
helpful for vascularization and cell proliferation.136 To treat 
bone defects, tough but light, biocompatible substitutes 
endowed with the capability of preventing any allergic 
reactions are required. Traditional fabrication methods, 
such as freeze-casting, foam replica, high-pressure 
pressing, and injection molding, cannot control the 
porous structure, but the recently developed 3D printing 
techniques could overcome the limitations to fabricate 
customized scaffolds.  

As one of the main bone components, calcium 
phosphate supports osteoblast adhesion, proliferation, 
and osteoinduction. Additionally, it regenerates bone 
marrow stromal cells to induce bone formation.137 Besides 
calcium phosphate, other nanomaterials, such as silicate 
nanoplatelets and hydroxyapatite, are commonly used 
in bone tissue engineering. Nyberg et al. fabricated PCL 
scaffolds functionalized with tricalcium phosphate, 
hydroxyapatite, or decellularized bone matrix and co-
cultured with adipose-derived stromal/stem cells.138 The 
addition of minerals increased the viscosity of the PCL 
melts. By tuning the 3D printing parameters, the porosity 

and the strut thickness of the engineered constructs were 
optimized to provide sufficient strength and induce the 
osteoinductive effect as well. 

Byambaa et al. fabricated pyramidal microstructured 
bone-like tissue constructs that mimic the architecture of 
natural bone tissue.139 Rapidly degradable GelMA hydrogel 
encapsulated with HUVECs and human mesenchymal 
stem cells (hMSCs) was printed in the center of the 
construct, which was surrounded by gelatin methacryloyl 
(GelMA)/silicate nanoplatelets hydrogel (Figure 5a). The 
vessel was formed via the degradation of GelMA overtime 
(Figure 5b). The encapsulated hMSCs and HUVECs could 
migrate and proliferate in the constructs, and the hMSCs 
promoted vasculogenesis. In addition, hMSCs in silicate 
nanoplatelets hydrogels differentiated into osteoblasts. 
Chiesa et al. also developed vascularized bone model 
with controlled pore geometry, size, and interconnectivity 
by printing gelatin-nanohydroxyapatite hydrogel in a 
supporting bath composed of Pluronic F127 (Figure 5c–f).140  
A wood-pile scaffold was first printed and kept in the 
supporting bath. Gelatin was crosslinked with genipin, 
followed by removing sacrificial materials. Cylinders with 
a diameter of 4 mm were cut from the scaffolds for further 
investigation, including pore connectivity, compressive 
modulus, osteogenic differentiation, and vascularization. 
The engineered bone model exhibited robust 
vascularization and HUVECs-supported osteogenesis, 
indicating that vascularized bone model could be readily 
fabricated via 3D bioprinting.

6.4. Cardiac tissues
Similar to chondrocytes, cardiomyocytes have limited 
regenerative capacity. This signals a crucial need to 
regenerate cardiac tissues. The cardiomyocytes are aligned 
in cardiac tissues to execute spontaneous, synchronous, 
and rhythmic contractions. The hierarchical property of 
native myocardium and complicated blood vessels are the 
main challenges in fabricating cardiac tissues.141 

Lee et al. had attempted to fabricate a model of 
left ventricle of human heart via embedded printing.27 
Collagen was crosslinked by changing the pH of supporting 
bath, and the geometry could be maintained for over 28 
days. Cell viability achieved 96%, and the ventricular 
contraction was noticed after 4 days of culturing. 
Moreover, wall thickening, an evidence of ventricular 
contraction, was observed during peak systole. They also 
printed a functional robust tri-leaflet heart valve that was 
mounted to a pulsatile pump. Cyclical opening and closing 
of the valve leaflets were observed under the pulsatile 
flow. Further, a monolayer of HUVECs was formed on the 
leaflets. However, the limitation of this study is that the cell 
density was too low to mimic the real tissue as it requires 
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billions of cells to create a cardiac tissue at human scale. 
Skylar-Scott et al. fabricated vascularized cardiac tissues 
by embedded printing sacrificial gelatin into dense cardiac 
organoids building blocks containing induced pluripotent 
stem cells (iPSC)-derived cardiac myocytes and primary 
cardiac fibroblasts.45 The building blocks exhibited self-
healing and viscoplastic behavior, allowing the recovery of 
the organoids and the support of sacrificial ink which was 
removed afterward. Pervasive sarcomeric architecture was 
generated, and contractility increased over 20 times during 
the culturing period for 8 days. Despite the synchronous 
beating of cardiac tissue for over a week, sufficient cell 
maturation and microvascular formation could still 
unachievable. Therefore, fabricating anisotropic cardiac 
tissues is the next step to enhance tissue function.

 The human-mimetic cardiac tissues with vasculature 
regenerated by researchers in human scale lack 

conductivity, a vital property that encourages cell–cell 
communication and signal delivery in cardiac tissue. 
Electrical stimulation improved tissue regeneration when 
applied on rats with sciatic nerve crush injuries, and it also 
improved the contractile behavior of engineered cardiac 
tissue that had high levels of cardiac troponin-I and 
connexin-43.142 Conductive polymers, like polypyrrole 
and polyaniline, are utilized to guide cellular activities. 
These materials have been demonstrated to enhance 
proliferation and aid in the differentiation of neural and 
cardiac stem cells.142,143 Conductive nanomaterials with 
high conductivity and mechanical strength, like gold 
nanowires, graphene, reduced graphene oxide(rGO), 
and CNTs, are excellent candidates for cardiac tissue 
engineering.144-146 For example, Shin et al. engineered 
myocardial microenvironment containing CNTs, GO, 
or rGO and compared their corresponding structural 

Figure 5. (a) Schematic illustration of the fabricated bone tissue constructs. The engineered structures were cultured in static condition for 7 days, and the 
core GelMA degraded within this period. Osteoinductive medium was perfused through the perfusable lumen for 5 days followed by static culture for 9 
days. (b) The confocal image of the HUVEC-lined lumen structure. Reproduced with the permission from ref.139 Copyright © 2017 John Wiley & Sons, 
Inc.  (c) Schematic illustration of the 3D bioprinting technique for printing bone model into supporting bath. (d) The printed genipin-gelled wood-pile 
structured scaffolds. (e) 4 mm cylinder cores (bottom middle). (f) The fabrication process of vascularized bone construct. Reproduced with the permission 
from ref.140 Copyright © 2023 IOP Publishing.
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organization and cellular functionality. CNT-containing 
constructs exhibited desired electrical conductivity, native 
heart tissue-like mechanical property, and enhanced 
gene expression, suggesting that CNTs are preferred in 
regenerating cardiac tissues.147 Zhu et al. incorporated 
gold nanorod into GelMA/alginate bioink to print layered 
constructs to address the problems of poor conductivity of 
the existing artificial cardiac tissue and inefficient cardiac 
cell communication via electrical coupling.148 Cardiac 
fibroblasts (CFs) were co-cultured with cardiomyocytes 
as CFs are important in essential physiological activities, 
but CFs tend to over-proliferate, breaking the initial 
cardiomyocytes-to-CFs ratio. The conductive gold nanorod 
could help balance the growth and proliferation between 
cardiomyocytes and CFs. In addition, gold nanorods 
promoted synchronized contraction of the cardiac tissue. 
This study implies that the gold nanorods nanocomposite 
bioink shows great potential in fabricating conductive 
cardiac tissue, which could be used for drug screening and 
implantation. Further, not only cardiac tissues but also 
other electrogenic tissues, such as brain tissue, could be 
regenerated via this technique. Notably, the length of the 
nanowire should be larger than the average wall thickness 
of the hydrogel pore in order for cells on either side to 
interact with each other and increase their electrical signal 
transmission.144 

6.5. Vessel tissues
Bioprinting has not yet produced functional large-
scale tissues with physiological heterogeneity that 
perfectly simulate the morphological, biochemical, and 
physiological characteristics. This is primarily caused by 
the complexity of human tissue and organs, particularly 
the vasculature which includes millimeter-scale arteries 
and micrometer-scale capillaries.149 The artificial vessel 
permits the exchange of vital nutrients and metabolic 
waste products but prevents the exchange of immunogenic 
molecules.150 When creating large tissues, a vascular 
network is necessary to support cell survival because the 
distance at which oxygen and nutrient can diffuse is only 
100–200 μm.151 Blood compatibility is also important. The 
vessels can be modified through the creation of bioactive 
antithrombotic surface, surface passivation, and surface 
endothelialization to eliminate thrombosis in the vessels.150 
Additionally, since endothelial layers are inherently anti-
thrombogenic and hemocompatible, a layer of endothelial 
cells would inhibit thrombus formation.152 Strategies, such 
as incorporation of angiogenic growth factor and co-
culturing with pericytes and smooth muscle cells (SMCs), 
have been devised to promote the vascularization of the 
scaffold.153 Additionally, sacrificial materials, such as 
Pluronic F127 and gelatin, were blended with polymers, 
followed by washing, leaving microporous network 

inside the scaffold.154,155 These approaches show success in 
forming microvascular networks. However, the fabrication 
of perfusable vascularized tissue still remains challenging. 

To this end, two bioprinting techniques—indirect 
and direct bioprinting—have been developed to fabricate 
perfused vasculature.156 Sacrificial materials are deposited 
into a cell-laden crosslinkable supporting bioink in indirect 
bioprinting. The sacrificial materials are removed after 
printing through temperature-induced phase transition 
under mild condition, forming a perfused open lumen, 
which is infused with endothelial cells to realize the 
endothelialization of the microchannels.45-47 For example, 
Kolesky et al.46 were successful in creating microvascular 
networks using Pluronic F127 which liquefies at 4°C to 
produce mirochannels within a covalently crosslinked 
hydrogel matrix. By employing this strategy, multilayered 
vascularized tissue structures with multiple cells types 
and ECM were constructed. Human neonatal dermal 
fibroblasts and 10T1/2 cells were encapsulated in 
GelMA while HUVECs were suspended in fugitive 
Pluronic F127. It was noticed that on day 7, cells in the 
bioink have comparable cell viability to cells cultured in 
medium, indicating that the bioinks and bioprinting are 
not harmful to cells.46 The strategy was adopted by Noor  
et al. to fabricate thick, perusable vascularized cardiac 
patches (Figure 6a). iPSC-derived cardoimyocytes were 
blended with decellularized ECM (dECM), and iPSC-
derived endothelial cell was mixed with gelatin, serving as 
a sacrificial bioink. A customized vascularized patch has 
been successfully created with high cell viability. After 7 
days, a continuous layer of endothelial cells was formed 
on the inner side of the lumen (~300 μm in diameter), as 
shown in Figure 6b. Moreover, in vivo test revealed that the 
printed lumen remained in rat, and the encapsulated cells 
were elongated and aligned, showing that 3D bioprinting 
may be used for engineering vascularized tissues that 
mimic biological matrix.88 

Apart from the vasculature embedded within a 
hydrogel matrix, stand-alone vascular structure can be 
fabricated through direct bioprinting strategy, including 
coaxial and embedded bioprinting. A vessel phantom 
was created by coaxially printing cell-laden bioinks in the 
shell and sacrificial ink in the core, followed by forming a 
confluent monolayer of cells.157 

Alginate is the most commonly used material in 
fabricating hollow fibers as it could be readily in situ 
crosslinked with CaCl2 solution which is injected through 
the core nozzle. For example, Dolati et al.158 used alginate 
and MWCNTs hybrid bioink as the shell material and 
CaCl2 as the core materials to construct vascular conduits. 
The addition of CNTs had a significant effect on the 
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physical properties of the vessels, including stiffness, elastic 
modulus, vascular shrinkage rate, and liquid adsorption 
capacity. Further, the cell viability was not influenced by 
MWCNTs in the short term, but the cell viability, cellular 
motility, and the generation of ECM were reduced in the long 
term due to CNT-induced toxicity.158,159 Other researchers 
have found that the cell viability in the hollow structure 
was higher than that in constructs without microchannels, 
indicating the importance of vessels and nutrients delivery 
in large-scale organ models.41 Additionally, co-culturing 
HUVECs and MSCs in the bioprinted constructs promoted 
cell function of HUVECs, including proliferation, protein 
expression, and angiogenesis.43 Gelatin is another kind 
of sacrificial material which can be injected through the 
inner nozzle as it can be easily liquefied and removed 
by increasing temperature. Shao et al. prepared GelMA 
bioinks encapsulated with tissue cells that were extruded 
through the outer nozzle onto a cooling platform allowing 
the thermo-crosslinking of gelatin.160 The printed stacked 
vessels constructs were then permanently UV-crosslinked. 
Different from the previous published methods that 

endothelial cells were seeded by perfusion post-printing, 
HUVECs were mixed with gelatin in this study and printed 
in the core of extruded filaments. Endothelial cells deposit 
and adhere to inner wall of the microchannels during 
static culture period. Gelatin was then dissolved to obtain 
vascular channels. Endothelial cells proliferated over 
the culturing time and spread and formed a layer on the 
inner side of the vascular channels. Moreover, angiogenic 
sprouts were observed in the bioprinted constructs, further 
suggesting its in vivo application.

The coaxial bioprinting approach can also be used 
in conjunction with a rotated rod to create hierarchical 
architectures as shown in Figure 6c.156 However, one main 
challenge of this strategy is to fabricate interconnected 
branched vessels.157 Li et al. developed a novel method to 
engineer branched micro-channel via partial crosslinking 
and trimming (Figure 6d).161 The patency of branched 
vessels was confirmed by injecting cell media, and the 
fibroblasts were found to maintain high viability and 
proliferate after being cultured for 6 days. Moreover, vessels 

Figure 6. Bioprinting perfused vasculature. (a) Schematic illustration of cardiac patch model and the printing process concept. (b) A continuous layer of 
endothelial cells (ECs) inside the printed blood vessels and the cross-sectional view of lumen. Reproduced with the permission from ref.88 Copyright © 2019 
John Wiley & Sons, Inc. (c) Schematics of a rotated rod template used in coaxial printing of bioinks (left). A picture of a double-layer vessel-like structure 
(top right). Fluorescent image of three cell lines-encapsulated vessels (bottom right). Reproduced with the permission from ref.156 Copyright © 2017 
American Chemical Society. (d) The fabrication process of branched micro-channels generated via coaxial printing (left). Scanning electron microscopy 
(SEM) image of double-channel part of Y-shaped microchannels after trimming (right). Reproduced with the permission from ref.161 Copyright © 2016 AIP.
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created using this method can be used as a disease model 
to study how vessel morphology affects blood flow and 
clogging. Carotid bifurcation construct in centimeter scale 
with good interconnectivity was successfully printed by 
Wu et al.162 They also fabricated multisegment hollow tube 
models with different moduli via a customized dual-syringe 
system. The engineered vessels could withstand pulsatile 
flow over 863,000 cycles, implying its excellent mechanical 
integrity and feasibility for diagnostic applications.

Besides the aforementioned tissues, other organs 
and tissues, such as liver,163-165 muscle,166-168 and neuronal 
tissues,169-171 have been investigated. With the advancement 
of the bioprinting strategies, multiscale tissue constructs 
with vasculature or neuron, large-scale biomimetic 
tissue constructs, or anisotropic tissue models have been 
successfully created. Nevertheless, instead of creating entire 
organs that accurately recreate the anatomy and physiology 
of the organ, which is the next step of 3D bioprinting 
development, the focus of current research lies primarily on 
tissue organization and concept demonstration. Although 
most research mentioned in this review investigated 
the biocompatibility and bioactivity of the bioinks, the 
degradation profiles and their in vivo response also need 
to be characterized for future clinical trials. In summary, 
it is anticipated that 3D bioprinting will facilitate the 
development of the field of regenerative medicine.

7. Applications of 3D-printed polymer com-
posites for environmental treatment
In the past decades, 3D bioprinting has been widely 
applied in tissue engineering and regenerative medicine. 
Meanwhile, the microorganisms-encapsulated bioinks 
are developed to broaden its applications in energy and 
environmental science, covering photosynthesis, biofuel 
production, and bioremediation, such as wastewater 
treatment and air purification, but the relevant studies 
remain scarce.172-174 For example, techniques such as ion 
exchange, adsorption, and flocculation-precipitation 
have been widely used to treat water polluted by heavy 
metals, dye, and antibiotics.175-177 However, the main 
issue of wastewater treatment strategies is the secondary 
pollution; therefore, biological wastewater treatment that 
involves microorganisms to reduce the negative impact on 
environment is an alternative. 

Several groups use algae, plant cells, yeast, and bacteria 
to bioprint live materials for use in the field environmental 
science. For instance, Balasubramanian et al. printed 
mono- or multilayered microalgal cell-encapsulated 
alginate on bacterial cellulose/CaCl2 substrate.172 The 
microalgae Chlamydomonas reinhardtii can grow 
photoautotrophically and chemotropically on agar or 

bacterial cellulose substrate, which provides carbon, and 
they can survive in the alginate matrix for at least 3 days 
without nutrients. The regenerative and reusable microalgal 
cells could also make new bioinks. The bioprinted 
constructs stuck stably to the cellulose substrate and did 
not release microalgae after being immersed in water, 
suggesting its use in environmental remediation. Qian et 
al. constructed microporous structures using bacteria that 
transform carbon into useful compounds in their ink.178 
The freeze-dried Saccharomyces cerevisiae yeast cells in 
the bioink make the PEGDA and nanocellulose hybrid 
mix thicker and thinner. The cells inside the non-sterile 
capsules worked for 4 months, suggesting that they could 
be used as a biocatalyst for bioremediation (Figure 7a–c). 
Seidel et al. demonstrated that plant cells were compatible 
with bioprinting process and exhibited high viability 
and metabolic activity, showing potential application in 
environmental science.179 The fabricated microporous 3D 
grid constructs with immobilized plant cells remained 
stable under culture conditions, allowing long-term 
control of mass transfer and diffusion paths of substrates.

3D-bioprinted living bioremediation materials can 
be utilized for different purposes. Schaffner et al. created 
functional structures using Pseudomonas putida in a 
hydrogel made of hyaluronic acid, κ-carrageenan, and 
fumed silica.180 The hydrogel’s bacterial metabolism and 
growth were studied, and the inks were found to support 
bacterial growth. Various forms were 3D-bioprinted, 
and bacteria were properly placed to immobilize and 
localize. The released and immobilized bacteria of the 
printed structures turned toxic phenol into biomass. 
Additionally, printed constructs can be easily isolated from 
the environment and recycled multiple times, minimizing 
secondary contamination. Similarly, Liu et al. immobilized 
laccase to fabricate constructs for the degradation of 
phenolic compounds.181 The engineered laccase-laden 
constructs exhibited good stability and reusability. 

Deng et al. fabricated “living filter” for bioremediation 
via 3D bioprinting.182 The hierarchical frameworks were 
assembled with conductive bacterial “cable” produced 
by a coaxial microfluidic device (Figure 7d). The bioink 
was composed of living catalyst, Shewanella loihica PV-
4, alginate, and GO. The S. loihica metabolized GO to 
rGO, contributing to the electrical connection of adjacent 
cells and expansion of the extracellular electron transfer 
surface area (Figure 7e). The biocatalytic ability of S. 
loihica guaranteed the reduction of heavy metal ions to 
solid nanoparticles. Moreover, Cr (VI) treatment efficiency 
in the hierarchical frameworks was much higher than 
that in the bulk counterpart due to the enhanced mass/
charge transport (Figure 7f). This implies that biological 
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species combined with 3D bioprinting strategy show great 
potential in environmental applications.

8. 3D bioprinting and its techno- 
commercial alignment 
Tissue engineering and regenerative medicine have 
benefited greatly from the advancements in 3D 
bioprinting, which have made it possible to construct 
and imitate biological microenvironments ranging from 
molecular to macroscopic scale. Multiple methods for 
the biofabrication of tissue constructs are now available, 
owing to recent developments in 3D bioprinting 
technology. Innovative technologies that build 3D cell 
microenvironments can be used to fabricate artificial 
tissues and improve our knowledge of cellular interactions 
and tissue creation. It is indeed a challenge to design a 
completely closed bioprinting system that incorporates 
printing and post-printing operations such as in vitro 
culture and the development of new tissue. Such a 
platform would be needed for the technology to reach 
its full potential. Despite these setbacks, the bioprinting 
industry has seen the emergence of new players and the 
forging of new alliances. A brief information of some 
bioprinting companies which are playing pivotal role in 
medical industries is shown in Figure 8. 

There are two primary obstacles that need to be taken 
into consideration before further exploring the prospects 

offered by bioprinting. To begin generating functioning 
organoids or tissue models/substitutes, it is necessary 
to first address hurdles such as the advancement of 
cell culture systems, the creation of cell/tissue-specific 
bioinks, and the development of bioprinting technology. 
Moreover, it is crucial to establish a uniform and 
detailed set of rules for bioprinting projects. Industrial 
bioink manufacturing, bioprinting workflow, and post-
printing culture techniques should all be standardized 
by bioprinting firms as a result of this rule. Furthermore, 
this policy should consider the unique characteristics 
of each patient to ensure that the final bioprinted items 
are effective for people of varied backgrounds, ages, and 
genders. The field of bioprinting has recently seen some 
significant advances in terms of governing policies. 
On May 10, 2016, the Food and Drug Administration 
announced regulations for 3D-printed pharmaceutical 
products, marking a significant step forward in their 
therapeutic uses. 

9. Summary and future perspectives
3D printing has revolutionized manufacturing technology 
in the past years, paving the way to new possibilities 
and reshaping the field in a comprehensive manner. 
Compared to conventional production processes, additive 
manufacturing has some shortcomings and problems. 
Choice of materials, production time, low mechanical 

Figure 7. (a) Images of the 3D-printed complex constructs. Scale bars = 5 mm. (b) Image of the printing process and live-dead staining image of the printed 
thin filament (green: live; red: dead). (c) Photographs of the printed grid in medium releasing CO2. Reproduced with the permission from ref.178 Copyright 
© 2019 American Chemical Society. (d) Schematic illustration of the engineered conductive bacterial “cable.” (e) Schematic illustration of the bioreduction 
of GO to rGO by the metabolism of S. loihica. (f) The comparison of Cr (VI) treatment efficiency between bioprinted hierarchical frameworks and bulk 
counterpart. Reproduced with the permission from ref.182 Copyright © 2020 American Chemical Society.
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Figure 8. Some notable bioprinting companies in different countries.
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characteristics, defect generation, limitation of geometrical 
consistency after extrusion, layered visual appeal, and 
overall cost-effectiveness are some of the challenges in 
3D printing. However, researchers are now able to create 
goods with precise mechanical qualities because of recent 
advancements in AM. Materials made from matrix 
composites have recently attracted increasing interest 
due to their outstanding mechanical and thermoelectric 
characteristics. The majority of the difficulties encountered 
by AM approaches stem from the processes themselves. 
For example, the FDM technique is by far the most widely 
used method. The simultaneous heating and cooling 
that occurs during the FDM extrusion and multilayer 
deposition processes is the foremost contributing factor to 
void generation. This results in the formation of anisotropic 
structures and a reduction in the material’s mechanical 
property. Because of the fluctuating temperature gradient 
that occurs during curing, the vertical and horizontal 
directed characteristics may take on different values. It 
is possible that the printed part will exhibit anisotropic 
behavior. During production process, other methods 
also confront the same problems in processing speed and 
anisotropic characteristics.

The utilization of AM technology has grown, despite the 
various hurdles and limitations it has faced. Scientists are 
striving to improve 3D printing technologies by addressing 
the limitations in traditional production processes. 
Researchers now have greater flexibility to examine and 
manage product features and performance linked to their 
functional use thanks to the development of polymer 
composites, which opens up a new arena for advanced 
materials. Likewise, industrial and commercial players 
should embrace the scientifically created 3D printing-
based polymer matrix composites with open arms, as this 
innovation will not grow without the collaborative efforts 
of academics and industry in research and development. 
In order to solve the obstacles and to increase industrial 
competitiveness, a wide range of multidisciplinary research 
must be conducted to expedite the revolution of 3D printing-
based production and inspection methods. Moreover, the 
combination of many types of 3D printing methods has 
the potential to solve current printing problems, which are 
related to the substances and variables. Besides, effective 
multimaterial constructs can be developed by adhering to 
a combination of a variety of printing concepts.
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Abstract
Blindness resulting from corneal damage affects millions of people worldwide. 
The scarcity of corneal donors adds a layer of complexity to patient treatment. 
Consequently, exploring artificial cornea substitutes has become imperative in the 
realm of clinical research. Scientific advancements have ushered in a plethora of 
innovative solutions, including keratoprostheses or decellularized cornea scaffolds. 
The development of three-dimensional (3D) printing has further expanded the 
horizons of research in this field, delving into the feasibility of bioprinted corneas 
and yielding numerous promising outcomes. However, the manufacturing of corneal 
products via 3D printing poses a substantial challenge, demanding a meticulous 
selection of materials and techniques to ensure the transparency and preservation of 
the optical and mechanical properties of the artificial cornea. In the review, we present 
the artificial cornea substitutes. Additionally, we aim to provide a concise overview of 
the 3D printing techniques and materials applicable to corneal bioprinting.

Keywords: Cornea; Blindness; Artificial cornea; 3D printing; Stem cells

1. Introduction
Corneal blindness constitutes a significant global health challenge, with multifaceted 
etiologies including infections, scarring, and corneal dystrophy. Corneal transplants are 
undertaken for various reasons, with bullous keratopathy emerging as the predominant 
indication in developed countries, while infections and scarring are more prevalent 
causes in developing countries.1

As per the World Health Organization (WHO), the global population of blind 
individuals stands at 45 million, a figure that may escalate rapidly given the rise in life 
expectancy.2 A study conducted in the United Kingdom between 2008 and 2011 revealed 
a breakdown of corneal transplant indications, with keratoconus accounting for 27.4%, 
Fuchs’ dystrophy for 25.8%, cataract-caused endothelial dysfunction for 21%, infections 
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for 9.5%, ulcerative keratitis for 2.6%, and injuries for 
2.4%.3 Subsequently, a separate study conducted between 
August 2012 and August 2013 highlighted a substantial 
global demand for corneal transplants, estimating that 
12.7 million individuals across 131 countries awaited 
this procedure.4 In stark contrast, the annual incidence 
of corneal transplants in the United States is limited  
to 40,000.5

The treatment landscape is significantly challenged 
by the pronounced disjunction between the number 
of patients awaiting transplantation and the limited 
availability of cornea donors. This stark demand has 
prompted intensive research and development efforts 
in the realm of artificial cornea and cornea replacement 
products, which must meet stringent criteria.6 Even 
when a suitable cornea donor is identified, the healing 
process may face impediments due to immune response-
driven rejection.5 The evolving landscape of science and 
medicine has ushered in myriad possibilities in the field 
of corneal research. The contemporary medical arena 
increasingly embraces personalized therapies, a trend 
underscored by the advent of translational biomedicine. 
A noteworthy surge in possibilities, such as the adoption 
of three-dimensional (3D) bioprinting, is reshaping the 
field. Traditional surgical approaches for reconstructing 
various tissues and organs confront formidable challenges 
owing to the distinctive functions of these tissues. To 
overcome these limitations, there has been a discernible 
escalation in research dedicated to the application of 3D  
printing techniques.

In corneal tissue engineering, in addition to 3D 
printing, nanotechnology offers a new avenue thanks 
to recent physical and chemical breakthroughs. These 
advancements enable the creation of specialized surfaces 
that facilitate cell adhesion and proliferation, establishing 
unique microenvironments to enhance nutrient supply. 
By incorporating various nanomaterials into hydrogels, it 
becomes possible to influence the physical and mechanical 
properties of the gel, including gelation. Nanoliposomes, 
when combined with stem cells in the gel, can mediate 
active substances, facilitating cell differentiation, 
reducing inflammation, and enhancing wound healing. 
The promising properties and versatile applications of 
nanomaterials hold potential for the future of corneal 
tissue engineering and regenerative medicine. However, it 
is important to note that the application of this technology 
in this field is still in the early stages of research.5

In 3D bioprinting for regenerative medicine, we are 
already witnessing promising results that allow for the 
printing of tissues with complex structures. Consequently, 
3D bioprinting presents a new opportunity in personalized 

medicine for corneal replacement, addressing the challenge 
of donor shortage.7

2. The structure of the cornea
The cornea, a thin and transparent membrane, serves two 
primary functions: protecting the interior of the eye and 
facilitating light refraction. Optically, it is responsible for 
two-thirds of light refraction. The structural composition 
of the cornea involves various cell types, including 
epithelial cells, keratocytes, stromal cells, and corneal 
endothelial cells. In addition, extracellular components 
such as collagen or glycosaminoglycans (GAG) contribute 
to its composition.

The cornea is anatomically divided into five principal 
layers: epithelium, Bowman’s membrane, stroma, 
Descemet’s membrane, and endothelium (Figure 1). In 
terms of structure, the epithelial layer has a thickness of 
5–7 cells, comprising three cell types: surface epithelial 
cells, stem cells, and basal cells. These cells collectively 
form a uniform layer with a thickness of 50 µm. Notably, 
corneal epithelial cells differentiate from limbal epithelial 
stem cells (LESCs) and do not undergo keratinization.8 
Following the epithelial layer, Bowman’s membrane, 
characterized by an acellular structure, is constructed 
from a disordered multitude of collagen fibers. The stroma, 
which represents the thickest layer and constitutes roughly 
90% of the total corneal thickness, plays an essential role 
in providing mechanical strength and critical optical 
properties. Structurally, it comprises approximately 
200–250 parallel collagen fibers. Similar to Bowman’s 
layer, Descemet’s membrane is also acellular, composed 
of collagen, laminin, and fibronectin. The last layer of the 
cornea is the endothelial layer, semi-permeable to water 
and nutrients. Due to this property, the endothelial layer 
ensures fluid flow for the stroma. However, it is noteworthy 
that the number of cells forming the endothelial layer 
decreases with aging, and the proliferation capacity of 
these cells is significantly lower in the adult cornea.9,10

In addition to the well-established five layers, a sixth 
layer was recently discovered in 2013 by Dua and his 
colleagues.11,12 Termed pre-Descemet’s or Dua’s layer, this 
membrane is located anterior to Descemet’s layer. Dua’s 
layer is a thin membrane primarily composed of type IV 
collagen, with a thickness ranging from 6 to 15 µm. The 
collagen fibers within this layer are organized into 5–8 
layers.8,9,11

3. Cells of the cornea
3.1. Corneal epithelium
The corneal epithelium acts as a physical barrier, 
consisting of three different cell types: surface squamous 
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cells, suprabasal cells, and basal columnar cells located in 
the lower part of the epithelium. The upper three layers 
are comprised of differentiated surface squamous cells, 
covered with microvilli that significantly increase the 
surface of the squamous cell layer and facilitate contact 
with the thin tear layer protecting the cornea. The middle 
layer is composed of suprabasal cells, often referred to as 
Wing cells due to their wing-like shape.13,14 Compared to 
squamous cells, suprabasal cells are flatter and more spread 
out, exhibiting elongated nuclei, with many vacuoles found 
in proximity to the squamous cell nucleus.14 These cells 
divide relatively rarely, migrate toward the upper layer, and 
differentiate into squamous cells. The lowest layer of the 
epithelium is formed by basal cells in a single layer. These 
cells carry out essential tasks such as replacing suprabasal 
cells and secreting matrix factors that make up the lamina 
basalis and stroma. Basal cells are also responsible for the 
assembly of hemidesmosomes. These functions may play a 
role in cell migration during wound healing.13 During eye 
development, the cornea’s epithelium originates from the 
surface epidermal ectoderm.4

3.2. Keratocytes
The keratocytes residing in the cornea are situated amidst 
the collagen fibers comprising the stoma, originating 
from mesenchymal cells. Within this collagenous matrix, 
keratocytes form a unified network, interconnecting 
with neighboring cells in a dendritic manner. These cells 
contain crystals and proteins that contribute to the cornea’s 
transparency. Play an important role in corneal wound 
healing and scarring, keratocytes exhibit two phenotypes. 
One phenotype is characterized as regenerative or repair-
oriented, while the other promotes cell death. During 
the phenotypic transformation, cells deviate from their 
resting state. The regenerative phenotype facilitates 
wound healing through fibrotic scarring and tissue repair. 
However, it is noteworthy that scarring adversely affects  
corneal transparency.13,15

3.3. Corneal endothelium
The endothelium, constituting the cornea’s innermost 
layer, comprises a single layer of cells located posterior to 
Descemet’s membrane. Comprising squamous cells that 

Figure 1. Structure of the cornea.
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have undergone terminal differentiation, the endothelial 
layer lacks regenerative capacity. These cells fulfill crucial 
roles, including maintaining corneal transparency, 
supplying nutrients to the cornea, and ensuring hydration 
by permitting the passage of water into the stroma. 
Additionally, their pivotal function extends to preventing 
overhydration of the stroma through active transport 
mechanisms. This dual role is vital in preserving the 
organized structure of collagen fibers within the stroma, 
which is essential for facilitating light transmission and 
upholding corneal transparency. The endothelium and 
stroma are formed during eye development from the 
periocular mesenchyme—also known as periocular neural 
crest cells.4,16-18

3.4. Limbal epithelial stem cells 
Adult limbal epithelial stem cells (LESCs) are located in 
the peripheral limbus, playing a pivotal role in the renewal 
of the corneal epithelium, specifically in the continuous 
replacement of the upper 4–6 layers, predominantly 
composed of squamous cells. These LESCs are located 
in the basal layer of the limbal epithelium, forming 
distinctive niches. Despite their essential function, it 
is noteworthy that the proliferation potential of these 
stem cells is extremely low. The potential loss or damage 
of these stem cells can occur due to various factors 
such as physical, chemical, or thermal impact, genetic 
diseases, or infections. Consequently, limbal stem cell 
deficiency triggers neovascularization and angiogenesis 
in the conjunctiva, leading to vision loss. To address this, 
clinically cultured LESCs are employed as a therapeutic 
strategy. These cultured cells are transplanted into the 
patient’s cornea, and it is important to note that LESCs can 
be derived from either autologous or allogeneic sources.19

3.5. Corneal stromal stem cells 
Corneal stromal stem cells (CSSCs) represent another 
crucial cell type within the cornea, specifically located in 
the limbal stoma. Functioning as mesenchymal progenitors 
of keratocytes, these cells contribute to wound healing and 
regeneration, essential processes for maintaining corneal 
transparency. The therapeutic potential of CSSCs extends 
to applications in artificial tissue replacement.20 Notably, 
CSSCs demonstrate the capability to produce matrix 
components resembling the composition of the collagen 
matrix present in the stroma. In research endeavors, 
it was observed that stromal stem cells, when cultured 
on nanorods arranged in parallel, generated a collagen 
layer mirroring the structure and composition of the 
natural stroma.21 These findings suggest that CSSCs hold 
promise for in vitro production of stroma-like tissue. Such 
advancements could open avenues for replacing the stroma 
in transplantation procedures.

4. Extracellular matrix proteins in  
the cornea
A crucial determinant of achieving optimal visual acuity 
is the correct composition, structure, and interplay of the 
extracellular matrix (ECM) situated within the cornea, 
forming what is known as the corneal stroma (Table 1). 
An illustrative instance of this is the organized network 
of keratocytes within the stroma, situated amidst collagen 
fibers and layers. This arrangement serves as a cornerstone 
for one of the main functions of the stroma, specifically 
imparting mechanical strength to the cornea while 
significantly contributing to its transparency.

The primary constituent of the ECM is collagen, 
accompanied by various leucine-rich proteoglycans.22 The 
collagen matrix forming the corneal stroma incorporates 
diverse collagen types, including type I, type IV, type V, 
and type VIII. Unlike collagen layers in other connective 
tissues, the corneal collagen matrix is notably thinner, a 
characteristic that contributes to corneal transparency. 
The collagen fibers within the cornea serve as pivotal load-
bearing elements, enduring tensile and compressive forces 
generated by intraocular pressure and external impacts 
to safeguard inner ocular tissues. This robust strength of 
collagen fibers is attributed to their rope-like structure and 
the different lateral orientations of the layers. Dermatan 
sulfate-containing proteoglycans in the stroma prevent 
the adhesion of neighboring collagen fibers.9 Among the 
collagens, type I collagen prevails in abundance throughout 
the human body, with exceptions such as the eye’s vitreous 
body or brain. Conversely, type V collagen is notably more 
abundant in the cornea. This collagen variant, characterized 
by its small fibrillar structure, plays an important role 
in fiber formation. The stroma layers mainly consist of 
type I and type V collagens, with an estimated count of 
approximately 250–300 layers enveloping the entire cornea. 
The distribution of particular collagen types may vary 
depending on the cornea’s structure and condition. Given 
that type I and type V collagens collectively contribute to 
corneal transparency, any changes in their distribution or 
ratio can affect this transparency. For example, structural 
changes in type I collagen resulting from corneal wounds 
or scarring may lead to a decrease in transparency.16

Type VII collagen assumes a significant role in 
facilitating adhesion between the epithelial layer and the 
stroma, as well as in fiber fixation and wound healing. 
Unlike the previously discussed collagens, type VIII and 
type XII collagens lack the ability to independently form 
fibers. Nevertheless, they can engage in interactions 
with other collagen types, actively participating in fiber 
formation.23,24



3D bioprinting for corneal regeneration

111Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1669

International Journal of Bioprinting

Table 1. Proteins in the extracellular matrix of the cornea

Cornea layers Extracellular matrix component References

Epithelium Very scanty or relatively no extracellular matrix 96-103

Epitope base membrane Type I collagen

Type IV collagen

Laminin

Fibronectin

Fibrin

Proteoglycans

Bowman’s membrane Type I collagen

Type III collagen

Type IV collagen

Fibronectin

Stroma Type I collagen

Type III collagen

Type V collagen

Fibronectin

Proteoglycans

Elastin

Dua’s layer Type I collagen

Type IV collagen

Type V collagen

Type VI collagen

Fibronectin

Proteoglycans

Descemet’s membrane Type I collagen

Type IV collagen

Type VIII collagen

Endothelium Very scanty or relatively no extracellular matrix

In the fibrillogenesis process of the cornea, the 
longitudinal and linear growth of collagen fibers plays 
an important role in ensuring the formation of the eye’s 
structural integrity. Significantly, inhibiting the lateral 
growth of fibers, which prevents the formation of thick 
fibers, is crucial for maintaining corneal transparency.25 
Proteoglycans contribute to this process during 
fibrillogenesis and matrix formation. Notably, research has 
underscored the substantial role played by proteoglycans 
containing keratan sulfate and dermatan sulfate in shaping 
the cornea’s collagen structure and organizing the matrix, 
thereby contributing to corneal transparency.16,26

The predominant portion of proteoglycans present in 
the corneal stroma belongs to a small family of leucine-rich 
proteoglycans. These proteoglycans engage in binding with 
collagen fibrils, profoundly influencing the arrangement of 

collagen fibers within the stroma. Beyond their structural 
role, these proteoglycans play a significant regulatory role 
in cell adhesion, proliferation, and migration within the 
cornea. Consequently, they exert influence over cellular 
responses during the wound-healing process.27

5. Artificial corneas and  
corneal regeneration
Artificial cornea replacement products must adhere to a 
myriad of specifications to closely emulate the native cornea. 
From a manufacturing standpoint, these artificial corneas 
should be cost-effective, ensuring high-quality production, 
and designed for ease of mass production. On the medical 
front, crucial prerequisites include transparency and a 
sufficiently porous structure that facilitates the supply 
of nutrients and oxygen to the surrounding tissues. In 
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addition, the optical properties of these products must 
closely align with those of the native cornea while also 
demonstrating resilience to withstand transplantation and 
mitigate the risk of eliciting autoimmune reactions from 
the recipient’s body.

5.1. Keratoprostheses
Blindness resulting from disease or corneal damage 
constitutes a significant global health concern affecting 
millions of individuals. Corneal transplantation, or 
keratoplasty, stands as the primary method for addressing 
corneal blindness. However, the scarcity of suitable donors 
poses a considerable challenge in caring for affected 
patients. Consequently, biomimetic substitutes that 
emulate the cornea have gained increasing prominence.

Artificial corneas, known as keratoprostheses, are 
laboratory-manufactured products comprising both 
synthetic and biological materials. These substitutes offer 
many advantages, including enhanced biocompatibility 
that mitigates the risk of rejection. Adhering to strict 
manufacturing regulations ensures the sterility of 
keratoprostheses, minimizing the risk of infections during 
implantation, which could potentially lead to further 
corneal damage. Notably, keratoprostheses exhibit reduced 
light scattering owing to their unique properties.28

The evolution of these products over the years reflects 
substantial advancements. Early keratoprostheses had 
a more artificial effect than the current, more advanced 
artificial corneas. The center of the early versions of these 
products featured a rigid, poly(methyl methacrylate) 
(PMMA) optical element attached by synthetic or 
alternative materials. However, challenges in patient 
implantation arose due to potential immune responses 
triggered by certain materials. Research suggests that 
porous materials such as Teflon, poly(2-hydroxyethyl 
methacrylate), or Dacron (polyethylene terephthalate 
[PET]) facilitate the integration of implants into the host 
body, potentially addressing these challenges.29

However, these prostheses come with inherent 
limitations and disadvantages, partly stemming from the 
structure and material composition of the implants. The 
typical hardness and relative rigidity of these materials can 
induce discomfort upon implantation in the patient’s eyes, 
potentially causing damage to the surrounding healthy 
tissue. Another disadvantage is the restricted vision often 
experienced post-keratoplasty, a consequence of the 
material used for implant fixation. The choice of fixation 
material may compromise corneal transparency. Given 
the implantation of artificial materials, the transplantation 
process becomes more complicated than allografts, with 

the need for two surgical procedures in many cases, thereby 
elevating the risk of infections.7

5.2. Amniotic membrane
In addition to keratoprostheses, the amniotic membrane 
(AM) stands out as one of the most commonly used 
corneal substitutes. Derived from the placenta, the 
amniotic membrane is typically 0.02–0.5 mm thick and 
devoid of blood vessels and nerves. Structurally, the AM 
consists of three layers: the epithelial layer, the vascular 
stroma, and the basement membrane. Both the basement 
membrane and the stroma are rich in collagen, fibronectin, 
and laminin. The membrane serves multifaceted functions, 
promoting the migration of epithelial cells, orchestrating 
the organization of collagen fibers, and concurrently 
inhibiting neovascularization and fibrosis.30

Several studies have explored the applicability of the 
amniotic membrane, including research conducted by 
Rohaina et al.31 In their study, the amnion was combined 
with stem cells for epithelial replacement, revealing 
enhanced post-operative transparency of the implanted 
AM attributed to reduced neovascularization. These 
findings suggest that the AM holds promise as a corneal 
substitute in corneal reconstruction surgeries.

Efforts have also been directed toward enhancing the 
stability and durability of the membrane by incorporating 
additional scaffolds, often involving various nanomaterials 
and nanofibers. However, the use of such supporting 
elements introduces uncertainties, including uncontrolled 
degradation, tissue interaction, and potential cytotoxicity. 
Despite these challenges, the use of AM is not without 
disadvantages, encompassing limitations such as the 
restricted number of available donors, difficulties in isolation 
from the placenta, and the inherent risks of infections that 
could be transmitted through transplantation.32,33

5.3. Corneal bioscaffolds
The development of artificial tissue production has 
presented a new opportunity to address the shortage of 
cornea donors. One approach involves combining real 
tissue with an artificial scaffold crafted from biomaterial. 
In comparison to keratoprostheses, these products may 
offer greater ease in terms of biocompatibility. Careful 
consideration of the chosen scaffold material and its 
preparation is crucial during the planning of these 
substitutes to ensure resulting tissue closely mimics 
native tissue.32

Another alternative involves using decellularized 
corneal stroma of animal origin, providing a potential 
remedy for the donor shortage. The effectiveness of using 
these scaffolds for stroma reconstruction is heightened 
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when the epithelium and endothelium are well-preserved. 
However, animal-derived products introduce limitations 
and disadvantages, including the necessity for extensive 
donor screening to detect various pathogens.34 An 
additional disadvantage lies in the potential immune 
response triggered by residual cellular elements within 
the foreign tissue, which may lead to rejection.7 Moreover, 
remnants of substances used in the decellularization 
process, such as Triton X-100, formic acid, sodium 
dodecyl sulfate, and dispase, may possess toxicity post-
implantation.28 Subsequently, these stroma substitutes 
undergo recellularization with various cell types using 
diverse techniques.

The shortage of donors has spurred the development 
of numerous techniques to meet the demand for artificial 
corneas. A notable example is the porcine collagen-based 
cornea pioneered by Xeroudaki et al. This approach 
utilized highly pure, medical-grade collagen extracted 
from pig skin, effectively replacing a segment of the stroma 
in a thin layer. The outcomes of their study reveal the 
successful survival, proliferation, and migration of cells 
within this layer. The surgical procedures utilizing this 
method are characterized by rapid regeneration, resulting 
in a transparent cornea. Impressively, over the examined 
6-month period, the prepared implant retained its original 
morphology and successfully replaced the surgically 
affected part of the stroma.35

5.4. Tissue bioprinting
3D bioprinting emerges as a potential solution to address 
the biocompatibility challenges associated with artificial 
corneas and alleviate the demand stemming from the 
scarcity of donors. Leveraging 3D design programs and 
bioprinting technologies facilitates the creation of complex 
shapes using a variety of materials. A key advantage of 
3D bioprinting, distinguishing it from existing methods, 
lies in its high-quality spatial resolution and the extensive 
array of available hydrogel materials and compatible 
cell types. The flexibility of various printing techniques 
allows for tailored approaches, enabling the selection of 
the most suitable method for the specific challenge at 
hand. 3D bioprinting enables the precise recreation of 
the cornea’s different layers and anatomical features. This 
capability ensures high-fidelity reproducibility, allowing 
for the creation of corneal replacements with exceptional 
precision and accuracy for multiple patients.5

In the realm of the cornea, 3D bioprinting offers the 
capacity to create multicellular, multi-layered structures and 
easily print curved surfaces. This capacity is instrumental 
in fulfilling the crucial requirement for artificial corneas to 
resemble the native tissue. Furthermore, these properties 
significantly contribute to both the optical and mechanical 

properties of the final product. 3D bioprinting not only 
enables the modeling of individual corneal components but 
also paves the way for creating multi-component systems, 
facilitating the comprehensive recreation of the entire 
cornea. The potential to generate complex systems holds 
significant promise for drug development and toxicological 
studies, offering an alternative to conventional animal 
models and the less effective two-dimensional cell cultures 
employed thus far.7,36

The matrix, essential for cell adhesion and proliferation 
during tissue printing, can be provided by either natural 
materials (gelatin, collagen, laminin, cellulose) or 
artificial polymers (poly(ethylene glycol) diacrylate 
[PEGDA], poly(caprolactone) [PCL], poly(ethylene 
glycol) [PEG]).34,37,38 Natural polymers possess numerous 
advantageous properties that can be easily adapted to the 
specific tissue and cell type to be printed.39 However, it 
is crucial during printing to select materials that do not 
impede the proliferation and migration of cells.40 In the 
design of bioprinting, careful consideration of certain 
properties of the polymer—such as viscosity, gelation 
time, or concentration—is necessary to establish an 
environment conducive to the cells in contact with the 
printed tissue.38,40

One disadvantage of these polymers is their mechanical 
sensitivity in many cases, a limitation that can be mitigated 
by mixing them with other materials to improve their 
physical properties.41 For example, constructs made 
of alginate may readily disintegrate in a calcium-free 
environment and dissolve in the surrounding liquid. In 
contrast, gelatin scaffolds exhibit sensitivity to temperature 
changes, softening at room temperature and liquefying at 
around 37°C.

In the case of natural polymers, a cross-linking agent 
is used to address this issue, fostering bonds between the 
polymer chains. Cross-linking can be achieved through 
physical means (UV, blue light), chemical processes 
(divalent cations, pH change), or biological mechanisms—
with the help of enzymes. The resulting cross-linked 
structure forms a semi-permeable system that facilitates 
the permeation of metabolites, nutrients, and oxygen. This 
permeability is essential for sustaining cell viability and the 
functionality of the 3D-printed tissue.38

In addition, the decellularized extracellular matrix holds 
great potential as a natural polymer for bioprinting. In this 
realm, the research conducted by Kim et al.42 provides great 
novelty and promising results in the development of corneal 
analogs. The group formulated a decellularized ECM-based 
hydrogel derived from corneal tissue, cross-linked with a 
ruthenium and sodium persulfate-containing photoinitiator. 
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An important property of their hydrogels is the utilization of 
visible light for cross-linking, thereby safeguarding cells from 
damage inherent in common UV cross-linking methods. 
Moreover, the hydrogel can undergo gelation regardless of 
pH conditions, facilitating easier handling. The resultant 
scaffold exhibited commendable physio-mechanical 
properties, maintaining the printed shape of the cornea. 
After 30 min of saline washing to eliminate the yellow color 
of ruthenium, the scaffold retained 94% transparency and 
remained transparent after 10 days. Human trabecular 
meshwork stem cells (hTMSCs) mixed into the corneal 
dECM hydrogel demonstrated 90% viability even 48 h 
after printing. Notably, cornea-specific gene upregulation 
was observed in the cells, and immunostaining revealed 
collagen production. Zhang et al.43 utilized cornea-derived 
dECM (CECM) and GelMA-based hydrogel for DLP-
printed cornea structures. In vitro employed human corneal 
fibroblasts, while in vivo testing utilized rabbit models. 
Rheological tests demonstrated excellent physio-mechanical 
properties of their cornea scaffold, exhibiting stability and 
resistance to various forces and near-complete transparency. 
The CECM/GelMA hydrogel exhibited only 17% water loss 
after 4 h of air drying compared to pure GelMA (31%). 
Cell viability gradually increased during the 14-day culture 
period, indicating cell proliferation within the hydrogel, 
with observed migration toward inner areas. The CECM/
GelMA hydrogel provided an optimal microenvironment 
to the cells, leading to a gradual increase in collagen, 
lumican, and ALDH3A1 production, as observed through 
immunostaining. In an in vivo rabbit model, the implanted 
CECM/GelMA hydrogel did not induce inflammation or 
rejection, and increased re-epithelialization was observed 
around the wound, resulting in a healing rate of 93.5% at 28 
days after surgery.

Another significant category of polymers applicable 
to tissue printing comprises synthetic polymers, often 
preferred over biopolymers due to their mechanical 
strength and non-immunogenic properties.38,44 Typically 
produced through chemical reactions, these materials are 
transformed into hydrogels using the inverse dispersion 
technique.39 However, a disadvantage of synthetic polymers 
is their reliance on organic solvents and high temperatures 
for 3D printing, potentially compromising the biological 
activity of cells and various active substances and factors 
incorporated into the hydrogels.38,45,46 Consequently, 
synthetic polymers find greater utility in constructing the 
frames of printed structures.

6. Type of printing methods
The primary challenge in constructing complex structures 
lies in the necessity for scaffolds to incorporate multiple 

cell types. One solution to this issue is the utilization 
of 3D fabric printing. Currently, several 3D printing 
techniques are available in the market, such as methods 
based on inkjet, extrusion, or light. The selection among 
these methods hinges on the specific characteristics of 
the intended sample, considering both their advantages 
and disadvantages. Depending on the type of printer 
used, the scaffold or printing mold can have a positive or 
negative pattern, and it is even possible to print without 
a mold using materials with special properties, such as  
poloxamer (Figure 2).

6.1. Material extrusion methods
Material extrusion-based printers can be categorized 
into two types based on the method used to dispense the 
material for printing: pneumatic (utilizing compressed 
air) and mechanical material extrusion. In both methods, 
printing is executed by one or more fixed print heads 
positioned above a printing table movable in three 
dimensions (X, Y, and Z directions). Pneumatic systems 
may exhibit less direct control over material flow due 
to the delay introduced by gas volume compression. 
Conversely, mechanically operated systems employ a 
screw-controlled piston in the syringes, making them 
more suitable for printing high-viscosity hydrogels. 
Continuous material flow must be carefully maintained 
in both types. Hydrogels used in this technique must 
undergo cross-linking during or after printing, achieved 
through physical or chemical methods. This technique 
is versatile, allowing the printing of various tissues, 
including the cornea. Material extrusion facilitates fast 
and cost-effective printing. A range of starting materials, 
including hydrogel containing different cell types, dECM, 
and synthetic polymer fibers, can be used for scaffolds. 
However, material extrusion techniques have drawbacks. 
Inadequate and excessive pressure application and 
overly swift movement of the printing table can disrupt 
the continuity of the print pattern, resulting in lower 
resolution and slower printing speeds compared to other 
methods. Attention must be given to the viscosity of the 
hydrogel, as excessive viscous hydrogels can lead to print 
head clogging. Moreover, cellular viability during cellular 
printing using material extrusion may be lower due to the 
high pressure and shearing forces applied to the cells, in 
contrast to other techniques.6,36,47-50

6.2. Inkjet printing
Within the inkjet printing technique, six methods can 
be distinguished: piezoelectric, thermal, electrostatic, 
electrohydrodynamic, microvalve-based, and acoustic. 
Material jetting offers the advantages of computer-
controlled droplet formation with high precision 
and resolution, enabling control over the placement 
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of individual droplets in the scaffold. The difference 
among these techniques lies in the methods used for 
droplet production, such as a heat actuator in thermal 
inkjet printing, a pressure plate in electrostatic inkjet 
printing, and an electric field in electrohydrodynamic 
printing. Each technique has its drawbacks. In thermal 
inkjet printing, the hydrogel must be subjected to high 
temperatures (200–300°C) for droplet formation, which 
can potentially harm the cells inside the print head and 
inactivate biologically active proteins in the hydrogel. 
Maintaining appropriate viscosity is another challenge, 
as overly viscous materials may not form droplets 
effectively and can clog the print head, while excessively 
thin hydrogel may flow out of the print head without 
proper binding. Certain types of 3D printing methods 
may be suitable for corneal printing, such as the reactive 
inkjet method (RIJ) based on inkjet technology. Duffy 
et al.51 utilized RIJ to construct a cornea based on poly-
ε-lysine and gellan gum hydrogel. This inkjet printing 
method employs two print heads, each containing 
different components of the hydrogel. While each 
component is inactive on its own, their simultaneous 
printing on a special substrate results in binding through 
physical or chemical reactions in situ.36,47,51-53

6.3. Light-based methods
Among the 3D printing methods using light, two 
categories can be distinguished: laser-induced 
forward printing (LIFT) and methods based on resin 
polymerization. LIFT uses laser pulses—collimated, 

monochromatic light beams—to print individual bioink 
droplets. The equipment consists of a laser passing 
through a focusing system, heating a quartz glass plate 
coated with an absorption metal layer (such as gold) at 
a specific point. The opposite side of the plate contains 
a hydrogel coating. The laser induces the formation 
of droplets at a designated point, which then lands 
on a surface equipped with a receiving substrate. One 
advantage of this technique is the absence of print head 
clogging, allowing for a wide viscosity range during 
printing. High cell density can be achieved without 
compromising cell viability. However, the disadvantage 
is the potential introduction of particles from the metal 
layer into the sample during printing, and the method 
incurs a high material cost. This technique is applicable 
for printing various tissues and organs, including the 
cornea. Techniques based on the resin polymerization 
method include stereolithography (SLA), digital light 
processing (DLP), and two-photon polymerization 
(2PP). In these methods, a photoactive or light-binding 
bioresin is used and bound layer by layer with an LED or 
laser-based light source. SLA and DLP are very similar, 
with SLA employing a UV laser or visible light source 
focused on a movable platform to bind the bioresin 
through laser scanning. In contrast, DLP focuses the 
image of the pattern to be printed in the resin using 
a complex mirror system, allowing for the creation of 
entire layers at once. Two-photon polymerization is a 
method in which a resin molecule absorbs two photons. 

Figure 2. Types of mold used in corneal bioprinting.
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This resin is composed of two special components 
(a positive and negative tone resin). Printing is 
accomplished using a femtosecond near-infrared (NIR) 
laser source and a glass plate situated at the bottom of 
the resin bath. In contrast to cellular printing, laser 
techniques are primarily used for scaffolds, given that 
the unbound resin from the printed sample is dissolved 
using solvents that can be harmful to cells. However, the 
advantage lies in the capability of these techniques to 
swiftly and economically produce substantial quantities 
of constructs.36,52,54-57

In addition to potentially harmful solvent and 
resin-based techniques, many water-soluble, less, 
or non-cytotoxic photoinitiators can be used in 
corneal bioprinting with common hydrogels. For 
instance, Irgacure and LAP (lithium phenyl-2,4,6-
trimethylbenzoylphosphinate) are commonly used 
in the photocuring of acrylate and methacrylate-
based hydrogels. Studies have demonstrated that 
a low concentration of LAP exhibits enhanced 
cytocompatibility and improved physio-mechanical 
properties in printed constructs compared to Irgacure 
2959.58 Cytotoxicity tends to escalate with the initiator 
concentration and exposure to cross-linking UV light.59 
Barroso et al.60 also used LAP as a photoinitiator for 
printing a methacrylated silk fibroin-based bioink 
(SilkMA) in artificial corneal research. Their study 
revealed that LAP-cured SilkMA exhibited good 
viability, and metabolic activity increased over the 14-
day observation period. The prepared hydrogel could 
be cured with neutral pH and low-energy UV light or 
through lithography-based printing. In another study, 
He et al.61 prepared PEGDA-GelMA hydrogel with LAP 
as a photoinitiator, successfully printed with cells using 
the DLP method. Cells demonstrated proliferation in 
the hydrogel 6 days after printing with approximately 
90% viability. Additionally, numerous photoinitiators 
can facilitate cross-linking via visible light, such as Eosin 
Y, riboflavin, or ruthenium (as mentioned in Zhang et 
al.43). These methods represent viable alternatives in 
light-based bioprinting with high biocompatibility, as 
measured using MTT or Live/Dead assay.58

7. Hydrogels and scaffolds for  
corneal bioprinting
7.1. Alginic acid
Alginic acid, commonly known as alginate, is a 
polysaccharide extracted from brown algae. Its versatile 
applications extend across industries, including textiles, 
pharmaceuticals, and food, where it serves as a thickener, 
gelling agent, and emulsifier marked as E400. Another 

common form is sodium alginate, the sodium salt of 
alginic acid. Cross-linking of alginate is typically achieved 
with divalent cations such as calcium (Ca2+), magnesium 
(Mg2+), or barium (Ba2+). This binding method allows 
reversible cross-linking, as the cations are released from the 
cross-linked alginate in a cross-linker-free environment. 
In addition to cationic cross-linking, alginic acid exhibits 
excellent cross-linking through enzymatic and photoactive 
compounds. While alginate-bound cells can be efficiently 
recovered, and cells remain viable for weeks in alginate 
scaffolds, there are disadvantages. Cells enclosed in 
alginate hydrogel tend to maintain a spherical shape due 
to encapsulation, and they may exhibit lower proliferation 
and differentiation rates.38,44,62

7.2. Gelatin
Gelatin, derived from collagen through the partial 
hydrolysis of its tertiary structure, is a protein that 
originates from various sources, such as pork, calf, or 
fish, each with slightly different properties. Gelatin-
based hydrogels are renowned for their excellent 
biocompatibility and biodegradability, making them 
a commonly used hydrogel component in 3D printing. 
Gelatin-based hydrogels maintain cell viability and 
differentiation potential, which are important factors 
when working with stem cells. One disadvantage 
of using gelatin lies in its thermosensitive property, 
wherein its cross-linked structure becomes unstable 
and liquefies under physiological conditions above 
20°C, such as the standard human body temperature 
of 37°C.38,44 To address this, improving the mechanical 
properties of gelatin-based hydrogels is necessary and 
can be achieved by incorporating other polymers, 
such as chitosan, collagen, or alginate, into the gelatin 
matrix.38,63 Alternatively, chemical modifications on 
gelatin, such as methacrylation, result in the formation 
of gelatin methacrylamide (GelMA). The addition of a 
photoinitiator to GelMA allows photopolymerized using 
UV light.64

7.3. Collagen
Collagen, an important component of ECM, is widely 
used in clinical settings as a tissue replacement and 
regenerative material, as well as in 3D bioprinting due to 
its excellent mechanical and degradable properties. This 
ECM protein is abundantly present in the connective 
tissues of many organisms, with the primary sources for 
laboratory uses being animals like calves, pigs (skin and 
bone), or marine animals.65

In the context of tissue printing, collagen stands out as 
an excellent hydrogel material due to its scaffold structure. 
The porous structure of collagen facilitates the diffusion 
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of nutrients and growth factors within the hydrogel.66 Its 
degradation characteristics are contingent on chemical 
and thermal conditions: for instance, it resists dissolution 
in acidic solvents (e.g., acetic acid) and maintains stability 
when stored at a low temperature (2–8°C). Under 
physiological conditions, preventing fibrillogenesis 
(neutralized pH, 37°C) ensures gel formation occurs 
within hours. Despite its numerous advantages, collagen 
does have notable disadvantages, including low stiffness 
and short duration of maintained stability.62

However, the utilization of animal-derived collagens 
in humans carries the risk of provoking unwanted 
immune responses, which, in some cases, can be severe. 
In addition, the use of collagens sourced from various 
tissues poses a potential risk of transmitting infections 
and pathogens.67 In an experiment conducted by 
Cooperman and Michaeli on volunteers, employing 
high-purity dermal calf collagen resulted in side 
effects in 3% of patients (2 out of 61), highlighting the 
immunogenic nature of animal-derived proteins.68 To 
address this, recombinant collagens present a viable 
solution. Various host organisms, such as mammalian 
cells, yeasts, and bacteria (e.g., Escherichia coli), are 
suitable for collagen production, each capable of 
producing collagen in different quantities. Notably, 
hydroxylated full-length collagen can only be produced 
with transfected mammalian cells. Nonetheless, it is 
completely equivalent to tissue collagen.69

7.4. Hyaluronic acid 
Hyaluronic acid (HA) is a naturally occurring 
glycosaminoglycan, characterized by the repetition of 
disaccharide units (glucuronate and N-acetylglucosamine). 
For applications in tissue printing, HA can undergo 
chemical modifications, resulting in derivatives such 
as sodium hyaluronate, tyramine-substituted HA, and 
thiolated hyaluronic acid.62 Found in various tissues 
(e.g., skin, cartilage), HA serves as an excellent scaffold 
in bioprinting.32 The development of stable HA hydrogels 
can be achieved through cross-linking with hydrazone, 
employing a two-component system that promotes rapid 
gel formation and embeds cells within the hydrogel matrix. 
In the context of cornea, HA promotes cell migration and 
tissue regeneration.70,71

7.5. Other materials
Silk fibrin, a high-molecular-weight substance derived 
from the cocoon of the Bombyx mori silkworm, exhibits 
low immunogenicity, favorable mechanical properties, and 
a controllable degradation rate. The incorporation of this 
material into hydrogels improves the mechanical properties 
of scaffolds, a critical requirement for a corneal scaffold. 

This augmentation promotes stromal cell proliferation 
while maintaining the transparency of the printed pattern. 
The application of silk fibrin in 3D bioprinting and 
cornea reconstruction has been extensively explored by 
researchers. Investigations into combining silk fibrin with 
other materials, such as PEG or RGD peptides, have been 
conducted to enhance cell adhesion. The outcomes of these 
studies consistently reveal an enhancement in the adhesion 
of specific cell types.30,32,72,73

Chitosan, an amino polysaccharide derived from 
chitin found in shellfish, insects, and fungi, stands as a 
widely used natural biopolymer with numerous positive 
attributes, such as biocompatibility or biodegradability. 
These characteristics make it well-suited for applications 
in wound healing and 3D bioprinting. The stability 
of chitosan can be enhanced through cross-linking; 
without this process, chitosan would undergo rapid 
degradation, particularly under acidic pH conditions.39,65,74 
The incorporation of chitosan into scaffolds promotes 
cell adhesion, proliferation, and differentiation, and 
remarkably, only minor rejection incidents were observed 
post-transplantation.75

Fibronectin is a multi-domain glycoprotein capable 
of binding to numerous ECM components, playing an 
important role in establishing the cell–ECM connection 
through cell surface integrins. Synthesized by diverse 
cell types, fibronectin has significant involvement in 
various physiological processes, including blood clot 
formation and the regulation of cell migration. Moreover, 
its contributions extend to embryonic development and 
tissue regeneration.39,76

A key component of the lamina basalis, laminin, 
forms a thin, sheet-like structure through a heterotrimer 
comprising α, β, and γ polypeptide chains. These 
polypeptides, structurally arranged in a cross-shaped 
configuration connected by disulfide bonds, contribute to 
lamini’s vital roles in cellular processes such as adhesion, 
migration, and differentiation.39,76,77

7.6. Combined materials for enhanced properties
Beyond various standalone hydrogel and scaffold 
materials, composite hydrogels offer the unique benefit 
of combining and enhancing the desirable properties of 
multiple components. This allows for tailoring physical and 
mechanical properties such as water retention, flexibility, 
and optical properties to a greater extent. Notably, chitosan 
serves as an excellent hydrogel base material due to its 
biocompatibility, solubility, antimicrobial properties, and 
biodegradability. However, its standalone mechanical 
properties often fell short. Tayebi et al.78 addressed this 
limitation by incorporating chitosan nanoparticles into 
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composite membranes alongside chitosan and PCL. 
The resulting hydrated membranes exhibited increased 
flexibility and ease of handling, with the 50% nanoparticles 
and 25% PCL composition demonstrating near 
transparency comparable to the acellular stroma.

In an effort to improve the properties of chitosan, Ulag 
et al.79 incorporated polyvinyl alcohol (PVA), a widely-
used synthetic polymer in biomedicine that is known for 
its utility as a carrier material due to its physio-mechanical 
properties. Employing an aluminum mold shaped like 
a cornea, the hydrogel was printed using the extrusion 
method without the use of a cross-linking material. 
Although the prepared composite gel was completely 
transparent, measured transmittance indicated values 
between 49% and 56%. Importantly, the scaffold perfectly 
retained the shape of the cornea post-printing. Chen et 
al.80 developed a composite hydrogel using type 1 collagen, 
chitosan, and sodium hyaluronate (NaHA). The study 
explored the effect of the ratio of individual components 
on transmittance and water content within the prepared 
hydrogels. Notably, the hydrogels containing 0.5 and 0.9 
(wt)% NaHA exhibited a transmittance of 95%. In vitro 
cytocompatibility studies and in vivo rabbit experiments 
revealed that the hydrogel composed of 20% collagen, 
10% chitosan, and 0.5% NaHA proved to be the most 
efficacious, maintaining transparency even 5 months post-
implantation.

8. Stem cells in cornea bioprinting
There are two main categories of stem cells: embryonic 
stem cells (ESCs) and adult stem cells. In addition, 
induced pluripotent stem cells (iPSCs) represent another 
category created through the dedifferentiation of somatic 
cells.81 Adult stem cells include mesenchymal stem 
cells, which can be sourced from diverse tissues such as 
corneal stroma (CS-MSC), bone marrow (BM-MSC), 
adipose tissue (AD-MSC), umbilical cord (UC-MSC), 
placenta (P-MSC), and dental pulp.82 Mesenchymal 
stem cells exhibit the ability to differentiate into multiple 
cell types under in vitro conditions, such as adipocytes, 
chondrocytes, osteocytes, and cardiomyocytes. These cells, 
characterized by exceptionally high immune tolerance and 
the capacity to exert an anti-inflammatory effect through 
their immunomodulation function, find application in 
allografts. This usage serves to reduce the likelihood of 
rejection and contributes to expedited wound healing.83,84

The use of stem cells in bioprinting stands as a 
widespread practice in regenerative medicine research, 
facilitating the production of various implants and tissue 
models85 (Figure 3). The 3D printing technique orchestrates 
the arrangement of cells, multiple factors, and active 

substances into complex 3D structures. The construction 
of the scaffolds involves three main steps. Firstly, data 
pertaining to the organs and tissues slated for printing are 
collected to facilitate the selection of appropriate models 
and materials. Secondly, a computer model is generated 
based on this data, and the corresponding printing code is 
written. The final step involves the physical construction of 
the structure through 3D printing.86

During the design and material selection phases, an 
important consideration is ensuring that the bioprinted 
scaffold effectively provides the appropriate supply of 
nutrients and oxygen for the diverse cell types encapsulated 
within the hydrogel.

These bioprinted tissue models serve as valuable tools 
in elucidating the behavior of immobilized stem cells 
within different matrix materials. Examining cell functions 
post-bioprinting yields invaluable insights into the impact 
of processes during 3D printing on cellular behavior. 
A comprehensive understanding of these dynamics is 
essential not only for the success of future bioprinting 
endeavors but also for their widespread applications.87

9. Pre-clinical and clinical studies with 
bioprinted cornea
Many clinical solutions are currently available to restore 
the epithelial layer of the cornea, and it is even possible 
to replace the endothelial layer through endothelial 
keratoplasty (e.g., Descemet stripping endothelial 
keratoplasty [DSEK]).88 However, only three therapies 
exist for replacing the stroma, which constitutes about 90% 
of the cornea. These options include the transplantation 
of the entire cornea from a human donor (penetrating 
keratoplasty), the partial transplantation of the stroma in 
a deeper layer (deep anterior lamellar keratoplasty), or 
the transplantation in a less deep layer (anterior lamellar 
keratoplasty)89 (Figure 4). However, these surgical 
solutions pose a considerable risk of scarring, rejection, 
and infection.

In recent years, owing to technological advancements, 
numerous new techniques have been explored in the 
quest to develop corneal substitutes, among which 3D 
printing has emerged as a notable contender. The advent 
of 3D printing introduces possibilities for regenerative 
medicine and drug testing. Consequently, the growing 
interest in personalized medicine finds additional avenues, 
positioning itself as an excellent model for research. The 
application of this technology in ophthalmic contexts 
holds promise for advancing clinical practices, enriching 
medical education, and presenting a cost-effective solution 
for corneal transplants.90
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In this context, however, a method for the clinical 
replacement of the stroma with bioprinted artificial 
cornea substitutes remains elusive. A substantial portion 
of the current research is situated within the phases of in 
vitro studies and in vivo animal experiments, with only a 
handful of methodologies progressing to the clinical trial 
phase. Throughout these investigations, the overarching 
objective is to create a viable cornea capable of replacing 
either the cornea organ or specific components thereof 91 
(Table 2). The integration of 3D bioprinting, coupled with 
the biotinylation of individual matrix components (such as 
fibronectin), has gained prominence in research endeavors. 
These techniques aim to fabricate implants that closely 
mimic native tissue.92 Notably, several research groups have 
achieved success in generating 3D bioprinted constructs, 
marking a significant stride toward the development of 
products applicable to corneal reconstruction (Table 3).

For example, Isaacson et al. successfully applied 3D 
printing to fabricate a stroma with a scaffold composed 
of biotin-containing sodium alginate and methacrylated 
type I collagen.6 In the study, they utilized extrusion-
based bioprinting to craft the artificial stroma, embedding 
human keratocyte cells in an alginate/methacrylated 
type I collagen hydrogel for their 3D-printed construct.6 
In another study, Sorkio et al. explored the utilization 
of biotinylated human and recombinant materials for 
constructing artificial corneas. Employing human 
embryonic stem cell-derived limbal epithelial stem cells 
(hESC-LESCs) and human adipose tissue-derived stem 
cells (hASCs), they utilized laser-assisted bioprinting 
(LASP) to create an artificial cornea model. The hydrogel 
matrix for hESC-LESCs comprised human recombinant 
laminin and type I collagen, while for hASCs, a hydrogel 
consisting of type 1 collagen, EDTA, thrombin, and plasma 
was employed. While the results from their artificial cornea 

Figure 3. Stem cells in bioprinting: the processes from isolation to research experiments.
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model are very promising, further functional studies are 
imperative.57 Alternatively, Campos et al. utilized inkjet-
based bioprinting to create a stroma-like construct from 
a hydrogel containing type I collagen/agarose and human 
keratocytes.93

Goran et al. employed human BM-MSCs, AD-
MSCs, and CS-MSCs in their investigation of corneal 
replacement. The potential of femtosecond laser-assisted 
intrastromal keratoplasty using 3D-printed constructs was 
also explored, using porcine eyes as a model. Alginate-
nanocellulose hydrogel, with or without the addition of type 
1 collagen, served as the matrix. Individual MSC hydrogels 
were printed through an extrusion-based method and 
cultured in vitro for 14 days. The viability of cells within 
the fabricated constructs was assessed through Live/Dead 
staining, PrestoBlue assay, lactate dehydrogenase (LDH) 
cytotoxicity test, and immunostaining. Additionally, the 
physio-mechanical properties of the artificial cornea 
were examined. Notably, the cells demonstrated resilience 
during the bioprinting process, and they exhibited the 
ability to produce ECM and other biomolecules, such as 
pigment epithelium-derived factor (PEDF). The findings 
from the study hold significant implications for the 
advancement of 3D-bioprinted corneas and their potential 
clinical applications.94

10. Future perspectives
Considering the substantial clinical unmet medical need, 
there exists a high probability that an artificial cornea 
produced using 3D bioprinting will be among the first to 
receive approval from regulatory bodies such as the Food 
and Drug Administration (FDA) or European Medicines 
Agency (EMA). The technological background is secure, 
and notably, unlike other tissues and organs, the cornea 
lacks blood vessels, thereby reducing the engineering 
and technological challenge. However, achieving optical 
perfection is paramount for vision improvement, 
necessitating a tissue that can sustain and regenerate 
itself over the long term, making cellular components a 
primary focus. Addressing this focus presents a significant 
challenge, notably in ensuring sufficient cellular resources 
for autologous procedures. The scarcity of donor numbers 
exacerbates this challenge. In regions with inadequate 
donor availability, 3D printing technology emerges as 
a viable alternative, even if economically costlier than 
utilizing a cadaver cornea. Given the trends observed in 
recent years, it is anticipated that the cost of a 3D tissue-
printed cornea will soon align with or even surpass the 
economic feasibility of traditional alternatives, providing 
a considerable stimulus to this field. However, it is crucial 

Figure 4. Types of keratoplasty. (A) Structure of healthy cornea, (B) penetrating keratoplasty, (C) deep anterior lamellar keratoplasty, (D) anterior lamellar 
keratoplasty, and (E) Descemet stripping endothelial keratoplasty.
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Table 2. Tissue engineering approaches for corneal replacement

Corneal  
replacement

Clinical status Biopolymer used Results References

Full thickness 
cornea

In vitro study 
and in vivo 
experiment  
on rabbit

Acellular porcine 
cornea

Fully transparent;
suture retention (5 Newton) near to NPC (6 Newton);
tier resistance (3.42 Newton) lower than NPC (5.35 Newton);
cell-loaded APC repaired alkali corneal burn on rabbit

91,104

Full thickness 
cornea

Animal model: 
pig

Collagen-chitosan 
hydrogels

Fully transparent after transplantation;
visible light transmittance (>90%) better than native human cornea 
(~80%);
light scatter lower than the human cornea;
100% suturable

91,105

Full thickness 
cornea

In vitro study Fibrin-agarose  
hydrogels

Different cells proliferate in hydrogel;
epithelial cells formed normal, several-layer epithelia;
high expression of vimentin and cytokeratin;
similar structure to the native cornea by SEM

91,106

Full thickness 
cornea

Phase I clinical 
trial: human

Cross-linked  
recombinant human 
type III collagen

10 patients (8 male, 2 female);
500 µm thick biosynthetic corneal scaffold;
sutures were removed 6.5 weeks after implantation;
no pain or discomfort;
complete epithelization in about 2.5 months

91,107

4 years of  
follow-up

Optical clarity was higher (95.1%) than human cornea (>87%);
water content 91.5% (cornea: 78%);
no significant biodegradation;
mechanical strength was lower than the cornea;
tensile strength: 0.286 MPa (cornea: 3.81 MPa);
modulus: 1.749 MPa (cornea: 3–13 MPa);
only 1 rejection was reported

91,108

Epithelial tissue In vitro study 
and Clinical 
study with 4 
human patients

Heat-sensitive cell 
culture for tissue- 
engineered oral 
mucosal epithelial cell 
sheets

Directly transplantation without suture;
re-epithelization within 1 week;
transparent during 14-month follow-up;
no complication

91,109

Animal model: 
rabbit

Automated cell culture 
system for epithelial 
sheet scaffold prepa-
ration

Cell viability 93.6%, growth in multilayer;
culturing time: 2 weeks;
10 times medium change with an automated system;
fully transparent sheet 1 week after transplantation;
no adverse effect

91,110

Epithelial tissue In vitro study Silk foil with pattern Silk produced by Bombyx mori on a patterned silicon layer;
HCLEs had better culturing conditions on silk sheets;
better vinculin and actin production

91,111

Epithelial tissue In vitro study Rat-tail Type I  
collagen hydrogel

Cells seeded on cell-loaded hydrogel with crypted surface;
cells were able to proliferate;
7 layers produced by cells;
different epithelial markers expressed

91,112

Epithelial tissue In vitro study Rat-tail Type I 
collagen hydrogel

Cell-embedded in compressed collagen hydrogel;
morphology similar to the amniotic membrane observed with SEM;
the gel was mechanically dense and strong;
the peripheral region showed more proliferative capacity than the 
central;
higher cytokeratin and collagen expression than on amniotic 
membrane

91,113

Epithelial tissue In vitro study Chemically  
cross-linked  
collagen hydrogel

80–90% transmittance of dendrimer cross-linked collagen;
modulus: 1.4–5.3 MPa (in the range of natural human cornea);
cells proliferated in hydrogel and remained viable

91,114

(Continued)
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Table 2. (Continued)

Epithelium and 
anterior stroma

Animal model: 
pig

Collagen-copolymer Robust, suturable scaffold;
refractive index: 1.343 (human tier film: 1.336);
optically clear;
good glucose permeability;
intraocular pressure after surgery: 10–16 Hgmm (10–13 Hgmm 
before surgery)

91,115

Epithelium and 
anterior stroma

Animal model: 
pig

Cross-linked recom-
binant human Type I 
and Type III collagen

Type III collagen gels were more transparent (87–92%) than human 
cornea (87%) depending on cross-linker concentration;
refractive index (1.3451 to 1.3552) lower than human cornea (1.373 
to 1.380);
fully biocompatible in vitro; promoted regeneration of cells and 
nerves in vivo

91,116

Stroma In vitro study Magnetically oriented 
collagen/proteoglycan 
hydrogels

Oriented collagen sheets prepared
HDFs colonized the gel successfully; collagen concentration (2 mg/
mL) was very low compared to native cornea;
concentrated scaffold was not transparent but was improved by 
proteoglycans;
cells could align to the orientation of collagen gel

91,117

Magnetically oriented 
Rat tail type I collagen

Non-cytotoxic;
cells could penetrate and remodel scaffold;
cells in gel had aligned multilayered structures;
cells produce collagen in the matrix but degrade the original 
scaffold

91,118

Stroma In vitro study Bovine collagen film Scaffold size showed a 10% decrease during 4 weeks of culture;
fibroblast cells flattened after 1 week of culturing on film and 
formed multilayer;
cells penetrated the film itself;
surface roughness: 0.987 nm (cornea: 1.197 nm)

91,119

Stroma In vitro and in 
vivo study

Gelatin hydrogels 4-week follow-up;
in vivo, cells expressed more vimentin than in vitro;
precursor in gel had better results on collagen and vimentin expres-
sion;
gelatin in gel promotes only ECM production;
ECM and vimentin production arise from host species, not from 
transplanted cells

91,120

Stroma In vitro study Surface patterned 
silk foil

Silk film was fully transparent;
cells aligned to the circular pattern of silk film;
proliferation was lower than on TCP;
cell density was higher on patterned silk than on flat silk film;
high expression of type V collagen and vimentin;
films stackable to create 3D structures

73,91

Stroma In vitro study Silk foil with porous 
and patterned surface

RGD functionalized silk films;
cells do not grow to confluent without RGD;
cell morphology was more elongated on the patterned surface;
cells proliferate more on patterned/porous silk film with RGD
RGD content results in stronger expression of ECM;
stacked silk films had good transparency

91,121,122

Endothelium In vitro and in 
vivo study on cat 
model

Decellularized amni-
otic membrane

Cells formed a confluent monolayer on dAC;
dAC and cell-loaded dAC were transplanted into cats;
inflammation in the cell-loaded group decreased more;
cell-loaded dAC group had less or no opaque cornea;
cell morphology on dAC was similar to normal culture

91,123

(Continued)
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Table 2. (Continued)

Endothelium In vitro and in 
vivo experiments 
on rabbit model

Decellularized human 
Descemet’s membrane

HCECs seeded on decellularized membrane;
cell morphology and structure were similar to normal cornea;
different grafting methods examined in ex vivo;
transparency and edema healed better in cell-loaded membranes 
in vivo;
the preserved sclerocorneal button is not suitable for grafting;
younger cell donors are better for cell loading

91,124

Endothelium In vitro study Gelatin hydrogel The gelatin hydrogel sheet had almost 100% transparency;
tensile strength: 2–3.5 MPa (depending on cross-linking time);
good diffusion properties for cell carrier application;
morphology of HCECs on gelatin sheet similar to in vivo

91,125

Endothelium In vitro study Dense collagen 
hydrogel

Easy handle acellular RAFTs;
HCECs formed a monolayer on RAFT;
high viability over 14 days;
immunostaining showed that cells keep their functional phenotype

91,126

Abbreviations: APC: acellular porcine cornea; dAC: decellularized amniotic membrane; ECM: extracellular matrix, HCLEs: human corneal-limbal 
epithelial cells; HCECs: human corneal endothelial cells; HDF: human dermal fibroblast; NPC: nature porcine cornea; RAFT: Real Architecture For 3D 
Tissues; RGD: arginyl-glycyl-aspartic acid; SEM: scanning electron microscopy; TCP: tissue culture plastic. 

Table 3. Established 3D-bioprinted constructs until 2023

Corneal layer Bioink Printing 
technique

Cell type Result In vivo 
results

Reference

Epithelial 
tissue

Methacrylated gelatin 
bioink; methacrylated 
gelatin in the form of a 
dome

Extrusion Human corneal 
epithelial cells

Transparent gel No data 127,128

Sodium alginate, gelatin, 
and type I collagen

Extrusion Human corneal 
epithelial cells

Good transparency, high cell via-
bility after bioprinting, Production 
of degradation-controllable systems 
using sodium citrate

No 50,90

Stroma Methacrylate gelatin 
bioink

Extrusion Human corneal 
stromal keratocytes

High mechanical strength, good 
transparency, low metabolic activ-
ity of cells

No 90,127,129

Alginate type I collagen 
bioink

Extrusion Human corneal 
stromal keratocytes

Transparent gel, high cell viability 
after plucking. Creation of optimal 
curvature

No 6,90,127

Methacrylated gelatin 
bioink, reinforced with 
PEG-PCL fibers

Extrusion Rat limbal stromal 
stem cells

Cell viability is good after printing, 
and the construction is transparent.

No data 127,130

Type I collagen and aga-
rose bioink

Drop-on-
demand

Human corneal 
stromal keratocytes

Transparent gel No 90,93,127

Matrigel Type I collagen 
bioink; Laminin-type IV 
collagen on a carrier base

Laser Human limbal 
epithelial cells + 
adipose-derived 
stem cells

Highly transparent, high cell 
viability

No 57,90,127

(Continued)
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Table 3. (Continued)

Stroma Corneal origin decellular-
izes ECM bioink

Extrusion Turbinate- 
derived mesenchy-
mal stem cells by  
keratocyte induc-
tion

Good transparency, keratocytes 
activated after transplantation

Rabbit 90,127,131,132

Alginate-nanocellu-
lose-type I collagen 
hydrogel

Extrusion Human adipose 
tissue-, bone mar-
row-, and corneal 
stroma-derived 
mesenchymal stem 
cells

Good transparency, High viability, 
ECM production

No 94

Endothelium Gelatin-RGD bioink; 
amniotic membrane 
decellularizes ECM

Extrusion Human corneal 
endothelial cells

No data Rabbit 90,127,133

Abbreviations: ECM: extracellular matrix; PCL: poly(caprolactone); PEG: poly(ethylene glycol); RGD: arginyl-glycyl-aspartic acid.

to acknowledge the overarching challenge that currently 
there are no medical devices or Good Manufacturing 
Practice (GMP)-certified tissue printers capable of mass-
producing artificial tissues with the requisite clinical and 
therapeutic quality. Consequently, only a fraction of the 
localized and personalized therapeutic needs are presently 
met. These challenges underscore the need for continued 
advancements in technology and regulatory frameworks 
to fully realize the potential of 3D bioprinting in meeting 
broader clinical demands for corneal regeneration.

11. Conclusion
Studies revealed that 3D bioprinting holds significant 
promise in advancing regenerative medicine research. 
Among the myriad printing techniques available, extrusion 
processes predominate in research owing to their relative 
cost-effectiveness. However, despite notable progress, tissue 
printing with 3D bioprinting remains in its nascent phases. 
While the majority of research focuses on developing 
stromal substitutes, promising results are also emerging in 
the reconstruction of the epithelial and endothelial layers.

Materials utilized in bioprinting must meet stringent 
criteria, encompassing bifunctionality, stability, and the 
ability to foster appropriate biochemical and physiological 
interactions with cells. Equally critical is the requirement 
that these materials do not induce autoimmune reactions 
in the body. Frequently, 3D-printed cornea analogs 
are limited to using only one or two cell types and can 
successfully print in only one or two layers. Consequently, 
artificial corneas fall short of wholly resembling native 
tissue. An additional important consideration before 
clinical application revolves around the challenges 
of vascularization and the implantation of artificially 
produced tissue.95 These issues are pervasive not only in 
artificial corneas but also in the exploration of other tissue 

types and organs using 3D printing, such as the skin or 
liver, underscoring the complexity of the field.36,39

To date, stem cells or progenitor cells are the most 
commonly utilized cell types in research, primarily due to 
their expansive differentiation potential and wound-healing 
capabilities. The immunomodulation effect exhibited by 
these cells further positions them to potentially mitigate 
inflammation during transplantation.

The future commercialization of 3D-bioprinted 
tissues necessitates the consideration of additional 
criteria, including the control of production processes, 
standardization of protocols, cost-effectiveness, and 
the logistics of manufactured products. For biological 
products, challenges related to storage and potential 
ethical considerations await resolution. However, 
ongoing research, in parallel with the development of 
3D-bioprinted tissues in vitro and further investigations 
into in vivo applications, will collectively contribute to the 
advancement of 3D bioprinting for clinical use.90
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Abstract
Precise in vitro models in tissue engineering have attracted the attention of researchers 
seeking to understand physiological consequences from native tissues as well as the 
mechanism of diseases in vitro. To construct delicate native tissue-like in vitro models, a 
proper combination of biomimetic materials and a biofabrication strategy is required. 
Conventional biomaterials, such as collagens, laminins, and synthetic polymers, have 
been widely adapted in tissue recapitulation; however, they lack tissue specificity in 
the context of biophysical properties and native-like extracellular matrix composition. 
The lack of tissue specificity accounts for the pathophysiological discrepancy between 
preclinical model and actual human patient. Thus, biomaterials should be improved for 
attaining physiological similarity between disease models and patients. Additionally, 
a biofabrication technique is essential for building mature cellular or tissue structures 
with a sophisticated bioassembly process. Among the biofabrication techniques, 
bioprinting stands as a promising approach for constructing three-dimensional 
(3D) cellular structures using specific cell types and biomaterials. Combining 
multifunctional bioinks and bioprinting is expected to enhance tissue specificity with 
regard to structural recapitulation. From this viewpoint, decellularized extracellular 
matrix (dECM) bioink has been increasingly used to achieve tissue specificity and 
manufacturability in 3D bioprinting. Progress in this domain requires the clarification 
of tissue-specific decellularization method and the development of a proper 3D 
bioprinting method, in conjunction with the improvement of the compatibility 
between dECM and bioprinting. In this review, we introduce the production methods 
and characteristics of dECM in the context of tissue specificity and examine state-of-
the-art dECM-incorporated 3D-bioprinted in vitro models for disease investigation. 
We also recommend a strategy for improving dECM for use in therapeutic studies 
based on simulations of the pathophysiological microenvironment.

Keywords: Decellularized extracellular matrix; Bioink; 3D bioprinting; In vitro model; 
Biomaterial

1. Introduction
Modeling human tissues in vitro has contributed to advancements in biology, 
pharmacology, physiology, and medicine field.1,2 The rapid development of human tissue 
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models has ushered in the advent of three-dimensional 
(3D) in vitro models, which enable 3D cell–cell, cell–tissue, 
and tissue–tissue interactions.3 The 3D in vitro model 
has attained a swift advancement under the expectation 
that the system can imitate complex physiology via the 
recapitulation of interactions in the body not found in 
animal models or non-physiological models.4 In particular, 
in vitro disease models that recapitulate specific features 
of patients are widely adopted in the study of disease 
mechanisms and pharmaceutical development. A precisely 
designed 3D in vitro model should contain cells and 
extracellular matrix (ECM) in the right composition, as 
well as microstructure of the tissues or organs. Therefore, 
applying an appropriate biofabrication strategy together 
with a combination of biomaterials can help establish in 
vitro models with proper physiological reliability.

Biomaterials are used in in vitro models as essential 
scaffolds for tissue analogs.4 Various biomaterials, including 
nature-derived ECM and synthetic materials,5 have been 
employed to build in vitro models over the past decades. 
These biomaterials are closely related to the regulation 
of cellular behavior.6 In particular, the interaction of 
nature-derived ECMs with cells has been elucidated and 
compared with synthetic biomaterials.7 Since, however, 
the conventional natural biomaterials, such as collagens, 
laminins, and fibronectins, are chemically less complex 
than ECM of native tissues,8 it is rather challenging 
to investigate their exact cellular behavior related to 
tissue specificity. Thus, it is necessary to develop more 
native tissue-like biomaterials for enhancing cell–ECM 
interactions in in vitro models.

Additionally, biofabrication methods (e.g., 
photolithography, bioprinting, organoid formation) have 
been used in attempts to reconstruct the 3D physiological 
structure of native tissues.9,10 The physiological structure 
of each tissue is closely related to the essential role of the 
organ. For example, a tubular-like and perfusable structure 
is the key feature of vascular tissues.11 In addition, epithelial 
tissues have layered structures composed of several cell 
sheets,11 and muscular tissues have bundle structures 
that can contract and expand.12 Thus, recapitulation 
of innate features of tissues is essential for elucidating 
the tissue–tissue interactions in organisms. However, 
photolithography-based models are simplified into almost 
two-dimensional (2D) structures, and traditional organoid 
generation is restricted owing to the lack of spatiotemporal 
regulation of cells and ECM placement in the context of 
bioengineered design. 

Therefore, native tissue-derived biomaterials and 
spatial-controllable biofabrication methods have been 
suggested to improve the level of tissue recapitulation. 
First, for the biomaterials, it is technically difficult to 

recapitulate whole proteins in the native tissues with 
chemically designed hydrogels. In particular, each tissue 
has a specific protein composition and specific mechanical 
properties; thus, full reproduction of the ECM composition 
with synthetic materials is difficult. From this viewpoint, 
the decellularized extracellular matrix (dECM)-based 
hydrogel is a favorable material to satisfy the requirements 
of tissue recapitulation.13,14 Fabrication of a dECM 
essentially involves the reduction of cellular components 
and preservation of proteins—particularly the ECM; thus, 
it is advantageous for maintaining tissue specificity.15 
Through the use of tissue-specific decellularization 
methods, various dECMs have been developed from 
organs such as the brain, cornea, bone, skin, and liver. The 
developed dECMs exhibit tissue-specific biochemical and 
mechanical properties. For example, Han et al. investigated 
the direct differentiation potential of adult stem cells in a 
dECM bioink.16 Because of their multipotency, the adult 
stem cells differentiated into the targeted tissues, including 
those of liver, skin, cornea, and heart, depending on the 
bioinks used. The Matrisome and ATLAS databases 
indicate tissue-specific functions of ECMs with regard 
to organ homeostasis and maturation, respectively.17,18 
Collectively, the role of ECMs in simulating tissue function 
has been profoundly elucidated using dECMs.

In terms of biofabrication, 3D bioprinting is useful for 
fabricating various structures with a high manufacturing 
degree of freedom. 3D bioprinting is a layer-by-layer 
fabrication method for obtaining tissue analogs via 
additive manufacturing, by employing biomaterials, cells, 
and other biological components, such as growth factors.19 
The notable advantage of 3D bioprinting, compared to 
traditional photolithography or organoid formation, is 
its enhanced prowess in recapitulating 3D physiological 
structures.20 Various 3D bioprinting methods, such as 
extrusion-based, inkjet-based, and laser-assisted, can be 
selected by users in considerations with the materials, 
precision level, and designed structure.21-24 Extrusion-
based bioprinting employs pneumatic or mechanical 
pressure with shear-thinning biomaterials such as 
hydrogels or thermoplastics.22,25 It is compatible with a 
wide range of printing materials, as most shear-thinning 
materials, including cell-laden hydrogels, can be adopted. 
In addition, extrusion-based bioprinting yields low 
thermal stress during the fabrication process, which is 
favorable for high cellular viability. However, shear stress 
due to highly viscous material and nozzle clogging due to 
cell clusters can damage cells. Inkjet-based bioprinting 
employs electrohydrodynamic drop-on-demand 
control.23,26 It is advantageous in terms of fabrication 
speed, but it has limited control precision owing to non-
uniform droplet formation. On the other hand, laser-
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assisted bioprinting enables high control precision and 
is not constrained by viscosity or clogging issues, as it 
is a nozzle-free method; however, the cellular viability 
is unstable because of heat generation.27 In summary, it 
is necessary to select the suitable bioprinting methods 
according to designed tissue models.

Owing to the technical advantages of dECM bioink and 
3D bioprinting, dECM-incorporated 3D bioprinting has 
contributed to the fabrication of precise in vitro models, 
marked by the recapitulation of microphysiological 
features of native tissues. Since the development of 
3D-bioprinted tissue analogs with dECM bioink by Pati et 
al.,28 tissue models bioprinted with dECM have emerged 
as platforms for drug testing owing to their interactions 
with drugs and disease factors, as well as the recapitulation 
of tissue-specific pathophysiology. However, despite the 
prospects of harmonizing dECM with 3D bioprinting, 
it is necessary to further investigate dECM bioinks for 
building reliable in vitro models. The bioprinting process 
has been significantly improved to build precise structures 
and adopt various materials, whereas dECM bioink has 
many uncertain features that require investigations, such 
as protein composition, quality control, safety issues, and 
mechanical properties, which limit the improvement of in 
vitro models and reliability under native tissue condition.

Thus, this review focuses on the unmet needs of dECM 
bioinks from the viewpoint of enhancing the utility of 
in vitro models for drug testing by incorporating 3D 
bioprinting. First, we describe the components, functions, 
and fabrication methods of dECMs to elucidate their 
physiology. We then discuss the use of 3D bioprinting 
technology and dECM, along with their applicability to in 
vitro modeling. Finally, we address the state of the art in the 

realm of 3D models bioprinted with dECM, with special 
emphasis on their medical applications, such as disease 
mechanism study and drug testing. In addition, we discuss 
the limitations of the 3D models bioprinted with dECM 
for medical use, along with the relevant improvement 
strategies (Figure 1).

2. Decellularized extracellular matrix: key 
macromolecules for recapitulating  
tissue-specific microenvironment
Decellularized extracellular matrix plays the fundamental 
role of preserving the original protein composition 
of its native tissue.14,15 Therefore, the macromolecular 
composition of the dECM and strategies for preserving 
ECM proteins have to be elucidated. In this review, we focus 
on ECM proteins rather than carbohydrates or adipose 
tissue because of the primary function of ECM proteins 
as structural supports. In this section, we introduce the 
composition of ECM proteins with respect to the original 
tissues, the decellularization methods for the tissues, and 
the function of dECM in tissue engineering.

2.1. Composition of decellularized  
extracellular matrix
The ECMs have different mechanical and biological 
characteristics depending on their protein compositions 
and types. They can be roughly categorized into two types 
of macromolecules: fibrous proteins, including collagens 
and elastin; and glycoproteins, including proteoglycans and 
laminin.29 The tissue-specific microstructure and biological 
functions of an ECM are manifested by a combination 
of fibrous proteins, glycoproteins, and ECM-associated 
proteins. A dECM preserves the ECM composition, which 

Figure 1. Schematic of in vitro model fabrication using dECM bioinks and 3D bioprinting and its applications. Abbreviations: dECM, decellularized 
extracellular matrix.
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recapitulates the physiological features of the tissue and 
organ (Figure 2).

2.1.1. Fibrous proteins
Fibrous proteins refer to a combination of polypeptide 
chains that exist in elongated structures or sheet forms 
in tissues.30,31 They include collagens, elastin, keratin, 
and fibrin. A major characteristic of polypeptide chains 
is that they regulate the mechanical properties of tissues 
depending on the combination type. Collagen is the most 
abundant protein in mammalian tissues and organs, 
constituting 25–35% of the entire body.32 It is composed 
of polypeptides, and thus far, 28 types of collagens made 
up of different polypeptide composition have been 
discovered. Collagen regulates the mechanical stiffness 
and structure of tissues with a level of mineralization. 
Furthermore, in the presence of collagens, elastin 
maintains its tissue form.33 This is particularly important 
because elastin is associated with tissue resilience 
after stretching or contraction.  Conversely, keratin is 
composed of a monomer bundle that forms the hair, 
nails, and outer skin of vertebrates.34 It is viscoelastic and 
protects epithelial cells from external stress. Similarly, 
fibrin is a type of fibrous protein that attaches to cells in 
the ECM and is related to the maintenance of the vascular 
structure in the body. Overall, fibrous proteins are highly 
relevant to the regulation and protection of tissue and 
organ microstructures.

2.1.2. Glycoproteins
Glycoproteins are formed by the covalent combination 
of amino acid side chains with monosaccharides, 
disaccharides, or oligosaccharides.35 They are highly 
relevant to the maintenance of cohesive networks in 
tissues by connecting structural proteins. This protein 
type includes fibronectin, laminin, and matricellular 
glycoproteins. Fibronectin predominantly combines 
with integrin to maintain the structure of the membrane, 
and attaches to collagen, fibrin, and heparan sulfate 
proteoglycans. Through its combination with other ECM 
proteins, fibronectin regulates cell attachment, growth, 
migration, and differentiation. Laminin is one of the 
representative proteins of the basal lamina, a layer of the 
basement membrane. It is also relevant to cellular behavior 
in that it mediates cell–cell interactions through receptors 
on cell surfaces (e.g., integrin). Laminin is composed 
of three types of chains (i.e., alpha, beta, gamma) and is 
expressed in 14 combinations in the body. Collectively, the 
various glycoprotein subtypes regulate cell–ECM crosstalk 
by incorporating cell surface receptors, for diverse 
functions including cellular maturation and survival.

2.2. Physiological roles of tissue-specific 
extracellular matrix
The human body comprises various organs, each of which 
has a different ECM composition from that of the other 
organs.36 Thus, dECM derived from an organ-specific 

Figure 2. Schematic of protein composition of extracellular matrix (ECM) before and after decellularization. Abbreviations: dECM, decellularized 
extracellular matrix.
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ECM composition exhibits tissue specificity.37 The dECM 
provides a tissue-specific microenvironment containing 
various receptors and growth factors.15 Moreover, tissue-
specific dECMs directly transmit special chemical signals, 
such as cytokines and growth factors, to surrounding 
cells, inducing cell growth and tissue-specific cellular 
responses.38

The differences in properties between the dECMs 
of different organs affect the spatial distribution of 
cell surface receptors that regulate cell morphology 
and behavior.39 Furthermore, dECMs regulate organ-
specific cell proliferation, migration, and behavior by 
participating in tissue polarization and transmission of 
mechanical forces, and serve as a structural support for 
cells.40 Additionally, specific components of the dECM 
are involved in organ development and maturation.41 For 
example, laminin promotes cell adhesion and migration, 
and fibronectin is essential for heart, lung, and kidney 
formation and maturation.41,42 The tissue specificity of the 
dECM can be applied to 3D-bioprinted organ mimicry 
and development of disease models that recapitulate actual 
pathophysiology.43 The pathological dysfunction in ECM 
induces disorder in various tissues, such as brain, liver, 
and lung. Here, we briefly review the ECM composition 
in the tissues of central nervous system, cardiac tissues, 
liver tissues, and tissues of respiratory system, as well as 
the role of ECM proteins. The main tissue-specific ECM 
compositions are summarized in Table 1.

2.2.1. Extracellular matrix in central nervous system
The nervous system is a sophisticated network of neurons 
and glia cells.44 ECM is an important constituent of the 
network, accounting for 10–20% of the volume of the 
nervous system. For the central nervous system (CNS), 
the main components are the basement membrane 
and perineural nets, including the neural interstitial 
matrix.45 The basement membrane is a thin membrane 
and an interface that separates astrocytic attachment 
and perivascular mesenchymal tissue.46 It provides a 
barrier, which is called the blood–brain barrier (BBB), 
setting apart the neural tissues and the vascular structure 
to protect the neural tissue from external pathogen. 
In addition, the basement membrane is essential for 
neural cell attachment and differentiation during the 
developmental process. The basement membrane 
consists of laminin, nidogen, collagens, fibronectin, 
and glycans, which are essential for the maintenance of 
barrier integrity. The perineuronal net is composed of 
various chondroitin sulfate proteoglycans (CSPGs), such 
as neurocan, veriscan, brevican, and aggrecan,47 which 
primarily regulate neural plasticity of the perineuronal 
nets. For example, CSPGs in the nets regulate excitatory 
and inhibitory signal balance. Among these CSPGs, 
brevicans interact with tenascin-R and regulate synaptic 
plasticity.48 Another feature of the CNS is the neural 
interstitial matrix, which is located between neurons and 
glial cells.49

Table 1. Main composition and role of tissue-specific extracellular matrix

Tissue Main components of ECM Role of each ECM

Central nervous 
system

Laminin/Nidogen Basement membrane, neural cell attachment, regulation of neural differentiation

Fibronectin Perineuronal nets, structural support, oligodendrocyte differentiation

Type IV collagen Perineuronal nets, structural support, neural cell migration support

CSPGs Perineuronal nets, regulation of signal balance between excitatory and inhibitory signals

Cardiac tissue Fibronectin Regulation of cardiac cellular polarity

Type IV collagen Mechanical support to cardiac cells

Proteoglycans Regulation of cardiac cellular differentiation

Liver Types I and III collagen Maintenance of structure

Fibrillin Regulation of elasticity and flexibility

Hyaluronic acid Filling gaps in tissue

Proteoglycans Regulation of gas exchange between cells

Respiratory system Types I, III, and IV collagen Maintenance of organelle formation 

Glycosaminoglycans Responsible for gas exchange

Hyaluronic acid Filling gaps in tissue

Proteoglycans Formation of gel state in tissue

Elastin Providing elasticity and flexibility

Abbreviations: CSPGs, chondroitin sulfate proteoglycans; ECM, extracellular matrix.
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A dysfunction in the matrix could lead to neurological 
pathology in the brain. For example, a breach in the 
basement membrane compromises the BBB integrity, 
thereby inducing neuroinflammation, ischemia, and 
edema. In the case of a brain tumor, the levels of hyaluronic 
acid, collagens, and CSPGs are upregulated owing to tumor 
cell proliferation.50,51 Thus, understanding the native brain-
like ECM is key to elucidating the pathological mechanism 
of brain disease.

2.2.2. Extracellular matrix in cardiac tissue
Cardiac tissue is composed of a sophisticated ECM network 
that includes fibrous proteins and non-fibrous proteins. 
The spatial matrix is categorized as a basement membrane 
with a pericellular matrix and an interstitial matrix, 
which provide physical strength to determine plasticity 
of cardiac tissue.52,53 The basement membrane in cardiac 
tissue regulates cardiac cellular polarity and differentiation 
with fibronectin, type IV collagen, laminin, and various 
proteoglycans. In addition, the interstitial matrix of cardiac 
tissue provides mechanical support to the cells. The heart 
is developed with a collagen network and a combination of 
proteoglycans from embryonic stage. The changes in ECM 
composition from the embryonic stage to the fetal stage54 
lead to the formation of a cardiac-specific structure55 by 
promoting cardiac cell proliferation and formation of a 
layered structure.

 Adult heart, which is formed with mature cardiac tissue, 
may be vulnerable to pathological factors and events, such 
as fibrosis. Under the circumstance of fibrosis, the elevated 
secretion of cytokines as well as thrombospondin, collagen, 
and osteoglycin drives the scar formation. Adult cardiac 
tissues are rarely regenerated in the pathological state; thus, 
the role of the ECM in regeneration and treatment must be 
elucidated. In particular, it is important to decipher the life 
stage of cardiac ECM in various environments that allow 
reconstruction of cardiac tissues using in vitro models.52,56

2.2.3. Extracellular matrix in liver tissues
Although ECM constitutes a small amount in liver 
tissue,57 this component is an important ingredient for the 
formation of complex tissue structures and various cells 
that constitute the liver scaffold.58 The ECM of the liver 
consists of several major components.

Collagen is one of the most abundant components 
of the liver ECM, mainly consisting of type I and III 
collagens. It provides strength and structure to liver tissue 
and supports the arrangement of liver cells and blood 
vessels.59 Fibrillin that exists between collagen fibers plays 
an important role in regulating the elasticity and flexibility 
of liver tissue.60 As one of the gel-like ECM components 
of the liver, hyaluronic acid fills gaps between tissues.60 

Proteoglycans combine with hyaluronic acid to form a gel 
in the ECM and regulate gas exchange with cells.61 The liver 
ECM maintains the structure of liver tissue by supporting 
and fixing liver cells and blood vessels.62 It also contributes 
to the regulation of signaling and cell–cell interactions 
necessary for liver function.62

In the case of liver fibrosis, which is a typical liver disease, 
the ECM components of a fibrotic liver are similar to those 
of a normal liver, but their volume is increased by a factor 
of approximately 3 to 5 times.63 Therefore, changes in the 
ECM are closely linked to structural distortion and other 
important mechanisms such as liver cell regeneration and 
vascular redistribution.64 In addition to fibrous deposits, 
these mechanisms have severe consequences for liver 
function. If fibrosis progresses, cirrhosis occurs, in which 
most of the vascular spaces become interconnected.59 
Recently, attempts have been made to treat fibrotic liver by 
inducing changes in the ECM composition and reducing 
its absolute amount.65 As such, the composition of the 
liver-specific ECM plays an important role in the overall 
metabolism of liver tissue and is an important trigger 
and therapeutic target for liver disease; hence, it must be 
considered in studies on liver disease.

2.2.4. Extracellular matrix in tissues of  
respiratory system
In the respiratory system, the ECM is an important 
component, equipped with various physiological 
functions, of respiratory tissues.66 The ECM of respiratory 
tissues is composed of several components, such as 
collagen, glycosaminoglycans (GAGs), hyaluronic acid, 
proteoglycans, and elastin. Among these, collagen is the 
most abundant and includes mainly types I, III, and IV.67 
Collagen provides tissue with strength and structure and 
plays a role in maintaining the formation and function 
of lung organelles.68 GAGs have important roles in gas 
exchange and gas transport. Hyaluronic acid fills the gaps 
between mucous membranes and tissues in the respiratory 
tract and facilitates gas exchange.69 On the other hand, 
proteoglycans regulate gas exchange within the ECM and 
form the gel state of the tissue,70 whereas elastin provides 
elasticity and assists in transporting gases and maintaining 
the flexibility of respiratory tissues.71 In short, the major 
functions of ECM in respiratory tissues are to significantly 
expand the gas exchange area, provide structural support 
necessary for gas transport, maintain elasticity, and assist 
with repetitive contraction and relaxation of respiratory 
tissues.70 Besides, it regulates the behavior of immune 
cells and molecules and regulates the immune responses 
associated with respiratory infections and inflammation.70

Chronic inflammation is a hallmark in the typical 
respiratory diseases including chronic obstructive 
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pulmonary disease (COPD), acute respiratory distress 
syndrome (ARDS), and asthma.72 Under chronic 
inflammation, ECM components are altered, causing 
mechanical stress, which leads to the release of contractile 
agonists and attenuates fiber remodeling.73 Ultimately, 
the structure of the respiratory tissue is altered, 
narrowing the airways and irreversibly damaging lung 
function.73 Bronchodilators and steroids are mainly used 
to relieve the symptoms of respiratory diseases but are 
not fundamental treatments; thus, this underscores the 
urgency in developing fundamental treatments that can 
abrogate changes in the composition of the ECM.74 In 
summary, ECM composition distinctive to the respiratory 
tissues is implicated in the regulation of gas exchange, 
immune response, and progression of respiratory disease, 
underlining more in-depth, comprehensive investigations 
into ECM composition in relation to disease mechanisms.

2.3. Applicability of decellularized  
extracellular matrix
The dECM is an important biomaterial used in tissue 
engineering and has pharmaceutical potential.75 
Representative dECM functions include the provision 
of tissue-specific microenvironments, pharmaceutical 
potential, and usability as bioink for 3D bioprinting.15,28,76 
Because the dECM originally contains most of the 
ECM of an organ, it provides signals for cell survival, 
function maintenance, and differentiation.77 It also acts 
as a substrate for cell–cell interactions and regulates cell 
behavior.78 Additionally, dECM bioink plays important 
roles in pharmaceutical potential, such as drug screening 
and therapy.79 Finally, dECMs can be used as a hydrogel 
bioink for 3D bioprinting to fabricate 3D cell-containing 
structures with optimized microenvironments.28 The 
primary applications of the dECM are explained in further 
detail in the following subsections.

2.3.1. Potential of decellularized extracellular matrix 
in drug testing and development
Biomaterials, including scaffolds that can guide and 
support cells, are required for building platforms for drug 
testing.80 The dECM contains most of the components 
of numerous biomaterials, such as collagen and laminin, 
which are often used for organ/tissue formation and 
maintenance.13 Therefore, dECM bioink has considerable 
potential across various areas of drug development and 
therapeutic applications. The dECMs can help create 
a microenvironment similar to that of each organ to 
support cells and enhance cell proliferation.41 Moreover, 
in response to physiological changes or damage caused by 
multiple external stimuli, dECM-mediated stress regulates 
cell proliferation and phenotypes to maintain tissue 
homeostasis.41 Additionally, patient-derived dECM can 

be utilized to create a disease-specific microenvironment, 
which can be employed to develop disease-specific tissue 
models.81 By virtue of these functions, dECMs are used 
to build platforms that can respond to a variety of stimuli 
for investigations of disease mechanisms and potential 
treatments, and evaluation of the safety and efficacy of 
new drugs. In fact, many platforms for specific organs have 
been created, and some have been commercialized. 

The potential of dECMs for use in drug testing and 
development has been validated for various tissues and 
organs, including periodontal tissue,82 cornea,83 and 
orthopedic tissue.84 For example, Yang et al. developed 
a dental follicle-derived dECM and mixed it with 
methacrylate gelatin to create a hybrid bioink.82 Hybrid 
bioinks are used to fabricate in vitro periodontal constructs 
via digital light processing-based 3D bioprinting. The 
dECM, which contains dental follicular cells, optimized 
the structural characteristics of the periodontal tissue 
and maximized the physiological response in toxicology 
research. Kim et al. fabricated an in vitro corneal construct 
using gelatinized cornea-derived dECM (Co-dECM) and 
confirmed the construct delivered satisfactory therapeutic 
outcomes.83 The gelatinized Co-dECM was suitable for 
simulating the corneal microenvironment and could 
be applied to precise drug screening and testing. Chae 
et al. developed a tendon-derived dECM and bone-
derived dECM, and fabricated a tendon–bone interface 
(TBI) structure containing cells from each dECM bioink 
via extrusion-based 3D bioprinting.84 Through the 
reproduction of the TBI gradient with structural integrity 
using dECM bioinks, the success probability of rotator cuff 
tear treatment was significantly increased. Additionally, by 
reproducing TBI gradients more precisely, the likelihood 
of success in drug screening and discovery can be 
significantly increased.

As such, dECMs have huge potential in drug screening 
and discovery for various organs. However, it is not 
known exactly which components of the dECM mimic the 
microenvironment of each organ and enable the potential 
in drug screening and discovery.15 Thus, analytical 
methods such as proteomics are being used to determine 
the overall components of the dECM of each organ and 
the specific components that contribute to this particular 
potential.16,85 Additionally, the components of dECMs 
derived from different organs are distinct, implying that 
an organ-derived dECM can recapitulate the specific 
microenvironment of the corresponding organ. Therefore, 
to fabricate an organ-specific platform, a dECM derived 
from the same organ should be used.16 In the future, to use 
dECMs for the fabrication of more diverse organ platforms 
and realize their potential for drug screening and discovery, 
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it will be necessary to attempt decellularization for various 
organs that have not yet been developed and consider 
adjusting the decellularization process to ensure that the 
manufactured dECM bioink generates ECM with the same 
components for each batch.86

2.3.2. Usability as bioink for 3D bioprinting
Three-dimensional bioprinting uses biological materials, 
including cells, as bioinks to create specific cell structures.28 
This technology enables the fabrication of structures with 
controlled biomechanical properties, including fine-tuned 
cells and biomaterials, thereby enabling the manufacture 
of various in vitro models and implanted structures for 
tissue regeneration.75 Three-dimensional bioprinting 
methods can be categorized into laser-assisted, inkjet, and 
extrusion-based bioprinting.87 Conventionally, extrusion-
based bioprinting has been widely used to fabricate layered 
structures with cells.28 In 3D bioprinting, the required 
printing material is referred to as a bioink, which is a 
polymer solution containing living cells.88 A bioink is 
primarily a hydrogel material that must have sufficient 
mechanical properties to maintain the shape of its structure 
after printing and spraying.89

Owing to the capability of dECMs to form tissue-
specific microenvironments, there have been even further 
developments of dECM bioinks for various organs recently, 
and printability tests have been conducted to confirm 
that the bioinks could be used for 3D bioprinting.88 The 
dECM bioinks can serve as a support structure and cell 
delivery carrier in the printing process and should be 
compliant with 3D bioprinting in terms of mechanical 
properties, printability, and biocompatibility.89 Moreover, 
they can protect cells from external stimuli, such as shear 
stress and temperature changes, that occur during the 
printing process.89 Each dECM bioink preserves its ECM 
components and provides an organ-specific environment 
for organ-derived cells, improving biocompatibility and cell 
function compared to those provided by other hydrogels, 
such as collagen and hyaluronic acid.28 Additionally, 
dECM bioink can simulate the pathophysiological 
microenvironment better than other hydrogels.81 For 
example, Kim et al. succeeded in fabricating a precise in 
vitro model of diabetes via 3D bioprinting using a visceral 
adipose tissue-derived dECM (vadECM) bioink.81 The 
vadECM bioink proved superior to other hydrogels in 
simulating diabetes.

Taken together, the complex tissue-specific composition 
of the dECM bioink provides excellent biochemical 
function, biocompatibility, and a pathophysiological 
environment. Therefore, it is widely used as an effective 
bioink for the fabrication of various organ-mimicking 
models and disease models via 3D bioprinting.

2.4. Troubleshooting issues related to dECM bioink 
in 3D bioprinting
Compared to other biomaterials, dECM bioink provides 
a tissue-specific microenvironment by preserving its own 
biochemical composition of native tissue. Despite that, the 
dECM must be improved with regard to safety, mechanical 
properties, and fabrication yield to develop safer and more 
sophisticated dECM bioink-based in vitro models for 
drug screening and discovery. In this section, we discuss 
considerations for improving dECM bioink in the context 
of safety and fabrication usability.

2.4.1. Immunogenicity of dECM bioink
Animal tissue is the most widely used source of dECM 
bioink, encompassing porcine, bovine, and murine 
tissues.90 These animal-derived tissue sources are easy to 
acquire for experiments and produce sufficient quantities 
and various types of dECMs; however, animal-related 
pathological factors, such as viruses, antigens, or bacteria, 
are safety concerns in the dECM application with human 
cells. For example, all mammalian tissues, except those of 
primates, have a carbohydrate antigen called the alpha-
gal epitope on the cell surface, which induces immune 
rejection and inflammation in human tissues.91,92 In 
addition, some animal-specific viruses are not known to 
be safe in reaction with human cells.93 Porcine endogenous 
retrovirus (PERV) is a porcine genome-encoded virus 
that can infect human cells.94 Another concern regarding 
the immunogenicity of the dECM is the adverse effects 
of the residual detergent. The residual detergent can 
destroy the intracellular microstructure and affect 
the permeability of the adapted cell membrane in the 
dECM.95 Thus, if the immune cells that are employed in 
the dECM are activated because of immunogenicity in 
the dECM, the basal immune reaction elicited from the 
cells in vitro is not reflective of the health status; therefore, 
the unintended cytotoxic reactivity restricts the study 
concerning a disease.96,97 Therefore, the decellularization 
process should include proper immunogen removal for 
the safe applications of dECM. However, if the immunogen 
removal process is too violent, the dECM can lose its 
protein composition and microstructure, affecting the 
tissue specificity. Therefore, it is necessary to discuss the 
reliable standard for immunogenicity lessening and the 
similarity to the native tissue in the context of biochemical 
features.98,99 The concern about the immunogenicity of 
dECM can be traced to the regulatory issues stemming 
from the approvals by US Food and Drug Administration 
(FDA). Currently, one of the FDA’s regulatory criteria for 
approving medical devices is a detection level of <0.5 EU/
mL for endotoxins.100 Another criterion for immunogen 
removal is that the residual DNA level must be <50 ng/mg 
for dry products.101 In view of these criteria, production 
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guidelines for the preparation of dECMs for use in clinical 
study, covering topics such as biocompatibility, viruses, 
and bacterium, should be discussed.

2.4.2. Fabrication issue of dECM bioink
Different tissues and organs in the human body have 
different mechanical properties. For example, the brain 
and other soft tissue have low mechanical stiffness, 
whereas the bone has high mechanical stiffness. Cells also 
exhibit different behaviors, including differentiation and 
proliferation, depending on the stiffness of the cultured 
substrate. Therefore, simulation of specific mechanical 
properties in biomaterial for recapitulating native tissue is 
essential for predicting cellular behavior and fabricating 
artificial tissue models. One of the advantages of dECM 
bioinks is that their mechanical properties can be changed 
by adjusting the concentration of dried dECM; however, 
the adjustability of mechanical properties by changing 
the dECM concentration is limited owing to the solubility 
of the dECM. In addition, with a low-viscosity dECM 
bioink, it is difficult to maintain the structure during 
the fabrication process, whereas a high-viscosity bioink 
can induce nozzle clogging in 3D bioprinting and affect 
the cell growth and morphology. Thus, it is necessary to 
adjust the mechanical properties of the dECM so that 
it has similar stiffness to native tissue with sufficient 
printability. Currently, various supporting materials have 
been adapted to overcome mechanical weakness,102,103 
including gelatin methacryloyl (GelMA), poly(ethylene 
glycol)-diacrylate (PEG-DA), vitamin B2, and other 
crosslinkers, which induce rapid crosslinking under 
external stimuli such as light or chemical treatment. With 
supporting crosslinkers, the tuned mechanical properties 
allow free fabrication before crosslinking, which can 
prevent nozzle clogging in the 3D printer and reduce 
the shear-stress effect on cellular viability. In addition, 
it is favorable to recapitulate the stiffness of native tissue 
after crosslinking. For example, a spinal cord-derived 
dECM is conducive for neural stem cell adhesion and 
differentiation; however, it is easily degradable and 
thus requires mechanical-property tailoring. He et al. 
developed a spinal cord dECM with GelMA to tune and 
support the mechanical properties until neural stem 
cells were sufficiently differentiated.104 In addition to 
GelMA, biocompatible polymers such as PEG-DA can 
be applied to regulate the mechanical properties. Shin 
et al. developed a PEG-DA-incorporated cardiac dECM 
to recapitulate the moduli of cardiac tissues. They found 
that the compressive modulus of PEG-DA/dECM could 
be tuned by regulating the concentration of PEG-DA. 
The enhanced bioink is favorable for maintaining the 
shape fidelity and adaptability of the printed construct.105 
Additionally, sacrificial materials allow the formation of 

complex tissue structures in conjunction with dECMs. For 
example, Pluronic F-127 (PF-127) is a type of hydrophilic 
detergent material that forms a solid gel structure at 37°C 
but forms a liquid below the gel point. It can be washed 
with water or a medium and thus can be applied to form 
a sacrificial structure, such as the hollow structure of a 
vessel. Gao et al. developed vascular models based on 
a vascular dECM together with calcium-PF-127 (CPF-
127).106 The usage of CPF-127 allowed the formation of 
a hollow structure, and by regulating the printing speed, 
atherosclerotic models were developed to study the 
vascular disease pathologies.106 As such, incorporation 
with supportive biomaterial can improve not only the 
mechanical properties of the printed structure but also 
the fabrication freedom for the complex structure.

3. Decellularization and evaluation 
methodologies
Decellularization is an important procedure for clearing 
cellular components from the tissue while preserving 
only the ECM.13 The decellularization method needs 
to be optimized depending on the tissue and organ, 
because mechanical stiffness and protein compositions 
vary between tissues. This section introduces different 
decellularization approaches and the optimization steps 
for specific tissues, as well as methods for evaluating the 
acquired dECMs.

3.1. Physical treatment
The purpose of physical treatment in decellularization 
is to destroy cellular membranes and achieve cellular 
dissolution.107 Physical treatment is available in different 
forms, including chopping, repeated freeze–thaw 
cycles, and sonication. The conditions of these physical 
treatments should be adapted differently according to 
tissue characteristics. For example, in the case of extremely 
soft tissues (e.g., the brain and peripheral nerves), the inner 
structure of the ECM could be destroyed if the tissues are 
chopped into excessively small pieces.108,109 In the case 
of retina, the ECM ultrastructure can be damaged in 
freeze–thaw processes because of ice crystal growth.110,111 
Conversely, cartilage and bone decellularization requires 
mechanical destruction to generate small pieces, such 
that the cellular membrane can be destroyed and the cells 
removed from the tissue.112,113 Therefore, a suitable physical 
treatment is essential in pre-treatments for decellularization 
to effectively remove cellular components and maintain 
the ultrastructure of the tissue, depending on the density, 
mechanical stiffness, and protein/lipid composition. 
However, a single physical treatment is inadequate for 
sufficiently cleaving the cellular components; therefore, 
a combination of physical and chemical treatments is 



dECM bioink for in vitro disease modeling

140Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1970

International Journal of Bioprinting

required. The suitable physical treatment methods and 
precautions for different tissue types are summarized in 
Table 2.

3.2. Chemical treatment
The principle of chemical treatment in decellularization 
lies in dissolving various intracellular and extracellular 
connections and destroying cellular membranes, a 
step instrumental for the elimination of nuclear and 
cellular components.101,114 In this section, we introduce 
representative solutions for decellularization, including 
ionic/nonionic detergents, enzymes, and acids/bases.

Detergents for decellularization can be categorized 
into ionic and nonionic detergents. The histological 
features of decellularized tissues are strongly affected 
by the type of detergent.101,115 Ionic detergents, 
such as sodium dodecyl sulfate (SDS) and sodium 
deoxycholate, solubilize cell membranes and remove 
cellular components. These detergents are effective in 
the clearance of cytoplasmic components but can also 
damage essential ECM proteins, such as collagen and 
glycosaminoglycans (GAGs). By contrast, nonionic 
detergents, such as Triton X-100, disrupt lipidic 
interactions on cell membranes, including lipid–protein 
and lipid–lipid interactions.115,116 They are relatively 
gentle compared to ionic detergents; therefore, they 
can be applied to thin and soft tissues. However, they 
may also disrupt the fibrous matrix network because of 
disconnection of the protein–lipid network. Therefore, 
nonionic and ionic detergents can be used together in 
compensatory methods for preserving proteins and 
preventing their denaturation.

The properties of the decellularized tissues can differ 
depending on the detergent type. For example, a nonionic 
detergent-treated decellularized urinary bladder matrix 
retains its fibrous network, whereas an ionic detergent-
treated one will contain an irregular fraction of the protein 
network. However, the double-stranded deoxyribonucleic 
acid (DNA) fraction was higher under nonionic conditions 
than after being exposed to ionic detergent treatment.117 
Conversely, in the case of eye tissue, decellularized corneal 
hydrogels have different light transmittances, depending 

on the type of detergent used.118,119 Therefore, the type of 
detergent for decellularization should be selected based 
on the target tissue type and the need to eliminate cellular 
component. 

Enzymatic methods are used specifically to remove 
membrane surface allergens and cellular components (e.g., 
DNA, ribonucleic acid (RNA)). Examples of enzymes that 
can be used for decellularization include nucleases, lipase 
proteases, and alpha-galactosidase.37,91,120 Nucleases can 
disconnect ribonucleotide or deoxyribonucleotide chains 
to make fractions that could then be washed away with 
detergents or solutions. Proteases (e.g., trypsin) break 
peptide bonds in proteins and destroy the microstructure 
of native tissue, thereby allowing decellularization 
solution to permeate the tissue’s ultrastructure. The strong 
penetration effect of proteases underpins the success of 
the primary stage of decellularization; however, prolonged 
treatment induces protein loss, which decreases yield. 
Alpha-galactosidase can be additionally used for cleaving 
alpha-gal epitopes—a range of representative antigenic 
carbohydrate molecules in mammalian tissue—that are 
capable of inducing xenorejection in human transplants 
and inflammatory response in human-derived immune 
cells with immunoglobulin G (IgG). 

Acid and base solutions can be utilized to hydrolyze the 
cellular membrane and dissolve the cytoplasm, supporting 
the cleavage of nuclear components (e.g., DNA, RNA) in 
cells.121,122 Furthermore, these solutions can sterilize dECMs 
by lysing microorganisms during the fabrication process. 
Examples of acids used in decellularization include peracetic, 
acetic, and sulfuric acids; these three acids are widely used for 
decellularization to eliminate cellular membranes and cell 
organelles. On the other hand, base solutions disassemble 
extracellular biomolecules and remove cellular components 
between ECM structures; however, they cut off the fibril 
structures of fibrous proteins, inducing a transmutation of 
the mechanical properties of the ECMs. 

Collectively, a proper combination of chemical 
decellularization processes, including detergent-based, 
enzymatic, and acid–base decellularization approaches, 
is necessary for eliminating cellular components while 
preserving essential proteins. Furthermore, treatment 

Table 2. Physical treatments for decellularization and corresponding caveats for different tissue types

Physical treatment Applicable tissues Caveats

Chopping into small pieces Brain, lung, skin, kidney Obstruction to slurry formation due to small pieces

Freeze–thaw cycles Adipose tissues, lung, cornea Incomplete isolation of cellular component

Hydrostatic pressurization Cardiac tissue, vessel, bone Not suitable for soft tissue due to aggressive destruction of ECM structure

Mechanical agitation Brain, adipose tissue, skin Low-agitation RPM for soft tissue; high agitation RPM for hard tissue

Abbreviations: ECM, extracellular matrix; RPM, revolutions per minute.
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time and chemical concentration should be optimized in 
an effort to preserve the ECM molecules. In particular, 
decellularization methods should be tissue-specific because 
tissues and organs have different mechanical stiffnesses, 
as well as protein and lipid compositions. A list of tissue-
specific chemical decellularization methods is summarized 
in Table 3.

3.3 Evaluation of decellularized extracellular matrix
After decellularization, the acquired dECM should be 
evaluated with regard to the level of cellular removal, 
preservation of the ECM, and physical properties of 
the dECM. These parameters mirror the success rate of 
recapitulating the native tissue using the dECM. First, the 
residual cellular components can be evaluated according 
to the DNA fragment concentration in the dECM. The 
residual nucleic components are regarded as pathogenic 
factors in the adapting human cells. The nucleic acids can 
be analyzed by several methods, including hematoxylin 
staining, DAPI staining, Picogreen, TUNEL, and DNA 
kit analysis.15,123,124 Among them, stained image-based 
analysis is favorable for macroscopically checking the 
remnant cellular components in the dECM. Meanwhile, 
optical absorbance-based analysis, such as Picogreen and 
DNA kit analysis, is necessary for quantitatively measuring 
remnant nucleic components. Thus, evaluation of cellular 
components should be conducted in both image-based 
and quantitative analyses.

The main purpose of decellularization is to preserve 
ECM components of the native tissue. The residual ECMs 
can be roughly classified as collagens, adhesive proteins, 
and GAGs. The degree of preservation of the ECM is 
currently a nonstandard yardstick for assessing the utility 
of a decellularization method. For example, a decellularized 
human brain contains a GAGs concentration similar to 
that of native human brain,125 and the collagen content in 
decellularized porcine skin is 121% the amount in its native 
counterpart.126 The residual ECM concentration can exceed 
the ECM concentration of the native tissue, because other 
components are removed; therefore, the ratio of remnant 
ECM to total mass is relatively higher in decellularized 
specimens. Thus, a proper standard is needed to assess the 
decellularization process from the viewpoint of preserving 
the dECM.

Furthermore, the tissue specificity of preserved ECMs 
can be evaluated. Toward this end, proteomics analysis 
can be conducted to determine the detailed composition 
of proteins and their physiological roles in the tissue.127 
Prior to proteomic analysis, the acquired dECM is 
solubilized and subjected to characterization by means 
of liquid chromatography/mass spectrometry (LC-MS). 
Through LC-MS, the protein profile of the dECM, as well 
as its relative intensity in the solubilized dECM, can be 
obtained. The characterized proteins can be categorized in 
Matrisome to delineate the interaction between ECM and 

Table 3. Chemical treatment methods for decellularization of different tissues

Tissue/Organ type Chemical combination Chemical solution Ref.

Brain Ionic/Nonionic detergent, enzyme, acid 0.2% SDS, 0.2% Triton X-100, 50 U/mL DNase, 0.1% Peracetic acid 141

Lysis buffer, enzyme 1% SDC, 40 U/mL DNase 131

Nonionic detergent, enzyme, acid, base 1–3% Triton X-100, 0.05% Trypsin-EDTA, 0.1% Ammonium 
hydroxide

85

Cornea Ionic/nonionic detergent 0.1–1% SDS, 1% Triton X-100 242

Lysis buffer, enzyme 0.5 –4% Sodium deoxycholate, 1 mg/mL DNase 243

Ionic detergent, enzyme 0.1% SDS, 4 mg/mL Dispase II, 244

Skin Nonionic detergent, acid, enzyme 1% Triton X-100, 0.25% Trypsin, 1 mM EDTA, 30 U/ml DNase, 
0.1% peracetic acid

126

Ionic/Nonionic detergent, enzyme, acid 0.1% SDS, 0.26% EDTA, 0.69% Tris 245

Cardiac/Vessel Ionic/Nonionic detergent, enzyme, acid 1% Triton X-100, 0.02% EDTA, RNase A 20 mg/mL, DNase I 0.2 
mg/mL, 0.1% SDS, 0.05% trypsin, 0.02% EDTA

246

Ionic/Nonionic detergent, acid 1% SDS, 1% Triton X-100, 0.1% peracetic acid 247

Zwitterionic detergent, acid 8 mM CHAPS, 25 mM EDTA 248

Adipose tissue Lysis buffer, enzyme 10 mM Tris, 5 mM EDTA, 0.25% trypsin, DNase, RNase, lipase, 249

Solvent, enzyme Isopropanol, DNase 250

Cartilage Enzyme, acid 0.1% w/v EDTA, 3.5% phenylmethyl sulfonyl fluoride 251

Ionic detergent, enzyme 2% SDS, 0.5 mg/mL DNase, 50 μg/mL RNase, 0.02% EDTA 252
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cells in the tissue.17 Details concerning ECM composition 
are available in a number of databases, such as the Human 
Protein Atlas,18 PANTHER,128 and MatrisomeDB.129 
Analysis of dECM protein composition data available on 
these databases could shed light on the similarity between 
human-derived ECM and other species-derived ECM, and 
the physiologic effect of each protein on cell behavior.

The physical properties of the dECM are also important 
for assessing the recapitulation of native tissue properties 
or intended mechanical properties from an engineering 
viewpoint. To investigate the mechanical properties of the 
dECM, several methods can be used, such as scanning 
electron microscopy, rheological analysis, and stress–strain 
analysis. The type of analysis is dictated by the target organ. 
For example, stiff tissues such as bone and cartilage require 
mechanical analyses, such as tensile and compressive 
tests.130 Rheological analysis of soft tissues, including the 
brain, liver, and pancreas, is required to find out the tissue’s 
stiffness, which is a determinant for selecting a suitable 
condition for cellular differentiation.131-133 In addition, the 
dECM concentration in the solubilization process affects 
the stiffness of the hydrogel. Thus, it is necessary to have a 
complete picture of the physical properties and the stiffness 
of the target organs before adjustment can be conducted by 
controlling the concentration of dECM.

4. Application of tissue-derived 
decellularized extracellular matrix to 
disease modeling by 3D bioprinting
Under the current state of technology, fabricating disease 
models that perfectly mimic the function of an actual 
human organ and its pathological mechanism is still not 
possible,134 posing a major challenge to the fabrication 
of 3D-bioprinted models. Nonetheless, accumulating 
evidence has proved that disease models generated by 
3D bioprinting with dECM bioinks can simulate the 
microenvironments of organs. The human body consists 
of eight systems, with each made of various tissues.135 In 
this review, we focus on the models that mimic nervous, 
cardiovascular, liver, and respiratory tissues, and their 
similarity in biological function to actual organs. Moreover, 
the disease models for these tissues are discussed. Table 4 
summarizes the in vitro models made with dECM bioinks.

4.1. Nervous tissue-derived decellularized 
extracellular matrix 
The nervous system encompasses both the central and 
peripheral nervous systems, which are constituted 
by tissues and organs such as brain, spinal cord, and 
peripheral neural networks.136 The nervous system 

Table 4. Summary of various in vitro models based on dECM bioinks

Target tissue/
organ

Bioinks Cell type Target disease Ref.

Brain tumor Porcine brain-derived dECM Patient-derived glioblastoma Glioblastoma 141

Brain Porcine brain-derived dECM Human neural stem cells Traumatic brain injury 253

Sciatic nerve Porcine sciatic nerve-derived 
dECM

No cells encapsulated (host tissue integration) Peripheral nerve injury 254

Sciatic Nerve Rat sciatic nerve-derived dECM Rat Schwann cells Peripheral nerve injury  
(in vitro evaluation)

255

Artery Porcine aortic tissue Human umbilical vein endothelial cells, human 
coronary artery smooth muscle cells, human 
dermal fibroblasts, human monocytes

Atherosclerosis 106

Heart/Cardiac 
tissues

Human omenta Cardiomyocytes and endothelial cells differen-
tiated from human-induced pluripotent stem 
cells (iPSCs)

Heart regeneration 256

Liver Liver-derived dECM-based hybrid 
bioink

Human hepatocarcinoma cells Liver epithelial-to-mesenchy-
mal transition process

184

Liver Gelatin, liver-derived dECM Human hepatocytes, human umbilical vein 
endothelial cells, human hepatic stellate cells

Liver fibrosis 186

Airway Airway mucosa-derived dECM, 
Matrigel

Human dermal microvascular endothelial 
cells, human lung fibroblasts, human tracheal 
epithelial cells

Asthma 215

Trachea Tracheal mucosa-derived dECM, 
vascular-derived dECM

Bronchial/Tracheal epithelial
cells, human umbilical vein endothelial cells, 
human eosinophil cells, human monocytes

Tracheal inflammatory 
disease

216

Abbreviation: dECM, decellularized extracellular matrix.
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regulates bodily functions, including motor, cognitive, and 
autonomic functions, through signal processing between 
neurons. Damages to the nervous system are accompanied 
by ultimate apoptosis of neurons and the inevitable 
deterioration of the aforementioned functions. Typically, 
it is challenging to treat neural diseases, which also induce 
permanent disorders affecting the patients throughout their 
lifetime. Therefore, neurological studies are focused on 
elucidating disease mechanisms and exploring therapeutic 
solutions. To support these studies, models that delicately 
simulate neural tissues are required.

The brain is composed of multilayered structures and 
several types of neural cells, such as neurons, astrocytes, 
and microglia. Ever since Lancaster et al. developed brain 
organoids with complex layers and cellular compositions, 
various studies on brain tissue formation have been 
performed.85,125,137 Matrigel, one of the most widely used 
materials in organ fabrication, is a non-neuronal matrix 
that generally lacks brain-specific proteins essential to 
the brain developmental process. In addition, traditional 
neural culture platforms (e.g., in vitro 2D cell culture) 
are not capable of simulating the sophisticated structure 
of the brain—particularly the neural-network model 
and vascularized units. Moreover, the neural cell 
behavior depends on the culture environment, including 
the mechanical stiffness of the substrate and ECM 
structures138,139; for example, the neuroinflammatory 
responses from glial cells are more intense on a 2D substrate 
than in the native tissue. Thus, conventional neural cell 
culture models differ from the native brain, which can be 
an obstacle for elucidating the neural physiology.

To offset the limitations in fabrication, brain 
decellularized extracellular matrix (BdECM) has been 
applied, in combination with 3D bioprinting, to in vitro 
brain modeling including brain cancer modeling. The 
major features of cancer are uncontrolled cell proliferation, 
increased angiogenesis, and chemotherapy resistance.140 
The origin of cancer should be ideally studied using 
preclinical models for patient-specific cancer therapy. 
Under the impact of mutations in relevant genes, 
tumorigenesis is particularly vulnerable to the effects 
of cell–ECM crosstalk. For example, brain glioblastoma 
(GBM) manifests varying levels of chemoresistance to 
therapies in different patients, thus requiring patient-
specific anticancer therapy, such as a combination of 
medication and radiotherapy. The features of GBM are 
related to the hypoxic core in necrotizing zones. A hypoxic-
core-formed GBM model has been developed using 3D 
bioprinting (Figure 3A),141,142 and the hypoxic core has been 
simulated using a computer-aided design (CAD) program, 
with a focus on the oxygen diffusion gradient. Based on 
the simulation, GBM cells encapsulated in BdECM bioink 

at the core of the model were printed, and endothelial cells 
were printed using BdECM bioink at the outer ring of the 
core to recapitulate angiogenesis in the cancer model. The 
printed GBM with animal-derived BdECM effectively 
exhibited the chemoradiotherapy sensitivity seen in the 
cancer cells. For example, the GBM printed with BdECM 
had an upregulated expression in angiogenesis markers 
(e.g., serine hydroxymethyltransferase 2 [SHMT2], SRY-
box transcription factor 2 [SOX2], vascular endothelial 
growth factor A [VEGFA], and nestin [NES]) and exhibited 
higher radiotherapy resistance compared with the model 
printed with collagen only. Collectively, experimental 
evidence confirmed that BdECM-based models possess 
the features of a patient-specific cancer therapy model and 
can sufficiently recapitulate cancer–ECM interaction effect.

Another application of dECMs in nervous system 
disease research is creating motor neuron models for 
neuromuscular disease study. Motor neurons in the CNS 
connect to skeletal muscle fibers to control muscular motion. 
However, aging process drives the degradation of multiple 
motor systems, thereby inducing neuromuscular diseases 
such as amyotrophic lateral sclerosis and myasthenia 
gravis. These neurodegenerative diseases have yet to be 
fully elucidated, and satisfactory clinical outcomes cannot 
be effectively achieved with drug treatments.143-145 An in 
vitro neuromuscular model suitable for neuromuscular 
disease mechanism study and drug testing stands as an 
ideal avenue for circumventing the limitations inherent in 
animal models. A neuromuscular model should contain 
native-like long nerve bundles as well as muscular bundles, 
which are capable of recapitulating signal transduction 
between neurons and muscles. Kong et al. developed 
3D-bioprinted neuromuscular junction (NMJ) models with 
a porcine spinal cord-derived dECM (CNSdECM) (Figure 
3B) by building 3D-printed pillar with poly(ethylene-co-
vinyl acetate) (PEVA) to induce mechanical stimulation of 
muscle cells for forming myotubes.146 The muscle cells were 
encapsulated in a skeletal muscular dECM (MdECM), and 
induced pluripotent stem cell (iPSC)-derived motor neurons 
were encapsulated in the CNSdECM. Then, a cell-laden 
MdECM was printed in a belt shape for a muscular module 
beside the printed pillar to induce mechanical extension of 
the muscle cells and provide structural stability. In addition, 
the cell-laden CNSdECM was printed after 4 days of 
maturation of the muscular module and was connected to 
the muscular models as a neural module. Thus, the printed 
muscular module and neural module were connected 
to form an NMJ. The physiological synchronization of 
connected modules was confirmed with the presence 
electrophysiological signal transduction. The NMJ model is 
favorable for maintaining a long-term culture of the NMJ 
module, which allows degenerative disease modeling.
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The neuromuscular model requires vascularization 
and regulation of the muscle bundle direction. Kim et 
al. built 3D NMJ models with endothelial spheroids by 
developing a methacrylate MdECM for recapitulating the 
mechanical stiffness of muscle tissues and applying electric 
field-assisted bioprinting to uniaxially align muscles 
in a bundle.147 In addition, they used microdroplet-
based spheroid-forming bioprinting (MDS-Printing) 
for generating endothelial cell spheroids. The co-
printed endothelial cell spheroids and muscle fibers 
exhibited increased crosstalk related to myogenesis and 
vascularization, as compared to a simply mixed culture 
model. Moreover, when motor neuron spheroids were 

co-cultured with the endothelial spheroid-incorporated 
muscle chip, the NMJ was effectively activated with 
upregulated expression of growth factors and neuronal 
genes. These results indicate the crosstalk between 
vascularization and NMJ formation. 

As such, neural models 3D-bioprinted with dECM are 
highly favorable for building 3D physiological structures. 
Notably, the dECM-based models can recapitulate the 
native tissue microenvironment, which directly affects 
cellular behavior. For example, brain cancer cells in the 
non-neuronal matrix (e.g., collagens) exhibited varying 
levels of chemosensitivity to therapies. In the case of a 

Figure 3. Examples of neural and cardiovascular models 3D-bioprinted with decellularized extracellular matrix (dECM). (A) 3D-bioprinted glioblastoma 
(GBM) on a chip. (B) PNSdECM-based 3D-bioprinted neuromuscular models. (C) Atherosclerosis disease model containing coaxial-printed vessels. (D) 
3D-bioprinted cardiac tissue model incorporated with external stimuli. (Reproduced with permission from106,142,146,162)
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nerve bundle, the CNSdECM can support neurons more 
as they grow and secret new ECMs, as opposed to Matrigel, 
which is degradable and not able to maintain the structural 
integrity. Moreover, 3D bioprinting-based models have the 
advantage of realizing the engineered design of the tissue 
analog, which is similar to the native tissue structure. 
Conventional methods are limited to building 2D 
structures and structures naturally generated from cellular 
differentiation. The 3D bioprinting structure in adherence 
with the engineer’s design, which is intended to enhance 
the physiological resemblance to native tissues, is feasible. 
However, the current nervous system models require 
improvement with regard to precise control of neuronal 
direction and maturation. The technical limitations can be 
overcome by applying various 3D bioprinting methods and 
incorporating nervous tissue-specific dECMs and specific 
components of the dECM.85,148 For example, the BBB—a 
brain-specific vascular structure—plays an essential role in 
the CNS as an innate barrier with selective permeability 
to prevent penetration of foreign material.149 Owing to the 
tightly impregnable layer of endothelial cells in the BBB, 
most drug molecules as well as pathological factors cannot 
penetrate into the neural tissue. Thus, it is necessary to 
develop BBB-incorporated neural tissue models (i.e., 
neurovascular unit models), which can be utilized in 
studies for deciphering the penetration mechanism, and 
to identify a proper strategy for transporting drugs to the 
brain. For this, a vascular structure can be added to the in 
vitro neural model via 3D bioprinting. 3D bioprinting has 
potential for building various tubular structures for vessels 
and adapting different cell types for reconstructing complex 
organ systems. Thus, 3D-bioprinted neurovascular unit 
models, integrating the BBB and neural tissues, should 
be constructed to aid elucidation of the crosstalk between 
neural cells and BBB.150 

Furthermore, additional bioreaction can support 
the recapitulation of the complex structure of central 
nervous tissue, such as the aligned neural network. The 
directionally controlled neural network is important for 
elucidating neural signal transduction in the CNS. In 
addition, 3D-bioprinted neural models incorporated with 
electrical sensors and reactors, such as microelectrode 
arrays, can widen the applicability of in vitro models in the 
context of healthy and pathological signal transduction in 
the CNS.151

4.2. Cardiovascular tissue-derived decellularized 
extracellular matrix 
Cardiovascular disease (CVD) is a chronic and difficult-to-
cure illness with the highest mortality rate in the world.152,153 
The cardiovascular system consists of the heart, arteries, 
veins, and capillaries that circulate blood throughout the 

body.154 The vascular conduits and contractile tissues are 
interconnected with high complexity and heterogeneity. The 
vascular network delivers oxygen, nutrients, metabolites, 
and blood. Arteries transport oxygen-rich blood from the 
heart to other organs, whereas veins deliver metabolites 
to organs and tissues such as kidney and liver. Capillaries 
are also involved in substance transport, mediated by 
diffusion through thin endothelia. The heart acts as a 
pump to induce blood flow. Thus, any disruptions to the 
structural integrity and functions of cardiovascular tissue 
place an obstacle to substance circulation in the body.155 
One of the most prominent conditions associated with 
CVDs is atherosclerosis, which occurs as a result of plaque 
formation in the arterial walls due to high cholesterol and 
triglyceride levels. The development of atherosclerosis is 
also closely related to the alterations in hemodynamics, 
which can be affected by changes in vascular geometry. 

Numerous experimental cardiac tissue models are 
available for clarifying the mechanisms behind cardiac 
diseases. Generally constructed on Transwell inserts, 
traditional in vitro 2D vessel models, which belong 
to the category of cardiac tissue models, allow for the 
observation of material penetration from one side to 
other side in the endothelial layer.156 These models have 
contributed to our understanding of transport through 
the endothelium. Additionally, 2D cardiac models have 
been used to investigate cardiac myocyte behavior in 
cellular models.157 However, the limited geometry of the 
models constrains their usefulness in the delineation of 
vascular and cardiac physiology, which are related to the 
geometry and mechanical properties of cardiac tissue. 
Furthermore, the hemodynamic mechanism in vessels 
has not been sufficiently elucidated from the viewpoint of 
biomechanical-therapeutic interplay. Thus, the mimicking 
potential of conventional microfluidic vascular models is 
limited to the recapitulation of various vascular geometries, 
which is not feasible for clarifying CVD mechanism. To 
overcome this limitation, recapitulation of 3D geometry 
has attracted attention. For example, Gao et al. suggested 
the use of vascular tissue-derived dECM (VdECM)-based 
arteries in atherosclerosis modeling (Figure 3C).106 The 
VdECM has shown favorable effects on the angiogenesis 
and proliferation of endothelial cells by supporting the 
expression of cell–ECM attachment factors (e.g., vascular 
endothelial [VE]-cadherin, integrin beta-1), as reported in 
various studies. By capitalizing on these vascular-related 
advantages, Gao et al. developed a vessel structure using 
triple coaxial printing with VdECM.106 To simulate the 
heterogeneity of the arterial structure, smooth muscles cells 
(SMCs) and endothelial cells (ECs) were employed in the 
triple coaxial printing. The geometry of the three-layered 
artery is adjustable; modifications can give rise to regular, 
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stenotic, and tortuous arteries. These arteries are able to 
recapitulate the pathophysiologic facets of atherosclerosis, 
such as inflammatory stimuli, hyperlipidemia, and 
turbulent flow. Thus, 3D bioprinting is a useful approach to 
building various tubular structures for models mimicking 
hemodynamically regulated pathological conditions. These 
models can be adapted for drug screening and disease 
prediction in models created with patient-derived cells. 

Possessing microstructure of cardiac tissue, which is 
essential for understanding cardiac physiology, is another 
strength of 3D in vitro cardiac models. Cardiotoxicity 
is commonly cited as the one of the major reasons for 
drug failure. Among post-approval drugs, 45% have 
been withdrawn owing to cardiotoxicity.158 In addition, 
the physiology of the animal heart differs from that of 
the human heart. For example, the resting heart rate of 
humans is between 60 and 100 bpm; in comparison, the 
animal models for clinical experiments (e.g., mice, rabbits, 
and dogs) have much higher heart rates, measuring 
120–500 ppm.159 Thus, a humanized cardiac model is 
indispensable for assessing drug toxicity in the context of 
human physiology. From this viewpoint, a cardiac dECM 
can simulate the sophisticated cardiac ECM network, 
and 3D bioprinting can aid in forming specific cardiac 
microstructures.160,161 Das et al. bioprinted cardiac tissue 
models with a heart dECM (hdECM).162 Cardiomyocytes 
in the hdECM differentiated into cells with a stretched 
morphology, whereas the cells in the collagen exhibited 
irregular morphologies. In particular, upregulated 
expression of heart-specific proteins in the bioprinted 
cardiac tissue indicated that the dECM and bioprinted 
models had enhanced tissue-specific characteristics.

As such, bioprinted cardiovascular models can be used 
in disease mechanism investigations and drug testing. 
To build more reliable cardiac tissue models, additional 
biological strategies can be applied to bioprinted models. 
The bioprinted cardiovascular models can be improved by 
tuning the mechanical properties of the bioink to match 
the native tissue’s properties and by enhancing maturation 
orchestrated by external stimuli.163 To simulate heart-
specific mechanical stiffness, dECM bioink can be modified 
with biocompatible polymers. Shin et al. developed tuned 
cardiac dECM bioink with laponite and PEG-DA.105 The 
biomaterials incorporated with dECM bioink exhibited 
a higher compressive modulus and stable shape fidelity. 
This tuning strategy can extend the application of cardiac 
dECMs to various disease conditions, facilitating the 
fabrication of healthy and fibrotic heart models. In 
addition, applying external stimuli to the cardiac models 
can enhance maturation. The commonly used cell sources 
are derived from iPSCs or animal-derived cells, which 
are immature cells that do not fully recapitulate cardiac 

functionality. Electrical stimuli are used because they affect 
the heart rate.164 Bouchard et al. reported that maturation 
of human iPSC-derived cardiomyocytes in fibrin hydrogel 
can be accelerated using electromechanical signals.165 
In summary, engineered cardiovascular models can be 
improved with tunable dECMs and bioprinting, and their 
maturation can be induced with external stimuli. These 
cardiovascular models can be applied to various CVDs.

4.3. Liver tissue-derived decellularized  
extracellular matrix 
The representative organs of the digestive system are 
stomach, liver, and intestine,166 among which the liver plays 
an important role in regulating the overall metabolism, 
including blood sugar control, and processing and storage of 
body substances.166 Additionally, the liver makes and stores 
various nutrients necessary for the body, such as proteins, 
participates in carbohydrate, fat, hormone, vitamin, and 
mineral metabolism, and detoxifies harmful substances.167 
However, diverse as these functions are, the list of known 
liver diseases, such as hepatitis, liver cancer, and alcoholic 
and non-alcoholic fatty liver disease, is similarly varied.168 
Particularly, fibrosis and cirrhosis may develop in the liver, 
resulting in homeostasis disruption and organ failure.169 
Fibrosis occurs only in certain organs, such as liver, lungs, 
and heart.170 Since liver transplantation is the only feasible 
treatment for severe liver damage, it is essential to develop 
new therapies and in vitro models to test these therapies.166 
Additionally, simulating various liver functions in vitro 
has important implications for tissue engineering, liver 
regenerative medicine, and drug development.75

The traditional in vitro liver modeling entails the step 
of culturing liver cells in two dimensions,171 which can 
be conducted with sandwich culturing of hepatocytes 
or different co-culture methods involving multiple 
cell types.172 These traditional in vitro liver models are 
relatively simple in design, allow for adjustment of 
experimental conditions, and are convenient for operation 
during experiments. They are also used for evaluating 
drug metabolism and toxicity and for early assessment 
of drug effectiveness and safety. However, the 2D culture 
is faced with challenges in mimicking hepatic sinusoid 
heterogeneity, cell density under in vivo condition, and liver 
circulation.173 To solve these problems, various 3D in vitro 
liver models have been developed. To create a successful 
3D in vitro liver model, it is important to mimic a liver-
specific sinusoidal structure with functional maturity.174 
The sinusoids are composed of various cells, including 
liver sinusoidal endothelial cells, hepatocytes, hepatic 
stellate cells, and Kupffer cells.175 There are two fluidic 
channels consisting of the above-mentioned cells in the 
sinusoids within the 3D microenvironment of the ECM.176 
Various approaches have been attempted to simulate the 
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complex structure of the liver and its cell configurations 
in vitro. Several microfabrication techniques, such as 
photolithography and etching, have been used to replicate 
the complex physiological structure of the liver and to 
control its function.177,178 An in vitro model integrated with 
a multilayered structure composed of various liver cells has 
been reported,179 and a more advanced in vitro liver model 
containing sinusoidal structure that allows fluid flow has 
also been developed.180

However, the existing models cannot recapitulate the 
interactions between blood vessels and immune cells in the 
liver, rendering simulation of complex metabolic pathways 
and modeling of various liver diseases difficult. Additionally, 
co-culturing various liver cells on a single platform 
and reproducing a liver-specific microenvironment 
is challenging. Therefore, to create a liver-specific 
microenvironment, liver-derived dECM (LdECM) has 
recently been used as a bioink for 3D bioprinting.181 Unlike 
conventional manufacturing methods, 3D bioprinting 

is suitable for positioning multiple cells and fabricating 
complex liver structures on one platform, which is able 
to simulate cell–cell interactions.182 Thus, 3D-bioprinted 
models can reproduce the complex 3D structure and 
microenvironment of liver tissue, more closely reflecting 
actual liver pathophysiology and increasing the reliability 
and utility of research results. These models can also 
contribute to a better understanding of the mechanisms 
behind the development and progression of liver disease 
and the development of treatment and prevention 
strategies.183 The significance of the in vitro liver models 
created by 3D bioprinting using LdECM bioink is detailed 
in the following.

Kang et al. prepared an LdECM-based hybrid bioink by 
mixing various hydrogels, including gelatin and alginate, 
with LdECM.184 Human hepatocarcinoma cells (HepG2) 
were mixed with this hybrid bioink, and the mixture was 
then used in extrusion-based bioprinting to fabricate liver 
tissue in hexagonal pattern (Figure 4A).184 The hybrid 

Figure 4. Examples of in vitro liver and respiratory models and their applications. (A, B) Fabrication of in vitro liver model using extrusion-based 3D 
bioprinting with (A) LdECM-based hybrid bioink and (B) LdECM bioink, and simulation of fibrosis in this model. (C, D) Fabrication of airway-on-a-chip 
and in vitro tracheal model using extrusion-based 3D bioprinting with mucosa-derived dECM: (C) fabrication of airway-on-a-chip and its application 
as an asthma model, and (D) fabrication of in vitro tracheal model and its application as an inflammatory respiratory disease model. (Reproduced with 
permission from184,186,215,216)
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bioink and spinning conditions helped generate liver 
spheroids and improve certain functions of the spheroids, 
such as albumin secretion. Additionally, a liver injury 
model was created via treatment with transforming 
growth factor-beta (TGF-beta), an inducer of epithelial-
to-mesenchymal transition. The cells were treated with 
N-acetylcysteine (NAC), a therapeutic agent, to confirm 
the function of the model and its potential as a platform for 
drug testing. The model contained a hexagonal structure 
featuring a liver-specific microenvironment, mimicking a 
complex 3D liver structure. Furthermore, because of the 
spinning conditions, the model allowed fluid flow and 
could deliver sufficiently accurate data after drug screening. 
However, the cell sources that can be employed to create 
this 3D model are rather limited, and the model features 
an exceedingly simple structure that could not effectively 
mimic sinusoidal structures. Furthermore, inducing blood 
flow and tissue crosstalk within the model is difficult due 
to the absence of vascular mimetic structure.

Lee et al. were the first to develop an LdECM bioink, 
in which they encapsulated various hepatic cells, and 
with which they fabricated a normal in vitro model 
using extrusion-based 3D bioprinting.181,185 Based on the 
normal liver model fabrication technology, an in vitro 
liver fibrosis model was created via the encapsulation of 
activated stellate cells, which are liver-inducing factors, 
in gelatin to induce liver fibrosis (Figure 4B).186 A model 
was created using most of the cell types constituting the 
sinusoid structure, and a multilayered sinusoidal structure 
was fabricated by extrusion-based 3D bioprinting using 
the gelatin bioink as the sacrificial material. Additionally, 
a microfluidic channel was incorporated into the model; 
therefore, it was possible to simulate blood flow in a 
sinusoidal structure. Hallmarks of liver fibrosis, such 
as collagen accumulation, apoptosis, and liver fibrosis-
specific marker expression, were conspicuously featured 
in this model. The model created in this study is 
significant as it was able to mimic most liver functions 
by precisely expressing the sinusoidal structure and liver-
specific microenvironment, and it could be employed 
as a liver fibrosis model. Since the progression of liver 
fibrosis requires crosstalk among multiple organs, this in 
vitro liver model is unable to recapitulate the interactions 
between the specific tissues and organs. Nevertheless, 
this study successfully created a drug testing platform 
for liver fibrosis, paving the way for further research and 
development of drugs for liver diseases.

Although liver models that successfully simulate many 
functions of the liver in vitro have been developed using 
3D bioprinting and various hydrogels, including LdECM, 
there are still many areas that require improvement in 
terms of fabrication and application. Recently, Taymour 

et al. developed a practical co-culture system featuring 
independently adjustable sections for various cell 
types via core-shell bioprinting.187 Although  multiple 
types of cells that constitute the liver were successfully 
arranged on one platform in three dimensions to mimic 
the liver’s microenvironment, they were faced with the 
constraints in creating an intact liver-specific structure. 
In particular, current 3D bioprinting technology is 
limited to implementing complex vascular mimetics in 
various sizes, including cells, on one platform; therefore, 
producing a perfect sinusoid structure is not feasible 
using this technology.184 Additionally, to implement the 
pathophysiological mechanisms of various liver diseases 
in these models, crosstalk between liver and different 
organ compartments via vascular mimetics is essential. 
Therefore, the development of 3D bioprinting technology 
that allows for the versatile fabrication of functional 
vascular mimetics of various sizes at the desired locations 
within in vitro models is necessary.188

Owing to the variations in genetics and lifestyle, the 
types and manifestations of liver diseases vary among 
patients, accentuating the needs for personalized 
3D-bioprinted liver models tailored to the clinical 
requirements of patients.189 Thus, a 3D bioprinting 
technique that can create liver models stably using 
patient-specific or individualized liver-derived stem cells 
is urgently needed to accurately simulate the mechanism 
of occurrence and progression of liver disease in each case. 
Yang et al. have attempted in creating a liver structure 
using hepatorganoids via 3D bioprinting technology, 
and various research teams have fabricated liver models 
using liver cell lines and primary cells.190 However, liver 
models 3D-bioprinted with liver-derived cells obtained 
from patients are hitherto unavailable.191 Thus, there is 
an urgent need to develop a 3D-bioprinted liver model 
using liver-derived cells. These personalized models may 
contribute to the development of personalized treatment 
and prevention strategies.

The liver functions in a dynamic environment.192 
Therefore, to simulate the functions of a real liver, it is 
necessary to develop a chamber that mimics blood flow, 
fluid dynamics, mechanical stress, etc., and combine it 
with a 3D-printed liver model. In addition to reproducing 
the structure and functions of the liver, the 3D-bioprinted 
model must be able to mimic the biochemical reactions 
of the liver.191 To achieve this, analysis of multi-omics 
data, including those pertaining to RNA, proteins, and 
metabolites, is required to help understand the complex 
physiological responses of liver models. Shinozawa et 
al. recently developed a high-fidelity in vitro model 
using human pluripotent stem cell-derived organoids 
for the purpose of studying drug-induced liver injury.193 
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Additionally, many research teams have created high-
fidelity liver models, which enable accurate and rapid drug 
screening.191 However, these models do not recapitulate the 
liver-specific microenvironment. Therefore, hydrogels such 
as dECM bioink that can simulate liver microenvironment 
while maintaining high fidelity are promising ingredients 
for making liver models. Additionally, automated 
bioprinting technologies and advanced control systems 
must be introduced to increase efficiency and improve 
result consistency.

4.4. Respiratory tissue-derived decellularized 
extracellular matrix 
Nasal meatus, airways, trachea, and lung are the 
representative tissues and organs of the respiratory 
system,194 whose most important function is to facilitate 
the exchange of oxygen and carbon dioxide.195 Respiratory 
diseases include infectious diseases (e.g., pneumonia196), 
airway-related diseases (e.g., asthma, COPD197), and 
malignant tumors.194 Chronic respiratory diseases can 
develop into fibrosis, leading to organ failure.198 Since 
there is no perfect treatment for these diseases, it is 
necessary to develop new treatments for respiratory 
diseases and efficient in vitro respiratory models for 
research and drug testing.199

The development of conventional in vitro respiratory 
model entails a step of culturing respiratory cells in two 
dimensions.200 For example, this can be achieved with co-
culturing methods of respiratory epithelial cell lines and 
endothelial cells, or air–liquid interface (ALI) culture 
methods.200 These traditional in vitro models are relatively 
easy to set up, and the experimental conditions are easy 
to control. They are also relatively inexpensive compared 
with other models and are suitable for conducting basic 
research on respiratory system function and physiology.200 
However, the 2D culture is unable to produce 3D 
structure and to simulate the functional interactions of 
the lung; additionally, it faces challenges in reproducing 
complex physiological functions, such as gas exchange 
and respiratory movements.201 Additionally, it does 
not sufficiently mimic the role of the immune system 
and inflammatory response.201 To address these issues, 
various 3D in vitro respiratory models have been created. 
An effective in vitro respiratory model should possess 
multilayer structure made of the epithelium, basement 
membrane, and endothelium, and should be able to 
carry out the repetitive contraction and relaxation for gas 
exchange.195,202 Air and blood flows are also important 
features of the model.203 To incorporate these features in the 
model, flexible biomaterials must be used in the fabrication 
of the in vitro model.204 The characteristics mentioned 
above reflect the requirements to realize the generation 

of complex structure seen in the respiratory system and 
the in vitro configurations of various respiratory cells for 
creating the models. Previous studies have demonstrated 
using Transwell and in vitro models to generate air–liquid 
interface (ALI) models, which possess multilayered 
structures composed of various alveolar cells on one 
platform.205-208 Of particular importance, several studies 
have created models that simultaneously mimic repetitive 
breathing motion as well as blood and air flow, using 
flexible biomaterials and by means of photolithography-
based microfabrication.209,210

The in vitro respiratory models should not only mimic 
structural features, but also reproduce the interactions 
between immune cells and microbial ecosystem in the 
respiratory system. However, the existing, conventional 
models have limitations in portraying interplay between 
the microenvironment of respiratory system and the 
external environment.211,212 These models are also not 
useful for studying pathophysiological mechanisms behind 
the pathogenesis of asthma and COPD. Therefore, in vitro 
models are urgently needed for therapy testing and disease 
investigation.213,214 One solution is to use airway-derived 
dECM as a bioink for 3D bioprinting to mimic the airway-
specific microenvironments and pathophysiological 
environments of airway diseases.88 Unlike conventional 
manufacturing methods, 3D bioprinting is suitable for 
precise airway simulation because it can manufacture 
multilayered cellular structures and simultaneously enable 
fluid and air flows on a single platform.215,216 This allows 
3D-bioprinted models to precisely reproduce the complex 
3D structure and microenvironment of the airway, 
more closely reflecting the pathophysiology of various 
respiratory diseases and making research results more 
realistic.217 In particular, it can more effectively mimic the 
role of the immune system and inflammatory response, 
enabling a better understanding of the mechanisms of 
progression of respiratory diseases and the development of 
treatment strategies.218 

The importance of 3D bioprinting is exemplified 
by an in vitro respiratory model fabricated through 3D 
bioprinting using airway-derived dECM bioink. Park et al. 
developed a tracheal mucosa-derived dECM (tmdECM) 
bioink, in which they encapsulated epithelial cells and 
fibroblasts, and with which they fabricated an in vitro 
normal vascularized airway model by means of extrusion-
based 3D bioprinting (Figure 4C).215 Additionally, an in 
vitro asthma model has been created by treating a normal 
model with interleukin-13 (IL-13), an asthma-inducing 
factor.219 To create a vascular part, 3D bioprinting was 
utilized to fabricate a vascular scaffold incorporating 
vascular cells. After undergoing a maturation process, 
the scaffold was induced to generate microvessels, 
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thereby successfully forming a vascular network where 
microvessels are interconnected. An in vitro vascularized 
airway model containing a multilayered cell structure 
was successfully fabricated after integrating the epithelial 
and vascular parts. Judging based on the functional 
activation of the cells constituting the models, tmdECM 
is more suitable than Matrigel, which is widely used in 
fabricating in vitro respiratory models, for simulating the 
airway-specific microenvironment.205 Moreover, asthma-
specific features were well expressed in the disease model, 
as confirmed by the secretion of inflammatory cytokines. 
This study is significant because it used a tmdECM bioink 
and 3D bioprinting to create a model that precisely features 
the airway-specific microenvironment and mimics the 
functions of most airways, and showed that the model is 
applicable for investigating asthma, which is an airway-
specific disease. However, the model has limitations in that 
it does not have an airflow structure, and the inflammatory 
response cannot be precisely simulated owing to the absence 
of inflammatory cells. Nevertheless, this study showcases a 
pioneering in vitro model that features an airway-specific 
microenvironment and can aid the development of new 
asthma therapies and related research.

Nam et al. fabricated tmdECM and VdECM bioinks, in 
which they encapsulated epithelial and endothelial cells, and 
with which they fabricated normal in vitro tracheal models 
using extrusion-based 3D bioprinting (Figure 4D).216 They 
developed cylindrical airway vascular structures via coaxial 
bioprinting using a sacrificial layer. This printing method 
is suitable for reproducing normal vascular structures 
because it can mimic the shapes of real vascular structures 
and adjust the structure’s diameter.220 A module containing 
tracheal epithelial cells was combined with this vascular 
structure to create the resultant in vitro tracheal model. 
In this model, tracheal epithelial cells formed an epithelial 
barrier, and treatment with IL-13 induced an inflammatory 
response. In particular, immune cell transmigration and 
infiltration occurred in the monocyte/macrophage lineage 
cells that flowed with the media through the blood vessels. 
This is representative of the airway immune response to 
exposure to an inflammatory environment.221 In this 
study, a trachea-specific microenvironment was precisely 
created using tmdECM, VdECM bioink, and advanced 3D 
bioprinting. Additionally, the inflammatory mechanism in 
the 3D-bioprinted cylindrical matured vascular structure 
could be precisely simulated by flushing immune cells 
with medium. However, this structure did not possess 
trachea-specific microbial composition and was unable to 
simulate air flow, which is the main function of the trachea. 
Nevertheless, this study developed an advanced in vitro 
model that reflects the airway-specific microenvironment 
and overall tracheal multilayer structure. Moreover, 

because of the inclusion of a vascular structure, it is 
possible for the model to be connected with other organs 
of the respiratory system and contribute to the overall 
research related to tracheal disease.

While numerous models have been created using 3D 
bioprinting and diverse hydrogels, such as airway-derived 
dECMs, to effectively replicate numerous aspects of the 
respiratory system in vitro, several areas still require further 
improvement and practical implementation. Recently, Park 
et al. demonstrated the swift production of a multilayer 
structure of the respiratory system using extrusion-based 
3D bioprinting.222 The recent 3D-bioprinted respiratory 
models focus on featuring the simulation of more complex 
respiratory structures using various respiratory cells and 
the integration of different cell types to realistically mimic 
physiological characteristics.223 However, the current 3D 
bioprinting technology is not capable of rapid creation of 
a respiratory structure encompassing cells and an airflow 
passage on one single platform and has limited strength in 
simulating respiratory function, including gas exchange.224 
Additionally, since most respiratory diseases have a 
fundamental link with the immune system, including an 
etiological connection with microorganisms, it becomes 
evident that a 3D bioprinting technology that can integrate 
immune cells and microbial composition to build a model is 
urgently needed.224 Recently, Cho et al. developed a blood-
lymphatic-integrated in vitro model using 3D bioprinting 
and successfully implemented the vascular system and 
immune system on one platform.225 However, there has yet 
to be an attempt to combine respiratory cells within a lung 
model; thus, it is necessary to secure cell lines that can be 
used for 3D bioprinting and develop technology that can 
produce a model in one step in a short time.224

Additionally, more precise recapitulation of the 
microenvironment in respiratory models is warranted. 
In particular, the respiratory system functions in a 
dynamic environment.226 To reflect this, Sengupta et al. 
have recently created a model equipped with electro-
pneumatic devices and used elastic silicone to observe 
physiological responses on the platform under changing 
pressure conditions.227 Nevertheless, to simulate a dynamic 
environment, a bioreactor that can mimic gas dynamics 
and control pressure and can reproduce various dynamic 
characteristics of the respiratory system and realistic chest 
movements must be developed in the future. Combining 
the bioreactor with a 3D-printed airway model can create 
a microenvironment that better resembles the actual 
respiratory system. To more accurately mimic pulmonary 
function, it is essential to incorporate methods such as 
sensors for real-time assessment of functional respiration, 
gas exchange, and mucosal movement into the bioreactor. 
With the real-time evaluation results, operational errors of 
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bioreactor can be minimized, allowing for generation of 
results that are highly reflective of the actual situation of 
respiratory system.

5. Conclusions and future perspectives
To create 3D structure and to simulate pathology-specific 
microenvironment in a disease model, it is important to 
select appropriate biomaterials and model manufacturing 
methods.88 From this perspective, the combination 
of dECM as a biomaterial and 3D bioprinting as a 
manufacturing method is currently a promising approach 
to fabricate disease models.87 First, 3D bioprinting can be 
used to process various cells and biomaterials that constitute 
organs into shapes suitable for creating pathophysiological 
structures.228 3D bioprinting can create in vitro and in vivo 
models that precisely mimic the structures and functions of 
human organs via the spatial placement of cell-containing 
bioink. To maximize the advantages of 3D bioprinting, 
it is important to select an appropriate biomaterial that 
can create the microenvironment of the disease model.229 
Therefore, employing dECM as a bioink to reproduce the 
ECM composition specific to a given organ has considerable 
potential for simulating the pathophysiological 
microenvironment of a disease.229 3D-bioprinted disease 
models created with dECM bioinks have demonstrated the 
potential for pathophysiological mechanism studies, tissue 
regeneration, and drug screening for various diseases.228 
However, widespread application of 3D bioprinting using 
dECM bioinks is limited by several challenges.15 Some of 
these challenges associated with dECM and 3D bioprinting 
for the fabrication of various disease models are discussed 
as follows. Approaches to overcome these problems are 
also proposed. Additionally, ethical and legal issues related 
to 3D bioprinting and dECM bioink are briefly addressed.

Biomaterials suitable for 3D bioprinting must possess 
specific physical properties to ensure mechanical stability of 
the printed structure. In the case of hydrogels, for example, 
their restricted crosslinking limits their applicability as 
bioinks.230 Therefore, to have a high degree of freedom in 3D 
bioprinting, it is necessary to develop advanced biomaterials 
with controllable physical properties through the chemical 
or physical treatment of conventional biomaterials. 
Regarding dECM, its important property is that it can 
simulate an organ-specific microenvironment.229 However, 
despite their biochemical superiority, dECM bioinks have 
insufficient mechanical properties to fabricate various 
structures with high resolution.15 One possible supportive 
method that addresses this limitation is the integration 
of a hydrogel with a polymer, such as polycaprolactone 
(PCL) and polyethylene-vinyl acetate (PEVA), to enhance 
structural integrity; however, plastic scaffolds may limit 
the usage of printed analogs in the context of native tissue 

substitutes.88,231 Nonetheless, augmenting dECM bioink 
with other hydrogels is considered a reasonable strategy 
for improving the printability of the bioink through the 
improvement of its physical properties, and there are 
attractive methods for accomplishing this integration.232,233 
For example, Ali et al. improved the physical properties of 
a bioink using a methacrylated-dECM bioink and applied 
it to kidney regeneration,232 whereas Kim et al. developed 
a light-activated dECM bioink and successfully fabricated 
centimeter-scale structures using extrusion-based 
3D bioprinting.233 These methods, which leverage the 
advantage of dECM bioink, can be used to fabricate stable 
3D structures to improve their mechanical properties while 
maintaining their characteristics essential for creating 
tissue-specific microenvironment.

To maximize the utilization of the enhanced dECM 
bioink through the previously mentioned methods in 
various applications, the versatility of 3D bioprinting 
technology itself is essential. To develop more diverse 
disease models and to fabricate large-volume structures 
for tissue regeneration, it is necessary to improve 
fabrication technology, in terms of fabrication time and 
precision, using advanced dispensers and nozzles.234 These 
requirements can be fulfilled by adopting a combination 
of existing 3D bioprinting technologies.234 For example, 
Brassard et al. successfully generated macroscale 
tissue blocks using a combination of extrusion-based 
and inkjet bioprinting techniques.234 Moreover, it is 
difficult to accurately control the printing conditions 
of a conventional 3D bioprinting system in real time, 
such as temperature and humidity, setting the stage for 
problems in the precision of structure manufacturing 
using dECM.235 Therefore, it is necessary to establish a 
printability database for dECM bioinks and to apply real-
time automatic control to printing systems.

Other challenges related to dECM bioinks include 
reproducibility and standardization issues.15 The toxicity 
of agents used for decellularization and incomplete cell 
removal have also emerged as additional problems.88 The 
dECM is an attractive biomaterial for tissue regeneration 
and disease models because it can be used to create tissue-
specific microenvironments.229 However, the dECM 
composition changes slightly from batch to batch, resulting 
in functional differences.88 To address this problem, 
standardization of the material preparation process is 
required. There is a method for decellularizing large 
amounts of tissue to produce large amounts of dECM at 
once and mixing it.13 A thorough analysis of all components 
of each organ-derived dECM lays a foundation for the 
quantitative standardization of their composition, which is 
instrumental for the creation of a more potent and uniform 
biological material. Furthermore, animal-derived dECM 
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should be subjected to immunogen removal to enhance 
biocompatibility.98

The use of toxic chemicals in the aforementioned 
decellularization and crosslinking processes gives 
rise to problems regarding cell survival and tissue 
necrosis, while incomplete cell removal following the 
decellularization process causes heterogeneous immune 
responses.88 To address these problems, it is necessary 
to fundamentally analyze the effect of decellularization 
and crosslinking processes on ECM composition. Most 
current decellularization processes use a variety of toxic 
chemicals, which are detrimental to the preservation 
of the unique ECM composition; therefore, improved 
decellularization technology is required.88 To avert this 
problem, Topuz et al. used supercritical carbon dioxide 
(scCO2) in the decellularization process to minimize 
changes to the ECM composition.236 Moreover, an 
advanced rapid detection method to determine whether 
residual toxic and cellular components remain in the 
dECM should be developed, and a standardized quality 
control protocol should be conducted in order to resolve 
this issue.

Proper resolution of the aforementioned issues could 
facilitate the utilization of dECM for the production of 
more precise normal and disease models and the process 
of tissue regeneration for various organs. Medical products 
for skin regeneration have already been developed using 
skin-derived dECM, such as AlloDerm® (BioHorizons) 
and Oasis® (Smith & Nephew).237,238 A hydrogel bioink 
called deCelluid™ (T&R Biofab), which is applicable to 3D 
bioprinting and created from bone-derived dECM, has 
also been developed.84 However, only dECMs applicable 
to the fabrication of a limited selection of organ models 
have been commercialized, and clinical cases describing 
the application of these dECMs remain scanty.88 Therefore, 
it is necessary to standardize and commercialize dECM 
bioinks for a wider range of organs and to conduct more 
clinical trials to validate their reliability.

Finally, ethical and legal issues need to be addressed 
for more efficient use of 3D bioprinting and dECM bioink. 
3D bioprinting and dECM bioink have the potential 
to overcome various ethical issues that fall within the 
realms of indiscriminate animal testing, clinical trials, 
and organ transplantation. At present, however, there has 
been no in-depth discussion regarding the ethical and 
legal issues related to 3D bioprinting and dECM bioink. 
Aside from the problems with printing technology, 
issues concerning biology, bioethics, and philosophy are 
catching our attention since a variety of human and animal 
derivatives, including cells, are employed in the process of 
3D bioprinting.239 Some of these ethical and legal issues 

associated with 3D bioprinting and dECM bioinks that are 
currently emerging are discussed as follows.

The source of biomaterials and dECM bioink applied 
in 3D bioprinting is an important ethical consideration. 
In compliance with ethical regulations, clarifications on 
how human or animal tissues and cells are obtained and 
used are needed. This may cover a wide range of aspects, 
such as tissue and cell donation procedure, consent giving, 
and protection of personal data. Additionally, research 
and complete verification of the safety and hazards of the 
biomaterials used are required. The use of unidentified 
materials or techniques that pose a risk to patients should 
be avoided. In the case of 3D bioprinting, digital 3D models 
should be treated as personalized human data; thus, the 
protection of human identifiable information must be 
considered under the context of privacy laws. Additionally, 
when cells and tissues are obtained from patients or donors, 
informed consent must be obtained.

Furthermore, ethics committee approval for conducting 
research or clinical trials involving dECM bioinks is 
required, and there is a need to harmonize these protocols 
globally. Currently, there are no unified regulations in this 
regard; thus, a set of comprehensive unified regulations 
should be drafted and officiated as soon as possible to 
protect the safety of research participants and ensure the 
compliance to the bioethical principles.240 For reference, 
the European Medicines Agency regulates several tissue-
engineered products as advanced therapy medicinal 
products (ATMPs) under the Gene Therapy Act.241 
Because the central idea of combining 3D bioprinting 
technology with dECM bioink serves the similar purposes 
as the production of ATMPs, unified regulations on this 
matter can be formulated in reference to the relevant acts. 
Additionally, to ensure that products stemming from the 
combination of 3D bioprinting and dECM bioink are safe, 
efficacious, and of good quality, protocols concerning the 
production, marketing, and utilization of dECM bioink 
must be set in compliance with local laws and regulations. 
Furthermore, it is important to note that commercial use 
of relevant technologies and dECM bioink may give rise 
to intellectual property infringement issues. Thus, caution 
must be exercised with regard to the development and sale 
of bioinks, and the patents and copyrights of established 
inventions must always be respected.

In conclusion, 3D bioprinting using dECM bioink 
is expected to achieve wide-scale application for the 
development of various intractable disease models and 
personalized models through the simulation of organ-
specific microenvironments. Additionally, this technique 
is anticipated to be applicable to the fabrication of artificial 
organs for organ transplantation.
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Abstract
Human coronaviruses, including severe acute respiratory syndrome coronavirus 
2 (SARS-CoV-2), contribute to both respiratory and gastrointestinal symptoms, 
necessitating a comprehensive approach to studying viral pathogenesis. In this 
context, bioprinted intestine-on-chip models offer a cutting-edge technology for 
closely replicating the tissue architecture and microenvironment of the human 
intestine, providing valuable insights into viral dynamics and host responses. 
Integration of intestinal organoids with organoid-on-chip technology enhances 
the accuracy of modeling SARS-CoV-2 infection by means of improving cellular 
differentiation and virus-binding receptor expression. Furthermore, bioprinting 
technology allows for automated fabrication, enabling high-throughput drug 
screening on the intestine-on-chip platform. These advancements in bioprinted 
intestine-on-chip models hold immense promise for advancing our understanding 
of coronavirus infection in the gut and accelerating drug development, ultimately 
contributing to improved patient outcomes and public health measures.

Keywords: Intestine; Bioprinting; Organ-on-chip; Coronavirus; Drug screening

1. Introduction
Human coronaviruses, including severe acute respiratory syndrome coronavirus 2 
(SARS-CoV-2), lead to a spectrum of respiratory illnesses, ranging from mild cold-like 
symptoms to severe diseases like severe acute respiratory syndrome (SARS), Middle 
East respiratory syndrome (MERS), and coronavirus disease 2019 (COVID-19). 
Besides respiratory manifestations, these viruses can also induce gastrointestinal 
symptoms, such as diarrhea, nausea, and vomiting (Figure 1). Understanding the 
mechanisms and consequences of gut infection holds direct clinical implications, 
offering valuable insights for targeted interventions to alleviate gastrointestinal distress, 
curb transmission through fecal shedding, and address potential long-term gut-related 

mailto:nanopark@skku.edu
https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/


Coronavirus-infected bioprinted intestine

166Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1704

International Journal of Bioprinting

complications. Thus, comprehensive research into human 
coronavirus infections necessitates a holistic approach, as 
solely focusing on respiratory aspects may overlook critical 
dimensions of the disease. By exploring the gut, researchers 
can enhance their understanding of the virus’ multi-organ 
involvement and systemic effects, contributing to a more 
comprehensive knowledge base.

Intestinal organoids and intestine-on-chip models 
have emerged as powerful tools to bridge the gap between 
traditional cell culture and animal models, facilitating 
targeted investigations into the gut-related aspects of 
human coronavirus infections. Yet, the incorporation 
of bioprinted intestine-on-chip models, which offer 
precise three-dimensional (3D) tissue structures closely 
resembling the native intestine, remains underexplored 
in coronavirus research. Utilizing bioprinted intestine-
on-chip models represents a significant advancement 
in the field of human coronavirus research and drug 
screening, offering innovative and precise methods for 
studying infection mechanisms and evaluating potential 
treatments. These sophisticated 3D tissue structures closely 
mimic the native intestine’s architecture, enabling the 
replication of the complex microenvironment necessary 

for accurate virus–host interaction studies. Additionally, 
the integration of high-throughput screening approaches 
with intestine-on-chip technology holds great promise 
for drug discovery and development, enabling efficient 
and scalable investigations of potential therapeutics. 
By employing bioprinted intestine-on-chip models, 
researchers can gain invaluable insights into human 
coronavirus infections in the intestinal context, shedding 
light on viral pathogenesis, host responses, and the impact 
of the gut microenvironment. This knowledge can inform 
the development of preventive strategies, therapeutic 
interventions, and public health measures to mitigate the 
impact of fecal-to-oral transmission and enhance patient 
outcomes in the face of human coronavirus infections. 

Numerous review articles have addressed the 
utilization of bioprinting technology in intestine research, 
covering topics ranging from gut–brain interactions to 
gastrointestinal cancers.1,2 A subset of these reviews also 
discuss bioprinting’s broader application in countering 
infectious diseases.3,4 Yet, a distinct gap exists: the focused 
exploration of bioprinted intestine models tailored for viral 
diseases, particularly concerning human coronaviruses. 
Our review is uniquely poised to bridge this gap.

Figure 1. Illustration of the multifaceted impacts following intestinal human coronavirus (HCoV) infection. Tight junction disruption and inflammatory 
responses emerge as central precursors to a range of intestinal symptoms. The abundance of HCoV-binding receptors in the human gut facilitates virus 
propagation and fecal-to-oral transmission. This illustration was generated using Biorender.com.

https://Biorender.com
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In this paper, we emphasize the transformative 
potential of bioprinted gut chip models for understanding 
viral infections and fortifying our arsenal against human 
coronaviruses. Starting with an overview of the human 
coronavirus, we review its intimate interactions with the 
intestine. Subsequently, we evaluate contemporary in vitro 
human intestinal models, focusing on the strengths and 
limitations of bioprinted iterations for studying enteric 
coronavirus (Table 1). Our narrative is structured to 
illuminate current research gaps, which could be addressed 
through the advancements in bioprinted intestine-
on-chips. Ultimately, we envision that with continued 
exploration, these models can be pivotal in reshaping our 
perception of gut-centric coronavirus infections, catalyzing 
the advent of innovative therapeutic solutions for global 
public health.

2. Human coronaviruses 
Coronaviruses are named for the crown-like spikes on 
their surface and belong to the family Coronaviridae. There 
are seven known strains of coronaviruses that can infect 
humans: human coronavirus-229E (HCoV-229E), HCoV-
OC43, HCoV-NL63, HCoV-HKU1, SARS-CoV, Middle 
East respiratory syndrome coronavirus (MERS-CoV), 
and SARS-CoV-2.5 Some strains such as HCoV-229E are 
believed to cause the common cold and can cause mild to 
moderate respiratory illness, while some other stains such 
as SARS-CoV-2 can cause severe respiratory illness that 
has led to a significant number of deaths worldwide.

Human coronavirus infections have been observed 
to manifest not just in respiratory symptoms, but also in 
the gastrointestinal system.6 For instance, a significant 
proportion, between 25% and 38%, of patients infected 

with HCoV-229E, -OC43, -NL63, and -HKU1 have 
exhibited gastrointestinal symptoms.7 In a similar vein, 
another study highlighted that out of 47 patients with 
MERS-CoV, many reported symptoms like diarrhea (26%), 
vomiting (21%), and abdominal pain (17%).8 Furthermore, 
it is noteworthy that the gut is not merely a site for 
symptomatic manifestation but also plays a pivotal role 
in the potential transmission of the virus.9 For instance, 
human coronaviruses, including the widely studied SARS-
CoV-2, have been identified in fecal samples, suggesting 
the presence of viable virus particles.10 This underscores 
the possibility that infected individuals can shed the virus 
through their stool, which in turn raises concerns about 
transmission via the fecal-oral route, potentially through 
contaminated food, water, or surfaces, as illustrated in 
Figure 1.

Exploring the relationship between human 
coronaviruses and the gut is critical because the gut 
microbiome and immune response have a major impact 
on viral infection. For example, the gut microbiome can 
potentially influence the invasion and replication of SARS-
CoV-2 by downregulating angiotensin-converting enzyme 
2 (ACE2), a key regulator of innate immunity and the 
microbiome.11-13 Such in-depth studies could contribute 
significantly to the development of targeted therapies, 
immunomodulatory approaches, and personalized 
treatments, which are essential in the fight against viral 
diseases. In addition, understanding the role of the gut in 
human coronavirus transmission and evolution has broad 
implications for vaccine effectiveness. Vaccines primarily 
target the spike protein of the virus, which is essential for 
respiratory infection, but investigating the involvement 
of the gut can provide insights into whether vaccines 

Table 1. Summary of characteristics of cutting-edge in vitro intestine models

Model Cell source Standardized 
initiation/
culture protocol

Physical features High 
throughput

Handling difficulty Cell  
differentiation

Formation 
of villi  
structure

Intestinal 
organoid

Primary cells, 
stem cells101

Well established14 Presence of 3D 
architecture, no 
perfusion102

Available84 Relatively 
easy (expect 
microinjection)19,26,103

Possible15,18 Self-formed18

Intestine-
on-chip

Cell lines, 
primary cells, 
stem cells, 
organoid-
derived cells43

Varies depending 
on chip design104

Presence of 
perfusion, exposure 
to mechanical cues, 
presence of 3D 
architecture102

Available, 
depending on 
chip design87-89

Varies depending on 
chip design43

Possible50-55 Self-formed 
or
artificially 
formed56,72

Bioprinted 
intestine

Cell lines, 
primary cells, 
stem cells1,81,83

Varies depending 
on bioink 
composition 
and bioprinting 
method105

Diverse 3D 
structures and cell 
compositions, wide 
selection of materials 
and printing 
methods106,107

Available108 Difficult to optimize 
printing condition105

Possible1,81,83 Artificially 
formed82,109
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also provide protection against intestinal infection and 
potential fecal shedding. This valuable knowledge can 
guide vaccine development and strategies to improve 
overall vaccine efficacy.

3. Utilization of intestinal organoid in 
studying human coronavirus infection
3.1. Intestinal organoids
Intestinal organoids, which are 3D structures derived from 
human intestinal stem cells, provide a physiologically-
relevant representation of the intestinal epithelium. 
These organoids were among the first successfully 
established, and their development has paved the way for 
the establishment of protocols for other organoid types 
and yielded remarkable findings in the field of intestinal 
research.14 One of the key advantages of intestinal 
organoids is their composition, which includes multi-
potent tissue-specific stem cells and differentiated daughter 

cell types.15 Moreover, under certain culture conditions, 
intestinal organoids are capable of virtually indefinite 
propagation.16,17 Additionally, these organoids recapitulate 
the in vivo tissue architecture, displaying multiple cell type 
heterogeneity and interactions in an in vitro setting (Figure 
2A).14 When fully developed, human intestinal organoids 
can form crypt and villi domains that house intestinal stem 
cells, progenitors, and differentiated enterocytes.18 The 
high-throughput scalability and physiological relevance 
of intestinal organoids make them valuable tools for 
studying disease phenotypes and screening potential 
drug candidates.14,19,20

Given their advantages, intestinal organoids have been 
extensively utilized to model pathogen–host interactions 
in the human intestine with various types of pathogens.21,22 
For example, Heo et al. established an infection model 
of the protozoan parasite Cryptosporidium using human 
small intestinal organoids.23 Bartfeld et al. successfully 

Figure 2. Employing intestinal organoids to investigate HCoV infection in the intestinal context. (A) Well-developed intestinal organoids mirror the 
complexity of in vivo intestinal structures, encompassing distinct cell types and architectural features such as crypt and villi domains (created with 
Biorender.com). (B) The versatility of organoid systems facilitates the exploration of pathogen–host dynamics using techniques like microinjection, apical-
out organoid assays, and organoid dissociation approaches (created with Biorender.com). Studies employing intestinal organoids have (C) elucidated the 
role of TMPRSS2 as a co-factor in SARS-CoV-2 infection (reprinted under the terms of the Creative Commons CC-BY license),33 (D) probed the impact 
of interferons on restraining SARS-CoV-2 infection (reprinted under the terms of the Creative Commons CC-BY-NC-ND license),32 and (E) unveiled 
inflammatory responses triggered by SARS-CoV-2 infection (licensed under a Creative Commons Attribution 4.0 International (CC BY 4.0) license and 
reprinted with permission granted by American Association for the Advancement of Science).30

https://Biorender.com
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induced intestinal inflammation using the pathogenic 
bacterium Helicobacter pylori in human intestinal 
organoids.24 Additionally, since the infection behavior of 
intestinal pathogens is often determined by the polarity of 
intestinal cells, the ability of intestinal organoids to exhibit 
clear cell polarization is highly useful in discerning these 
differences, particularly in terms of apical or basolateral 
infection sites.22,25

In some cases, experiments involving organoids may 
require microinjection, which presents certain limitations 
such as extensive labor, difficulties in controlling injection 
doses, and low-throughput.26 To overcome these challenges, 
alternative techniques have been developed, such as apical-
out organoids and organoid-derived monolayers (Figure 
2B). Apical-out organoids are formed by dissolving the 
surrounding matrix of the organoids, which is then 
resuspended in a culture medium and transferred to 
low-attachment surface culture platforms, resulting in 
the formation of apical-out intestinal organoids, where 
the apical microvilli face outward.27 Organoid-derived 
monolayers, on the other hand, involve the enzymatic 
dissociation of 3D organoids into fragments or single cells, 
which are then seeded on traditional two-dimensional 
(2D) platforms like flat plastic surfaces or transwells. 
These monolayers of organoid-derived cells allow easier 
access to the apical side of cells and enable straightforward 
microscopic analysis due to their flat 2D cell layer.26 These 
techniques have been effectively used to study pathogen–
human intestine interactions.28

3.2. Intestinal organoids for human 
coronavirus infection
Intestinal organoids have also been instrumental in studying 
viral infections, providing new insights into behaviors 
of various viruses.22 For example, human intestinal 
organoids revealed that respiratory adenovirus serotypes 
predominantly infect intestinal goblet cells, contrasting with 
human enteric adenovirus strains that infect enterocytes.29 
Thus, by infecting intestinal organoids with human 
coronaviruses, researchers can investigate the mechanisms 
of viral entry, replication, and pathogenesis specifically in 
the gut. This approach allows for the examination of the 
viral life cycle and the identification of potential targets for 
intervention or therapeutics that can disrupt gut infection.

In the early stages of the COVID-19 pandemic, our 
understanding of SARS-CoV-2 infection in the human 
intestine was limited. Later on, studies using human 
intestinal organoids demonstrated that both SARS-CoV 
and SARS-CoV-2 could readily infect enterocytes within 
the organoids, leading to the production of infectious 
viral particles.30 These findings were further supported 
by studies using bat and human intestinal organoids 

infected with SARS-CoV-2.31 Subsequent studies using 
intestinal organoids have contributed additional insights 
into SARS-CoV-2 infection. Combined experiments using 
cell lines and intestinal organoids revealed that type I and 
III interferons play a role in controlling SARS-CoV-2 
infection in human intestinal epithelial cells.32 Moreover, 
transmembrane serine protease 2  (TMPRSS2) has 
been identified as a mediator of virus entry in intestinal 
organoids.33,34 Furthermore, the application of single-cell 
RNA-sequencing (scRNA-seq) analysis to SARS-CoV-
2-infected intestinal organoids revealed the induction 
of pro-inflammatory pathways and interferon-mediated 
signaling.35 These findings shed light on the host response 
to viral infection within the intestinal organoids and 
provide valuable insights into the mechanisms underlying 
SARS-CoV-2 pathogenesis in the intestine (Figure 2C–E).35

While numerous studies have focused on modeling 
intestinal SARS-CoV-2 infections using intestinal 
organoids, there is a lack of organoid models for other 
human coronavirus strains. SARS-CoV and MERS-
CoV infections have been modeled with human 
intestinal organoids.30,36 However, only a few organoid 
models have been reported for other strains, and most 
of the studies have utilized human airway organoids 
to recapitulate infection.37-40 As seen during the SARS, 
MERS, and COVID-19 pandemics, the lack of pan-
coronavirus antivirals significantly contributes to the 
vulnerability of public health systems. To address this, it 
is crucial to develop organoid models that can simulate 
infections in other organs, such as the intestine, with 
different coronavirus strains. For instance, Calistri et al. 
demonstrated that MEDS433, a human dihydroorotate 
dehydrogenase inhibitor, could inhibit the replication of 
SARS-CoV-2 and other strains, such as HCoV-229E, using 
kidney organoids.41 Similarly, employing other strains in 
organoid models may provide new insights into intestinal 
HCoV infection.

4. Intestine-on-chip for studying human 
coronavirus infection
4.1. Intestine-on-chip
Organ-on-chip platforms, also known as 
microphysiological systems, are innovative tools that aim 
to replicate the structure and function of human organs in 
a controlled laboratory environment.42,43 These platforms 
integrate microfluidics and cell culture techniques to create 
dynamic, miniaturized models of organs, allowing for 
detailed studies of organ-level physiology and interactions 
with various stimuli (Figure 3A).

Intestine-on-chip platforms are a specific type of 
organ-on-chip system designed to replicate the structure 
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and function of the human intestine.44 These platforms 
utilize microfluidic channels lined with intestinal epithelial 
cells and supporting cell types to recreate the complex 
architecture and physiological conditions of the intestinal 
tissue. By employing microfluidic-based systems, intestine-
on-chip models offer several advantages. They can mimic 
the dynamic flow of fluids, facilitate nutrient transport, 
and simulate peristalsis-like movements, providing a 
more physiologically-relevant and controlled environment 
for studying the interactions between pathogens and 
gut epithelium. By recreating the microenvironment of 
the human intestine, intestine-on-chip models enable 
the study of various aspects, such as pathogen entry, 
epithelial response, immune interactions, and potential 
therapeutic interventions. The ability to simulate these 
interactions in a controlled and dynamic manner enhances 
our understanding of intestinal infections and aids in 

the development of targeted strategies for prevention 
and treatment.

One important consideration when establishing an 
interaction model between the human intestine and 
pathogens on an intestine-on-chip is the 3D architecture 
present in the human intestine. The human intestine 
features villi structures, which are finger-like projections 
that increase the surface area of the intestinal epithelium 
to maximize nutrient absorption efficiency.44,45 Between 
each villus lies the crypt domain, which consists of multi-
potent stem cells and Paneth cells; the other upper villi 
domains consist of other functionally differentiated 
epithelial cells, such as absorptive enterocytes, goblet cells, 
and enteroendocrine cells.46,47 This differentiation between 
the crypt and the tip of the villi leads to environmental 
variations that can affect pathogen–intestine interactions. 

Figure 3. Advancing intestinal HCoV infection studies through intestine-on-chip models. (A) The intestine-on-chip platform cultivates gut epithelial cells 
within dynamic environments, faithfully emulating the intricate conditions of the human gut in vivo. This setup integrates continuous perfusion, 3D villi 
architecture, and chemical gradients (created with Biorender.com). (B) Leveraging these attributes, diverse scenarios of viral infection can be simulated, 
offering insights into the complexities of infection dynamics (created with Biorender.com). Applications of intestine-on-chip for virus studies include (C) 
the observation of apical polarization of Coxsackievirus B1 infection within the intestine-on-chip (reprinted under the Creative Commons CC0 public 
domain dedication),66 (D) recapitulation of the responses of intestinal epithelial and endothelial cells to SARS-CoV-2 infection (reprinted with permission 
granted by 2020 Science China Press; published by Elsevier B.V. and Science China Press),69 as well as (E) modeling and treatment of HCoV infection in 
the gut using HCoV-NL63-infected intestine-on-chip setups (reprinted under the terms of the Creative Commons CC-BY license).67
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For example, the pH and oxygen gradients generated along 
the crypt–villus connection give rise to different microbial 
compositions and distributions at the crypt and the villus 
tip, resulting in locally different signaling outcomes 
and physiology.48 Introducing villi structures to in vitro 
platforms induces significant changes in the physiological 
traits of cultured epithelial cells, ultimately impacting 
pathogen–host cell interactions. We have previously 
shown that gut epithelial cells cultured on 3D villi protect 
themselves against the bacterial pathogen Salmonella 
typhimurium infections through increased production 
of mucin 17 (MUC17), which is not observed in 2D 
cultured cells.49 By incorporating 3D villi structures into 
intestine-on-chip models, researchers can better mimic 
the physiological characteristics of the human intestine 
and gain insights into the complex interactions between 
pathogens and the intestinal epithelium.

Mechanical stress is pivotal in replicating the dynamics 
of pathogen infections on an intestine-on-chip platform. 
The gastrointestinal tract is continuously subjected to a 
myriad of mechanical forces, such as strains and shear stress 
due to gut motility. Such forces have profound implications 
on the physiology and functionality of in vitro intestinal 
epithelial cells.50-55 Influences extend to aspects like mucus 
secretion, barrier fortitude, cytoskeletal arrangement, 
mitochondrial operations, drug processing, and the 
development of microvilli—all of which can potentially 
modulate pathogen–host dynamics. For instance, Kim 
et al. exposed gut epithelial cells to mechanical stimuli, 
encompassing cyclic strain and fluidic shear. This exposure 
culminated in the emergence of villi structures, creating 
an environment that mirrored in vivo gut conditions.56 
Capitalizing on this device with primary human cells, they 
further unveiled that an upsurge in certain microbiome 
metabolites heightens the human susceptibility to infections 
from enterohemorrhagic Escherichia coli (EHEC).57 Such 
revelations underscore the value of the intestine-on-chip 
approach, asserting its capability to emulate a setting 
where bacterial interactions with intestinal epithelial cells 
are physiologically akin to real-life scenarios.

In the future, intestine-on-chip platforms incorporated 
with multiple cell types, including epithelial cells, immune 
cells, and microbiota, hold promise for investigating 
host–pathogen interactions, understanding the effects 
of parasitic infections on barrier integrity and immune 
responses, and exploring the modulation of the gut 
microbiota during infection.

4.2. Intestine-on-chip for human 
coronavirus infection
Organ-on-chip platforms have been extensively used to 
study viral infections in various human organs.58,59 Liver-

on-chip models have been used to investigate hepatitis B 
virus life cycle and immune responses,60 while kidney distal 
tubule-on-chip models have been utilized to explore renal 
dysfunction induced by Pseudorabies virus.61 In light of the 
ability of SARS-CoV-2 to infect multiple organs and cause 
diverse symptoms,62 organ-on-chip models have been 
employed to replicate SARS-CoV-2 infection in relevant 
human tissues. Lung-on-chip models demonstrated the 
efficacy of remdesivir in inhibiting viral replication and 
preserving alveolar barrier integrity,63 while liver-on-chip 
models shed light on liver pathophysiology in COVID-19 
patients.64 Additionally, organ-on-chip models have been 
utilized to study other human coronavirus infections such 
as HCoV-NL63 and its impact on endothelial barrier 
function, VE–cadherin junctions, and pro-inflammatory 
cytokine levels.65 These findings highlight the immense 
potential of organ-on-chip models in advancing our 
understanding of viral infections in the intestine and 
other organs.

Intestine-on-chip models have shown promising 
potential in studying viral infections in the intestinal 
context, although the number of studies remains limited 
(Figure 3B). Villenave et al. conducted an investigation 
using a human gut-on-chip model infected with Coxsackie 
B1 virus, an enterovirus strain, revealing polarized 
infection dynamics (Figure 3C).66 The study demonstrated 
that viral infection primarily occurred on the apical side 
of polarized intestinal epithelial cells, while the basolateral 
side exhibited reduced viral titers, diminished cytopathic 
effects, and delayed caspase-3 activation. Notably, virus 
release and cytokine release were predominantly observed 
on the apical side, underscoring the relevance of the 
intestine-on-chip model for studying viral behaviors and 
infection mechanisms in the intestinal context.

Although the number of studies incorporating human 
coronavirus strains in intestine-on-chip models remains 
limited, recent efforts have aimed to fill this gap (Figure 
3D and E). Bein et al. infected an intestine-on-chip model 
with HCoV-NL63, a surrogate for SARS-CoV-2, and 
tested drug candidates while assessing their effects on the 
inflammatory responses induced by infection.67 They also 
demonstrated a significant increase in the expression of 
ACE2, the binding receptor for SARS-CoV-2, in intestine-
on-chip conditions, which closely resembles the in vivo 
environment for viral infection.68 Similarly, Guo et al. 
infected an intestine-on-chip model with SARS-CoV-2 
and employed transcriptomic analysis to investigate 
abnormal RNA and protein metabolism, as well as activated 
immune responses in intestinal epithelial and endothelial 
cells following infection.69 These studies illustrate the 
ongoing progress in utilizing intestine-on-chip models 
for studying viral infections, including those caused by 
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human coronaviruses, and highlight their potential for 
advancing our understanding of intestinal viral infections. 
Furthermore, the abundance of coronavirus receptors in 
the intestine facilitates the infection of other coronavirus 
strains. For instance, aminopeptidase N, the binding 
receptor for HCoV-229E,70 is abundantly expressed on 
the microvilli of intestinal epithelium.71 Studies have 
reported significantly increased aminopeptidase activity 
in intestine-on-chip conditions.72,73 Hence, intestine-
on-chip models offer a robust platform for investigating 
the infection of various coronavirus strains. Further 
advancements in intestine-on-chip technology hold great 
promise for enhancing our understanding of intestinal 
viral infections and aiding in the development of targeted 
strategies for prevention and treatment. The integration 
of more complex physiological features and the ability to 
investigate viral behaviors and host–pathogen interactions 
in a controlled and physiologically-relevant environment 
offer valuable opportunities for studying intestinal viral 
infections in a more accurate and effective manner.

4.3. Intestinal organoid-on-chip for 
coronavirus research
Researchers have been exploring more advanced 
technologies to closely mimic in vivo organ environments. 
One promising approach is the combination of organoids 
with organ-on-chip models, referred to as organoid-on-
chip. Organ-on-chip platforms provide precise control 
over the tissue microenvironment found in the human 
body, while organoids leverage the intrinsic developmental 
programs of self-organizing stem cells to replicate the 
key structural and functional properties of their in 
vivo counterparts, including the formation of various 
functionally differentiated cells specific to the organ of 
interest.74 This integration of organoids and organ-on-
chip technology offers several significant advantages. 
Organoids, due to their stem cell maintenance, can be 
expanded indefinitely, making them an invaluable source 
of untransformed primary cells for organ-on-chip studies.75

Intestinal organoid-on-chip models have demonstrated 
significant potential in studying the human intestine. 
Workman et al. demonstrated that it is feasible to culture 
intestinal organoid-derived cells on a micro-engineered 
chip, which develops villi-like projections and elicits 
biological responses to inflammatory cytokines.76 
Kasendra et al. reported that organoid-derived cell culture 
on an intestine-on-chip more closely resembled the 
transcriptomic profile of the in vivo intestine compared to 
that of the initial organoid culture.77 This approach has also 
been employed to investigate intestinal metabolism and 
drug transport.78 Moreover, the morphogenesis of villi-like 
projections in intestinal organoid-on-chip models has been 

studied at the molecular level.79 Additionally, successful co-
culture systems of intestinal epithelial cells and microbiome 
isolated from human stool samples have been established 
using intestinal organoid-on-chip models.80

Given the limited availability of viral infection models 
using intestine-on-chip, particularly in the context of 
human coronavirus infection, the integration of intestinal 
organoids with organ-on-chip technology presents 
a promising opportunity (Figure 4). Notably, ACE2 
expression has been shown to be significantly higher 
in intestine-on-chip models using intestinal organoid-
derived primary cells than in 2D or initial organoid 
cultures.67 Furthermore, the expression of the intestinal 
stem cell marker leucine-rich repeat-containing G-protein 
coupled receptor 5  (LGR5) was found to be lower in the 
intestine organoid-on-chip condition than in 2D and 
initial organoid cultures.67 Therefore, culturing organoid-
derived cells on intestine-on-chip is perhaps a more 
accurate approach to modeling SARS-CoV-2 infection 
in that ACE-2 expression and cell differentiation more 
closely resembled the in vivo condition. Thus, intestinal 
organoid-on-chip better replicates virus-binding receptor 
expression and cell differentiation observed in the in vivo 
intestinal environment.

5. Bioprinted intestine-on-chips for corona-
virus research and drug screening
5.1. Bioprinted intestine for coronavirus research
Bioprinting, a cutting-edge technology, allows the 
precise deposition of cells and biomaterials to create 
complex 3D tissue structures, closely mimicking the 
native tissue architecture. In the context of studying 
human coronaviruses, bioprinting offers a powerful 
tool to replicate the complex microenvironment of the 
human intestine, enabling more physiologically-relevant 
investigations into viral dynamics, host responses, and 
therapeutic interventions. For example, bioprinting has 
demonstrated great potential in generating 3D intestinal 
models composed of human primary intestinal epithelial 
cells and myofibroblasts that exhibit polarized epithelium 
with tight junctions, specialized epithelial cell types, and 
functional cytochrome P450 (CYP450) enzymes. These 
advanced 3D intestinal tissues develop physiological barrier 
function, distinguish between high- and low-permeability 
compounds, and possess functional transporters for drug 
absorption and distribution. This model holds promise 
in enhancing safety and efficacy prediction in drug 
development, particularly for absorption, distribution, 
metabolism, and excretion (ADME)/toxicity studies.81

One innovative approach employed an optimized 
bioink formulation and printing parameters to produce 
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fibroblast-laden crypt-villus structures, faithfully 
replicating the intestinal tissue’s 3D complexity. This 
process, based on digital light projection stereolithography 
(DLP-SLA), demonstrated excellent cell viability, 
accurate spatial resolution, and high printing throughput, 
representing a robust biofabrication approach that 

yields functional gut mucosa tissues compatible with 
conventional testing techniques. These biofabricated gut 
mucosa tissues can serve as advanced in vitro models 
for studying human coronaviruses, providing valuable 
insights into viral pathogenesis and host responses.82 In 
another groundbreaking study, a customized DLP-SLA 

Figure 4. Synergistic strategies and advantages of merging intestinal organoids and organ-on-chip platforms for HCoV infection investigations. (A) The 
fusion of organoids and organ-on-chip technology gives rise to organoid-on-chip configurations, enhancing physiological fidelity. Within microfluidic 
systems under continuous perfusion, a diverse array of organoids can be mono-/co-cultured, while organ-on-chip setups enable the creation of vascularized 
organoid models. (B) Within the context of intestinal organoid-on-chip, cells derived from dissociated intestinal organoids serve as a pivotal source, 
faithfully emulating the human gut environment. This integrated model facilitates streamlined cell differentiation, heightened expression of virus-binding 
receptors, and extended cellular viability through continuous perfusion. This illustration was created with Biorender.com.
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3D bioprinting system was adapted to work with reduced 
bioink volumes and environmental control, allowing the 
fabrication of cell-laden structures resembling the intestinal 
mucosa in a single printing step. The resulting intestinal 
tissues closely mimic the 3D architecture of the small 
intestine, including villi and crypts, with both the epithelial 
and stromal compartments faithfully represented. These 
integrated intestinal models offer a promising platform 
to study viral–host interactions, viral dynamics within 
the gut, and the influence of the gut microenvironment 
on viral infectivity and pathogenesis.82 With ongoing 
research and innovation in bioprinting technologies, the 
field is continuously advancing to address challenges in 
recapitulating the human intestinal system more accurately. 
Recently, tissue-specific biomaterials, such as colon-
derived decellularized extracellular matrix (colon dECM), 
have been utilized in novel bioprinting strategies to create 
perfusable tubular models that spontaneously mimic the 
3D morphogenesis of human intestinal epithelium. These 
innovative bioprinted models offer an unprecedented 
platform to study potential drug-induced toxicity on the 
human intestinal tissue and to create co-culture models 
with commensal microbes and immune cells for future 
therapeutic investigations.83

5.2. Bioprinted intestine-on-chip for high-
throughput drug screening
High-throughput screening techniques are essential for 
drug development and discovery in the modern era.84-87 
Organ-on-chip technology has emerged as a powerful 
tool for understanding human physiology and various 
diseases. While significant advancements have been made 
in the field, the advances in automating high-throughput 
screening approaches in organ-on-chip models still lag 
behind the developments of other in vitro models. This 
is due to additional considerations such as device design, 
fabrication, maintenance, and operation.

Most studies utilizing organ-on-chip systems have 
focused on single or a few organ units per platform, 
limiting throughput.87 Fortunately, recent studies have 
proposed scalable designs with increased throughput. 
Beaurivage et al. developed an intestine-on-chip model for 
high-throughput disease modeling and drug discovery.88 
Their platform consisted of 40 individual intestine-on-
chip units, each featuring three lanes of channels in 
a single layer, with an intestinal tubule in the middle 
channel and two side media channels. Perfused culture 
was achieved through periodic tilting of the platform. 
Additionally, an automated multichannel impedance 
spectrometer designed for use with the platform measured 
transepithelial electrical resistance (TEER) at different time 
points. In a more recent study, Azizgolshani et al. created 

a high-throughput organ-on-chip platform capable of 
generating more complex tissue structures, with 96 chips 
per platform, enabling real-time measurement of barrier 
function, oxygen concentration, and renal transport.89

A pivotal advantage of 3D printing lies in its ability 
to create a wide array of high-throughput systems swiftly 
and automatically with varying designs. Mazrouei et al. 
demonstrated this potential by employing bioprinting 
to generate a range of custom-designed organ-on-chip-
like platforms, integrating human colon cancer cells. 
These platforms have proven effective for conducting 3D 
cell model analysis and exploring cellular responses to 
therapeutic interventions (Figure 5A).90 Moreover, recent 
advancements in bioprinting technology have paved the 
way for complete automation of the organ-on-chip process, 
from fabrication to data analysis. To illustrate, Lind et 
al. harnessed multi-material 3D printing to produce a 
heart-on-chip system that incorporated a built-in sensor 
for gauging the contractile strength of cardiac muscles.91 
Notably, the sensor itself was created via 3D printing 
during the fabrication phase. More recently, Trampe et 
al. developed a bioink containing sensor nanoparticles 
for monitoring oxygen in bioprinted cell-laden structures 
(Figure 5B).92 These instances underscore the substantial 
potential of bioprinting technology in streamlining the 
creation of multifaceted devices encompassing cellular 
components and sensors. Ultimately, this progress holds the 
promise of revolutionizing drug screening and advancing 
coronavirus research through intestine-on-chip models.

5.3. Studying multi-organ interactions using 
bioprinted intestine-on-chip
The human intestine plays a pivotal role in upholding our 
well-being by serving as a vital communicator with distal 
organs. For instance, perturbations in the integrity of the 
intestinal barrier have been linked to chronic liver disease, 
diabetes, and obesity.93 Numerous diseases progress via 
intricate multi-organ interactions. Consequently, it is 
plausible that an intestinal coronavirus infection could 
potentially trigger aberrations in other organs.

The concept of multi-organ-on-chip (MOC) involves 
the integration of cells from diverse organs or tissues 
within a single platform, thereby emulating multi-
organ interplay. Notable endeavors have employed such 
platforms to replicate and study the impacts of intestinal 
pathogens on interconnected organs. For instance, we 
have previously emulated kidney damage induced by shiga 
toxin-producing E. coli through an intestine-kidney-on-
chip setup.94 This design encompasses distinct intestine 
and kidney modules, enabling an examination of antibiotic 
treatments’ effects on each organ during infection. 
Leveraging the modular nature of this setup, our findings 
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showcased that gentamicin mitigated shiga toxin-induced 
renal damage, while ciprofloxacin amplified such damage 
despite reduced infection levels in the intestine.

Bioprinting technology has been harnessed to simulate 
intricate interactions between multiple organs within 
organ-on-chip platforms. Skardal et al. pioneered the 
adaptation of bioprinting, utilizing organoid-laden bioinks 
to mimic the interplay between the liver, heart, and lungs.95 
Their system encompassed separate organ modules, 
interconnected through external devices and an intricate 
network of tubes. While modular strategies in multi-
organ systems allow individual organ analysis, the fusion 
of organoids with organ-on-chip technology imparts 
enhanced physiological relevance. Nonetheless, the creation 
of distinct organ modules through separate bioprinting 
processes, along with the relatively large system size, posed 
hindrances to practical utility. Recent advancements have 
seen the fabrication of MOC platforms using various 3D 
printing techniques, such as the DLP-SLA method.96,97 

Given the intricacy and multifaceted considerations of 
multi-organ systems, the throughput of these platforms 
varies based on their nature.98 Direct 3D printing of MOC 
platforms enables automated mass production, thereby 
elevating throughput. An illustrative example is the work by 
Lee et al., who achieved one-step fabrication of cell-laden 
organ-on-chip systems using extrusion-based bioprinting 
equipped with multiple printing nozzles (Figure 5C).99 
This innovative approach involved loading two distinct 
cell types into separate cartridges alongside bioinks, while 
another cartridge held poly caprolactone for chip material. 
This strategy facilitated concurrent cell seeding during 
chip fabrication. In the context of modular MOC, this 
technique allows the simultaneous creation of multiple 
cell-laden organ modules, offering immense potential for 
replicating and studying multi-organ diseases induced by 
intestinal pathogens using MOC setups.

Although bioprinted intestine models are undoubtedly 
promising, they come with notable challenges that need 

Figure 5. Progress in bioprinting innovations toward developing bioprinted intestine-on-chip models in coronavirus research and drug evaluation. (A) 
Utilization of bioprinting techniques for constructing high-throughput organ-on-chip platforms (reprinted under the terms of the Creative Commons 
CC-BY license).90 (B) Bioprinting of cell-laden structure with bioink containing sensor nanoparticles (reprinted with permission granted by John Wiley & 
Sons).92 (C) One-step fabrication of cell-laden organ-on-chip featuring multiple cell types with multi-nozzle bioprinting (reprinted under the terms of the 
Creative Commons CC-BY license).99
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addressing. The accuracy of cell placement in these models 
is vital for mimicking the native environment, highlighting 
the importance of bioprinting resolution.100 Additionally, 
the choice of bioink is crucial, with the need for optimal 
balance in biocompatibility, structural properties, and 
biodegradability. Even though the bioink domain is rapidly 
evolving, standardizing protocols remains a challenge. The 
bioprinting method selected also has its trade-offs: while DLP-
SLA is efficient for mass production, it might struggle with 
multiple materials, unlike extrusion-based methods which 
offer material versatility but might be less efficient for bulk 
production. In essence, while bioprinted intestine-on-chip 
models have potential, they demand careful consideration 
and custom strategies to navigate their inherent complexities.

6. Conclusion
In the early stages of the pandemic, our comprehension of 
human coronaviruses was constrained by the limitations 
of the available models. Although cell line-based systems, 
organoids, and intestine-on-chip platforms provided 
valuable insights, they each had inherent challenges. 
Notably, while organoid technology unveiled key 
interactions of SARS-CoV-2 within the human intestine, 
the broader applications for other coronaviruses remained 
limited, often being studied in specialized settings, such as 
human airway organoids.

Bioprinting technology presents a novel avenue 
that addresses many of these challenges. It facilitates 
the creation of intricate 3D tissue structures that closely 
mirror native tissue architecture, especially the signature 
crypt-villus layout of the intestine. By merging the 
strengths of traditional models and rectifying their 
drawbacks, bioprinted intestinal models stand at the cusp 
of a new research frontier. They possess the potential to 
more authentically recapitulate the human intestine’s 3D 
intricacies, allowing for a more grounded exploration 
of virus–host interactions and the influence of the gut 
environment on viral dynamics.

In conclusion, the integrated application of organoids, 
bioprinting, and organ-on-chip can redefine our approach 
to understanding coronaviruses. With bioprinted intestine-
on-chip models at the forefront, we are poised to gain a 
holistic view of viral pathogenesis, steering the course for 
the development of tailored antiviral solutions.
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Abstract
Although inkjet-based bioprinting enables precise drop-on-demand cell deposition 
within three-dimensional (3D) tissue constructs and facilitates critical cell–cell and 
cell–matrix interactions, it faces challenges such as poor cell homogeneity and low 
cell viability. To date, there is a lack of comprehensive review papers addressing the 
optimization of cell deposition in inkjet-based bioprinting. This review aims to fill 
that gap by providing an overview of various critical aspects in bioprinting, ranging 
from bio-ink properties to the impact of printed droplets. The bio-ink section begins 
by exploring how cells influence the physical properties of bio-inks and emphasizes 
the significance of achieving cell homogeneity within bio-inks to ensure consistent 
and reliable printing. The discussion then delves into inkjet-based printing chambers 
(thermal and piezoelectric), the effect of shear stress on printed cells, droplet 
formation dynamics, the influence of polymer-based and cell-laden droplets on the 
underlying substrate surface, and the dynamics of droplet impact. Beyond droplet 
formation and impact, the review highlights the importance of biophysical and 
biological cues within 3D hydrogel matrices for cell proliferation and differentiation. 
Finally, the paper highlights current and potential applications, with a specific focus 
on skin and lung tissue engineering using inkjet-based bioprinting techniques, and 
provides insights into the emerging role of machine learning in optimizing the cell 
deposition process for inkjet-based bioprinting.    

Keywords: 3D bioprinting; Biofabrication; Inkjet bioprinting; Cells; Bio-inks;  
Machine learning 

1. Introduction
The field of bioprinting has sparked a profound and ever-growing interest due to its 
potential to fabricate complex three-dimensional (3D) cell-laden structures in a highly 
repeatable and scalable manner.1-3 The convergence of engineering, materials science, 
and biology has ushered into a new era of possibilities, where fabrication of functional 
3D tissue constructs becomes a reality. 3D bioprinting techniques can be categorized 
into three distinct classifications, namely jetting-based,4-8 extrusion-based,9-14 and vat 
photopolymerization-based bioprinting.15,16 Each bioprinting technique has its specific 
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advantages and limitations; the choice of bioprinting 
technique is dependent on the specific goals of the research 
or application. 

Inkjet-based bioprinting is one of the pioneering 3D 
printing technologies that facilitate cell deposition for 
fabrication of 3D tissues or organs, whereby the printing 
of collagen and fibronectin for life science applications was 
first demonstrated using a HP thermal inkjet printer in 
1988.17 To date, it has emerged as an important technique 
in the rapidly evolving landscape of biotechnology and 
regenerative medicine for manipulating, patterning, 
and assembling of biologically relevant materials (cells, 
biomolecules, and biomaterials) in the form of ejected 
droplets to achieve specific biological functions in a drop-
on-demand (DOD) manner (Figure 1). The DOD inkjet-
based bioprinting can be categorized as thermal inkjet 
(TIJ) or piezo inkjet (PIJ) bioprinting. TIJ bioprinting uses 
thermal energy to create vapor bubbles within the print 
chamber; the generated force from the rapid expansion 
of the vapor bubble expels tiny droplets of bio-ink from 
the nozzle onto an underlying substrate. In contrast, PIJ 
bioprinting uses piezo actuator to induce mechanical 

deformation of the print chamber, which generates 
pressure waves and ejects droplets from the nozzle. This 
cutting-edge approach facilitates DOD deposition of 
living cells and biomaterials in a layer-by-layer fabrication 
approach with unparalleled precision and control.    

One of the key challenges in harnessing the full potential 
of inkjet bioprinting lies in optimizing cell deposition to 
ensure cell homogeneity and high cell viability during 
the printing process. This review paper explores the 
critical importance of optimizing cell deposition in inkjet 
bioprinting, delving into various important considerations, 
such as bio-ink formulation, printing chamber design and 
operation, droplet formation, droplet impact, and 3D 
hydrogel matrix. By addressing these fundamental aspects, 
researchers can unlock the true potential of cell deposition 
for inkjet-based bioprinting.   

2. Properties of cell-laden bio-inks 
2.1. Influence of cells on physical properties  
of bio-inks 
In general, cell-laden bio-inks can be classified into three 
distinct groups based on the cell volume fraction, denoted 

Figure 1. Advancements in cell deposition for inkjet-based bioprinting. Pioneering studies encompass various aspects such as high-throughput cell 
patterning,18 printing of viable cells,19 and pre-defined deposition of living cells.20 The application of inkjet printing technology for cell transfection was 
successfully demonstrated,21 and the effect of surfactants and agitation on cell homogeneity within the bio-ink was evaluated.22 Furthermore, high-speed 
imaging was employed to investigate the droplet formation process,23 and a separate study has demonstrated single-cell inkjet printing.24 High-speed 
imaging technique also played a critical role in analyzing the influence of droplet impact velocity and droplet volume on cell viability,25 as well as employing 
machine learning approaches to predict the number of printed cells during inkjet bioprinting process based on droplet velocity profiles.26 
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as φ.27 These groups are characterized as follows: dilute 
bio-inks (with φ ≤ 2%), semi-dilute bio-inks (within 2% ≤ 
φ ≤ 25%), and concentrated bio-inks (with φ > 25%). The 
typical diameter of mammalian cells is ~16 µm, and when 
the cell concentrations are 1, 10, and 120 million cells/
mL, this corresponds to volume fractions of 0.21%, 2.15%, 
and 25.74%, respectively.28 The introduction of cells into 
the suspension leads to an increase in the effective (shear) 
viscosity. Typically, an increase in the cell concentration 
resulted in higher viscosity and slightly higher density but 
lower surface tension (Figure 2a).23 Depending on the cell 
type, cells can be modeled as rigid spheres or deformable 
viscous spheres with a surface tension originating from the 
cell membrane. 

Several models have been proposed to describe the 
effective viscosity of a suspension of spheres. The simplest 
is Einstein’s model, which is expressed as:

	 � � �� �0 1 2 5( . ) � (I)

This model is valid for very dilute suspensions of 
rigid spheres (φ < 0.01), where φ represents the viscosity 
of the pure solvent.29 The model was extended to account 
for viscous spheres with internal viscosity ηs and can be 
expressed as:30 
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The model is also applicable for dilute suspensions 
and assumes that the cell membrane’s surface tension is 
sufficient to maintain the cell’s mostly spherical shape. The 
parameter ηs represents the cytoplasmic viscosity, which 
typically ranges from 1 to 1000 Pa·s for mammalian cells 

Figure 2. Schematic diagram illustrating the influence of cell concentration on the physical characteristics of bio-inks. 
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and varies by cell type.31 The model was further extended 
to describe viscosity in concentrated solutions with the 
following equation:32 
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This model is only valid where cell membrane surface 
tension is sufficient to keep the cell mostly spherical. A 
different model for viscosity of a concentrated suspension 
of poly-dispersed spheres has been proposed.28   
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Notably, this model does not explicitly account for size 
polydispersity. For high-volume fraction cell suspensions, a 
more comprehensive model of model treats the suspension 
as a viscoelastic fluid.33 The viscous response is attributed 
to the cytoplasmic viscosity and the viscous contribution of 
the cell membrane, while the elastic response is attributed 
to the cell membrane’s ability to reversibly restore the cell 
to a spherical morphology. In situations where cells at high 
volume fractions tend to aggregate, these aggregates also 
exhibit viscoelastic behavior, contributing to the overall 
viscoelastic response of the suspension. This behavior can 
be modeled by the semi-empirical Mooney equation:
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In this equation, K1 and K2 are fitting parameters that 
consider cell shape and the degree of cell aggregation; γ⋅ 
represents the fluid shear rate, b is the shear flow index; σ is 
the effective cell membrane thickness, and D is the average 
cell diameter. Typically, K1, K2, and b are determined 
experimentally by measuring the complex viscosity as a 
function of shear rate in a rheometer. 

The presence of particles (including cells) in high 
concentration (>0.5% v/v) decreases surface tension, and 
surface tension decreases asymptotically with increasing 
particle loading. However, in practical bio-inks, other 
substances including peptides, proteins, and cellular 
debris have a substantially dominating effect of lowering 
the surface tension. Thus, in practice, surface tension of 
bio-inks is determined empirically. By understanding 
the influence on cells on the physical properties of the 
bio-inks, one can formulate a cell-laden bio-ink of high 
printability.  

2.2. Cell homogeneity within bio-inks  
Cell sedimentation is a common occurrence in most inkjet 
bioprinting systems, primarily caused by the influence 
of gravitational forces on the freely suspended cells. 
The uniformity of cell distribution within the printing 
cartridge changes with time as these suspended cells 
settle to the bottom of the bio-ink reservoir, resulting 
in cell inhomogeneity in the printing output (Figure 
2b). A research study has investigated the impact of 
cell sedimentation on the bioprinter’s output and has 
highlighted the issue of inconsistent printing output over 
time.34 As time progresses, the concentration of localized 
cells at the bottom of the reservoir increases significantly, 
which can lead to problems such as nozzle clogging and 
highly unstable droplet ejection. Consequently, this results 
in a decline in overall printing reliability and quality.  

The cell homogeneity within the bio-inks can be 
examined by recording real-time video of the sedimentation 
process and calculating the cell sedimentation velocity 
using sophisticated optical set-ups. The theoretical values 
for cell sedimentation velocity can be determined using 
Stokes’ law, defined as follows: 
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where v represents the sedimentation velocity, g is the 
gravitational acceleration, Dc is the cell diameter, ρp and 
ρf are the densities of particles and the fluid, respectively, 
and µ is the fluid viscosity.35 As the distance between 
neighboring cells decreases, the cells start adhering to each 
other and form larger cell aggregates, which can exceed 
the nozzle diameter and result in nozzle clogs and unstable 
droplet ejection. Additionally, interactions such as van der 
Waals forces between the inner surfaces of the printing 
cartridge and the suspended cells can cause cells to adhere 
to the walls; this is especially important in constrictions 
in the print cartridge, where the adhered cells can grow 
into larger cell aggregates and clog the constriction.36,37 
These floating cells are then attracted to the adhered cells, 
contributing to the growth of larger cell aggregates near the 
constriction at the bottom of the printing cartridge.  

To counter cell sedimentation and minimize cell 
adhesion and aggregation along the cartridge’s constricted 
regions, an inert polyvinylpyrrolidone (PVP)-based bio-
ink can be used to pre-coat the printing cartridge.38 Other 
strategies to mitigate cell sedimentation and aggregation 
include active stirring and modifying the bio-ink 
properties to achieve neutral buoyancy.39 It is important to 
note that while active stirring can be effective in reducing 



Optimizing inkjet bioprinting

186Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2135

International Journal of Bioprinting

cell sedimentation, it has been reported to significantly 
reduce cell viability from approximately 99% to around 
~75% after 50 min of stirring.40 Therefore, this approach 
may not be suitable for certain types of cells that are more 
sensitive to mechanical stresses. 

3. Printing chamber 
It is crucial to address the design and operation of the 
print chamber in bioprinting, as it has significant impact 
on various factors, including cell viability, number 
of dispensed cells, and post-dispense cell phenotype. 
Specifically, we discuss the design and operation of TIJ 
print chambers, PIJ print chambers, the cellular behavior 
under shear forces, and the conditions experienced by cells 
within these print chambers. This is essential for ensuring 
successful and effective bioprinting processes and the 
fabrication of 3D-bioprinted tissue constructs.   

3.1. Overview of thermal and piezo 
printing chambers
The TIJ printing chamber typically comprises an ink 
supply inlet, a thin film resistor, and a nozzle, serving as 
the outlet for the ink (as shown in Figure 3). In its usual 
operation, a sub 40 V voltage pulse (1–10 µs) is applied 
across the resistor. This pulse results in the rapid heating of 
the resistor surface, with a heat flux of the order of GW/m2 
and at a rate of ~108 K/s, raising the temperature to around 
300°C.41,42 The primary purpose of this process is to induce 
uniform nucleation at the surface of the resistor.43 

The resistor vaporizes only a tiny portion of the ink 
above it, typically between 20 and 100 nm (equivalent to 
0.1% of the chamber height), forming numerous small 
vapor bubbles. Importantly, this heating process does not 
lead to a temperature excursion or significantly impact 
the cells within the chamber. These small vapor bubbles 
rapidly coalesce into one large vapor bubble,44 with the 
pressure inside the bubble reaching several MPa.45 As this 
vapor bubble rapidly expands, it imparts momentum on 
the surrounding liquid. 

The liquid column on the inlet side of the TIJ resistor, 
which includes the cell reservoir, has a much larger mass 
than the downstream column (the outlet or nozzle side). 
Consequently, the downstream liquid is accelerated to a 
much larger velocity than the upstream column, ultimately 
ejecting the liquid out of the nozzle. After ejection, the vapor 
within the vapor bubble condenses, causing the bubble to 
collapse. The capillary pressure created by the resulting 
meniscus pulls new liquid into the printing chamber, 
preparing it for another dispense cycle. The duration of the 
dispense cycle is determined by the time it takes for the 
meniscus to draw new liquid into the chamber, typically 
lasting between 20 and 1000 µs. 

The lifetime of the print chamber is influenced by 
several factors, including cavitation and kogation at the 
resistor surface, as well as cell lysis. In TIJ cavitation, the 
collapsing vapor bubble generates a shock wave toward 
the resistor, inducing stresses in the resistor material. This 
cyclic stress can lead to material fatigue and damage to 

Figure 3. Schematic cross sections of typical thermal (a–c) and piezo (d–g) inkjet print chamber designs. Thermal inkjet designs vary in the position of 
the heating element (resistor) relative to the location of the nozzle. This is mainly dictated by the fabrication methodology. Piezo inkjet designs vary in 
chamber geometry, position and design of the piezo actuator, and presence of axillary components such as membranes. As deflection of the fluid due to 
the piezo element is typically smaller than that of a vapor bubble, piezo inkjet (PIJ) chambers are typically larger than their inkjet counterparts, leading to 
lower nozzle density on the print die. For PIJ, dashed lines depict exaggerated deformation of the piezo element during printing. 
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the resistor surface. In TIJ kogation, the resistor pyrolyzes 
a small portion of the ink on the resistor surface.46 This 
process degrades the heat transfer between the resistor’s 
surface and the liquid above it, affecting surface roughness, 
bubble nucleation, and ultimately vapor bubble generation. 
When cells lyse in the print chamber, the resulting sticky 
debris, believed to be nucleic acid material, adheres to the 
chamber walls and promotes the adhesion of other cells 
to the walls. The presence of debris on the chamber walls 
also alters the wetting properties of the walls and affects the 
rate of refill, potentially changing the achievable dispense 
frequencies. Notably, debris-induced cell adhesion can 
lead to the formation of cell clumps, preventing chamber 
refill and resulting in the failure of the print chamber.

Piezo inkjet printing chamber typically consists of an 
ink supply inlet, a piezo element, and a nozzle, through 
which the ink exits the chamber (Figure 3). The ink is 
expelled from the printing chamber through mechanical 
deformation caused by a piezo element. The displacement 
of the print chamber by the piezo element is usually much 
smaller than the deformation of the liquid caused by vapor 
bubble. To counteract this, the print chamber can be 
designed with a larger area. Typically, the print chamber 
has a length ranging from 5 to 20 mm and a cross-sectional 
area of 10,000 to 50,000 µm2. The channel material is often 
made of silicon, brass, or graphite, and the nozzle typically 
has a diameter in the range of 18 to 50 µm.47 

During standard operation, a 40 V pulse (10 µs) is 
applied to the piezo element. Initially, this pulse causes 
the piezo element to contract, increasing the height of the 
print chamber by ~20 nm. This action draws liquid into the 
chamber and generates a negative pressure wave of around 
100 kPa. This negative pressure wave propagates upstream 
into the ink reservoir. As the reservoir is significantly larger 
than the channel, the pressure wave reflects toward the nozzle, 
transforming into a positive pressure wave. Simultaneously, 
the piezo element returns to its original size, creating a 
positive pressure pulse. In an acoustically tuned channel, 
these two pressure pulses combine, working in tandem to 
eject the ink out of the nozzle for the printing process. 

3.2. Effect of shear on printed cells   
The impact of mechanical shear stress on biological cells 
over an extended duration can result in changes to their 
phenotype and viability, and in severe cases, lead to cell 
lysis. When it comes to typical cell handling procedures, 
such as pipetting, cells are subjected to shear stress levels 
ranging from 1 to 10 Pa for durations of 1 to 10 ms. 
Conversely, different stages of inkjet bioprinting expose 
cells to much higher shear stress levels, reaching as high 
as 500 Pa but only for a very brief period of ~ 100 µs. A 
probability model for cell survival as a function of shear 

stress (t), time in shear (t), critical shear stress (tc),and 
several fitting parameters has been proposed; it can be 
expressed as:48-50

	 p k ts c
a b� �( )� � � (VII)

Here, the critical shear stress represents the maximum 
stress that cells can endure without showing a noticeable 
decrease in viability over an extended period. This model, 
with laminar shear of k = 1, a = -1, b = - 0.5, has shown 
good agreement with experimental data for erythrocytes 
(red blood cells).48 It is important to note that erythrocytes 
have unique properties, such as their discoid shape and 
the absence of nuclei, which may make them not perfectly 
representative of other mammalian cells. Nonetheless, 
there are numerous advanced models available to assess 
the viability of erythrocytes under shear stress due to the 
significant interest in modeling and developing devices like 
cardiac assist systems and other blood-contacting devices. 
A recent paper has also provided a detailed review of more 
advanced models of hemolysis, which could beneficial for 
numerical simulations and modeling purposes.51  

There is a scarcity of data regarding the probability of cell 
survival as a function of shear stress and exposure time for 
various mammalian cells. To address this knowledge gap, 
additional data points have been provided to offer insights 
into the conditions that different cells can endure without 
experiencing a loss of viability or a change in phenotype 
(Table 1). Embryonic stem cells were found to be sensitive 
to shear stress, as exposure to a low shear stress of 1 Pa for 
24 h led to cell differentiation.52 Similarly, hybridoma cells 
experienced an increase in lactate dehydrogenase release 
into the medium when subjected to a shear stress as low 
as 0.16 Pa for up to 15 h.53 The response to shear stress is 
highly dependent on the cell type, as well as the level of shear 
stress and the duration of exposure. The leukocytes and 
erythrocytes typically experience shear stresses of 1.5 Pa in 
arterial circulation and 0.1–0.6 Pa in venous circulation.54,55 
In some cases, these cells can be exposed to shear stresses of 
up to 300 Pa for short periods near the walls of large blood 
vessels and in the heart.54 While exposing erythrocytes to 
shear stresses of 450–560 Pa for milliseconds can induce 
hemolysis,56,57 some studies have shown that these cells can 
withstand shear stresses as high as 4000 Pa for 10 µs.58,59 It was 
found that the response of baby hamster kidney cells (BHK-
21/C13) to shear stress varies with the duration of exposure. 
These cells experienced a decrease in viability after 2 h of 
exposure to a shear stress on the order of 10 Pa.60 However, 
the cells withstood shear stresses as high as 80 Pa without 
significant loss of viability when exposed to shear stress for 
under 1 h, although there were changes in cell morphology.60 

In a more detailed study, the viability of different cell 
types, including primary cells, immortalized cell lines, 
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transformed cell lines, and metastatic derivatives, was 
investigated under shear stress conditions ranging from 
30 to 90 Pa and lasting for milliseconds.61 The decrease 
in cell viability varied significantly depending on the cell 
state and its state; both erythrocytes and leukocytes, which 
are blood cells, showed relatively low decrease in viability 
under shear stress. In contrast, non-blood primary 
cells, specifically primary human breast cells (HMEC) 
and primary human prostate epithelial cells (PrEC), 
experienced a substantial loss of viability, with some cases 
showing viability as low as 2% of the total population. Non-
transformed cell lines were found to be more sensitive to 
shear stress compared to cancer cell lines.61 This sensitivity 
was influenced by whether the cells had undergone a 
transformation process. Cells transformed via specific 
methods such as myc/PI3K or H-ras exhibited higher 
resistance to fluid shear stress compared to wild-type 
PrEC cells and isogenic immortalized, non-transformed 
controls. It was also found that the resistance of cells to 
fluid shear stress was not strongly correlated with their cell 
size or cell cycle state. Instead, it was highly dependent on 
the extracellular calcium concentration.61 The composition 
of the bio-ink used in bioprinting played a significant role 
in influencing cell viability under shear stress conditions. 
Using a calcium-free bio-ink led to a notable reduction in 
cell viability, even at low shear stress levels of 50 Pa with a 
10 ms exposure to shear.61 These findings emphasize the 
importance of cell type, transformation state, and bio-ink 
composition during cell printing. Understanding these 
factors is crucial for maintaining cell viability and ensuring 
the success of bioprinting applications. 

The primary function of the print chamber is to 
provide the necessary momentum for ejection of a precise 
volume of fluid droplets from the chamber. Several factors 

come into play to achieve this, including overcoming the 
fluid’s inertia, accelerating the droplets, and dealing with 
viscous resistance in the nozzle. The dynamic pressure  
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the fluid density, droplet velocity, dynamic viscosity, and 
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fluid velocity with respect to time.62 For most bioprinting 
applications, these typically are ρ = 1000 kg/m3, η  = 1 
mPa·s, and σ = 0.07 N/m for pure aqueous solutions;  
Rn = 15 µm, Ln = 50 µm, and characteristic time scale of 
ejection is in the order of 10 µs to generate a droplet velocity 
of 5 m/s. The order of magnitude of the pressures in the 
print chamber required to eject a drop can be deduced 
from these values: pd = 13 kPa, pa = 25 kPa, pc = 9 kPa,  
pv = 9 kPa, which is equivalent to a total pressure of 56 
kPa for successful ejection of a drop. Understanding these 
pressure considerations is essential for the design and 
operation of print chambers in bioprinting to ensure the 
precise and controlled ejection of fluid droplets.   

From the typical print chamber and ink properties, 
a typical shear stress of order 300 Pa is obtained for a 
characteristic time of 10-5 s. A previous study investigated 
cell exposure to similar shear stress magnitudes but for 100 
times longer.61 Assuming a power law viability vs. shear 
time model of cell viability (Equation VII), and a shear 

Table 1. Summary of cellular response to shear stress

Cells Duration Shear stress Response References

Embryonic stem cells 24 h 1 Pa Cell differentiation 52

Hybridoma cells Up to 15 h 0.16 Pa Increase in lactate dehydrogenase 
release

53

Erythrocytes Milliseconds 450–560 Pa Hemolysis 56,57

Erythrocytes 10 µs Up to 4000 Pa Normal 58,59

BHK-21/C13 cells 2 h 10 Pa Decrease in viability 60

BHK-21/C13 cells <1 h Up to 80 Pa Changes in cell morphology, but no 
significant loss of viability

60

Erythrocytes & leukocytes Milliseconds 30–90 Pa Low decrease in viability 61

Primary human breast cells 
(HMEC) and primary human 
prostate epithelial cells (PrEC)

Milliseconds 30–90 Pa Substantial loss of viability 61

*A typical shear stress of order 300 Pa is obtained for a characteristic time of 10-5 s based on the typical print chamber and ink properties.
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time coefficient of ~ 0.5 as that for erythrocytes, minimal 
damage to mammalian cells with inkjet dispensing is 
expected. For TIJ-based printers, little change in viability 
or functionality has been experimentally confirmed, 
for example, for neural cells dispensed by HP 51626a 
cartridge63 and more recently for variety of mammalian 
cells by specialized HP cell dispense cartridges.25 For PIJ 
printers, minimal changes to RNA expression post dispense 
were observed for mouse embryonic stem cells.64 These 
findings highlight the complex and cell type-dependent 
nature of cellular responses to shear stress. Understanding 
these responses is crucial for bioprinting, where cells are 
exposed to shear stress during dispensing, to ensure cell 
viability and phenotype preservation. 

4. Droplet formation 
The presence of particles, such as cells, in bio-inks 
can affect the jet break-up and droplet formation. For 
mammalian cell sizes of ~16 µm and typical bio-ink cell 
concentrations of 105–107 cells/mL, the particle volume 
fractions, φ, range between 0.02% and 2.15%. Jet break-up 
for low φ suspensions ( %)� � 10  is similar to that of simple 
Newtonian bio-inks, with the exception that individual 
particles can be captured in the droplet tail, which leads 
to new modes of satellite drop formation.65 For higher φ 
suspensions, presence of large number of particles in the 
droplet tail results in thick cone-like structures. These 
structures are similar to beads-on-string structures found 
in the jets of dilute polymer-based bio-inks. 

The presence of particles suppresses the formation of 
satellite droplets, and the satellite droplets that do form are 
usually larger and fewer in number. This is advantageous 
for bioprinting as this leads to better cell placement and 
accuracy as well as to reduction in evaporation and thus 
change in cell media composition. Thinning of the droplet 
tail slows down as particle concentration increases, and 
this can be attributed to the increasing effective viscosity 
as a function particle concentration.66 The length of the 
droplet tail at rupture decreases with increasing particle 
concentration due to the action of discrete particles. 
Specifically, the particles trapped in the tail induce another 
axis of curvature perpendicular to the original axis of the 
column as the tail narrows to the size comparable to the 
particle diameter and thus encourages the breakup of the 
liquid column.66 

5. Droplet impact 
Droplet impact behavior is influenced by a variety of 
factors, including fluid properties (density, viscosity, and 
surface tension), impact conditions (impact velocity, 

and drop size), and the characteristics of the substrate 
surface (advancing contact angle, surface roughness, 
and temperature, stiffness). In the context of bioprinting, 
precise cell placement is crucial, and different droplet 
impact regimes have varying degrees of suitability for this 
purpose. There are six primary regimes of droplet impact 
on dry surfaces: deposition, prompt splash, corona splash, 
receding breakup, partial rebound, and rebound (Figure 
4).67,68 In the deposition regime, the droplet deforms upon 
impact but remains on the surface throughout the entire 
process without breaking apart. This is the most favorable 
regime for bioprinting applications as it allows for high 
cell placement accuracy. Additionally, the lower surface-
to-volume ratio results in a reduced rate of evaporation 
and minimal changes in media concentration. In the 
prompt splash regime, droplets are generated directly at 
the contact line during the initial spreading phase when 
the lamella has a high radial (outward) velocity. The 
characteristics of the surface, particularly its roughness, 
influence the formation of droplets. In the corona splash 
regime, droplets are formed around the rim of a bowl-
like shape (corona), often at a distance from the impact 
surface. This phenomenon is common for droplet 
impacting liquid films and is a significant consideration 
for bioprinting applications. The receding breakup 
regime is primarily controlled by surface wetting, 
especially the dynamic contact angle. As the liquid 
retracts from the maximum spreading radius, droplets 
are left behind on the surface when the dynamic contact 
angle decreases to zero. In the partial rebound regime, 
part of the initial droplet remains attached on the surface 
while the remaining part rebounds off the surface. In the 
complete rebound regime, the entire droplet rebounds 
from the surface. Both rebound regimes occur only when 
the droplet recedes after spreading. The droplet receding 
process is influenced by the maximum spreading diameter 
and the receding contact angle. Partial rebound typically 
occurs for low values of the dynamic receding contact 
angle, while complete rebound occurs for high values of 
the dynamic receding contact angle. 

In bioprinting process, droplets of bio-inks are 
typically dispensed in a layer-by-layer manner on 
top of other cells in media. Hence, it is important to 
consider droplet impact on a liquid surface, which can 
be modeled as a small pool of liquid. Two regimes of 
droplet impact on liquid surfaces have been reported: 
splashing regime, and a combined regime of bouncing, 
floating, and coalescing.69 In the splashing regime, the 
droplet collides with the surface of the target liquid, and 
a flared film of liquid is thrown upward and outward 
from the periphery of the colliding region. This regime 
has a similar morphology to the corona splash regime 
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for droplet impact onto solid surfaces.  This flared film 
contains primarily the liquid from the impacting drop 
as well as some of the target liquid. A capillary wave 
train often propagates through the film and is always 
perpendicular to the target surface. The top of the film 
also breaks up into jets and small droplets, forming an 

appearance of a crown. This large increase in surface-
to-volume ratio (relative to the original drop) promotes 
rapid evaporation. Meanwhile, a cavity begins to develop 
below the original free liquid surface. The cavity enlarges 
until it quickly takes the shape of a hemisphere, and 
the crown wall simultaneously begins to subside and 

Figure 4. Droplet impact regimes on dry solid surfaces. (a) In the deposition regime, the droplet deforms and remains on the surface. This is the desirable 
regime for bioprinting applications. (b) The prompt splash regime is characterized by formation of small droplets at the contact line as the droplet spreads. 
(c) The corona splash regime is characterized by formation of a bowl-shaped thin liquid film, later forming a corona with small droplets detaching from 
its rim. Similar morphology is observed for impacts on liquid films. (d) In the receding breakup regime, droplets break up and are left behind the receding 
lamella during the retraction phase of the droplet impact. (e) In the partial rebound regime, part of the droplet remains on the surface. (f) In complete 
rebound regime, the entire droplet rebounds during the retraction phase of the droplet impact with the entire droplet leaving the substrate. Adapted with 
permission from ref.68 
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becomes thicker. The expanding cavity can displace cells 
in the target fluid, reducing accuracy of cell placement. 
The cavity stops its downward penetration into the fluid, 
and subsequently, the capillary waves from the crown 
spread into the cavity and distort its shape. At this point, 
the cavity begins to close from the bottom and decrease 
its penetration into the fluid while its radial dimension 
(width) does not change significantly. A central jet then 
emerges and grows upward. It then breaks up with a 
droplet at its very tip, and the remnants of the jet fall 
toward the target surface.70 

It is somewhat debated if the combined regime of 
bouncing, floating, and coalescing should be classified 
as separate regimes or as separate stages of a single 
regime.69-72 In this regime, the target liquid and the cells 
deposited in it are substantially less disturbed. The most 
striking characteristic of this regime is droplet bouncing, 
which unfortunately reduces the cell placement accuracy. 
As a droplet approaches the target liquid surface, a 
thin film of gas prevents the droplet from touching the 
surface and the droplet bounces upward.71 In the floating 
regime, the droplet is also prevented from touching 
the target liquid by a thin gas film. However, instead of 
bouncing upward, it travels laterally and skates on the gas 
film over the target fluid. In the coalescing regime, the 
droplet penetrates the gas film, touches the target liquid, 
and coalesces with it. The transition between bouncing, 
floating to the coalescing regime is dependent on the 
relative importance of inertia to surface tension (as the 
droplet needs to have enough inertia to break through 
the gas film), gas mean-free path, and gas viscosity.73 The 
bouncing, floating, and partial coalescing can coexist as 
one regime and can proceed as a cascade whereby each 
step generates a smaller droplet.70 In this case, the droplet 
first bounces, then floats after losing some momentum, 
and lastly coalesces partially with the target fluid after 
losing more momentum. However, the resulting daughter 
droplet has enough momentum to bounce and repeat the 
cascade. 

Splashing and formation of thin lamella, as found in the 
many droplet impact regimes, dramatically increases the 
surface to volume ratio of the liquid, as well as produce high 
liquid velocity relative to the surrounding air, and so can 
dramatically increase evaporation rates. This accelerated 
evaporation leads to increases in concentration of reagents 
in the bio-ink which, if not accounted for, can adversely 
affect the resulting cell viability. Most dramatically, at 
low dispense flow rates, the cell media may completely 
evaporate, resulting in high vitality loss. Typically, bio-inks 
are isosmotic prior to dispense, and due to evaporation, 
they will become hyperosmotic post dispense, lowering cell 
viability. This can be mitigated, for example, by dispensing 

cells onto cell layers saturated with isosmotic media, or by 
co-dispensing hypoosmotic media (from a separate print 
chamber) along with the cells to maintain the correct 
osmolality. Similarly, it is also important to compensate for 
the change in concentration of other reagents in the bio-
ink, such as signaling molecules.    

5.1. Polymer-based droplet impact on media 
The addition of polymers to bio-inks can improve 
bioprinting performance, decreasing splashing, improving 
cell placement accuracy, and increasing cell viability. 
Polymer-based solutions can be modeled either as a 
power-law fluid, a yield-stress fluid, or a viscoelastic fluid. 
With these non-Newtonian fluids, it is difficult to predict 
droplet impact behavior, as the fluid viscosity will vary 
both spatially and temporally as a function of the local 
shear rate. For a power-law fluid, the effective viscosity 

�eff
nK u y� � � �( / ) 1, where K is the flow consistency index 

and n is the flow behavior index; n < 1 for shear-thinning 
fluids; and n > 1 for shear-thickening fluids. Shear thinning 
is typically attributed to breakdown of structure formed 
by interacting particles in the fluid (e.g., cells, polymer 
chains), and shear-thickening behavior is attributed to 
jamming of these particles induced by the flow.74 It was 
observed that increasing the flow behavior index n for a 
shear-thinning fluid (0.125–0.75 wt.% xanthan gum-based 
solutions) increases the maximum spreading diameter.75 
This is counterintuitive as lower n leads to lower viscosity 
for high velocity gradients (as can be seen in the beginning 
of the impact) and thus lower viscous dissipation of 
the initial kinetic energy, and so should lead to a larger 
spreading diameter. It may be that the average apparent 
viscosity, which is governed by the flow consistency index 
K, has a more significant effect on the maximum spreading 
diameter.76 Furthermore, the dimensionless retraction rate 
decreases with the flow consistency index K.76

Low concentration polyethylene oxide (PEO) solutions 
(in the order of 100 ppm) form a class of viscoelastic bio-inks. 
These solutions have a reduced tendency for drop rebound 
on impact with hydrophobic surfaces, thus improving cell 
placement accuracy.77,78 As these solutions have a similar 
surface tension and shear viscosity as the base solvent, it 
is speculated that the reduction of rebound was due to the 
increase in elongational viscosity of the solution due to the 
presence of PEO.76 It appears that the droplet behavior is 
due to the energy dissipation caused by the stretching of 
the polymer molecules by a combination of hydrodynamic 
and surface forces during the droplet retraction phase.76 
However, suppression of prompt splash is observed in 
dilute (0.01 wt.%) 18 MDa polyacrylamide viscoelastic 
solutions, and this is attributed to the elastic forces of the 
fluid.79 The mechanism behind this phenomena appears to 
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be that when the surface tension is insufficient to maintain 
the integrity of the droplet or lamella, elastic forces pull the 
attached fingers and droplets back to the main body of the 
lamella, preventing droplet ejection and inhibiting prompt 
splash phenomena.79  A study investigated the influence of 
inert PVP-based bio-inks for cell printing; the experimental 
results indicated that an increase in the viscosity of the 
bio-ink facilitated the deposition of droplets onto a wetted 
substrate surface without causing splashing. This, in turn, 
greatly enhanced the precision of the primary droplet 
deposition.80 Further analysis revealed that cell-laden bio-
inks with higher viscosity demonstrated higher measured 
average cell viability. This can be attributed to the presence 
of polymer within the printed droplets, which provided 
cushioning effect during droplet impact on the substrate, 
dissipating more energy. Consequently, this improvement in 
energy dissipation enhanced the average cell viability, even 
when subjected to higher droplet impact velocities, and 
maintained the proliferation potential of the printed cells.80  

5.2. Cell-laden droplet impact on media 
Typical bio-inks have low cell loading (φ < 0.01) and 
therefore exhibit droplet impact behavior similar to that 
of simple Newtonian fluids described above. At higher 
cell loading (e.g., >107 cells/mL for 20 µm diameter cells, 
(φ > 0.04), the bio-ink exhibits shear-thinning properties, 
and the drop impact behavior is still qualitatively similar 
to a Newtonian fluid with a corresponding equivalent 
viscosity.75,81 The maximum spreading diameter of a 
shear-thinning fluid after impact was well predicted by 
the models for simple Newtonian fluids using a viscosity 
given by the average of the infinite shear viscosity and 
the zero-shear viscosity.82 The transition between droplet 
spreading and splashing for neutrally buoyant particles 
on a hydrophilic surface is dependent on both Reynolds 
number and Weber number, and particle loading.83 
Splashing is undesirable as it decreases cell placement 
accuracy. For low particle loading, droplet spreading 
occurs for We1/2 Re1/4 < 350 and splashing occurs above 

this threshold. Here, Re = �
�
Vd  and We = �

�
V d2

,

and ρ and η are the fluid density and viscosity, V is its 
characteristic velocity, d is the characteristic length scale, 
typically the diameter of the jet, nozzle, or droplet, and γ is 
the surface tension. This threshold decreases to ~150, for 
particle loading between 0.1 and 0.5. For high cell loading 
(φ ~ 0.5), cells spread uniformly into a disk left behind on 
the droplet, on hydrophobic surfaces.84 

Droplet impact can have significant influence on cell 
viability. A numerical model for single-cell dispensing 
and associated stresses on the cell within a droplet was 

reported.85 The cell was modeled as a viscoelastic fluid 
inside a simple Newtonian droplet impacting a pool of 
target simple Newtonian liquid. Droplet impact was 
categorized into four stages. In the first stage, the droplet 
dynamics are mainly controlled by inertia effects. In this 
stage, the droplet touches the target liquid and forms a 
liquid neck at the interface, which spreads laterally due 
to surface tension forces. This slows down the droplet 
considerably. The deceleration of the fluid at the former 
bottom of the droplet, combined with the capillary forces 
at the top of the droplet stretch the cell into an ellipsoid 
shape, with the major axis parallel to the former target 
fluid–gas interface. The characteristic time scale for 
this stage is d/2u. For the second stage, the stress and 
deformation of the cell are governed by interfacial flow. 
The droplet penetrates deeper into the target liquid and 
decelerates further. The interfacial force at the upper 
portion of the droplet increases the pressure in the 
surrounding liquid, driving the liquid droplet downward 
to form a small crater similar to the simple (empty) droplet 
impact into a target fluid described above. During this 
period, the von Mises stress in the cell increases the most, 

peaks, and then declines. The stress scales as ��c cd/ ,  
where µc is the cell’s shear modulus (in the order of 10 
kPa for mammalian cells), and dc is the diameter of the 
cell. For a cell of 15 µm diameter, and a solution with a 
surface tension of 50 mN/m, this gives a stress of order 

7 kPa. This stage lasts for order � �d3 8/ . For a typical 
inkjet aqueous droplet of 30 µm diameter, this stage lasts 
for order 8 µs. This condition is near the threshold for 
survivability for mammalian cells, and therefore, most cell 
damage likely occurs during this stage. Substituting this 
scaling into ps = k(t - tc)

atb (Equation VII) and assuming 
t >> tc and k = 1, a = -1, b = - 0.5, the probability of cell 
survival at this stage scales as: 
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In the third stage, the interfacial forces cause the crater to 
close, and the cell undergoes damped spheroid oscillations. 

This stage lasts for order � �d3 8/ , and the cell experiences 

a shear stress of less than order � �dc c
2 /  during this 

time. The final stage is governed by the interaction between 
viscous dissipation and interfacial tension.  Here, the cell 
further relaxes toward its resting shape, and the stress on 
the cell is significantly less than in the other stages. This 
stage lasts on the order of the viscocapillary timescale, 
ud/σ. It is worth noting that a study has demonstrated that 
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an increase in cell concentration results in reduced impact 
velocity of the ejected droplets, ultimately enhancing the 
viability of the printed cells and eliminating the occurrence 
of droplet splashing.25   

6. Applications
6.1. Incorporating biophysical and biological cues 
within 3D hydrogel matrices  
The utilization of inkjet bioprinting offers a valuable 
method for precise DOD deposition of cell-laden droplets 
and manipulation of desired cell density by controlling 
the number of cell-laden droplets at specific locations. A 
printable bio-ink has stringent requirements for its physical 
properties in terms of viscosity, surface tension, and 
density; the printed cells are usually encapsulated within 
low-viscosity bio-inks with viscosities ranging from 3 to 10 
mPa·s.86 Various hydrogel-based bio-inks are employed for 
diverse bioprinting applications; the hydrogel-based bio-
ink comprises a 3D polymeric network with a significant 
water content and provides a 3D microenvironment that 
closely mimics the natural extracellular matrix (ECM).87 
The biomimetic 3D microenvironment plays a critical 
role in providing the necessary signals and guiding 
cellular responses to facilitate proper tissue development 
and function;88-90 some important considerations for 
fabricating such biomimetic 3D microenvironment 
include the incorporation of biophysical (porosity/pore 
size and mechanical) and biological (growth factors) cues 
within the 3D hydrogel matrices.  

In the context of 3D hydrogel matrices used in in vitro 
tissue engineering, a significant concern revolves around 
the limited porosity of most hydrogels. This limited porosity 
can constrain the mobility and spreading of encapsulated 
cells. To address these limitations, PVP macromolecule-
based bio-ink was used to modulate the collagen 
fibrillogenesis process and fabricate 3D hierarchical 
porous collagen-based hydrogel constructs.91 Increasing 
the number of printed PVP droplets led to the formation 
of thicker collagen fibers and larger pore sizes within the 
3D collagen matrices. This effect occurred because an 
increased PVP concentration has a more pronounced 
excluded volume effect (EVE) on the surrounding collagen 
fibrils during the fibrillogenesis process (Figure 5). 
Additionally, the study noted a slower growth rate for the 
human skin fibroblasts within 3D collagen matrices with 
larger pore sizes, aligning with findings from previous 
studies that indicated that larger pores generally lead to a 
reduction in cell proliferation rates.92,93  Further analysis 
also revealed that 3D collagen matrices with larger pore 
sizes exhibited higher fibronectin deposition. 

Another study has suggested the utilization of porous 
hydrogels created from aqueous two-phase systems (ATPS), 
which consist of photocrosslinkable gelatin methacryloyl 
(GelMA) and dextran.94 The phase behavior, either 
monophasic or biphasic, can be adjusted by controlling the 
pH and dextran concentration. The manipulation of these 
two parameters leads to the development of hydrogels 
with three distinct microstructures: homogeneous 
nonporous (NOP), regular disconnected pores (RDP), 
and bicontinuous interconnected pores (ICP). Notably, the 
sizes of the pores in the latter two types of hydrogels can 
be finely tuned within the range of 4–100 µm by adjusting 
the pH and dextran concentration, ensuring a high level of 
reproducibility in the microstructure. Various types of cells 
including human bone marrow-derived mesenchymal 
stem cells (hMSC), human periodontal ligament fibroblasts 
(hPDLF), and human neuroblastoma (hNB) cells were used 
to investigate how the microenvironment influences cellular 
behavior. The ICP hydrogels, with the largest pore sizes 
ranging from 40 to 60 µm, facilitated a more homogeneous 
distribution of cells and the formation of a dense network 
of cell-to-cell connections for both hMSC and hPDLF. 
In contrast, hNB cells maintained their characteristic 
rosette-like organization with minimal or no spreading, 
even in the presence of interconnected pores within the 
hydrogels.94 Another work delved into the impact of 3D 
matrix stiffness on potential alterations in the morphology 
of stem cells and their subsequent differentiation 
capabilities.95 By combining thermo-responsive agarose 
hydrogels with collagen type I, it was possible to enhance 
the mechanical stiffness and precision of the contours in 
printed constructs compared to pure collagen hydrogels, 
which are commonly used as the standard materials for 
differentiating hMSC into osteogenic lineages. The hMSC 
exhibited the highest degree of spreading and branching 
when encapsulated within the softest 3D hydrogels, 
whereas those encapsulated within the rigid 3D matrix 
maintained a spherical morphology. Although further 
analysis revealed that the stiffness of the 3D hydrogel 
has no significant effect on calcium accumulation as 
indicated by Alizarin Red staining or alkaline phosphatase 
(ALP) activity, there was an increase in the expression of 
osteogenic genes (COL1 and RUNX2) in the softer 3D 
matrix. As a result, the study concluded that the preferable 
conditions for hMSC osteogenic differentiation were found 
in less stiff agarose-collagen hydrogels that did not hinder 
cell spreading and branching. 

To date, there are limited studies that investigated 
the influence of growth factor patterning within 3D 
matrix.96 This is a key research area that is valuable for 
translating 3D growth factor patterning into potential in 
vivo applications. A study utilized inkjet bioprinting to 
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pattern bone morphogenetic protein-2 (BMP-2) and its 
inhibitor (noggin) within 3D microporous scaffolds;96 
the mouse C2C12 progenitor cells exhibited a dose-
dependent differentiation toward an osteoblastic fate in 
response to the BMP-2 patterns. Notably, the precision 
in spatially confining osteoblastic differentiation at the 
boundary between adjacent BMP-2 and noggin patterns 
improved as compared to patterns without noggins. 
Moreover, the patterns of bone formation observed in 
vivo closely resembled the spatially patterned osteoblastic 
differentiation responses observed in vitro. In another 
study, inkjet bioprinting was employed to deposit DLL1 
proteins, which act as Notch activators, within a 3D 
matrix to create an artificial stem cell niche in dystrophic 
muscle.97 Subsequently, the bioprinted DLL1 construct 
was transplanted into the dystrophic muscle of mdx/scid 
mice, leading to enhanced cell engraftment and noticeable 
progress in muscle regeneration within 10 days after 
transplantation (Figure 6). The hypothesis behind this 

approach is that the precise arrangement of DLL1 proteins 
contributes to the maintenance of stem cell characteristics 
and enhances the proliferation of both resident and 
transplanted stem cells. Additionally, the activation of 
the Notch pathway is expected to have an antiapoptotic 
effect, thereby promoting increased cell survival. Another 
study showcased a multi-component inkjet bioprinting 
method that enables precise customization of the 
biochemical properties of each individual layer of the 
printed hydrogel with an exceptional resolution of 50 µm.98 
This customization involves controlling the distribution 
of platelet-derived growth factor (PDGF-BB) within 
the starPEG-heparin hydrogel structures. The findings 
revealed that hMSC exhibited migration in response to 
the PDGF-BB gradient. In the presence of PDGF-BB, the 
cells began adhering to the hydrogel network and exhibited 
an elongated cell morphology within a 3-week period. 
Conversely, there was minimal cell migration or noticeable 
changes in cell morphology in hydrogels lacking PDGF-

Figure 5. (A) Effect of varying polyvinylpyrrolidone (PVP) concentration on the collagen microstructure; an increase in the number of PVP droplets on 
the same spot resulted in a more pronounced excluded volume effect (EVE) on the adjacent collagen fibrils. (B) Representative field emission scanning 
electron microscopy (FE-SEM) images of bioprinted 3D hierarchical porous collagen-based structures. Examination of (C) pore size and (D) porosity in 
collagen-based structures fabricated via bioprinting across three distinct regions. Adapted with permission from ref.91 
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BB under similar culture conditions. These outcomes 
underscore the pivotal role of PDGF-BB in governing 
hMSC migration and morphogenesis.     

6.2. Fabricating complex 3D tissue constructs 
Inkjet bioprinting plays a crucial role in the progress of 
tissue engineering and regenerative medicine by enabling 
the fabrication of complex 3D tissue constructs at high 
resolution and repeatability. This technique achieves this 
by depositing cell-laden droplets with remarkable accuracy 
at pre-defined positions via a layer-by-layer fabrication 

approach. Notably, inkjet bioprinting holds significant 
potential for fabrication of thinner 3D tissue constructs, 
opening up numerous possibilities in research areas such 
as skin99-105 and alveolar lung.106-108 The subsequent sections 
offer an in-depth discussion of the application of inkjet 
bioprinting in the fabrication of various types of tissues. 

6.2.1. Skin 
Although the fabrication of tissue-engineered skin 
constructs may appear straightforward, replicating the 
intricate 3D structure of native skin necessitates precise 

Figure 6. Implantation of muscle progenitor cells labeled with green fluorescent protein (GFP-MPC) seeded into DLL1-DermaMatrix constructs resulted 
in enhanced cell engraftment in mdx/scid mice. (A) A schematic representation of the in vivo experiment illustrating the implantation of 3D constructs 
into mice, both in the control group and the DLL1 group. (B) The muscle tissue implanted with MPC-seeded DLL1-DermaMatrix constructs exhibited 
improved cell engraftment compared to the control group. More GFP-positive MPCs are visible (indicated by yellow arrow), as well as dystrophin-positive 
myofibers (indicated by white arrows) in DLL1-DermaMatrix construct group. (C) A proposed mechanism for the enhanced engraftment of muscle stem 
cell through the bioprinting of a Notch activator within a 3D construct, which acts as a niche for stem cells. Adapted from ref.97 
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cell and biomaterial patterning to enable vital cell–
cell and cell–biomaterial interactions.109 Human skin 
comprises two distinct regions: the upper epidermal and 
lower dermal layers, separated by a basement membrane. 
The upper epidermal region is characterized by densely 
packed keratinocytes, forming stratified cell layers with 
increasing differentiation toward the skin’s surface. 
Proliferating keratinocytes near the epidermal–dermal 
junction gradually move upward, undergoing sequential 
differentiation to form fully stratified keratinocyte layers 
over a 2-week period. In contrast, the dermal region 
comprises collagen fibers and relatively lower fibroblast 
density (ranging from 0.2 to 2.0 × 105 fibroblasts/cm3).110 
These dermal fibroblasts play a crucial role in secreting 
essential extracellular matrix proteins (such as collagen 
I and IV, laminin, fibronectin, and elastin) and growth 
factors that facilitate cell–ECM and cell–cell interactions. 
The epidermal–dermal junction comprises melanocytes 
and basal keratinocytes, with an approximate ratio of 
1:20, and a minimum density of 1.0 × 104 melanocytes/
cm2 is necessary to restore skin pigmentation in tissue-
engineered skin constructs.103  

Numerous studies on the field of skin bioprinting have 
been conducted over the years, and the morphological 
analysis of the 3D-bioprinted skin constructs has 
shown high degree of similarities to native human skin. 
Additionally, recent advancements in this field include 
the fabrication of full-thickness skin constructs,100-102 the 
restoration of skin pigmentation,103,104 and the incorporation 
of hair follicles.105 A full-thickness skin constructs 
comprise both the epidermal and dermal layers. One of 
the initial attempts at inkjet bioprinting of full-thickness 
human skin constructs involved printing keratinocytes 
and fibroblasts embedded within collagen layers to form 
distinct epidermal and dermal layers in the multi-layered 
skin constructs.100 This study successfully demonstrated 
the feasibility of creating multi-layered skin cell–hydrogel 
composites on non-planar surfaces. Both the keratinocytes 
and fibroblasts exhibited normal proliferation within the 
multi-layer constructs after printing.

Subsequently, efforts were made to enhance the 
maturation and stratification of 3D-bioprinted full-
thickness skin constructs by culturing them at air–
liquid interface (ALI).101 During the ALI culture period, 
the bioprinted skin tissue became progressively more 
translucent, indicating the formation of a stratum corneum 
through terminal differentiation of keratinocytes. The fully 
matured skin tissue exhibited 3 to 7 distinct cell layers 
in the epidermis, and the presence of tight junctions 
between the keratinocytes suggested the formation of a 
well-developed barrier with extensive cell–cell contacts, 

like what is observed in vivo.101 However, it was noted 
that the ordered stratification and keratinization of the 
epidermal region remained incomplete due to the use of 
immortalized keratinocytes, which may lead to the gradual 
loss of cell phenotype and function. 

Another work aimed to introduce microvasculature 
into the full-thickness human skin tissue constructs 
to enhance wound healing. The construct consisted of 
neonatal human dermal fibroblast (NHDF), human dermal 
microvascular endothelial cells (HMVEC), and neonatal 
human epidermal keratinocytes (NHEK).102 Subsequently, 
it was implanted in an athymic nude mouse model to assess 
its integration with the host tissue and the wound healing 
process. Microvessels were found in the surrounding 
mouse tissue on day 14, likely due to the recruitment of 
the human endothelial cells from the bioprinted skin 
constructs, leading to graft–host anastomoses. Moreover, 
there was a notable improvement in wound contraction, 
up to 10%, compared to control groups.102 

Another study has demonstrated uniform patterning of 
epidermal cells (keratinocytes and melanocytes) over the 
upper surface of 3D-bioprinted dermal tissue constructs.103 
Each droplet containing melanocytes is encircled by 
droplets containing keratinocytes, forming a repetitive 3 × 
3 array to mimic functional epidermal melanin units. This 
approach enables the uniform distribution of printed cells 
in a controlled manner, a significant improvement over 
the manual casting approach. The human skin constructs 
(containing keratinocytes, melanocytes, and fibroblasts) 
were cultured in an ALI environment for a duration of 4 
weeks in both the 3D bioprinting and manual casting groups. 
The matured 3D-bioprinted skin constructs exhibited 
consistent skin pigmentation, whereas the manually cast 
skin constructs displayed uneven pigmentation with the 
presence of dark-pigmented spots (Figure 7).103  

In a recent study, an innovative technique for the 
scalable and automated preparation of hair microgel using 
inkjet bioprinting method was presented.105 Hair follicle 
germs (HFGs) encapsulated within collagen exhibited 
higher hair-inducing activity compared with HFGs 
without collagen. To create hair microgels, two collagen 
droplets containing mesenchymal and epithelial cells were 
positioned side by side, and the cell traction forces caused 
these pairs of microgel beads to contract spontaneously 
during culture and form the hair microgel. When 
transplanted onto the back skin of mice, it was reported 
that these hair microgels effectively regenerated hair 
follicles and shafts. The inkjet bioprinting method offers 
a distinct advantage in accurately depositing various types 
of skin cells, facilitating essential interactions between 
these cells and their surrounding biomaterials. This precise 
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approach leads to the development of in vitro skin tissue 
constructs with a certain degree of functionalities.

6.2.2. Lung 
A typical pair of human lungs contain ~300 million alveoli, 
that covers a total surface area of ~140 m2.111 The alveoli 

represent the primary functional and structural units 
within the lung parenchyma; they feature a thin tissue 
barrier (~0.6–2 µm in thickness) that separates the airspace 
surface from the interior of capillaries. This air–blood 
barrier primarily serves to facilitate gas exchange through 
diffusion, allowing for the uptake of oxygen and removal of 

Figure 7. (A) Illustration depicting a two-step bioprinting approach for the design and fabrication of 3D-pigmented human skin constructs—fabrication 
of biomimetic 3D hierarchical porous collagen-based dermal region followed by precise patterning of epidermal cells (keratinocytes and melanocytes) 
at the optimal density over the collagen-based dermal constructs. (B) Representative images of 3D-pigmented human skin constructs fabricated via two 
distinct approaches. (Left) 3D-bioprinted pigmented human skin constructs with uniform pigmentation, enclosed within the brown dotted line. (Right) 
Manually cast 3D-pigmented human skin constructs with uneven pigmentation and presence of dark-pigmented spots, as indicated by the black arrows. 
The pigmented area is enclosed within the brown dotted line, while the non-pigmented area is delineated by the black dotted line. Scale bar: 2 mm. Adapted 
with permission from ref.103  
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carbon dioxide.112 The air–blood barrier comprises of type 
I and type II alveolar epithelial cells (AECs), macrophages, 
and pulmonary endothelial cells. Type I AECs are flat, 
thin cells that line the alveolar walls, covering about 95% 
of the alveolar surface. They establish functional tight 
junctions that protect against inhaled toxins, particles, or 
microorganisms while regulating gaseous exchange.113 Type 
II AECs are cuboidal cells responsible for synthesizing and 
secreting pulmonary surfactant, which regulates alveolar 
surface tension. Additionally, they serve as progenitor cells 
for type I AECs in case of injury.114 Macrophages play a 
vital role in clearing apoptotic cells and cellular debris, 
as well as participating in immunological responses.115 
Endothelial cells form the lining of the pulmonary artery 
and its branches, each ~500 µm diameter, and play a 
crucial role in maintaining vascular homeostasis.116 In the 
lung, extracellular matrices (ECMs) are typically found in 
the basement membranes and interstitial spaces, and the 
alveolar fibroblasts, primarily located in interstitial spaces, 
are responsible for ECM production and serve as effector 
cells during injury.117   

The utilization of inkjet bioprinting has enabled precise 
deposition of various alveolar lung cells to create ultra-
thin 3D-bioprinted alveolar lung constructs with ~10 
µm thickness. These constructs more accurately replicate 
the structure, morphology, and functions of in vitro lung 
tissue compared to conventional two-dimensional (2D) 
cell culture models. One of the earliest works on 3D 
alveolar lung bioprinting demonstrated the production 
of a simplified air–blood barrier model. It included type 
II alveolar epithelial cells (A549), endothelial cells (EA.
hy926), and extracellular matrix (Matrigel) in specific 
regions, produced in a consistent and fully-automated 
manner.106 In contrast to manual techniques, this method 
allows for automated and reproducible fabrication of 
thinner and more uniform cell layers, an important 
requirement for an optimal air–blood barrier model. 

Subsequently, another study demonstrated 3D 
bioprinting of triple-layered human alveolar lung 
models.107 In each distinct layer, A549 human lung 
epithelial cells, EA.hy926 human endothelial cells, and 
MRC5 human lung fibroblasts were patterned to mimic the 
spatial arrangement of native lung alveolar cells. The use of 
ALI culture condition mimics the native air–blood barrier 
environment, resulting in increased expression of pro-SPC 
(AT-2) and pan-cytokeratin (epithelial cell) biomarkers 
compared to traditional liquid–liquid interface. It also 
reduced the overall thickness of the 3D-bioprinted human 
alveolar lung models to around ~8–10 µm.107 

Another study demonstrated the fabrication of 3D 
alveolar lung model using four different human alveolar 

cell lines: type I and II alveolar cells (NCI-H1703 
and NCI-H441), lung fibroblasts (MRC5), and lung 
microvascular endothelial cells (HULEC-5a). Drop-
on-demand inkjet bioprinting enables high-resolution 
deposition of multiple types of alveolar cells to replicate 
the intricate microarchitecture and morphologies of native 
alveolar lung, resulting in a three-layered biomimetic 
alveolar lung model with an unprecedented thickness of ~10 
µm.108 The precise spatial arrangement of cells is critical for 
the physiological interactions between cell–cell and cell–
matrix. Quantitative real-time polymerase chain reaction 
(qPCR) tests were conducted to measure representative 
gene levels and cellular functions. The 3D-bioprinted 
alveolar lung tissues demonstrated enhanced barrier 
integrity, with elevated mRNA levels for tight junction 
and adherence junction proteins (ZO-1, occludin, and 
E-cadherin), ion channel proteins (epithelial sodium 
channels: α-ENaCs, β-ENaCs, and Na+/K+ transporting 
ATPase subunit α1: ATP1A1), and surfactant proteins 
(SP-A and SP-B) (Figure 8). The results indicated that the 
3D-structured model better recapitulates the structure, 
morphology, and functions of the lung tissue when 
compared to both conventional 3D cell culture models and 
3D non-structured models consisting of a homogeneous 
mixture of alveolar cells and collagen.108  

7. Outlook 
7.1. Machine learning
The use of machine learning has garnered significant 
attention in recent years owning to its superior ability to 
identify and model intricate relationships among various 
factors in extensive, multi-factor datasets.118 Machine 
learning has the potential to enhance the bioprinting 
process from the initial pre-printing phase to final 
post-printing phase, by offering a simplified empirical 
model of the complex multi-factor bioprinting process 
and improving the existing workflow.119 Some potential 
applications of machine learning include annotating 
various 3D tissues at the pre-printing phase, optimizing 
printing parameters or bio-ink composition based on the 
printability constraints for each bioprinting technique 
during the printing phase, and characterizing the printed 
constructs (including assessing cell viability) at the post-
printing phase.119 

To date, machine learning has been integrated 
into several studies, such as optimization of droplet 
formation,120-122 or even prediction of the number 
of printed cell during the inkjet-based bioprinting 
processes.26 Various printing parameters such as applied 
voltages, bio-ink properties, and print-head design in 
inkjet-based bioprinting influence the droplet formation 
regime, size, and velocity. A research group employed 
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Figure 8. (A) Fabrication of 3D alveolar barrier models using type I alveolar cells (NCI-H1703), type II alveolar cells (NCI-H441), lung endothelial cells 
(HULEC-5a), and lung fibroblasts (MRC5). Scale bar: 50 µm. (B) Schematic diagram of inkjet bioprinting process for fabrication of 3D alveolar barrier 
model in a layer-by-layer manner. (C) Comparison of representative alveolar gene expression profiles between conventional and 3D inkjet-bioprinted 
structured models. Relative mRNA expression was measured via qPCR for 2D cell culture, 3D non-structured, and 3D-structured models using specific 
markers involved in (i–iii) intercellular junction formation, (iv–vi) epithelial ion channels and ion transport, and (vii–ix) pulmonary surfactant secretion. 
Each expression levels were normalized by the level of 2D cell culture models. Adapted from ref.108 
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high-speed cameras to capture the droplet formation 
process for various bio-inks with distinct fluid properties, 
like viscosity and surface tension, under varying applied 
voltages. Machine learning was then applied to reduce 
the formation of satellite droplets, minimize droplet size, 
and increase droplet velocity using a multi-objective 
optimization design method for piezoelectric printing 
using fully connected neural networks.120 Another study 
explored the influence of various factors such as polymer 
concentration, excitation voltage, dwell time, and rise 
time on droplet volume and velocity during piezoelectric 
bioprinting.121 An optical system was employed to capture 
images of the droplet formation and the trajectories 
of droplets in flight, enabling the training of various 
predictive models for estimating droplet volume and 
velocity.122 Similarly, high-speed images of the droplet 
trajectories were captured, and the droplet velocity profile 
was utilized to predict the number of printed cells within 
each ejected primary droplet.26 The optimization of cell 
printing is crucial for creating in vitro 3D tissue constructs 
in a scalable and reproducible manner.  

7.2. Multi-modal bioprinting 
Creating biomimetic human-scale tissues or organs solely 
through inkjet-based bioprinting poses a huge challenge, 
mainly due to the difficulty of printing large-sized tissue 
constructs. Each bioprinting approach (jetting-based, 
extrusion-based, and vat photopolymerization-based) 
comes with its own set of strengths and limitations, 
encompassing factors such as operational simplicity, bio-
ink requirements, printing speed, and resolution.  

An early exploration into multi-modal bioprinting 
systems involved employing an inkjet bioprinting/
electrospinning system to fabricate cartilage-like 
constructs.123 The inkjet bioprinting process posed 
limitations in shape fidelity due to the low mechanical 
strength of the printed bio-inks, making them unsuitable 
for load-bearing tissues. To overcome this, an inkjet 
bioprinting/electrospinning approach was adopted 
to create flexible nanofibrous mats of electrospun 
synthetic polymer with inkjet-bioprinted chondrocyte 
cells in a layer-by-layer deposition manner. Histological 
analysis of the resulting constructs demonstrated in 
vitro and in vivo deposition of both type II collagen and 
glycosaminoglycans, indicating the formation of cartilage-
like tissues. 

Another study employed an inkjet/melt extrusion 
printing approach to pattern arrays of cellular spheroids 
within printed polymeric microchamber templates for the 
fabrication of stratified articular cartilage constructs.124 
Mesenchymal stromal cells and chondrocytes were 
patterned within pre-printed microchambers using inkjet 

bioprinting, while melt extrusion-printed microchambers 
guided spheroid growth and fusion. The research indicated 
that creation of articular cartilage tissues with native-like 
collagen fiber orientations could be achieved by cultivating 
tissue spheroids within the microchamber system. This 
approach was further extended to produce large cartilage 
constructs (50 mm × 50 mm), whose compressive modulus 
increased by 50-fold after an 8-week culture, along with 
a stratified collagen network comprising dense collagen 
fibrils near the tissue surface and thinner fibrils within  
the core.125  

Utilizing complementary bioprinting techniques, 
such as inkjet and extrusion-based bioprinting, offers 
several advantages, including scalability for larger 
constructs and enhanced mechanical properties. 
Inkjet-based bioprinting excels in high-resolution cell 
printing, while extrusion-based bioprinting enables the 
deposition of materials at high-throughput rates. Hence, 
the integration of these techniques facilitates the scalable 
production of large 3D tissue constructs. Moreover, 
a broader range of bio-inks becomes accessible by 
combining complementary inkjet and extrusion-
based bioprinting techniques to fabricate 3D tissue 
constructs with increased complexities. The inkjet-
based bioprinting provides precise control over the 
spatial arrangement of cells within the constructs, while 
extrusion-based bioprinting enables the deposition of 
materials with improved mechanical properties. This 
collaboration results in 3D tissue constructs that not only 
exhibit improved overall mechanical properties but also 
maintain intricate spatial control over the printed cells. 
The synergy of complementary bioprinting techniques 
empowers researchers to leverage the unique strengths 
of each method, effectively addressing limitations and 
pushing the boundaries of bioprinting technology. This 
advancement holds great promise for the fabrication of 
complex, functional tissues and organs with applications 
spanning from regenerative medicine to personalized 
healthcare. 

8. Concluding remarks 
Inkjet-based bioprinting offers an attractive approach for 
tissue engineering and regenerative medicine applications 
by enabling the precise deposition of sub-nanoliter 
droplets at pre-defined positions in a contactless, DOD 
manner. Our discussion begins with an examination of 
how cells influence the physical characteristics of bio-inks 
and the importance of achieving cell homogeneity within 
these bio-inks. Moving forward, we delve into the thermal 
and piezo printing chambers, unveiling their significant 
roles in shaping the printing process. We also highlight the 
impact of shear stress on printed cells, a critical process 
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that affects the cell viability and cell phenotype. Next, we 
provide in-depth discussion on the droplet formation 
process, dynamics of both polymer-based and cell-laden 
droplet impact on media. This discussion underscores 
their pivotal role in achieving successful cell deposition. 
Furthermore, we emphasize the critical significance of 
3D hydrogel matrices, elucidating their critical role in 
providing a conducive microenvironment for printed 
cells to adhere, proliferate, and differentiate. Lastly, we 
take a glimpse into the promising future of inkjet-based 
bioprinting, particularly in the fields of skin and lung tissue 
engineering. We also consider the potential integration of 
machine learning to enhance the precision and efficiency 
of inkjet-based bioprinting and the development of 
complementary bioprinting technologies to fabricate 
larger tissue constructs with increased complexities in a 
scalable manner. In summary, our comprehensive review 
has unveiled the multifaceted aspects of inkjet-based 
bioprinting, emphasizing its potential to revolutionize 
tissue engineering and regenerative medicine while also 
paving the way for advanced, machine learning-driven 
optimization of the cell deposition process. 
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Abstract
Porous structure is an efficient tool for optimizing the elastic modulus and 
osseointegration properties of titanium alloy materials. However, the investigations 
on pore shape remain scarce. In this study, we created porous Ti6Al4V scaffolds with a 
pore size of 600 μm but different lattices (cubic pentagon, diamond, cuboctahedron). 
The mechanical and biological properties of the scaffolds were investigated in 
static simulation analysis, in vitro mechanical compression test, computational fluid 
dynamics, as well as cell and animal experiments. The results demonstrated that 
the calculated yield strength difference between the three Ti6Al4V porous scaffolds 
was negligible, at approximately 140 MPa, allowing them to match the strength 
requirements of human bones. The diamond scaffold has the lowest calculated 
elastic modulus (11.6 GPa), which is conducive for preventing stress shielding. 
The shear stress was largely concentrated in the diamond scaffold, and the stress 
range of 120–140 MPa accounted for the greatest share. The mouse MC3T3-E1 cells 
were found to attach to all three scaffolds, with the diamond scaffold displaying a 
higher degree of cell adherence. There was more proliferating cells on the diamond 
and cubic pentagon scaffolds than on the cuboctahedron scaffolds (P < 0.05). The 
diamond scaffold exhibited the highest alkaline phosphatase activity and calcium 
salt accumulation in cell differentiation tests. Besides, the expression of osteogenic 
genes on the diamond scaffold was higher than that on the cuboctahedron scaffold, 
the cubic pentagon scaffold displaying the lowest expression. The in vivo studies 
revealed that all three scaffolds fused well with the surrounding bone and that there 
was no loosening or movement of the prosthesis. Micro-computed tomography, 
corroborated by the staining results of hard tissues, revealed that the level of new bone 
formation was the highest in the diamond scaffold, followed by the cuboctahedron 
scaffold (P < 0.05). Taken together, the diamond scaffold is comparatively better at 
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1. Introduction
Due to the superior mechanical and biological qualities, 
titanium alloy implants are commonly utilized for the 
replacement and restoration of bone abnormalities.1,2 In 
clinical settings, however, prostheses experience issues 
such as loosening and displacement,3-5 which were caused 
by the faults of titanium alloy material with a high elastic 
modulus6,7 and biological inertness.8,9 High elastic modulus 
leads to “stress shielding” effect, which results in excessive 
tension on the local cortical bone and insufficient stress on 
the underlying bone tissue, hence causing osteolysis.10,11 
Titanium alloy materials are biologically inert, marked by 
their lack of osteoinducibility, which makes osseointegration 
after implantation difficult, and poor osseointegration 
performance.12,13 In recent years, plasma sandblasting, 
spraying, acid etching, micro-arc oxidation, and dealloying 
have been utilized to alter the surface of titanium alloy 
materials, enhancing their osseointegration characteristics 
to certain degree.14-16 However, this approach does not 
efficiently reduce the elastic modulus of titanium alloy 
materials and cannot prevent stress shielding. To optimize 
the elastic modulus and osseointegration performance of 
titanium alloy materials, several researchers have developed 
a porous technique.17-19 The porous titanium alloy material 
has the following advantages over the dense solid: (i) The 
porous structural design not only satisfies the mechanical 
strength needs of the to-be-replaced bone tissue but also 
reduces the elastic modulus to accomplish biomechanical 
adaptation, thereby successfully reducing or eliminating 
the “stress shielding” phenomena.20 (ii) Not only does the 
porous structure promote the adhesion, proliferation, and 
differentiation of human cells, but it also improves the 
movement of body fluids and nutrients. It encourages new 
bone tissue to grow into the pores so that the implant can 
develop a biological fixation between the bone and the 
implant, thus enhancing its osseointegration performance.

Casting, solid foam, and organic foam-impregnated 
foam sintering are used to create porous structures, but they 
are associated with some drawbacks, such as the inability 
to manage porosity and pore size and the instability of 
mechanical properties.21,22 Due to the continuous advances 
in additive manufacturing technology in recent years, the 
design and preparation of porous titanium alloy scaffolds with 
various structures become achievable by using computer-
aided design software and three-dimensional (3D) printing 

technology.23-26 Numerous researchers have examined 
porosity and pore size to identify a porous structure suitable 
for improving the biomechanical and osseointegration 
capabilities of titanium alloy materials.27-32 Zaharin et al.33 
conducted mechanical tests on Ti6Al4V regular porous 
scaffolds with varying porosity and discovered that the yield 
strength and elastic modulus of the scaffolds decreased with 
the increase in porosity, allowing them to better meet the 
mechanical requirements of human bones within a certain 
range. Taniguchi et al.34 conducted animal tests using Ti6Al4V 
scaffolds with pore sizes of 300 μm, 600 μm, and 900 μm and a 
porosity of 65% and discovered that the porous structure with 
a 600 μm diameter was more favorable to bone development. 
After conducting in vitro cell assays and in vivo animal studies 
involving Ti6Al4V porous structures with actual pore sizes 
of around 400 μm, 600 μm, and 800 μm, Ran et al.32 found 
that Ti6Al4V porous structures with a pore size of 600 μm 
demonstrated superior osseointegration performance. It has 
been demonstrated that titanium alloy porous scaffolds with 
60–70% porosity and 500–700 μm pore diameter have good 
elastic modulus and osseointegration performance; however, 
the role of pore shape has never been investigated.

Currently, some researchers are focusing on the impact 
of pore shape variations on the mechanical properties of 
titanium porous alloy scaffolds.35 Chen et al. reviewed various 
lattice types of porous structures and opined that different 
lattice types could reduce the elastic modulus of Ti6Al4V 
implants and partially meet their mechanical requirements.36 
Nonetheless, investigations on pore form are often restricted 
to mechanical aspects, and little is known about their 
osseointegration properties. Analysis using computational 
fluid dynamics (CFD) revealed that alterations in pore shape 
would affect the permeability and shear stress of porous 
titanium alloy scaffolds.37-39 Different shear stresses would 
certainly alter the osseointegration performance of porous 
scaffolds, as it has been demonstrated that cells can sense the 
surrounding mechanical environment and regulate their own 
cellular behavior.40-42 In this study, three types of pore shapes—
diamond lattice, cubic pentagon lattice, and cuboctahedron 
lattice—were constructed in order to elucidate further 
the effect of pore shape on the mechanical and biological 
aspects of titanium alloy porous scaffolds. All of them have 
a 66% porosity and a pore size of 600 μm. Using the selective 
laser melting (SLM) technique, a porous Ti6Al4V scaffold 
was created. Static simulation analysis, in vitro mechanical 
compression test, CFD, in vitro cell experiments, and in vivo 

optimizing the elastic modulus and osseointegration properties of titanium alloy materials, and thus is a preferred 
choice for porous design.
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experiments were performed to investigate the effect of unit 
cell structure on the mechanical and biological properties 
of porous titanium alloy scaffolds. This paper also presents 
feedback and theoretical guidance for optimizing the biological 
and mechanical properties of titanium alloy implants.

2. Methods and materials
2.1. Design of porous scaffolds with different lattices

2.1.1. Cubic pentagon lattice
The construction of a cubic pentagon consists of eight 
pentagons and four quadrilaterals. These polygons are 
interconnected by a spatial structure known as cubic 
pentagon lattice (CPL). The diameter of the connecting rod 
is represented by d1. The unit cell was encased in a box with 
dimensions a1, and the dimensions of the box were defined 
as the dimensions of the CPL unit cell. The CPL pore size 
(D1) was established as the diameter of a ball tangent to 
the CPL (Figure 1A). The relation of the porosity P1, d1, 
and a1 was calculated by a fitting technique. As a result, the 
porosity of the unit cell was given as Equation I.
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If P1 is set to 66%, d1/a1 will be 0.27. The relation between 
d1, D1, and a1 can be expressed as (II).

	 D a d1

3

1 1
2

4
� � � (II)

In addition, we set the pore size to 600 μm. Each parameter 
was computed and displayed in Table 1. The demand 
models are illustrated in Figure 1B.

2.1.2. Diamond lattice structure
The unit cell of the diamond lattice consists of 4 four-
rod components. Each four-rod element consists of four 
rods with an angle of 109.47° between each pair. The unit 
cell was encased in a box with dimensions of a2, and the 
dimensions of the box were defined as the dimensions of 
the diamond unit cell. Moreover, the pore size (D2) of the 
unit cell was defined as the diameter of a ball tangent to 
the unit cell (Figure 1A). The relationship of the pore size 
(D2), size of the unit cell (a2), and diameter of the rod (d2) 
is expressed in Equation III.

	 D a d2 2 2
6

3
� � � (III)

Table 1. The parameters for the three lattice structures

Type of lattice
Unite 

cell size 
(mm)

Diameter 
of the rod 

(μm)

Designed 
porosity 

(%)

Designed 
pore size 

(μm)

CPL 1.18 363 66 600

Diamond 0.76 200 66 600

Cuboctahedron 0.946 245 66 600

Figure 1. Design of different lattices. (A) Schematic diagram of the construction of the three lattices. (B) 3D models of porous scaffolds were generated 
based on three different unit cell structures.
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Figure 2. Ti6Al4V porous scaffolds (Φ10 mm × 10 mm) with three different unit cell structures fabricated by SLM technique.

If D2 is equal to 600 μm, d2 is equal to 300 μm, then a2 will 
be 1.102 mm. In addition, the relationship between P2, d2, 
and a2 was computed using a fitting approach. Porosity of 
unit cell is expressed in Equation IV. 

	 P
d
a2

2

2

2

318 17 96 185� �
�

�
�

�

�
� �. . � (IV)

Both porosity (P2) and pore size (D2) are the import 
parameters on our software. Therefore, the diameter of 
the rod is variable. In this study, the demand porosity 
and pore size were 66% and 600 μm, respectively. Finally, 
the parameters of the diamond lattice were calculated, as 
illustrated in Table 1. The demand models are depicted in 
Figure 1B.

2.1.3. Cuboctahedron lattice
The unit cell of the cuboctahedron lattice structure is 
displayed in Figure 1A. Its dimensions mirrored those 
of the envelope box. Additionally, the pore size (D3) was 
determined as the diameter of the unit cell’s inner ball. The 
relation of the porosity P3, d3, and a3 was calculated using 
a fitting technique. Porosity of the unit cell is expressed in 
Equation V.
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where a3 represents the size of the unit cell, and d3 denotes 
the size of the rod. If P3 is set to 66%, d3/a3 will be 0.26. The 
relation between d3, D3, and a3 is expressed in Equation VI.

	 D a d3

2

3 3
5

5
� � � (VI)

We also set the pore size D3 to 600 μm. Each parameter was 
computed, as depicted in Table 1. The demand models are 
illustrated in Figure 1B.

2.2. Fabrication and test of the porous  
Ti6Al4V scaffold
The designed 3D models of the different unit cell 
structures were fabricated into Ti6Al4V scaffolds by 
means of selective laser melting (A320, BLT, China) 
(Figure 2). To maximize the processing precision, we 
configured the printing parameters as follows: 80 W laser 
power, 200 mm/s scanning speed, 60 μm pitch, and 20 μm 
powder thickness. After spraying gold on the scaffolds, 
we observed the surface morphology of the scaffolds 
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and measured the real pore size and rod diameter using 
scanning electron microscopy (SEM). Simultaneously, the 
scaffolds were scanned with micro-computed tomography 
(micro-CT; voltage 155 kV, current 120 µA, resolution 17 
µm, projection number 1440, integration time 500 ms). 
Then, the VG Studio MAX3.5 software (Volume Graphics, 
Germany) was employed to redevelop the 3D structure of 
the scaffold, and the internal structure of the scaffold was 
analyzed. The real porosity of the porous Ti6Al4V scaffolds 
was determined using the dry weight method. In other 
words, under typical air pressure, the porous scaffolds 
of each group were in dry state. The actual porosity of 
the scaffolds was computed using the following formulas 
once the actual weight of the scaffolds was determined 
(Equations VII and VIII):

	 �0
0

�
m
V � (VII)

	 P � �
�

�
�

�

�
�1 0�

�
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where ρ0 represents the apparent density (g/cm3), and m 
denotes the actual weight (g) of the porous titanium alloy 
scaffold. V0 denotes the volume of the porous titanium 
alloy scaffold in its natural state (cm3), P shows the actual 
porosity of the porous titanium alloy scaffold, and ρ 
represents the theoretical density of Ti6Al4V material  
(4.5 g/cm3).

2.3. Compressive mechanical testing
Static simulation analysis was employed to test the 
compressive mechanical properties of porous Ti6Al4V 
scaffolds with different unit cell structures (Φ10 mm × 
10 mm). Importing 3D models of scaffolds with various 
unit cell configurations into the Hypermesh program and 
using the surface deviation function to mesh the models 
is a unique procedure (Figure 3A). The mesh parameters 
are illustrated in Table 2. After using the cleanup function 
and cleanup tools to repair the mesh, the .inp format file 

was exported. Ti6Al4V material properties (Poisson’s ratio 
of 0.376 and elastic modulus of 110 GPa) were assigned 
to the model after the saved files were imported into 
the Abaqus software. The bottom end of the model was 
held in place, while the higher end was subjected to the 
displacement load. The stress–strain curve was plotted 
based on the measured data. According to the slope of 
the elastic deformation zone in the stress–strain curve, 
we estimated the elastic modulus of the scaffold, drew 
a straight line using the elastic deformation stage, and 
then translated the line by 0.2%. The intersection point 
obtained was the yield strength. In order to test the actual 
mechanical properties of titanium alloy porous scaffolds 
with different lattice structures, mechanical compression 
tests were carried out in vitro. During the experiment, the 
porous scaffolds with different lattice structures (diameter 
10 mm, height 10 mm) were placed on the universal test 
machine (C43.104, MTS Ltd., China) to make the long 
axis of the scaffolds consistent with the direction of the 
application force (Figure 3B). The load device drops at a 
constant speed of 1 mm/min. According to the software 
equipped with the loading system, the stress–strain curve 
was drawn (Figure 3C), and the yield strength and elastic 
modulus of the scaffolds were calculated (Table 4).

2.4. Computational fluid dynamics analysis
Utilizing computational fluid dynamics (CFD), the 
hydrodynamic properties of porous scaffolds with different 
unit cell types were analyzed. The scaffold model (Φ10 
mm × 3 mm) was a hard, inflexible body (see Table 2 for 
specific parameters). The fluid used was an incompressible 
and homogeneous tissue fluid with a temperature of 37°, a 
viscosity coefficient (η) of 3.20 × 10−3 Pa·s, and a density (ρ) 
of 1060 kg/m3. In order to avoid the influence of the fluid 
domain boundary on the experimental structure, the fluid 
domain size was Φ10 mm × 5 mm, and the porous model 
was positioned at the center of the fluid domain model. We 
defined the fluid inlet surface, the outlet surface, and the 
inner wall of the scaffold (Figure 3D). The fluid domain 
and rigid surface satisfied the no-slip condition, and the 
normal and tangential vectors at the fluid–solid interface 
were both zero. The fluid entered the fluid channel at a 
flow rate of 0.1 mm/s from the intake surface. The outlet 
surface of the fluid channel is the fluid outlet, which is 
defined as the free boundary condition, i.e., the pressure 
is 0 MPa. We investigated the specific surface area of the 
scaffold (Equation IX) in addition to the fluid flow velocity 
through the porous scaffold and the shear stress created 
on the scaffold’s inner wall. In addition, the permeability 
of the scaffold was determined using the Darcy formula 
(Equation X).43 

Table 2. Parameters of the model

Experimental 
type Type of lattice Partition 

grid type
Number of 
grids (104)

Compression 
test

CPL C3D4 619

Diamond C3D4 835

Cuboctahedron C3D4 839

CFD CPL C3D4 666

Diamond C3D4 873

Cuboctahedron C3D4 1096



Property of scaffolds with different lattices

212Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1698

International Journal of Bioprinting

Figure 3. Experimental techniques. (A) Gridded 3D model  of mechanical compression test; (B) in vitro compression test of porous titanium alloy scaffolds; 
(C) stress–strain curves of porous titanium alloy scaffolds under compression At panel (D), insert a space between the number and the unit.in vitro; (D) 
schematic diagram of the CFD; (E) surgical procedure of scaffold implantation in rabbits.
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where δ represents the specific surface area; S denotes the 
internal surface area and refers to the interface between 
solid and pore in the porous structure; VS shows the 
volume of the porous structure; L represents the thickness 
of the scaffold; u denotes the dynamic viscosity of the fluid; 
A represents the cross-sectional area of the scaffold; Δp 
shows the pressure gradient when the fluid passes through 
the scaffold at the flow rate Q; and K is the permeability.

2.5. In vitro cell experiments
2.5.1. Scaffold processing
Ti6Al4V porous scaffolds (Φ10 mm × 3 mm) with various 
unit cells were pickled (2% HF, ultrasonic pickling for 5 
min) to eliminate powder residue, followed by sonication 
(KQ5200DE, Kunshan Ultrasonic Instrument Co., LTD., 
China) with deionized water, acetone, 95% ethanol, and 
deionized water for 30 min in each liquid or solution. The 
scaffolds were then wrapped with sterile gauze and then 
subjected to sterilization at high temperature (121°C, 90 
min). Finally, the sterilized scaffolds were dried in air 
and subsequently placed in sterile tubes for further cell 
experiments.

2.5.2. Cell adhesion
In the logarithmic phase of growth, mouse pre-osteoblasts 
MC3T3-E1 cells (5 × 104/ml) were seeded into 24-well plates 
containing Ti6Al4V scaffolds at 1 ml per well, and scaffolds 
of each unit cell were set up in triplicate. The cells were 
grown for 3 h under preset conditions (37°, 95% relative 
humidity, 5% CO2). The number of adherent cells was 
quantitatively and qualitatively determined using CCK8 kit 
(Beyotime, Shanghai, China) and acridine orange staining 
(Source Leaf Biology, Shanghai, China), respectively. 
Similarly, Ti6Al4V scaffolds seeded with MC3T3-E1 cells 

(5 × 104/ml) were cultured in 24-well plates, and the culture 
medium (α-MEM medium, 10% fetal bovine serum, 1% 
streptomycin) was changed every 2 days. After 3 days of 
culture, phalloidin/DAPI staining (Yeasen, Shanghai, 
China) and scanning electron microscopy (SEM) were 
employed to further observe the cell adhesion status.

2.5.3. Cell proliferation
Similar to the cell adhesion experiment, mouse MC3T3-E1 
cells at a concentration of 2 × 104/ml were seeded onto 
24-well plates containing Ti6Al4V scaffolds. After 5 days 
of incubation, a CCK8 assay was performed to measure  
cell growth.

2.5.4. Cell differentiation
Ti6Al4V scaffolds seeded with mouse MC3T3-E1 cells (5 
× 104/ml) were grown in 24-well plates containing α-MEM 
medium supplemented with 10% fetal bovine serum and 1% 
penicillium–streptomycin. The following day, the medium 
was changed to an induction medium (α-MEM medium, 
10% fetal bovine serum, 1% streptomycin, 10 nmol/l 
dexamethasone, 10 mmol/l β-glycerophosphoid sodium, 
50 µg/ml vitamin C), and the medium was replaced after 
every 3 days. Each experiment required three copies of the 
porous Ti6Al4V scaffold for each type of unit cell. Alkaline 
phosphatase (ALP) activity was determined after 7 and 
14 days of culture using an ALP kit, and the expression 
of osteogenesis-related genes (ALP, OCN, Runx2) was 
determined using reverse-transcription polymerase chain 
reaction (RT-PCR). Primer sequences are listed in Table 3. 
After 30 days of culture, 10% cetylpyridinium chloride 
was employed to dissolve the calcium salt deposited, and 
the optical density (OD) value was measured using a 
microplate reader at the wavelength of 590 nm.

2.6. In vivo animal experiments 
2.6.1. Surgical procedure
Twenty healthy adult male New Zealand rabbits (2 kg) 
were divided into four groups at random. Via the auricular 
vein, pentobarbital sodium (30 mg/kg) was injected to 
induce anesthesia. After preparing the skin, the surgical 
region was cleansed three times with iodophor, and 
then the skin and fascia were sliced to expose the lateral 
epicondyle of the femur. With a 3.0 Kirschner wire and a 
manual grinding drill, a circular hole with a diameter of 
4 mm and a depth of 10 mm was created perpendicular 
to the lateral epicondyle of the femur. After washing and 
sterilizing, Ti6Al4V scaffolds of four different unit cell 
types (Φ4 mm × 10 mm) were implanted into the femurs of 
four groups of rabbits, one scaffold per femur (Figure 3E). 
After the wound was treated with iodophor and saline, 2-0 
silk thread was used to close the wound layer by layer. After 
surgery, all animals received injectable penicillin (10,000 
U) for 3 days to prevent infection.

Table 3. Sequences of upper and lower primers for RT-PCR

Gene Forward primers Reverse  primers

ALP 5’-GGCACCTGCCT-
TACCAACTCT-3’

5’-GTTGTGGTGTAGCTGG-
CCCTTA-3’

OCN 5’-ACAG-
GCTTCCTAGAACAAG-
GGC-3’

5’-AAGAACTCAAACATAC-
GGGCAA-3’

Runx2 5’-ATGACACTGC-
CACCTCTGACTTCT-3’

5’AGGGATGAAATGCTTGG-
GAACT-3’

GAP-
DH

5’-CCTCGTCCCGTAG-
ACAAAATG-3’

5’-TGAGGTCAATGAAGGG-
GTCGT-3’
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2.6.2. X-ray examination
At 3 months post-operatively, the bilateral femurs were 
inspected by anteroposterior and lateral X-rays to monitor 
the healing of the scaffold and the surrounding bone and 
to determine whether there was scaffold loosening and 
displacement.

2.6.3. Micro-CT analysis
Three months following surgery, the animals were 
euthanized with severe anesthesia, and femoral specimens 
containing Ti6Al4V scaffolds were obtained from the 
femurs. Micro-CT scan was performed (voltage 155 kV, 
current 120 µA, resolution 17 µm, projection number 
1440, integration time 500 ms). The scanned data were 
imported into the VG Studio MAX3.5 computer-aided 
design software (Volume Graphics, Germany) for 3D 
reconstruction and data analysis. The region of interest 
(ROI) consists of two parts: the inner component refers 
to the scaffold, while the outer part refers to the 500 μm 
annular area surrounding the scaffold. The ratio of bone 
volume to space volume (BV/TV) indicates the quantity of 
bone development.

2.6.4. Histological evaluation
The femurs of the sacrificed animals were preserved with 
4% paraformaldehyde (Sigma, USA). Gradient alcohol was 
used for dehydration, while methyl methacrylate was used 
for embedding. The embedded specimens were sectioned 
using a LeicaSP1600 slicer, and the sections were then 
affixed to the resin slide. The sections were processed with 
sandpaper of sizes 300, 800, and 1200 in succession until the 
desired thickness was achieved, and there were no visible 
scratches on the surface of the section under a microscope. 
Goldner dyed the produced sections of hard tissue, which 
he then viewed and photographed under a light microscope.

2.7. Statistical analysis
The data are expressed as mean ± standard deviation (S.D.). 
One-way analysis of variance (ANOVA) was utilized to 
evaluate the differences between groups. P < 0.05 was 
considered statistically significant.

3. Results
3.1. Characteristics of porous Ti6Al4V scaffolds with 
different lattices
The SEM images of the porous Ti6Al4V scaffolds with 
various types of unit cells are shown in Figure 4A. All 
scaffolds exhibited acceptable processing accuracy, 
consistent pore size distribution, and size uniformity, 
and no evident titanium powder deposition or pore 
obstruction was detected. A micro-CT scan of the scaffolds 
(Figure 4B) revealed that the internal connectivity of the 
scaffold was satisfactory and the connecting rod diameter 
was homogeneous. Also, no unfavorable events, such 

as a fracture or powder deposition, were observed. We 
investigated the real porosity, pore size, and connecting 
rod diameter of the 3D-printed titanium alloy scaffold 
(Figure 4C). The actual porosity (CPL 64.8%, diamond 
65.1%, cuboctahedron 64.9%) and pore size (CPL 589 µm, 
diamond 592 µm, cuboctahedron 591 µm) of the processed 
scaffold were smaller than those of the intended models. 
However, the difference was not statistically significant. 
The actual diameter of the connecting rods (CPL 371 µm, 
diamond 205 µm, cuboctahedron 252 µm) is slightly larger 
than that of the models. The real structure of Ti6Al4V 
scaffolds with varied unit cells fabricated using the SLM 
technique corresponded well to the 3D models.

3.2. Compressive mechanical properties
According to the von Mises stress distribution of 
Ti6Al4V porous scaffolds with different unit cells 
(Figure 5A), the stress at the center of the scaffolds 
was slightly greater than that in the periphery, but 
the overall distribution was relatively uniform, and 
there was no obvious point of stress concentration. 
According to the stress–strain curve (Figure 5B) 
based on static simulation analysis, the load of the three 
types of scaffolds increased linearly with increasing 
deformation in the initial stage, which corresponded to 
the elastic deformation zone. The calculated and tested 
elastic modulus and yield strength are shown in Table 4. 
According to the results, though the calculated mechanical 
properties of the porous titanium alloy scaffolds were 
different from those tested by compression, they can still 
meet the mechanical requirements of human bones. In 
addition, the Ti6Al4V scaffold with a diamond lattice has 
the lowest elastic modulus of the three scaffolds and can 
better prevent the stress shielding effect. 

3.3. Specific surface area and permeability 
The movement of tissue fluid via the scaffold was visualized 
using CFD simulations (Figure 6A). The tissue fluid mass 
flow rate through the outflow surface of the scaffold is 
depicted in Figure 6E. The volume of tissue fluid moving 
through the cross-section per unit time of the diamond 
scaffold was much greater than that of the CPL and 
cuboctahedron unit cells. In addition, the specific surface 
area and permeability of the various unit cell architectures 
were computed (Table 5). At the same porosity and pore 
size, the specific surface area of CPL (17.2 mm-1) is bigger 
than that of cuboctahedron (13.9 mm-1), while diamond 
(10 mm-1) has the smallest specific surface area. However, 
the average flow rate (diamond 0.88 mm/s, cuboctahedron 
0.87 mm/s, CPL 0.75 mm/s) and permeability (diamond 
0.72 × 10-10 m2, cuboctahedron 0.24 × 10-10 m2, CPL 0.18 
× 10-10 m2) revealed the opposite trend, that the diamond 
scaffold exhibited the best diffusion effect of cells and 
tissue fluid, followed by the cuboctahedron scaffold.
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Figure 4. Characteristics of porous Ti6Al4V scaffolds. (A) The surface structures of the scaffolds were observed using SEM; (B) micro-CT scanning of the 
scaffolds; (C) the actual porosity, pore diameter, and rod diameter of the scaffolds were compared with the designed values.

Table 4. Mechanical properties of titanium alloy scaffolds with different lattice structures

Lattice Elastic modulus— 
Calculated (GPa)

Yield strength—Calculated 
(MPa)

Elastic modulus—Test 
(GPa)

Yield strength—Test (MPa)

CPL 18.049 143.35 7.070 ± 1.477 398.33 ± 2.89

Diamond 11.635 138.52 5.360 ± 1.057 286.67 ± 16.07*

Cuboctahedron 17.689 135.18 7.043 ± 1.076 323.33 ± 2.89*
* P < 0.05, compared with CPL porous titanium alloy scaffold.

3.3.  Shear stress distribution 
Figure 6B depicts the shear stress cloud diagram produced 
by the tissue fluid moving through the scaffold’s inner 
wall. Inside the scaffold, the shear stress was evenly 
distributed, and there were no highly concentrated areas of 
stress. A comparative examination of the overall scaffold’s 

average shear stress (Figure 6D) showed that the shear 
stress of the three scaffolds are significantly different 
(P < 0.05): cuboctahedron scaffold (108.2 ± 1.1 MPa) > 
CPL scaffold (97.5 ± 1.3 MPa) > diamond scaffold (87.6 
± 1.3 MPa). A further analysis of the distribution range 
of shear stress on the scaffold (Figure 6C) revealed that 
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Figure 5. Mechanical compression test results. (A) Von Mises stress distribution of porous scaffolds with different unit cell types, and (B) stress–strain 
curves of three kinds of porous scaffolds by finite element analysis.
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Figure 6. CFD simulation results. (A) A visual representation of tissue fluid traveling through the scaffold in the simulation, where the direction of the 
streamlines shows the flow direction of tissue fluid and the color denotes the flow rate. A color closer to red indicates a greater flow rate. (B) The shear stress 
nephrogram of the scaffolds. The closer the color is to the red, the greater the shear stress is. (C) Diagram illustrating the shear stress distribution of the 
scaffolds. According to its shear stress, each grid element of the scaffold was separated into a certain stress range and then categorized. The percentage of 
this shear stress range was calculated by dividing the number of grid elements in each stress range by the total number of grid elements. (D) Comparison 
of average shear stress of the scaffolds. *P < 0.05. (E) The flow of tissue fluid through the outlet surface.
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Table 5. Calculated specific surface area and permeability values

Lattice S (mm 2) VS (mm 3) (mm-1) Vmax (mm/s) Vmean (mm/s) (Pa) K (10-10m2)

CPL 287.8366 75.0299 17.16 3.789 0.7499 5.2229 0.1755

Diamond 867.1071 86.6514 10.01 4.694 0.8782 2.5574 0.7197

Cuboctahedron 1125.7823 81.1718 13.87 4.989 0.8730 4.4625 0.2391
Note: δ represents the specific surface area; S represents the internal surface area and refers to the interface between solid and pore in the porous structure; VS depicts the 
volume of the porous structure; Vmax represents the maximum flow velocity; Vmean is the average flow velocity; Δp is the pressure gradient when the fluid passes through the 
scaffold; and K is the permeability.

Figure 7. Cell adhesion assay. (A) Acridine orange staining was performed qualitative determination of the number of cell adhesions. (B) SEM. (C) DAPI/
phalloidin staining was performed to determine the level of adherence of MC3T3-E1 cells.

although the distribution range of shear stress of CPL and 
cuboctahedron scaffolds was relatively broad (0 to >200 
MPa), the recorded shear stress of the scaffolds mostly 
falls within the range of 0–20 MPa, whereas the shear 
stress distribution range of the diamond scaffold was 
more concentrated (0–180 MPa), with the majority of the 
recorded values falling within the range of 120–140 MPa. 
It is evident that the variation of unit cells has a significant 
impact on the value and distribution of shear stress in 
scaffolds. Through their shear stress distribution analysis 

of porous scaffolds using CFD, Omar et al.38 and Li et al.52 
found that the value is in the tens of millipascals (MPa), 
consistent with our experimental results, indicating that 
the simulation analysis has a good authenticity.

3.4. Cell adhesion and proliferation
After 3 h of co-culture with mouse MC3T3-E1 cells, 
acridine orange staining revealed a substantial level of cell 
attachment in Ti6Al4V scaffolds with various unit cells 
(Figure 7A). CCK8 assay results revealed that the number 
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of adhered cells in diamond and CPL scaffolds was greater 
than that in cuboctahedron scaffold (P < 0.05, Figure 8A). 
Mice MC3T3-E1 cells adhered well to the three Ti6Al4V 
scaffolds after 3 days of culture, as determined by SEM. A 
significant number of pseudopodia expanded while the 
cells linked into sheets. Phalloidin/DAPI staining revealed 
that the oval nucleus (blue fluorescence) and reticular 
actin skeleton (red fluorescence) of MC3T3-E1 cells on the 
three Ti6Al4V scaffolds were clearly visible, demonstrating 
excellent cell adhesion capabilities. Cell proliferation assay 
demonstrated that there was a significant difference in 
the number of MC3T3-E1 cells among the three scaffolds 
after 3 days of culture (P < 0.05). The highest number 
of MC3T3-E1 cells was seen on the diamond scaffold, 
followed by the CPL scaffold (Figure 8B).

3.5. Cell differentiation
ALP activity and calcium deposit levels are significant 
indications of osteogenic differentiation (Figure 8C 
and D). At 7 days after induction, the ALP activity of 
diamond scaffolds was slightly higher than that of CPL 
and cuboctahedron scaffolds, but there was no statistically 
significant difference between the three scaffolds (P > 0.05). 
Nevertheless, with the extension  of the differentiation 

period (14 days), the ALP activity of diamond scaffolds 
dramatically increased, which was significantly higher than 
that of CPL and cuboctahedron scaffolds (P < 0.05). At 7 
and 14 days, there was no significant change in ALP activity 
between CPL and cuboctahedron scaffolds (P > 0.05). In 
addition, calcium deposit increased considerably in the 
diamond scaffold, as compared with the other two scaffolds 
(P < 0.05). Although the amount of calcium salt deposited 
on the cuboctahedron scaffold was more than that on the 
CPL scaffold, there was no discernible difference between 
the two (P > 0.05). The expression of osteogenesis-related 
genes was analyzed to further assess the benefits and 
drawbacks of various unit cell scaffolds in promoting the 
osteogenic differentiation of MC3T3-E1 cells (Figure 9). 
There were substantial changes in ALP and OCN gene 
expression of MC3T3-E1 cells on the three scaffolds after 
7 days of culture (P < 0.05), according to the results. The 
cuboctahedron scaffold demonstrated the highest ALP 
expression, while the diamond scaffold demonstrated 
the highest OCN expression. Although there was no 
significant difference in Runx2 gene expression between 
cuboctahedron and diamond scaffolds (P > 0.05), their 
expression levels still dwarfed the expression level in CPL 
scaffold (P < 0.05). The expression of ALP and Runx2 genes 

Figure 8. Results of cell experiments. (A) Quantitative analysis of cell adhesion density; (B) quantitative analysis of cell proliferation; (C) quantitative 
analysis of ALP activity; (d) quantitative analysis of calcium deposition. *P < 0.05.
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in diamond scaffold was considerably higher than that in 
CPL and cuboctahedron scaffolds (P < 0.05). Although OCN 
gene expression in diamond scaffold was substantially higher 
than that in CPL scaffold (P < 0.05), there was no statistical 
difference in OCN expression level between diamond 
and cuboctahedron scaffolds (P > 0.05). These findings 
showed that the diamond scaffold promotes osteogenic 
differentiation of MC3T3-E1 cells more effectively.

3.7. X-ray and micro-CT
Three months after surgery, all scaffolds had successfully 
fused with the surrounding bone, and no loosening or 
displacement was noted (Figure 10A). According to the 
3D reconstruction of micro-CT of the femoral specimens 
(Figure 10B), new bone growth was found at the perimeter 
and inside the three scaffolds, with the periphery showing 
a greater amount of new bone formation compared with 
the interior. New bone formation outside and within the 
scaffold was separately quantified (Figure 10C). The results 
demonstrated that the BV/TV of new bone within the 500 
μm ring area surrounding the three scaffolds did not differ 
significantly (P > 0.05), even though the BV/TV ratio of 
new bone within the scaffold was significantly different (P 
< 0.05). We found that the diamond scaffold achieved the 

highest level of new bone formation (23.7%), followed by 
the cuboctahedron scaffold (22.1%). Taken together, the 
diamond unit cell was more conducive to bone ingrowth 
into scaffolds.

3.8. Goldner staining
After 3 months, we stained the hard tissue sections with 
Goldner dye and found a significant portion of newly 
formed bone in and around the three scaffolds (Figure 10D). 
The area of newly formed bone in the diamond scaffold was 
much larger than those in the CPL and cuboctahedron 
scaffolds, confirming that the diamond unit cells were more 
favorable to bone growth while having the same porosity 
and pore size.

4. Discussion
In recent years, 3D-printed porous titanium alloy scaffolds 
have been utilized extensively for the repair and regeneration 
of bone deformities, leveraging the advantages of additive 
manufacturing technology.44-46 However, the biomechanical 
and osseointegration capabilities of porous titanium alloy 
scaffolds vary greatly because of differences in porosity, 
pore size, and pore shape.47,48 Numerous studies have 

Figure 9. Results of RT-PCR. (A) Runx2 gene amplification and melting curve during RT-PCR; (B) quantitative analysis of osteogenesis-related gene 
expression. *P < 0.05.
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Figure 10. Results from animals experiments. (A) Animals were subjected to an X-ray evaluation of the surgical site three months after surgery. (B) Micro-
CT 3D reconstruction was performed on femoral samples. Yellow indicates the new bone within the scaffold; blue represents the new bone in a 500 µm ring 
surrounding the scaffold; and white represents the titanium alloy scaffold. (C) Quantitative analysis (BV/TV) of new bone formation within and outside 
the three scaffolds. *P < 0.05 compared with each other. (D) Goldner staining of hard tissue sections. The newly formed mineralized bone is depicted in 
turquoise, the osteoid in orange, and the titanium alloy scaffold in black.
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demonstrated that titanium porous alloy scaffolds with a 
porosity of 60–70% and a pore diameter of 500–700 μm 
have good mechanical and biological capabilities, although 
the aforementioned research has given insufficient attention 
to pore shape. In light of this, computer-aided software 
was utilized in this experiment to create porous scaffold 
models with 66% porosity, 600 μm pore size, and three 
lattice geometries of CPL, diamond, and cuboctahedron, 
which were then processed using SLM technology into 
Ti6Al4V scaffolds. The results of SEM and micro-CT scans 
revealed that 3D-printed Ti6Al4V scaffolds had uniform 
pore distribution, good internal connectivity, and no 
evident powder deposition or pore blockage. The actual 
porosity, pore diameter, and rod diameter of the three 
scaffolds closely matched their designed values. It can be 
demonstrated that the SLM technique has good processing 
precision and can produce the correct Ti6Al4V scaffolds 
with varying pore types, which is consistent with previous 
results in the literature.49,50

Biomechanical adaptation is a prerequisite for the use 
of porous titanium alloy scaffolds in bone defect healing. 
Not only must the yield strength match the load-bearing 
criteria, but the elastic modulus must also be comparable 
to that of human bone (3–30 GPa for cortical bone and 
0.02–3 GPa for cancellous bone),51 so as to avoid the stress 
shielding effect. The static simulation analysis revealed 
that the yield strength of Ti6Al4V porous scaffolds with 
CPL, diamond, and cuboctahedron lattice elements is 
approximately 140 MPa, which is quite different from 
the compression test result. The discrepancy can be 
justified by a fabrication error in SLM, which leads to a 
difference between the diameter of the connecting rod of 
the porous structure and the theoretical designed value. In 
addition, simulation analysis is a theoretical calculation 
of the mechanical properties of the scaffolds using the 
finite element analysis method, and the reliability of the 
results is related to the type, number of grid units, and 
material attribute assignment. Therefore, the simulation 
analysis results can only be used as a supplement to the 
research on the mechanical properties of the porous 
scaffolds, and the in vitro mechanical test data should 
still be used as the standard. According to the literature, 
the yield strength of human cortical bone is 109.6 ± 4.7 
MPa, and the yield strength of cancellous bone is 55.3±8.6 
MPa, demonstrating that Ti6Al4V scaffolds with three 
pore shapes can acquire the strength requirements of 
the human body when the porosity is 66% and the pore 
diameter is 600 μm. In addition, we evaluated the elastic 
modulus of the three types of porous scaffolds, and the 
results demonstrated that their calculated elastic modulus 
decreased to 83.6–89.5% when compared to the elastic 
modulus (110 GPa) of the dense solid titanium alloy 

material, which better met the modulus requirements of 
human cortical bone. However, the diamond scaffold has 
the lowest elastic modulus (calculated: 11.6 GPa, test: 5.360 
± 1.057 GPa), which resembles to that of human cancellous 
bone, thus lending itself to better prevention of osteolysis 
caused by stress shielding of cancellous bone. Overall, the 
diamond scaffold offers superior mechanical properties to 
those of the CPL and cuboctahedron scaffolds.

On the premise of meeting the mechanical qualities of 
human bones, how to create porous titanium alloy scaffolds 
that integrate more effectively with the surrounding bone 
has always been a topic of intense research. Li et al.52 
conducted a hydrodynamic investigation on porous 
scaffolds with various pore sizes and discovered that the 
permeability of scaffolds increased with the porosity, 
and the porous scaffolds with a pore size of 800 μm 
experienced the highest  shear stress. Li et al.53 simulated 
the fluid characteristics of two shapes of unit cells (octet 
truss and rhombic dodecahedron) with different strut 
sizes and discovered that the unit cell shape and strut size 
significantly determined and influenced other physical 
parameters and flow properties of porous scaffolds. Li  
et al.54 used CFD to analyze the fluid characteristics of five 
different unit cell types of porous scaffolds and discovered 
that different unit cells could directly lead to diverse fluid 
properties of porous implants. Porosity, pore size, and 
pore shape have a significant effect on the fluid dynamics 
of porous scaffolds, and the fluid dynamics influence the 
delivery of nutrients and the shear stress of the scaffold 
wall. Relevant research has demonstrated that nutrition 
transport and shear stress are crucial for cell adhesion, 
proliferation, and differentiation55-57. 

The present study investigated the fluid dynamics of 
three pore forms (CPL, diamond, and cuboctahedron) with 
identical porosity and pore size. The results demonstrated 
that the diamond scaffold had superior permeability and 
average flow rate compared to the cuboctahedron and CPL 
scaffolds. Therefore, diamond scaffold is comparatively 
better than others in nutrient transport, which is a crucial 
aspect of cell proliferation. In vitro investigations with 
mouse MC3T3-E1 cells revealed that the number of cells 
proliferating on diamond scaffolds was much higher than 
that on CPL and cuboctahedron scaffolds after 3 days 
of culture, confirming the results of the fluid simulation 
analysis. Shear stress study revealed that the average shear 
stress on the walls of the three types of scaffolds differed 
significantly (P < 0.05), the diamond scaffold displaying 
the smallest average shear stress, while the cuboctahedron 
scaffold the largest. Nevertheless, based on the proportion 
diagram of shear stress distribution, the diamond scaffold 
with a shear stress of 120–140 MPa accounted for the 
biggest part, whereas the other two scaffolds had the 
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largest proportion of shear stress at 0–20 MPa. Therefore, 
despite the fact that the average shear stress of the diamond 
scaffold is lower than that of the CPL and cuboctahedron 
scaffolds, the diamond scaffold has a more concentrated 
shear stress distribution and is more effective in promoting 
cell differentiation. ALP activity and calcium deposition on 
the diamond scaffold were considerably more pronounced 
than those on the other two groups 14 and 30 days after 
induction, showing that the diamond scaffold was more 
favorable to fostering osteoblast development. The results 
demonstrated that with the same porosity and pore size, 
the CPL scaffold had a greater specific surface area than the 
cuboctahedron scaffold, while the diamond scaffold had 
the smallest specific surface area. Theoretically, a larger 
specific surface area endows more space for cell adhesion. 
However, there are some discrepancies between our in vitro 
cell tests and theoretical prediction. After 3 h of culture, the 
number of adhered cells on the diamond scaffolds was only 
marginally higher than that on the CPL scaffolds (P > 0.05) 
but significantly higher than that on the cuboctahedron 
scaffold (P < 0.05). Despite the bigger specific surface 
area, the lower permeability of CPL scaffold limits the 
cells from entering the scaffold for adherence, explaining 
the insignificant difference in cell adherence between the  
two scaffolds.

In a study about local curvature and pore shape, Bael 
et al.58 determined that obtuse angles were more likely to 
obstruct cells than acute angles. According to Urda et al.,59 
straight edges and convex surfaces in pore structure are 
detrimental to cell development. Huang et al.27 discovered 
that the porous titanium alloy scaffold with dodecahedron 
unit cell exhibited superior osseointegration performance 
after studying the osseointegration performance of titanium 
alloy scaffolds with two unit cells (diamond and rhombic 
dodecahedron). Xu et al.23 compared the osseointegration 
properties of two unit cells (a hollow hexagonal prism and 
a hollow triangular prism) through animal experiments. 
They found that a hollow hexagonal prism had more new 
bone ingrowths. Changes in pore shape have a significant 
effect on the osseointegration efficiency of porous titanium 
alloy scaffolds. 

In this study, the effects of the three pore configurations 
on the adhesion, proliferation, and differentiation of 
MC3TE-E1, a mouse osteoblast precursor cell line, were 
compared. Staining with acridine orange revealed that 
a substantial percentage of MC3T3-E1 cells adhered 
to the three titanium alloy scaffolds. The percentage of 
MC3T3-E1 cells attached to scaffolds can be ranked in the 
following order: diamond > CPL > cuboctahedron. Using 
SEM and phalloidin/DAPI labeling, it was determined 
that MC3T3-E1 cells adhered well to all three scaffolds, 
with no significant differences between them. Different 

types of unit cell structures in porous titanium alloy 
scaffolds can impact the number of adhered cells but have 
minimal effect on the state of cell adhesion. The growth 
of MC3T3-E1 cells on the cuboctahedron scaffolds was 
the lowest after 3 days of culture. Cuboctahedrons did not 
demonstrate evident advantages in terms of specific surface 
area and permeability, which are linked to additional 
space and nutrients for cell proliferation. ALP activity 
detection is useful for assessing the functional condition 
of osteoblasts. At the earliest stage of differentiation, we 
found no statistically significant variation in ALP activity 
between titanium alloy scaffolds with different pore shapes 
(P > 0.05). At 14 days, the ALP activity of the diamond 
scaffold was substantially greater than that of CPL and 
cuboctahedron (P < 0.05). Mineralized nodules are the 
ultimate manifestation of the osteogenic phenotype of 
osteoblasts in vitro, as well as a sign of mineralized matrix 
development. The mineralized nodules could be dissolved 
by 10% cetyl pyridine chloride, and the absorbance value 
was proportional to the calcium ion content. After the 
dissolution of mineralized nodules, the diamond scaffold 
exhibited the highest OD value, which was much higher 
than those of CPL and cuboctahedron scaffolds (P < 0.05). 

Consistent with the results of our fluid simulation 
research, it can be extrapolated that the diamond 
scaffold has a greater influence on inducing osteogenic 
differentiation of MC3T3-E1 cells. To further elucidate 
the aforementioned impacts, the expression levels of 
osteogenesis-related genes, namely ALP, Runx2, and 
OCN, were measured quantitatively. In the process of bone 
matrix mineralization, OCN expression is the primary 
indication of osteogenic differentiation, and Runx2 is 
one of the most significant transcription factors for 
osteoblast differentiation. The results demonstrated that 
the expression of osteogenic genes on the diamond scaffold 
was superior to that on the cuboctahedron scaffold, while 
expression was lowest on the CPL scaffold. We expected 
that the diamond porous titanium alloy scaffold would 
promote osteogenic differentiation more effectively. 
The lateral femoral epicondyle of rabbits was implanted 
with three types of Ti6Al4V scaffolds with various unit 
cells. Three months after feeding, an X-ray inspection 
revealed that all scaffolds had successfully fused with the 
surrounding bone, and there was no evidence of prosthesis 
loosening or displacement. Micro-CT 3D reconstruction 
also confirmed the creation of new bone inside and around 
the scaffold. Quantitative research revealed that the amount 
of new bone surrounding the three scaffolds did not differ 
significantly; however, the amount of new bone inside the 
scaffolds is ranked in this order: diamond > cuboctahedron 
> CPL, and the difference was statistically significant (P < 
0.05). Titanium alloys are inert materials and do not release 
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any active molecules to promote the growth of surrounding 
bone after implantation in animals. Theoretically, the 
growth environments around titanium alloy scaffolds with 
different lattices are identical, rationalizing the same degree 
of new bone formation around the scaffolds. In the current 
study, however, porous scaffolds with different lattices 
have different fluid dynamics. These attributes were the 
source of variations in shear stress and nutrient transport 
inside the scaffolds, which resulted in large differences in 
the bone growth microenvironment inside the scaffolds, 
and ultimately led to varying amount of inner bone 
ingrowth. Goldner staining revealed the presence of new 
bone formation in and around the three scaffolds, with the 
diamond scaffold exhibiting the highest level of new bone 
growth. Collectively, the cell and animal studies showed 
that the diamond scaffold has the best osseointegration 
performance, followed by the cuboctahedron scaffold. 

This study is not without limitation. In the present study, 
due to a lack of funding, we were only able to compare the 
biomechanical and osseointegration properties of three 
types of porous titanium alloys, without including all the 
unit cell types previously reported.

5. Conclusion
In this study, three types of Ti6Al4V porous scaffolds 
with distinct lattices were designed and fabricated using 
computer-aided software and SLM technology, and 
their biomechanical and osseointegration properties 
were systematically investigated using static simulation 
analysis, in vitro mechanical test, CFD, and cell and animal 
experiments. The main conclusions based on the findings 
of this study are as follows:

	 (i)	 A porous Ti6Al4V scaffold with 66% porosity and 
600 μm pore size, as well as CPL, diamond, and 
cuboctahedron unit cells, can be precisely produced 
utilizing computer-aided software and SLM 
technology.

	(ii)	 Under the circumstance of identical porosity and 
pore size of porous Ti6Al4V scaffolds, the change in 
pore shape has a significant effect on yield strength, 
elastic modulus, permeability, shear stress, and 
specific surface area.

	(iii)	 The diamond porous Ti6Al4V scaffold with 
66% porosity and 600 μm pore size has superior 
biomechanical and osseointegration properties 
compared to the CPL and cuboctahedron scaffolds, 
making it an excellent option for optimizing the 
elastic modulus and osseointegration properties of 
titanium alloy implants.
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Building a degradable scaffold with 3D printing 
using Masquelet technique to promote 
osteoblast differentiation and angiogenesis in 
chronic tibial osteomyelitis with bone defects 

Fan Liu, Chaohan Wu, Xinhui Wang, Rongkang Guo, Tianhua Dong, and Tao Zhang*
Department of Emergency Trauma Center, The Third Hospital of Hebei Medical University, 
Shijiazhuang, Hebei, China

Abstract
The aim of this study was to investigate the use of three-dimensional (3D) printing 
technology to create a biodegradable scaffold loaded with WNT5A protein and 
assess its impact on chronic tibial osteomyelitis with bone defects (CTO&BD), 
focusing on osteoblast differentiation and angiogenesis. We extracted RNA from 
peripheral blood of healthy individuals and CTO&BD patients for sequencing, 
followed by differential expression and functional enrichment analysis. Network 
analysis was performed to identify core genes associated with CTO&BD and 
construct a protein–protein interaction network. Using Masquelet technique, we 
fabricated a 3D-printed biodegradable scaffold (G40T60@WNT5A) and conducted 
various experiments, including rheological testing, printability evaluation, Fourier-
transform infrared spectroscopy, X-ray diffraction, scanning electron microscopy 
analysis, as well as mechanical and degradation performance assessments. In in vivo 
experiments, we observed the formation of induced membranes in a CTO&BD rat 
model implanted with the scaffold. In vitro experiments involved the assessment 
of scaffold toxicity on rat bone marrow mesenchymal stem cells and umbilical 
vein endothelial cells, as well as the influence on osteoblast differentiation and 
angiogenesis. Molecular biology techniques were used to analyze gene and protein 
expression levels. We discovered for the first time that WNT5A may play a crucial role 
in CTO&BD. The biodegradable scaffold prepared by 3D printing (G40T60@WNT5A) 
exhibited excellent biocompatibility in vitro. This scaffold significantly promoted the 
formation of induced membranes in CTO&BD rats and further enhanced osteoblast 
differentiation and angiogenesis. In conclusion, this study utilized innovative 
3D printing technology to fabricate the G40T60@WNT5A scaffold, confirming 
its potential application in the treatment of CTO&BD, particularly in promoting 
osteoblast differentiation and angiogenesis. This research provides new methods 
and theoretical support for the treatment of bone defects. 

Keywords: 3D printing; WNT5A; Chronic tibial osteomyelitis; Bone defect;  
Osteogenic differentiation; Scaffold transplantation
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1. Introduction
Chronic osteomyelitis is a serious complication of 
orthopedic surgery.1 After the surgery, the severe damage 
to the periosteum at the lesion caused by inflammation 
weakens the ability to form bone, leading to bone necrosis 
and long-segment bone defects.2 Chronic osteomyelitis 
presents with extensive scarring, sinuses, necrotic bone, 
and dead spaces. Adding to the severity of the condition 
is the poor local blood circulation, which restricts 
antimicrobial drugs to reach the affected area, thereby 
promoting bacterial growth and subsequently leading to 
recurrent infections. Thus, these issues pose a challenge in 
clinical practice.3-5 Chronic osteomyelitis usually occurs in 
adults and is typically secondary to open bone injuries or 
bone reconstruction surgery.6,7

In 1965, Gavriil Ilizarov proposed a theory known 
as “tension-stress principle,” based on which the Ilizarov 
technique for bone sliding was conceptualized, which has 
been the preferred method for treating tibial bone defects 
and nonunion since then.8-11 Surgical debridement and 
bone grafting are conventional approaches for treating 
chronic osteomyelitis with bone defects. However, for 
patients with longer defect lengths, the difficulty in bone 
reconstruction is increased due to significant bone loss, 
resulting in often unsatisfactory patient outcomes.12 The 
Masquelet technique could produce a satisfactory induced 
membrane when bone cement is placed on the infection-
free surgical area, targeting bone defects caused by 
thorough debridement and various factors.13,14 Moreover, 
the implantation of autologous bone has relatively fewer 
limitations in terms of length, which gives it a significant 
advantage over other techniques when dealing with large 
segmental bone defects. The implantation of autologous 
bone also enhances patients’ medical experience and 
facilitates nursing care and rehabilitation.14-16 However, 
several limitations of using traditional Masquelet technique 
in bone cement filling should be acknowledged. In the 
traditional in vivo shaping method, the bone defect is filled 
with bone cement before it solidifies and wraps around the 
fracture ends for natural solidification. The solidification 
process is started during the second stage surgery once 
the bone cement becomes firmly connected to the bone 
ends; however, given its relatively large size, removal of 
the bone cement would introduce damages to the induced 
membrane and the interface between the bone cement and 
bone tissue, thus affecting fracture healing in the second-
stage bone grafting. Additionally, the heat released during 
the solidification process of the bone cement can also 
damage adjacent bone and tissues.17,18

With the increasing application of three-dimensional 
(3D) printing in orthopedics, this technology provides 

a platform for improving the compatibility of prostheses 
with bone defects and enabling the restoration of 
bone stability.19-21 Varying degrees of bone defects are 
the frequently encountered challenges in bone joint 
remodeling surgeries. Nevertheless, 3D-printed models 
could help restore the anatomical structure of bone 
joints and assist surgeons to better understand the 3D 
morphology of bone joints, in addition to other apparent 
advantages such as increased efficiency and stability of 
prosthetic matching and reduced surgical difficulty.22 
Besides, surgeons may formulate treatment plans, perform 
surgical rehearsal, and conduct evaluation using these 
models. Therefore, 3D printing stands as an obvious 
solution in the creation of customized prosthetics in the 
case of significant bone defects.23 Recently, owing to their 
favorable biocompatibility and bioactivity, there has been 
growing interest in biodegradable materials, which are 
used to promote bone tissue regeneration and repair. 
Biodegradable polymers have been widely applied in 
various functions, such as drug delivery,24 biomedicine,25 3D 
printing,26 food packaging,27 enzyme immobilization, tissue 
engineering scaffolds, nanotechnology, and technological 
applications.28 Biodegradable polymers can be generally 
classified into two categories: synthetic polymers and 
natural polymers.29 Synthetic polymers are compatible 
with the human body, can undergo biodegradation, and 
can be easily transformed into different 3D structures. On 
the other hand, natural polymers can be metabolized into 
utilizable metabolites or easily cleared by the kidneys. A 
few noteworthy advantages of biodegradable polymers 
include reduced inflammatory reactions, non-toxicity, 
and the ability to degrade enzymatically in the body.30 He  
et al. discovered that 3D-printed biodegradable PU/
PAAM/Gel hydrogel scaffolds exhibit high flexibility 
and adaptive capacity for irregular defects, making them 
suitable for non-load-bearing bone regeneration.31 Chen et 
al. found that 3D-printed scaffolds can direct extracellular 
matrix/stromal stem cells for bone and cartilage 
defect regeneration.32

According to previous research, WNT5A is closely 
related to osteogenic differentiation. Some studies have 
reported that microvesicles derived from adipocytes could 
inhibit osteogenic differentiation by secreting miR-148a, 
which targets and regulates the Wnt5a/Ror2 pathway.33-36 

In addition, it was found that activation of Wnt5a could 
mediate the mechanical stretch-induced osteogenic 
differentiation of mesenchymal stem cells.37 WNT5A is 
also associated with angiogenesis. Research has found that 
antagonizing the Wnt/β-catenin signaling pathway could 
inhibit endothelial cell proliferation, tube formation, and 
migration as well as induce endothelial cell apoptosis, 
thereby suppressing endothelial cell angiogenesis.38
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In this study, we investigated the application of 
Masquelet technique and 3D printing technology in 
the context osteogenic differentiation and angiogenesis. 
Preliminary findings suggest that utilizing the Masquelet 
technique and preparing a degradable WNT5A-loaded 
scaffold G40T60 through 3D printing could facilitate the 
formation of the induced membrane in rats with chronic 
tibial osteomyelitis and tibial bone defects (CTO&BD), 
thus promoting osteoblast differentiation and angiogenesis. 
The findings also underscored the potential of Masquelet 
technique combined with 3D printing as a promising 
treatment modality for CTO&BD, and showed that WNT5A 
may be a potential therapeutic target in CTO&BD. The 
purpose of this study is to explore and develop an advanced 
bone repair technique for the treatment of CTO&BD, 
using a 3D-printed biodegradable WNT5A-loaded scaffold 
constructed based on the Masquelet technique to promote 
healing. This innovative technology has substantial clinical 
value in the arena of bone healing. Relative to other 
3D-printed scaffolds, induced membranes created through 
bioengineering approach combined with Masquelet 
technique have superior quality and are of favorable sizes, 
which are distinct technical and biomechanical attributes. 
This technique can effectively treat orthopedic diseases, 
such as CTO&BD, that pose challenges in clinical treatment. 
Leveraging advanced technologies such as 3D printing and 
bioengineering may offer new avenue for addressing critical 
issues in current orthopedic treatments, thereby helping to 
improve patient’s quality of life and life expectancy.

2. Materials and methods
2.1. Clinical specimen collection
Ten healthy individuals and 10 patients with chronic 
osteomyelitis with bone defects were recruited in this study. 
Peripheral blood samples were collected from the human 
participants, under the approval of the Ethics Committee 
of The Third Hospital of Hebei Medical University (Ethics 
Committee number: Ke-2022-104-1). Peripheral blood 
mononuclear cells were isolated from the samples using 
heparinized tubes. Fresh peripheral blood (2–5 ml) in 
each tube was centrifuged at 400 × g at room temperature. 
Afterward, 2 ml of the upper layer of plasma was discarded, 
followed by a top-up with an equal amount of phosphate-
buffered saline (PBS). Five milliliters of single-nucleus 
isolation buffer (1:1) (bio-processing system, #25610) were 
added to a 15-ml centrifuge tube. Then, 5 ml of diluted 
whole blood was slowly added to the tube containing 
the single-nucleus isolation buffer. The suspension was 
centrifuged at room temperature for 20 min with a speed 
that ensures a smooth descent of the rotor. Specifically, the 
deceleration was set to “no break” (DECEL: set to slow). 
The cell layer in which peripheral blood mononuclear cells 
(PBMCs) reside is white.39,40

2.2. RNA extraction and sequencing
Total RNA was separated from peripheral blood samples 
using Trizol reagent (15596026, Invitrogen, CA, USA). 
RNA sample concentrations and purities were measured 
using a NanoDropTM 2000 spectrophotometer (1011U; 
NanoDrop, USA). The total RNA samples that meet the 
following criteria are used for subsequent experiments: 
RNA integrity number (RIN) ≥7.0 and 28S:18S ratio ≥1.5.

The sequencing library was generated and sequenced 
by CapitalBio Technology (Beijing, China). Each sample 
used for sequencing contained 5 μg of RNA. The Ribo-
Zero™ Magnetic Kit (MRZE706, Epicentre Technologies, 
Madison, WI, USA) was used to remove ribosomal RNA 
(rRNA) from total RNA. NEB Next Ultra RNA Library 
Prep Kit (#E7775, NEB, USA) was used for Illumina 
sequencing library construction. Then, in NEB Next First 
Strand Synthesis Reaction Buffer (5×), the RNA fragment 
was broken into fragments of approximately 300 base pairs 
(bp) in length. Reverse transcription primers and random 
primers were used to synthesize the first and second 
strands of cDNA in the reaction buffer of deoxyuridine 
triphosphate (dUTP) mix (10×) for the second strand 
synthesis reaction. The ends of cDNA fragments were 
repaired through the addition of polyA tails and the ligation 
of sequencing adaptors. After ligating Illumina sequencing 
adapters, the second strand of cDNA was digested using 
USER Enzyme (#M5508, NEB, USA) to construct a strand-
specific library. The library DNA was amplified, purified, 
and enriched through PCR. Then, the libraries were 
assessed by Agilent 2100 and quantified using the KAPA 
Library Quantification Kit (KK4844, KAPA Biosystems, 
USA). Finally, paired-end sequencing was performed on 
the NextSeq CN500 (Illumina, USA) sequencer.41,42

2.3. Quality control of sequencing data and 
alignment to reference genome
Fast Quality Control (FastQC) software v0.11.8 was used 
to check the quality of the paired-end reads on the raw 
sequencing data. Raw data were processed using Cutadapt 
software 1.18, which removed the Illumina sequencing 
adapters and poly(A) tail sequences. Reads with an N content 
exceeding 5% were removed using a Perl script. Reads with 
a 70% base quality above 20 were extracted using FASTX 
Toolkit software 0.0.13. The paired-end sequences were 
repaired using BBMap software. Finally, the filtered high-
quality reads fragments were aligned to the mouse reference 
genome using hisat2 software (0.7.12).41,42

2.4. Bioinformatics analysis
Differential gene expression analysis of mRNA was 
based on mRNA read count using the “edgeR” package 
in R language, with the criteria of |log2FC| >1 and P 
<0.05 for differential gene selection. The target genes for 
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transcription factors were predicted through the TTRUST 
website; binding sites for transcription factors and target 
genes through the JASPAR website; genes involved in E3 
ubiquitin ligase activity through the browser database; 
and potential ubiquitination sites for genes through 
the BioGRID database. STRING database was used for 
analyzing protein–protein interaction (PPI) among genes, 
while Cytoscape 3.5.1 software was used to visualize the 
PPI network. Kyoto Encyclopedia of Genes and Genomes 
(KEGG) pathway enrichment analysis on differentially 
expressed genes was performed using the “ClusterProfiler” 
package in R software. A significance level of P <0.05 was 
considered statistically significant.

2.5. Screening of differential gene expression 
Differential gene expression analysis of mRNA was 
performed using the “edgeR” package in R language, 
based on read count numbers derived from mRNA. The 
criteria for selecting differentially expressed genes were 
set as |log2FC| >0.5 and P <0.05. The “ggplot2” package 
in R was used to create volcano plots and boxplots of 
differentially expressed genes. Additionally, the “heatmap” 
package in R was used to generate heat maps of differential 
gene expression.42,43

2.6. GO and KEGG functional enrichment analyses
Functional enrichment analysis on differentially expressed 
genes was performed. The “ClusterProfiler” R package 
was used for Gene Ontology (GO) enrichment analysis, 
which performs GO functional enrichment analysis at 
three levels—biological process (BP), cellular component 
(CC), and molecular function (MF). KEGG pathway 
analysis was performed using the PANTHER database 
(http://pantherdb.org/), with a significance threshold of 
P <0.05, and the results were then visualized using the 
ImageGP website.44

2.7. Machine learning algorithms for screening 
CTO&BD-related genes
Two machine learning algorithms were applied to screen 
the candidate genes for CTO&BD. Least absolute shrinkage 
and selection operator (LASSO) is a regression method 
used for variable selection to improve prediction accuracy 
and a regression technique used for variable selection and 
regularization to enhance statistical models’ prediction 
accuracy and interpretability. Random forest (RF), 
which has no restrictions on variable conditions, has the 
advantages of better accuracy, sensitivity, and specificity. It 
could be used to predict continuous variables and provide 
predictions with no apparent changes. The R packages 
“glmnet” and “randomForest” were used for performing 
LASSO regression and RF analysis.45-49

2.8. PPI analysis
Protein–protein interaction analysis was performed using 
sequences of differentially expressed genes available from 
the STRING database(https://cn.string-db.org/cgi/), 
with the species set to human. The analyzed results were 
imported into Cytoscape 3.6.0 software for visualization, 
and the top 30 nodes in the PPI network were ranked 
based on their degree values.50,51

2.9. Preparation of brackets
A 12% w/v gelatin solution was prepared by adding gelatin 
powder to distilled water, followed by homogenization at 
65°C for 15 min to make an aqueous gelatin solution. The 
beta-tricalcium phosphate (β-TCP) powder and gelatin 
solution were mixed in different ratios to prepare scaffolds 
(G80T20, gelatin:β-TCP, 80:20; G60T40, gelatin:β-TCP, 
60:40; G40T60, gelatin:β-TCP, 40:60), followed by stirring 
at 60°C for 2 h. Brackets in various sizes were printed using 
a 3D bioprinting system, with a speed of 300 mm/min and 
a syringe size of 21 G. Each of the brackets had a thickness 
of 500 µm and a spacing of 700 µm. After bioprinting, the 
samples were cross-linked in 25% glutaraldehyde vapor at 
room temperature for 24 h. Unreacted aldehyde groups 
were capped with a 0.1 M glycine solution.42

2.10. Rheological testing
The rheology of composite hydrogel scaffolds comprising 
gelatin and β-TCP was tested using a rheometer (MARS 
40; Haake, Germany) with parallel plates (diameter: 60 
mm). The viscosity and storage modulus (G’) at 25°C were 
measured, and the gel point at a heating rate of 1°C/min 
from 25 to 45°C was determined.52

2.11. Printability assessment
The printability of hydrogels prepared was evaluated with 
the aid of optical imaging. The bioprinting conditions for 
composite hydrogels, despite the different mixing ratios, 
remained the same, while the optimal pressure for each 
ratio was determined to ensure uniform extrusion.52

2.12. Fourier-transform infrared spectroscopy, X-ray 
diffraction, and scanning electron microscopy
To analyze the physical characteristics of the G40T60 
bracket, attenuated total reflection infrared spectroscopy 
(ATR-IR; ALPHA, Bruker, Belgium) was used to analyze the 
spectral range of β-TCP in the wavelength region of 400–
4000 cm-1 with a resolution of 2 cm-1. The sample’s crystal 
and amorphous phase regions were verified using an X-ray 
diffractometer (SmartLab; Rigaku Corporation, Japan) 
with an X-ray diffraction (XRD) working power of 9 kW 
and using a field emission scanning electron microscope 
(FE-SEM; Nova Nano SEM 200; FEI Corporation, USA). 
Before the scanning electron microscopy (SEM) analysis, 
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the sample was heated for 3 min using a sputter coating 
device (SCD 005; BAL-TEC, Liechtenstein) at a current of 
30 mA.52

2.13. Mechanical experiment
The G40T60 bracket was placed on a load cell with a 
capacity of 500 N on a universal testing machine (EZ 
Test; SHIMADZU, Japan). The compressive strength of 
the bracket was measured at a crosshead speed of 5 mm/
min. The compressive strength of five samples for each 
proportion was determined for the measurements of mean 
and standard deviation.52

2.14. Degradation experiment
β-TCP was incubated in PBS at 37°C for 4 weeks; the PBS 
was replaced every 3 days. After incubation, the samples 
were dried using a freeze-dryer (TFD8503; Yixin Laboratory 
Co., Ltd., China) for 14 or 28 days. The degradation value 
(Wd [%]) was calculated using Equation I: 

	 W
W W

Wd
before after

before

(%) �
�

�100 � (I)

where Wbefore and Wafter are the weights of the sample before 
and after degradation, respectively (n = 3).52

2.15. Embedding WNT5A in a 3D-printed scaffold
A 3D bioprinting system was utilized to print the scaffold, 
with the following settings: speed = 300 mm/min, syringe 
size = 21 G, bracket thickness = 500 µm, and spacing = 700 
µm. After bioprinting, the sample was cross-linked at room 
temperature in 25% glutaraldehyde vapor for 24 h, resulting 
in a 3D-printed scaffold loaded with WNT5A (WNT5A 
final concentration of 500 μg/ml). Unreacted aldehyde 
groups were capped with a 0.1 M glycine solution.52

2.16. Cell culture and identification
Bone marrow mesenchymal stem cells (BMSCs) from 
healthy rats (catalog number: CP-M131, Procell, China) 
were cultured in α-MEM medium (catalog number: 
SH30265.01, HyClone, Thermo Fisher Scientific, USA) 
supplemented with 15% fetal bovine serum (FBS; catalog 
number: 10091148, Thermo Fisher Scientific, USA) and 
100 U/ml penicillin–streptomycin solution (catalog 
number: 10378016, Thermo Fisher Scientific, USA). The 
culture was incubated at 37°C in a 5% CO2 environment.

The BMSCs identification process started with the 
preparation of a single cell suspension (1 × 106/ml) after 
washing the cells with PBS. Various fluorescently labeled 
antibodies were added to different groups, including 
CD44-FTITC (MA5-17522, Thermo Fisher Scientific), 
CD90-PE (ab33694, Abcam, UK), CD45-FITC (ab33916, 
Abcam, UK), CD34-PE (ab223930, Abcam, UK), and IgG 

(ab150165, Abcam, UK). After incubation at 4°C for 30 
min, unbound antibodies were washed away with PBS. 
The cells successfully targeted by the labeled antibodies 
were analyzed by means of flow cytometry. To study the 
differentiation of BMSCs into osteoblasts, adipocytes, and 
chondrocytes, an array of approaches including reagent 
kit (PD-003/4/5, Procell), Alizarin red staining (ARS), 
oil red O staining, and Alcian blue staining were used to 
observe the osteogenic, adipogenic, and chondrogenic 
differentiation abilities of BMSCs. The above methods 
confirmed the osteogenic, adipogenic, and chondrogenic 
differentiation capacity of the BMSCs used in this study 
(Figure S1A in Supplementary File), and they showed high 
expression of CD44 and CD90 but no expression of CD45 
and CD34 (Figure S1B in Supplementary File), making 
them suitable for use in the subsequent experiments.

The rat umbilical vein endothelial cells (UVECs) 
(catalog number: CP-R232, Procell, China) was cultured 
in endothelial cell medium (ECM; 1001, Wegene, China) 
supplemented with 5% fetal bovine serum, 1% v/v 
penicillin/streptomycin, and 1% endothelial cell growth 
supplement (ECGS; KGY1052, Kaiji, China). The cells were 
incubated at 37°C in a 5% CO2 environment. UVECs from 
the second to the fifth passages were used for subsequent 
experiments to investigate their cellular functions.53-55

2.17. Testing of 3D scaffold cytotoxicity  
2.17.1. Cell adhesion and cell morphology detection
To investigate the cell viability and adhesion of BMSCs and 
UVECs on the scaffold, we used the LIVE/DEAD Viability/
Cytotoxicity Assay Kit (Invitrogen, USA) for detection. 
The sample was washed once with PBS after removing the 
culture medium. A dye solution containing 4 ml of calcein-
AM and 2 ml of homodimer-10 was added to each sample. 
After being left for reaction at 37°C for 30 min, the scaffold 
was washed with PBS. The live and dead cells on the 
scaffold were observed under a fluorescence microscope 
(Eclipse Ti, Nikon, Japan), and the cell morphology on the 
scaffold was examined using FE-SEM.

In addition, the scaffolds cultivated for 4 and 7 days 
were washed twice with PBS, for 5 min each time, and then 
chemically fixed with a 2.5% glutaraldehyde solution. Then, 
the cells were dehydrated in a gradient series of ethanol 
solutions (50%, 75%, 85%, 95%, and 100%), taking 10 min 
for incubation in each ethanol solution. After dehydration, 
the bracket was air-dried and coated with gold through a 
sputtering deposition for 3 min at 30 mA. Finally, the gold-
plated bracket was observed using SEM.52

2.17.2. CCK-8 cell proliferation assay
BMSCs were seeded at a density of 1 × 104 cells/well in a 48-
well plate coated with scaffolds. On the 4th, 7th, and 10th 
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days of cultivation, fresh medium containing 10% CCK8 
(CA1210, Solarbio) was added to the 48-well plate. The 
plate was then incubated under light-shielding conditions 
for 1 h. Subsequently, the absorbance of the supernatant 
culture medium in a 96-well plate (100 μl per well) was 
measured at 450 nm using a microplate spectrophotometer 
(Bio-Tek, UK).55

2.18. CTO&BD rat model construction
Twenty-four Sprague-Dawley rats (male, 7 weeks old, 
weighing 250–300 g) were purchased from Beijing Vital 
River Laboratory Animal Technology Co., Ltd. (strain 
code: 101, Beijing, China). The rats were housed in an SPF-
level animal laboratory maintained at a humidity of 60% 
to 65% and a temperature of 22 to 25°C. They were given 
ad libitum food and water under a 12-h light/dark cycle. 
After a week of adaptation feeding, the health status of 
the rats was observed before the experiment commenced. 
All animal experiments have been approved by the 
Animal Ethics Committee of the Third Hospital of Hebei 
Medical University (No. KSD2022-033-1), and all animal 
experiments in this study comply with the local principles 
for the management and use of experimental animals.

Under general anesthesia, the eccentric exercise of the 
triceps surae in the rat’s leg was performed 3 times a week 
for 1 h each time (30 stimuli per minute) to induce Achilles 
tendinitis and tendon disorders, which are equivalent to 
tendinopathy. After 3 weeks, a longitudinal incision was 
made on the lateral side of the rat’s left thigh skin, followed 
by dissection of the skin and subcutaneous tissue, blunt 
separation of fascia and muscle, and exposure of the 
femur. A 6-hole steel plate was placed on the outer side 
of the femur, and one screw was inserted into the distal 
and proximal ends after adjusting the position. We found 
that the length of the bone section in the steel plate was 0.5 
cm using a sterile stainless steel ruler. The steel plate was 
secured with toothed forceps at the proximal and distal 
ends and partially cut through with an electric oscillating 
saw (leaving approximately 1/5 of the bone closest to the 
steel plate). Then, a diamond saw blade was used to cut 
through the remaining bone in the proximal and distal 
regions of the bone section. The bone section was removed, 
and a pre-prepared G40T60@WNT5A scaffold was placed 
in the bone defect area.

The G40T60@WNT5A scaffold was secured with 2-0 
sutures to prevent displacement. In the control group, 
WNT5A, in a concentration equal to that of G40T60@
WNT5A, was applied to the corresponding defect area 
to build a CTO&BD model.56 The rats were randomly 
divided into four groups, each consisting of six rats: 
(i) PBS group, in which an animal received only a PBS 

injection of equal volume; (ii) G40T60 group, in which a 
scaffold was applied to each animal; (iii) WNT5A group, 
in which an animal received only an injection of WNT5A 
in a concentration equal to that of G40T60@WNT5A; (iv) 
G40T60@WNT5A group, in which G40T60@WNT5A 
scaffold was transplanted to the defect site of each animal. 
The final concentration of WNT5A is 500 μg/ml. After 
2 weeks of treatment, the rats were euthanized. The skin 
over the original surgical incision on the left thigh was 
cut open to expose the muscle and fascial tissues, and the 
induced membrane formed on the surface of the scaffold 
was removed.

2.19. Induction of osteoblast differentiation and 
identification of osteoblasts
BMSCs were cultivated with induced membrane. An 
osteogenic induction medium comprising of 10 mM 
β-glycerophosphate, 100 nM dexamethasone, and 50 
mg/ml ascorbic acid-2-phosphate in the BMSCs culture 
medium was prepared. The culture medium should be 
replaced every 3 days during the induction of BMSCs 
osteogenic differentiation. Cells were obtained after 
using GelMA lysis reagent kit (EFL-GM-LS-001, Suzhou, 
China) and trypsin (R001100, Thermo Fisher Scientific) to 
degrade the hydrogel.

2.19.1. Alkaline phosphatase staining
Alkaline phosphatase (ALP) staining was performed using 
an ALP staining kit (40749ES60, Yeasen, China), following 
the manufacturer’s instructions for detection. Fixed with 
4% paraformaldehyde for 7 days, the BMSCs were washed 
with PBS and stained for 30 min. Stained cells were imaged 
using a microscope (IX73, OLYMPUS, Japan). Meanwhile, 
we evaluated the ALP activity of the cell lysates of BMSCs 
using ALP activity assay kit (MAK411, Sigma-Aldrich). 
After being incubated with p-nitrophenyl phosphate 
solution, the absorbance of the cell lysates was measured 
at 520 nm using a microplate spectrophotometer (Bio-
Tek, Thermo Fisher Scientific, USA) to determine the 
ALP activity.

2.19.2. Alizarin red S staining
The calcium deposited in the BMSCs induced for 21 days 
was stained with Alizarin red S (ARS) solution. BMSCs 
were fixed with 4% paraformaldehyde and stained with 
ARS solution (PH 1354, PHYGENE, China) at room 
temperature for 30 min, followed by PBS washing. The 
stained cells were then imaged using an inverted microscope 
(IX73, OLYMPUS). The calcium deposits stained with 10% 
cetylpyridinium chloride (CPC, C0732, Sigma-Aldrich) 
were dissolved in a microplate spectrophotometer at 562 
nm to measure the absorbance, which helps gauge the 
degree of mineralization.55
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2.20. Transwell, scratch assay, and tube  
formation assay 
First, the migration of UVECs was assessed through 
Transwell experiments. UVECs, co-cultured and 
trypsinized, were resuspended and then seeded on the 
apical chamber of 8.0 μm Transwell inserts (BDFalcon™, 
USA) at a density of 2 × 105/insert. The induced membrane 
was placed in the sub-chamber. After 24 h, the cells were 
fixed with 4% paraformaldehyde for 30 min and then 
stained with 0.1% crystal violet. Imaging of migrating cells 
was performed using a microscope (IX73, OLYMPUS).

Scratch assay was used to detect the migration of 
UVECs. UVECs were seeded at a density of 2 × 105 cells/
well in a 12-well plate and allowed to grow until 100% 
confluence. Scratch, measuring approximately 600 μm 
in width, was made on monolayers after 3 h of nutrient 
deprivation. Cells were incubated at 37°C and 5% CO2 with 
different induced membranes (i.e., induced membranes 
were soaked in serum-free culture medium for 72 h) for 12 
h. Then, the cells were imaged using a microscope (IX73, 
OLYMPUS). The relative closure degree of quantified 
scratches was measured using ImageJ software.

The tube-forming ability of UVECs was also assessed. 
After being thawed overnight on ice, the UVECs in a 
48-well plate were added with 250 μl of Matrigel (BD 
Biosciences, USA) and incubated at 37°C for 30 min 
to allow gel formation. The UVECs were inoculated at 
a concentration of 2.5 × 104/cell in Matrigel and treated 
with different elution media. Subsequently, the cells were 
incubated at 37°C in 5% CO2 for 6 h. Then, the cells were 
imaged using a microscope (IX73, OLYMPUS),55 while 
quantitative analysis was performed using ImageJ software.

2.21. Hematoxylin and eosin staining 
The extracted induced membrane was fixed with 4% 
formaldehyde, and after 24 h of fixation, paraffin embedding 
and slicing were performed. The routine hematoxylin and 
eosin (H&E) staining was carried out. Briefly, after being 
subjected to gradient alcohol dehydration, the slides were 
stained in hematoxylin for 3 min, and then rinsed with tap 
water. Next, 0.5% hydrochloric acid alcohol differentiation 
solution was applied for 10 s, and then the slides were 
rinsed with water. Counterstaining with bluing solution 
was performed for 10 min, and then the slides were stained 
with eosin solution for 5 min. Subsequently, routine 
dehydration, application of coverslips, and ultimately 
sealing with neutral gum were performed. The slides were 
observed under an optical microscope (XP-330, Shanghai 
Bingyu Optical Instrument Co., Ltd., Shanghai, China). In 
particular, the cells, fibrous tissue, and microvessels in the 
induced membrane were observed.57,58

2.22. Double immunofluorescence 
The cells were fixed with 4% paraformaldehyde at room 
temperature for 15 min, and then washed twice with PBS. 
The cells were permeabilized with 0.5% Triton X-100 
(P0096, Beyotime, China) for 10 min. Then, the cells were 
incubated overnight at 4°C with primary antibodies: sheep 
anti-OPN (ab11503, 1:200, Abcam, UK) and rabbit anti-
RUNX2 (#12556, 1:6400, CST, USA). After washing the 
slides 3 times with PBS, the slides were incubated with Alexa 
Fluor 488-conjugated secondary antibody (ab150129/
ab150077, 1:200, Abcam, UK) for 1 h. Then, the slides were 
washed 3 times with PBS and stained with DAPI (10 μg/
ml; D3571, Thermo Fisher, USA) at room temperature for 
10 min. The slides were stored at 4°C and then observed 
using a fluorescent microscope (IMT-2, Olympus).59

2.23. RT-qPCR 
Total cellular RNA was extracted using Trizol (Catalog #: 
16096020, Invitrogen, USA). The purity and concentration 
of the obtained RNA were assessed by measuring the 
absorbance of the solution at 260 and 280 nm by means 
of spectrophotometry. The A260/A280 ratio of the sample 
should be ≥1.8. To obtain cDNA, reverse transcription was 
performed using the Reverse Transcription Kit (Catalog 
number: 11483188001, Roche, Switzerland). Reaction 
conditions were set as follows: 42°C for 15 min (reverse 
transcription reaction); 85°C for 5 s (reverse transcriptase 
inactivation reaction). The reverse-transcribed cDNA was 
diluted to 50 ng/μl for subsequent fluorescence quantitative 
polymerase chain reaction (PCR). PCR was performed 
using the LightCycler 480 SYBR Green I Master under the 
following conditions: initial denaturation at 95°C for 10 min, 
followed by denaturation at 95°C for 15 s, annealing at 60°C 
for 20 s, and extension at 72°C for 20 s, for a total of 40 cycles. 
With Gapdh as the internal reference, 2-ΔΔCt method was 
employed. 2-ΔΔCt represents the fold change in expression 
of the target gene in the experimental group compared to the 
control group,60 and the formula is given in Equation II: 

  ΔΔCt = ΔCt experimental group − ΔCt control group� (II)

where ΔCt = Ct (target gene) − Ct (reference gene). The 
experiment was repeated 3 times. The primer sequences 
can be found in Table S1 (Supplementary File). 

2.24. Western blot 
Total protein was extracted from tissues or cells using 
efficient RIPA lysis buffer (C0481, Sigma-Aldrich, USA) 
containing 1% proteinase inhibitor and 1% phosphatase 
inhibitor (ST019-5mg, Beyotime, Shanghai, China), in strict 
adherence to the manufacturer’s instructions. After 15 min of 
cracking at 4°C, the suspension was centrifuged at 15,000 r/
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min for 15 min. The supernatant was extracted, and the BCA 
assay kit (23227, TH&Ermo, USA) was used to determine 
the protein concentration of each sample. Quantification 
was performed by adding a 5× loading buffer (P0015, 
Beyotime, China)—the volume of which is subjected to the 
concentration of protein—followed by protein separation 
through polyacrylamide gel electrophoresis. The proteins 
were then transferred to a PVDF membrane (IPVH00010, 
Millipore, Billerica, MA, USA), which was then blocked at 
room temperature with 5% bovine serum albumin for 1 h. 
After adding antibodies such as rabbit anti-RUNX2 (#12556, 
62 kDa, 1:1000, CST, USA), mouse anti-ALPL (#4747, 80 
kDa, 1:1000, CST, USA), rabbit anti-GAPDH (#92310, 
37 kDa, 1:1000, CST, USA), rabbit anti-Angiopoietin 1 
antibody (ab8451, 1:1000, Abcam, UK), mouse anti-Pecam1 
(CD31) antibody (ab9498, 1:1000, Abcam, UK), and rabbit 
anti-VCAM1 antibody (ab134047, 1:1000, Abcam, UK), the 
membranes were incubated overnight at 4°C. The next day, 
the membrane was washed with TBST for 5 min for 3 times. 
Then, the membrane was incubated with HRP-conjugated 
goat anti-rabbit IgG (1:2000, ab205718, Abcam, UK) or 
goat anti-mouse IgG (1:2000, ab6789, Abcam, UK) at room 
temperature for 1.5 h. After incubation, the membrane was 
washed with TBST for 5 min for 3 times. Then, developing 
solution (NCI4106, Pierce, Rockford, IL, USA) was added 
to the membrane. The ImageJ software was used for protein 
quantification analysis, which is based on the ratio of the 
grayscale value of each protein to the grayscale value of the 

internal reference GAPDH.61 Each experiment was repeated 
3 times.

2.25. Statistical analysis
The data was analyzed using SPSS 21.0 (IBM, USA) 
software. The measurement data was expressed as mean 
± standard deviation. Normality and homogeneity of 
variance tests were conducted. If the data followed a normal 
distribution and exhibited homogeneity of variance, t-tests 
were used for between-group comparisons. For multiple 
group comparisons, one-way analysis of variance (ANOVA) 
was used, followed by post hoc tests using Tukey’s method. 
Repeated-measures ANOVA combined with post hoc 
tests using Tukey’s method was conducted for analyzing 
comparisons between different time points within groups. P 
<0.05 indicates that the difference is statistically significant.

3. Results
3.1. Seventy-nine candidate genes related to 
CTO&BD were identified through transcriptome 
sequencing of clinical samples
First, high-throughput sequencing was performed on 
peripheral blood samples collected from healthy volunteers 
and patients with CTO&BD. The differential analysis 
identified 79 differentially expressed genes (DEGs), as 
shown in the heat map and volcano plot (Figure 1A and B). 
Among them, 53 genes were significantly upregulated, and 
26 were significantly downregulated.

Figure 1. Screening of CTO&BD-related differentially expressed genes. (A) Heat map showing differential expression of genes of healthy volunteers and 
CTO&BD patients analyzed by high-throughput sequencing. Control group: n = 6, disease group: n = 6. (B) Volcano plot showing differential expression 
of genes of healthy volunteers and CTO&BD patients analyzed by high-throughput sequencing. Red represents upregulated genes, green represents 
downregulated genes, and gray represents genes with no differential expression.
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3.2. Osteogenic differentiation and angiogenesis 
may be involved in the progression of CTO&BD
Next, functional enrichment analysis of GO and KEGG 
was conducted for the 79 DEGs. First, the GO functional 
analysis results indicated that 1317 DEGs were mainly 
enriched in BP in terms of positive regulation of endothelial 
cell proliferation (GO:0001938), cell fate commitment 
(GO:0045165), mesenchyme development (GO:0060485), 
and mesenchymal cell differentiation (GO:0048762), 
among others. In CC, they were mainly enriched in 
adherens junction (GO:0005912), lamellipodium 
(GO:0030027), GABA-ergic synapse (GO:0098982), and 
semaphorin receptor complex (GO:0002116), among 
others. In MF, they are mainly enriched in receptor-
ligand activity (GO:0048018), signaling receptor activator 
activity (GO:0030546), cytokine activity (GO:0005125), 
and growth factor activity (GO:0008083), among others 

(Figure 2A and B). Based on the GO functional enrichment 
analysis results above, DEGs were mainly involved in 
biological processes such as cell proliferation, stromal stem 
cell development, and differentiation, with activity related 
to receptor ligands, cytokines, and growth factors.

In addition, KEGG pathway analysis revealed that 
DEGs were mainly enriched in signaling pathways 
such as angiogenesis, Alzheimer’s disease-presenilin 
pathway, Cadherin signaling pathway, Wnt signaling 
pathway, and TGF-beta signaling pathway (Figure 2C). 
Literature reports indicate that vasculogenesis is closely 
related to osteogenesis, bone repair, and regeneration. 
Stimulating vasculogenesis could enhance the osteogenic 
differentiation potential of BMSCs, and activation of 
the Wnt/β-catenin signaling pathway could promote 
osteogenic differentiation and vasculogenesis.62-64

Figure 2. Enrichment analysis of differentially expressed genes (DEGs) in GO and KEGG terms. (A) Bubble plot showing the enrichment of DEGs in 
biological process (BP, top), cellular component (CC, middle), and molecular function (MF, bottom) categories based on GO analysis. The size of the circles 
denotes the number of enriched genes, and the change of color from blue to red indicates the decreasing P value. (B) Circular plot showing the enrichment 
of DEGs in the main BP pathways. (C) Enrichment analysis of DEGs in KEGG pathways. The size of the circles denotes the number of enriched genes, and 
the change of color from green to red indicates the decreasing P value.
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Figure 3. Selection of disease-related genes using random forest and LASSO regression analysis. (A) Cross-validation error curve of random forest analysis. 
The x-axis represents the number of trees, and the y-axis represents the cross-validation error. The lines of three different colors represent the errors of 
different groups. The black line represents the error of all samples, the red line represents the error of the disease group, and the green line represents the 
error of the control group. (B) Bubble plot ranking genes based on their importance calculated by the RF algorithm. The plot shows the top 30 genes based 
on importance. (C) Cross-validation error curve of LASSO regression. The x-axis represents log(λ) values, and the y-axis represents binomial deviance. 
The upper part of the plot shows the number of genes retained for each log(λ) value used in the calculation. The dotted line represents the log(λ) value 
corresponding to the optimal binomial deviance and the number of retained genes. (D) Venn diagram showing the intersection of disease-related genes 
selected by random forest and LASSO regression analysis.

In light of this, we speculate that osteogenic 
differentiation and vascular formation may be involved in 
the progression of CTO&BD.

3.3. Machine learning filters vital candidate genes 
for CTO&BD
Further, candidate disease feature genes were obtained 
through machine learning algorithms. We first conducted 
random forest analysis on the DEGs and obtained 10 
disease-associated genes (PLEK2, TMEM176B, HTR2B, 

SCGB1A1, CELF3, PPP1R14D, NXN, WNT5A, LSM1, 
and MROH6) based on their gene importance ranking 
(Figure 3A and B). LASSO regression analysis identified 
three disease-associated genes (SCGB1A1, BEGIN, and 
WNT5A) (Figure 3C). Then, we derived the critical 
disease-specific genes SCGB1A1 and WNT5A from the 
overlapping zone of the genes obtained from both machine 
learning algorithms (Figure 3D). Therefore, we speculate 
that SCGB1A1 and WNT5A may be essential candidate 
genes that regulate CTO&BD progression.
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Figure 4. Selection of critical factors in CTO&BD. (A) Protein–protein interaction (PPI) network of proteins encoded by differentially expressed genes. 
Nodes represent proteins, and different colors represent degree values, with colors changing from blue to red indicating the increasing degree values. Edges 
represent the interactions between proteins. (B) Bar graph showing the top 30 genes ranked by the degree values. The red arrow points to SCGB1A1 and 
WNT5A. (C) Box plot showing the differential expression of SCGB1A1 and WNT5A in high-throughput sequencing analysis. Control group: n = 6, disease 
group: n = 6. *P < 0.05, **P < 0.01 compared to the control group.

3.4. Bioinformatics screening identified WNT5A as 
the key factor of CTO&BD 
Next, we imported the proteins encoded by the DEGs 
obtained from high-throughput sequencing into the 
String database for PPI network analysis. The PPI network 
relationships were visualized using Cytoscape software 
(Figure 4A). The degree values of each protein in the PPI 
network were calculated and sorted. It was found that both 
SCGB1A1 and WNT5A were among the top 30 proteins 
in the degree ranking. The degree value of WNT5A (18) 
was much higher than that of SCGB1A1 (6) (Figure 4B). 
Differential analysis results of high-throughput sequencing 
showed that WNT5A and SCGB1A1 were downregulated 
in CTO&BD, and the differential expression of WNT5A 
was more significant (Figure 4C). According to published 
literature, deferoxamine induces Wnt5a expression to 
promote osteogenic differentiation, while overexpression 
of miR-148a inhibits osteogenic differentiation by 
suppressing the Wnt5a/Ror2 pathway. Transcriptional 
activation of Wnt5a in fibroblasts could promote VEGF-
independent angiogenesis.33,65,66 Therefore, WNT5A may 
be essential in regulating osteogenesis and angiogenesis 
processes in CTO&BD.

3.5. Printability assessment of 3D-printed 
biodegradable brackets
To evaluate the printability and mechanical properties 
of gelatin/β-TCP composite hydrogel, we first analyzed 
its rheological data. For 3D bioprinting, hydrogels must 
have shear-thinning and dilution properties. According 
to the shear rate measurements of viscosity, all groups 
showed shear-thinning behavior, confirming that the 
hydrogel is a deformable material (Figure 5A). To 
evaluate the mechanical properties of hydrogels based 
on the proportion of β-TCP, G’ was measured during the 
frequency sweep process. With the increase of β-TCP 
content, the G’ value also increased, indicating that the 

stiffness of the hydrogel also increased (Figure 5B). We 
conducted an analysis of the hydrogel’s gelation point in 
relation to its temperature to determine the stability of the 
material for bioprinting applications. The four groups were 
all in a gel state below 31°C, and the addition of β-TCP 
had no significant effect on the printability of the hydrogel 
at room temperature (Figure 5C). Gels, G80T20, G60T40, 
and G40T60 displayed uniform compression at pressures 
of 230, 360, 380, and 430 kPa, respectively, as observed 
optically (Figure 5D). As the content of β-TCP increases, 
higher pressure is required to obtain uniform chains. 
The pressure required for bioprinting material extrusion 
depends on the material’s stiffness. Therefore, the G40T60 
hydrogel, which had the highest hardness, required a 
higher pressure. Under the microscope, the observation of 
the composite scaffold prepared under optimized pressure 
confirmed a strut thickness of 500 µm (Figure 5E).

3.6. The chemical composition, crystallinity, 
surface morphology, compressive strength, and 
degradation characteristics of the scaffolds were 
characterized
We further characterized the scaffolds’ chemical 
composition, crystallinity, surface morphology, 
compressive strength, and degradation properties. 
Figure 6A shows the composite scaffold’s Fourier-
transform infrared (FTIR) spectra cross-linked with 2.5% 
glutaraldehyde, which confirmed the presence of collagen 
and β-TCP in the scaffold and stable interactions between 
these components. The XRD pattern of the scaffold is 
shown in Figure 6B. At 2θ = 20–25°, gelatin exhibits a 
large and broad peak, indicating the presence of the peak 
β-TCP in the amorphous region of the gelatin phase in 
all composite scaffolds. With an increase in the gelatin 
amount, the intensity of these peaks decreases due to an 
increase in amorphous gelatin. The surface morphology of 
the freeze-dried scaffold is shown in Figure 6C. We found 
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Figure 5. Fabrication of 3D-printed scaffolds. (A) Detection of shear rate viscosity behavior. (B) Detection of shear storage modulus at varying frequencies. 
(C) Detection of gelation temperature. (D) Evaluation of extrusion uniformity. (E) Representative views of the 3D-printed objects.
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that the collagen matrix formed an interconnected porous 
structure in the scaffold, and the β-TCP nanoparticles 
were uniformly distributed in the collagen phase. After the 
freeze-drying process, the scaffold made of gelatin did not 
retain its shape, but the addition of nanoparticles helped 
maintain the uniform structure of the chains. Compression 
testing analyzed the mechanical performance of the 
printed scaffolds’ (Figure 6D and E). The results showed 
that the average compressive strength of the gelatin group 
was the lowest (0.4 ± 0.14 MPa), while the compressive 
strengths of G80T20, G60T40, and G40T60 were 4.12 ± 
0.22, 8.41 ± 1.41, and 11.45 ± 1.96 MPa, respectively. The 
degradation of samples was measured for 4 weeks in PBS, 
and the freeze-dried samples were weighed to obtain the 
Wd value (Figure 6F). The results indicated that the scaffold 
containing only gelatin degraded, while the degradation 
rate of the gelatin/β-TCP composite scaffold decreased 
with an increase in β-TCP content. 

Therefore, it is evident that the degradation rate of the 
composite scaffold can be manipulated by preselecting the 
proportion of its constituent components.

3.7. G40T60 has good biocompatibility
To investigate the biocompatibility of the scaffolds, we 
first assessed the attachment and viability of fluorescently 
stained BMSCs and tested them on scaffolds synthesized 
in various ratios. After incubating for 24 h and 72 h in 
G80T20, G60T40, and G40T60, we confirmed through 
fluorescence microscopy that the majority of live cells 
(green) were attached to the scaffolds in the group with the 
highest β-TCP ratio, G40T60. It is known that unreacted 
aldehyde groups generated by crosslinking methods could 

lead to toxicity. However, we confirmed through live/
dead imaging of cell viability that the inhibition reaction 
of glycine was successful, resulting in almost no observed 
dead cells (in red), indicating that the scaffold is not at all 
cytotoxic (Figure 7A). The morphology and migration of 
BMSCs on the scaffold were evaluated by SEM (Figure 7B).

After 4 days of cultivation in G80T20, G60T40, and 
G40T60 at 37°C, every cell exhibited a round shape. 
However, after 7 days, we found filamentous projections 
growing from the pre-osteoblasts attached to the scaffold 
surface. After co-culturing the scaffolds with BMSCs, cell 
proliferation was assessed at different time points. The 
CCK8 assay was used to measure cell proliferation on 
the scaffolds. The results showed that the absorbance was 
measured after 4, 7, and 10 days of incubation, and the 
G40T60 group had the highest proliferation rate (Figure 7C). 
Cell proliferation was increasing until the 7th day, but 
showed sign of reduction on the 10th day. This proliferation 
reduction could be explained by cell differentiation.

The above results indicated that G40T60 could promote 
cell proliferation in the first 10 days and promote BMSCs 
differentiation after 10 days, demonstrating the excellent 
biocompatibility of G40T60. Therefore, the G40T60 
scaffold was chosen for further investigation.

3.8. G40T60@WNT5A promoted the formation of 
induced membranes in CTO&BD rats, promoting 
osteogenic differentiation
During the bone formation phase, the BMSCs in the bone 
marrow gradually differentiate into osteoblasts. Osteoblasts 
secrete some collagen fibers around themselves, promoting 

Figure 6. Characterization of 3D-printed scaffolds. (A) Fourier-transform infrared spectroscopy (FTIR) of the scaffold. (B) X-ray diffraction (XRD) 
pattern of the scaffold. (C) Scanning electron microscopy (SEM) images of the scaffold. (D) Stress–strain curve. (E) Compressive strength of the scaffold 
with different proportions of β-tricalcium phosphate. (F) Degradation of gelatin/β-tricalcium phosphate scaffold at 37°C in phosphate-buffered saline. *P 
< 0.05; the experiment was repeated 3 times.
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calcium deposition on the collagen fibers. Meanwhile, 
osteoblasts further transform into osteocytes.67 There 
have been studies showing that WNT5A could directly or 
indirectly promote the osteogenic differentiation of BMSCs.68

To further investigate the effect of WNT5A-loaded 
G40T60 on the osteogenic differentiation of BMSCs, we 
co-cultured BMSCs with each group and then observed 
the effect of each group’s treatment on the osteogenic 
differentiation of BMSCs. Following the ALP staining and 
ARS staining on the 7th and 21st days, respectively, to 
induce BMSCs osteogenic differentiation, compared with 

the PBS group, the G40T60 and WNT5A groups displayed 
significant ALP and ARS staining intensity, indicating 
that G40T60 and WNT5A significantly promoted 
BMSCs osteogenic differentiation. Furthermore, BMSCs 
osteogenic differentiation was significantly enhanced 
in the G40T60@WNT5A group, as compared with the 
G40T60 and WNT5A groups (Figure 8A and B).

Furthermore, using RT-qPCR and Western blot, we 
were able to detect the expression levels of osteogenic 
differentiation markers, such as Runx2, Osterix, Alpl, Opn, 
and Ocn, in BMSCs. The results showed that the expression 
levels of osteogenic differentiation markers in the G40T60 
and WNT5A groups were significantly increased compared 
to the PBS group. Moreover, compared with the G40T60 
and WNT5A groups, the expression levels of osteogenic 
differentiation markers in the G40T60@WNT5A group were 
significantly elevated (Figure 8C and D). H&E staining was 
used to examine the formation of induced membranes. The 
results showed that the G40T60@WNT5A group contained 
many cells and formed abundant parallel fibrous tissue 
with the scaffold (as indicated by the arrows in the image). 
The microvascular network was also highly developed. The 
number of cells and microvessel count in the G40T60 and 
WNT5A groups were lower than in the G40T60@WNT5A 
group. No significant microvessel formation was observed 
in the PBS control group (Figure 8E).

The above results indicated that after G40T60 was 
loaded with WNT5A, it could significantly promote the 
osteogenic differentiation of BMSCs.

3.9. Induced membrane formed by G40T60@WNT5A 
scaffold could promote angiogenesis in CTO&BD rats
Next, we continued to investigate whether the induced 
membrane formed by G40T60@WNT5A could promote 
angiogenesis in CTO&BD rats. Firstly, we detected the 
migration of UVECs in each group using the Transwell 
assay. The results showed that the G40T60 group exhibited 
a significant increase in cell migration compared to the PBS 
group. Compared with the PBS group, the WNT5A group 
exhibited significantly increased cell migration, indicating 
that G40T60 and WNT5A could significantly promote 
UVECs differentiation. Compared with the WNT5A group, 
the G40T60@WNT5A group showed increased cell migration 
in UVECs. The above results indicated that WNT5A tethered 
to the scaffold could enhance cell migration efficiency 
(Figure 9A). The scratch assay results were consistent with 
those of the Transwell chamber assay (Figure 9B). Compared 
to the control group, the migration distance of UVECs in the 
G40T60@WNT5A group was much longer.

Next, the angiogenic ability of UVECs in different 
groups was observed under an optical microscope. The 

Figure 7. Biocompatibility evaluation of G40T60@WNT5A. (A) 
Fluorescence microscopic observation of cell viability (red/green 
staining). (B) Scanning electron microscopy (SEM) observation of 
BMSCs morphology and migration on the scaffold (scale bar: 20 μm). (C) 
CCK8 assay for cell proliferation. *P < 0.05; the experiment was repeated 
3 times.
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results showed that the angiogenic ability of cells in the 
G40T60 group was significantly increased compared to 
the PBS group. Compared to the PBS group, the WNT5A 
group showed significantly increased angiogenic ability, 
indicating that G40T60 and WNT5A could significantly 
promote angiogenesis in UVECs. Additionally, compared 
to the WNT5A group, the G40T60@WNT5A group 
further enhanced the angiogenic ability of UVECs. The 
above results indicated that WNT5A attached to the 
scaffold harbors the capability to increase angiogenesis 
(Figure 9C–E). Finally, we assessed the gene expression 
levels of the key angiogenic factors, namely Ang, 
Pecam1, and Vcam1, in the UVECs of each group using 
RT-qPCR. The mRNA quantification results of these 
genes showed a significant increase in the levels of Ang, 
Pecam1, and Vcam1 in UVECs cells in the G40T60@
WNT5A group after treatment compared to the other 
control groups (Figure 9F). Western blot analysis also 
revealed a significant increase in the protein levels of 
Ang, Pecam1, and Vcam1 in UVECs cells treated with 
G40T60@WNT5A compared to other control groups 
(Figure 9G). These findings suggested that the induced 
membrane formed by G40T60@WNT5A in CTO&BD 
rats promotes neovascularization.

4. Discussion
In this study, bioinformatics analysis revealed that WNT5A 
may be a critical factor in the progression of CTO&BD. 
Induction of Wnt5a expression has been reported to 
promote mesenchymal stem cell osteogenic differentiation 
and bone formation, as well as enhance osteoblast function 
in mice.33-36,69 In addition, Pkn3 promotes the activation of 
Wnt5a signaling, promoting bone resorption. This pathway 
may be a therapeutic target for bone-related diseases, such 
as osteoporosis and rheumatoid arthritis.70,71

We obtained the G40T60@WNT5A scaffold by 
incorporating WNT5A into a 3D-printed biodegradable 
scaffold and demonstrated its excellent biocompatibility 
through in vitro cell experiments. The construction 
of 3D-printed scaffolds is under rapid development, 
and the application of 3D-printed scaffolds has been 
extensively reported. 3D printing has become an essential 
manufacturing process in skeletal engineering because it 
could control the volume geometry and internal structure of 
tissue scaffolds.72,73 Developing optimal 3D scaffolds for bone 
defect repair has always been the focus of the advances in 
bioprinting methods. At present, the available technologies 
could afford cellular function, vitality, and mechanical 

Figure 8. Influence of the induced membrane loaded with WNT5A on osteogenic differentiation and neovascularization in CTO&BD rat model  (A) 
Alkaline phosphatase (ALP) staining for evaluating ALP activity of BMSCs in each group (scale bar: 400 μm). (B) Alizarin red S (ARS) staining for 
evaluating osteogenic differentiation of BMSCs in each group (scale bar: 200 μm). (C, D) RT-qPCR and Western blot analysis of gene and protein expression 
levels of osteogenic markers (Runx2, Osterix, Alpl, Opn, and Ocn) in BMSCs of each group. (E) Hematoxylin and eosin (H&E) staining for staining the 
induced membrane formed, with arrows indicating the formation of fibrous tissue (scale bar: 100 μm). * indicates comparison between two groups; the 
cell experiment was repeated 3 times.
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Figure 9. Influence of the induced membrane loaded with WNT5A on osteogenic differentiation and neovascularization in CTO&BD rat model. (A) 
Transwell assay for assessing the migration of UVECs in each group (scale bar: 200 μm). (B) Scratch assay for measuring the migration distance of UVECs 
in each group (scale bar: 400 μm). (C) Optical microscopic observation of the angiogenic ability of UVECs in each group (scale bar: 400 μm). (D) Branch 
points of tube formed by UVECs in each group. (E) Total length of tube formed by UVECs in each group. (F) RT-qPCR analysis of gene expression levels 
of angiogenesis-related factors (Ang, Pecam1, and Vcam1) in UVECs of each group. (G) Western blot and quantitative analysis of ANG, PECAM1, and 
VCAM1 protein expression. *P <0.05 between the two groups; the cell experiment was repeated 3 times.
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integrity to 3D-printed constructs.74 Consistent with our 
research findings, studies have found that 3D-printed 
scaffolds could direct the extracellular matrix/stromal 
stem cells for bone and cartilage defect regeneration.23,32,75 
In addition, according to a previous report, 3D-printed 
bioresorbable hydrogel scaffolds, which have high flexibility 
and adaptability and could be used for non-load-bearing 
bone regeneration, were successfully created.31

We confirmed that the G40T60@WNT5A scaffold 
could significantly promote the formation of induced 
membranes in a CTO&BD rat model we constructed, in 
which the scaffold was transplanted. The result indicated 
that the WNT5A-loaded, degradable G40T60 scaffold 
fabricated by 3D printing could promote the formation 
of induced membrane in a CTO&BD rat, thus facilitating 
osteogenic differentiation and angiogenesis. Our 
research is consistent with other studies, demonstrating 
that 3D-printed scaffolds significantly enhance bone 
regeneration in animal models.32 Furthermore, 3D-printed 
biodegradable scaffolds have been demonstrated to 
promote collagen synthesis and induce membrane 
formation, vascularization, and osteogenesis, significantly 
promoting maxillofacial regeneration.76 In addition, 
a few studies reported that 3D-printed degradable 
scaffolds in a rabbit femur cortical bone defect model 

delivered promising outcomes, in terms of safety during 
in vivo surgery, biodegradation, and ability to induce bone 
formation after membrane formation.77,78

We extracted the rat’s induced membrane and co-
cultured it with BMSCs and UVECs. The results showed 
that the membrane induced by the G40T60@WNT5A 
scaffold significantly promoted osteogenic differentiation 
and angiogenesis. The result indicated that 3D-printed 
degradable scaffolds could promote the formation of 
induced membrane in CTO&BD rat model, which 
stimulates osteogenic differentiation and vascular 
neogenesis. Another study has attempted to analyze the 
effects of a 3D-printed hydroxyapatite gel (HAP-GEL) 
scaffold combined with BMSCs and human umbilical 
vein endothelial cells (HUVECs) on repairing rabbit 
cranial defects, and found that the 3D-printed scaffold 
and the combination of BMSCs and HUVECs exhibited 
good osteogenic ability and biocompatibility and showed 
excellent results in repairing rabbit cranial defects.79 In a 
study regarding the synergistic effects of co-cultivation 
of endothelial cells and matrix cells on 3D-printed 
calcium silicate-doped β-TCP scaffolds, which promote 
vascularization and bone formation, significantly enhanced 
bone formation was noted in 3D-printed porous β-TCP 

Figure 10. Mechanism behind of the therapeutic effect of a degradable WNT5A-loaded scaffold fabricated using Masquelet technique on CTO&BD by 
virtue of the scaffold’s capacity in promoting osteogenic differentiation and angiogenesis.
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and calcium silicate scaffolds co-cultured with HUVECs 
and BMSCs.80

5. Conclusion
WNT5A is a positive regulatory factor in osteoblast 
differentiation and angiogenesis. In this study, the 
degradable G40T60 scaffolds loaded with WNT5A were 
prepared based on Masquelet technique and using 3D 
printing, and we showed that they could promote the 
formation of induced membranes and thus facilitate 
osteoblast differentiation and angiogenesis in CTO&BD 
rats (Figure 10). This study proposes a new method for 
treating CTO&BD. The degradable G40T60@WNT5A 
scaffold we constructed using 3D printing based on 
the Masquelet technique successfully promoted the 
differentiation of osteoblasts and neovascularization in 
rats. This research provides a new perspective for treating 
chronic bone defects and has significant clinical relevance 
by effectively improving the quality of life for patients.

However, several limitations of this study should be 
acknowledged. Firstly, the experiments were conducted 
only in a rat model, and thus, further investigations 
are required for corroborating the clinical application 
of the scaffolds in humans. Secondly, due to cost and 
technological limitations, a degradable scaffold was used in 
this study, and the degradation rate and biocompatibility 
of the material need further optimization. In addition, 
CTO&BD is typically a chronic inflammatory process 
accompanied by bone destruction caused by bacterial 
infection; therefore, the antimicrobial properties of the 
G40T60@WNT5A scaffold should also be evaluated. 
Furthermore, this study requires further investigations 
into the specific mechanisms behind the role of WNT5A 
gene in osteoblast differentiation and neovascularization, 
as well as its interactions with other related factors. In 
future, it is necessary to further refine the treatment plan 
adopted in this study by optimizing degradation rate, 
improving biocompatibility of the scaffold material, and 
strengthening antimicrobial properties of the scaffold. 
Additionally, more genes and molecular mechanisms 
related to the development of CTO&BD, which have 
implications on the treatment, should be identified. 

In summary, this study offers new directions to improve 
the treatment strategies for CTO&BD patients. Besides, 
the scaffolds we fabricated in this work will find broader 
applications in the field of orthopedics.
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Abstract
Boluses are a type of materials used to enhance skin dose during the treatment 
of superficial lesions. However, the current commercially available boluses cannot 
fully conform to irregular skin surfaces due to their uniform thickness, thereby 
compromising the efficacy of radiotherapy. Three-dimensional (3D) bioprinting 
boasts a huge potential in the creation of customized boluses, but the use of this 
technique is limited by shortcomings of the prevailing materials, such as their 
indirect printability and substance rigidity. As a potential substitute, hydrogels 
possessing a tensile modulus comparable to that of skin tissue are optimal candidates 
for customizing boluses. In this study, we developed a photocurable bioink for 
multifunctional boluses using digital light processing (DLP). Alginate, acrylamide, 
polyethylene glycol diacrylate, lithium phenyl-2,4,6-trimethylbenzoylphosphinate, 
and protocatechuic acid were synergistically combined to fabricate the bioink. The 
bolus printed using this bioink was endowed with enhanced toughness, superior 
adhesion, tissue equivalence, anti-dehydration and anti-bacterial properties, as well 
as excellent biocompatibility and radiation performance. In conclusion, the DLP-
based 3D bioprinting of the proposed bioink can provide an avenue for obtaining 
personalized boluses in radiotherapy treatment of superficial tumors.

Keywords: Photocurable 3D bioprinting; Composite gel; Multifunctional bolus; 
Radiotherapy

1. Introduction
Radiotherapy plays a crucial role in the therapeutic management of tumors. The build-
up effect of high-energy radiation is advantageous in depositing high doses in deep 
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tissues[1,2]. When dealing with superficial lesions, it is 
necessary to use boluses with a suitable thickness, which 
are a class of materials applied on patients, to increase the 
skin dose and bolster therapeutic outcomes[3,4]. 

Despite being widely used in clinical practice, 
commercial sheet boluses often fail to establish perfect skin 
contact in complex and irregular regions, resulting in the 
formation of air gaps between the bolus and skin[5]. The 
air gaps have a detrimental impact on the surface dose, 
particularly in light of the growing utilization of advanced 
radiotherapy technologies, such as volume-modulated 
arc therapy (VMAT) and intensity-modulated radiation 
therapy (IMRT)[6,7]. Therefore, to achieve better treatment 
outcome, customized boluses that can precisely conform to 
any skin contour are urgently required.

At present, various materials are known to have been 
printed in the construction of customized boluses[3,8-11]. 
Polylactic acid (PLA) and acrylonitrile butadiene styrene 
(ABS) are two commonly employed materials that can 
be directly printed; however, their rigidity may cause 
discomfort to patients with sensitive skin[12-14]. Silicone 
rubber is often used as a filling material by virtue of its 
excellent biocompatibility and chemical stability[15,16]; 
however, it exhibits a density of 1.1–1.2 g/cm3, which 
presents a density difference when compared to human 
tissue. Recently, Kong et al. have fabricated a bolus 
using hydrogel as the filling material[17]. Although the 
structural and physical properties of hydrogels resemble 
those of human soft tissue, several disadvantages have 
deterred us from using hydrogels to prepare boluses. 
Firstly, the application of hydrogel to skin may leave a gap 
between them. Secondly, the hydrogel is prone to water 
loss and deformation. Finally, reports have shown that 
approximately 85% of cancer patients developed dermatitis 
in hydrogel-exposed areas that are susceptible to bacterial 
infection[18,19]. This points to a critical shortcoming of the 
hydrogels available on the current market, i.e., the lack 
of anti-bacterial activity, which renders them ineffective 
in preventing radiation dermatitis. Nevertheless, the 
development of a bioink with superior properties such 
as mechanical strength (excellent adhesiveness), anti-
hydration, and biocompatibility remains a challenge.

In light of these challenges, three-dimensional (3D) 
bioprinting stands out as an important method for 
enhancing the properties of printed materials. A 3D 
bioprinting approach appropriate for processing bolus 
must possess three crucial features, namely swift printing 
speed, moderate printing size, and overall printing 
precision. Extrusion and inkjet printing methods employ 
a nozzle to dispense the polymers to the intended position 
and then harden them through a curing process. However, 
the use of point-to-point printing leads to a slow printing 

speed, significantly hampering the manufacturing 
efficiency of customized boluses[20,21]. On the other 
hand, vat photopolymerization-based bioprinting can 
selectively solidify polymers directly from a liquid tank 
while conducting the patterning and curing processes 
simultaneously[22]. As one of the photocurable 3D printing 
technologies, digital light process (DLP) has attracted wide 
attention on the grounds of its layer-by-layer molding 
method and rapid printing speed. Various medical devices 
can be manufactured using DLP printing[1-3]. Therefore, 
among various 3D bioprinting methods, the DLP 
technique that utilizes layer photocuring appears to be the 
most suitable technology for printing customized boluses.

In recent years, natural polyphenols, such as tannic 
acid, gallate, and protocatechuic acid (PA), have gained 
increasing attention due to their ability to endow hydrogels 
with anti-oxidative, anti-bacterial, and anti-inflammatory 
effects[23,24]. In this study, we incorporated PA into an 
alginate (ALG) and acrylamide (AM) double network 
(DN) using a glycerin/water solvent to create a composite 
bioink for creating personalized multifunctional bolus. The 
designed bioink is compatible with DLP printing, which 
offers faster building speed and higher manufacturing 
accuracy. Our constructed gel features a DN structure that 
exhibits excellent mechanical properties and has superior 
adhesion to the skin surface. Moreover, it is an organic 
gel that exhibits superior stability and anti-dehydration 
properties. Given the excellent biocompatibility and 
anti-bacterial properties it possesses, radiation-induced 
dermatitis can be mitigated to a certain extent. This 
study presents an innovative preparation method for 
radiotherapy bolus and opens up new avenues for the 
application of multifunctional gels. 

2. Materials and methods
2.1. Materials
The commercial bolus (Klarity, China) was utilized as 
control in this study. ALG, AM, PA, and polyethylene glycol 
dimethacrylate (PEGDA, MW = 575) were procured from 
Shanghai MACKLIN Co., Ltd. Glycerol (GLY) was obtained 
from Tianjin Fengchuan Chemical Reagent Technology 
Co., Ltd. Live/Dead staining kit and cytoskeleton staining 
kit were obtained from Invitrogen and Sigma, respectively. 
Lithium phenyl-2,4,6-trimethylbenzoylphosphinate 
(LAP) was provided by Jiangyin StemEasy. The chemicals 
employed in this experiment were of analytical grade and 
did not require further purification, while deionized water 
was utilized throughout the experiments.

2.2. Preparation of gels
To prepare the bioink, a solution consisting of water 
and GLY was used to dissolve ALG and AM (20 wt%) 
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powders. Subsequently, PA, PEGDA (0.2 mol% of AM), 
LAP (0.1 wt%), and tartrazine (Tar; 0.0035 wt%) were 
gradually added under stirring to create the gel precursors. 
Subsequent procedures were carried out in the absence 
of light due to the high photosensitivity of the initiator. 
A series of water-to-glycerol ratios, i.e., 50%, 70%, and 
80%, were tested to investigate their impact on the bioink, 
while different concentrations of ALG (0.5 wt%, 1 wt%, 
and 2 wt%) were examined to assess their influence on the 
mechanical properties of the resulting gel. Additionally, 
three distinct concentrations of PA (0.5 wt%, 3 wt%, 
and 6 wt%) were prepared to evaluate its anti-bacterial 
and adhesive properties. All bioinks were stored away 
from light.

To investigate the effect of different components on 
the properties of the hydrogel, five hydrogel samples were 
fabricated and labeled as PAM (polyacrylamide), PAM/
ALG, PAM/ALG/PA, PAM/ALG/PA (GW), and PAM/
ALG/PA/Tar (GW), in which GW denotes that the hydrogel 
was formed in glycerol-water (GW) binary solvent.

2.3. Physicochemical properties
2.3.1. Structural characterization
To assess the impact of ALG and PA on gel microstructure, 
composite gels were subjected to freeze-drying and 
subsequently coated with gold/palladium. The cross-
sectional morphology of the gels was examined using a 
scanning electron microscope (SEM; JSM-7001F, JEOL, 
Japan). To investigate the structure of the composite gel, 
Fourier-transform infrared spectroscopy (FTIR) spectra 
(Bruker Daltonics, Bremen, Germany) were obtained at 
22°C over a range of 500 to 4000 cm-1.

2.3.2. Photoresponsive performance
The photocuring time of the bioink was determined using 
a rheometer (MCR 702 Anton Paar) equipped with an 
optics attachment (405 nm). The bioink was loaded onto 
a parallel plate with a gap size of 200 μm. An ultraviolet 
light with an intensity of 2 mW/cm2 was used to illuminate 
the plate window, and the time required for photocuring 
was measured.

Additionally, a rheometer was employed to quantify the 
viscosity of the solution. The gel’s viscosity was assessed at 
ambient temperature by rotating it at a rate of 2 revolutions 
per second using a 25 mm parallel plate clamp. Moreover, 
a sweep test was conducted with an angular frequency of 
6 rad/s to monitor the temporal evolution of both loss 
modulus and storage modulus for gels.

2.3.3. Mechanical properties
The mechanical properties of the gels were evaluated 
using a universal testing machine (RGM-2010, Reger, 
China). Tensile tests were performed on the gel samples, 

with height and diameter measuring 10 mm and 18 mm, 
respectively. The compression speed was set at 5 mm/min. 
To ensure accuracy and repeatability, all samples were 
tested in triplicate under consistent conditions.

The elastic modulus of the gels was determined by 
calculating the stress–strain curve within a strain range 
of 5% to 10%. Additionally, tensile-adhesion tests were 
cyclically performed on porcine skin to evaluate the 
repeatability of the gel’s adhesive properties. Adhesion 
strength was calculated as the maximum force divided by 
bonded area.

2.4. Biological properties
2.4.1. Evaluation of anti-bacterial efficacy 
To assess the anti-bacterial efficacy of the specimens 
against Staphylococcus aureus (ATCC6538), quantitative 
evaluations were performed using both Live/Dead staining 
assay and spread plate analysis. The bacteria were cultured 
in a sterile liquid medium consisting of 1 g peptone, 0.5 g 
beef extract, and 0.5 g NaCl in 100 mL deionized water. 
A bacterial suspension of 1 × 106 CFU mL-1 was then 
incubated with the gels in a 24-well plate. Subsequently, 
the treated bacterial suspension was diluted to 1 × 103 CFU 
mL-1, then the diluted bacterial suspension (80 µL) was 
spread onto agar medium and incubated for 24 h, followed 
by colony counting on the agar plate to determine anti-
bacterial efficacy. The tests were conducted in triplicate to 
ensure reliability.

2.4.2. Cell viability and proliferation
NIH-3T3 cells (mouse embryonic fibroblast, ATCC CRL-
1658) were employed to evaluate the cytocompatibility 
of the composite gel. Initially, the gels were prepared in 
24-well plate and subsequently diluted gel leaching were co-
cultured with cells (at a density of 2 × 104 cells per well) for 1, 
3, and 5 days. Fifty microliter of a solution containing live/
dead fluorescent dyes (0.5 µL mL-1 calcein AM and 2 µL 
mL-1 ethylenediamine homodimer (EthD-1)) was added 
to the slides, followed by a 40-min staining process in 
the dark. Following washing with phosphate-buffered 
saline, confocal laser scanning microscopy (CLSM) was 
utilized to capture images of green viable cells and red 
non-viable cells.

Furthermore, the cytocompatibility of the composite 
gels was assessed by means of the 3-(4,5-dimethylthiazol-
2-yl)-2,5-diphenyl tetrazolium bromide (MTT) assay. The 
experiments were carried out in triplicate. The process 
entails inoculating 1 mL of cell suspension containing 2 × 
104 cells onto a well of 24-well plate, followed by addition 
of different gels. After co-culturing for 1, 3, and 5 days, 
a mixture of 900 µL Dulbecco’s Modified Eagle Medium 
(DMEM) and 100 µL of a 5 mg/mL MTT solution was 
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added to each well. The cells were incubated in the dark 
for 4 h. Subsequently, the supernatant was aspirated, and 
the resulting crystals were dissolved in 1 mL of dimethyl 
sulfoxide (DMSO). The absorbance of the solution was 
measured at 492 nm using a microplate reader (Infinite 
F50, TECAN).

2.5. Stability test
The cured gel was subjected to an environment with a 
temperature range of 22–26°C and a humidity level between 
40% and 60%. Computed tomography (CT) imaging 
was performed using Philips CT scanner to evaluate the 
homogeneity of the gels. The CT scanner was configured with 
acquisition parameters: energy at 120 kV, current at 350 mA, 
and a slice thickness of 3 mm. The images were subsequently 
imported into Monaco treatment planning system (TPS), 
where Hounsfield units (HU) and relative density (RD) 
values were obtained from five 1 × 1 cm2 regions of interest 
located in the central axial CT slice of the gels. Changes in 
shape were observed at various time points (0 h, 15 h, and 
1 week) through CT imaging. The selected time points for 
observation were based on the practical application scenario 
of personalized boluses, which typically involve a maximum 
usage of 5 h per week over a duration of 3 weeks.

2.6. Radiological evaluation
A DLP projector (405 nm, Nova Bene 4, China) was utilized 
for printing our composite bioink, which comprises of 
ALG (0.5 wt%), AM (20 wt%), PEGDA (0.2 mol% of AM), 
LAP (0.1 wt%), GLY (30 wt%), and Tar (0.0035 wt%) based 
on mechanical and adhesive testing. The printer’s G-code 
was generated through the use of commercial software, 
with printing parameters set to a thickness of 100 µm, 
five base layers, and a curing time of 9 s. After printing, 
the constructs were briefly rinsed with water to eliminate 
unreacted solution. Subsequently, the models underwent 
post-curing in a specialized box to enhance their internal 
structural stability and reinforce their printed form. 

To assess the accuracy of the DLP system in utilizing 
bioink, gel cuboid arrays were printed orthogonally to the 
build platform. Two cuboid boluses (5 cm × 10 cm × 0.5 
cm) were designed using CAD software, and the printing 
accuracy was assessed by calculating the deviation between 
the printed and intended dimensions. The gel can be used 
to prepare bolus for head radiotherapy.

The moldability of the gel was confirmed through CT 
imaging of a Rando phantom, wherein an artificial gross 
tumor volume (GTV) was initially defined below the 
skin surface in no-bolus CT images with a reconstruction 
thickness of 1 mm. A planning target volume (PTV) 
was generated by expanding a 3 mm margin around the 
GTV, while ensuring it remained on the patient’s surface. 

A virtual bolus with a thickness of 5 mm was generated 
in the Monaco TPS to achieve the desired dose coverage 
of the PTV. During plan optimization, the PTV served as 
the objective structure, while rings surrounding it were 
utilized to restrict doses outside its boundaries. The target 
volume, achieving 95% coverage, was normalized to the 
prescribed dose following optimization. Subsequently, the 
virtual bolus was converted into a standard tessellation 
language (STL) file using MIM. The STL file was 
subsequently subjected to smoothing using 3D-matic 
software in order to eliminate CT slicing artifacts, and the 
resultant smoothed file was printed utilizing a DLP printer. 
Subsequently, CT images of the phantom were acquired 
using both the printed and commercial boluses. IMRT/
VMAT plans were then generated for each type of bolus, 
including virtual ones, while adhering to identical dose 
constraints. A total prescription of 60 Gy was administered 
to the PTV for 30 consecutive days, with dose distribution 
calculated using the Monte Carlo algorithm for planning 
purposes. Subsequently, maximum gaps between skin and 
commercial/3D-printed boluses were investigated. 

2.7. Statistical analysis
Statistical analyses were conducted using SPSS (version 
19.0), with a significance threshold of P <0.05.

3. Results and discussion
3.1. System design
The gel designed for bolus application is illustrated in 
Figure 1A. The DLP-based 3D bioprinting technique 
employs a blue light (405 nm) to activate the photoinitiator 
LAP, leading to the generation of free radicals that 
initiate the breaking of C=C double bonds in AM and 
PEGDA[25,26]. This process results in the formation of a 
crosslinking network and solidification of the bioink into 
a desired pattern. Figure 1B illustrates the formation of 
DN hybrid gels, which results from the interpenetration 
of a chemically crosslinked network and a physically 
crosslinked network. The former is synthesized through 
acrylamide polymerization with PEGDA and entanglement 
with ALG, where PEGDA serves as a crosslinker to facilitate 
covalent network formation. The second crosslinking 
network is built with the hydrogen bonds provided by PA, 
ALG, PAM, and GLY. The hydrogen bonds endowed the 
gel with enhanced tensile and adhesive properties. These 
intermolecular forces endow the gel with superior tensile 
strength and adhesive properties.

3.2. Structure of the gels
SEM images of the freeze-dried gels are presented in Figure 
2A, revealing interconnected and porous structures. The 
gel without ALG displayed a loosely arranged network 
structure, whereas the inclusion of ALG led to a more 
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Figure 1. (A) Schematic of design strategy for the 3D bioprinting of multifunctional hydrogel bolus. (B) Formation of DN hybrid hydrogels. Abbreviations: 
ALG, alginate; AM, acrylamide; LAP, lithium phenyl-2,4,6-trimethylbenzoylphosphinate; PA, protocatechuic acid; PAM, polyacrylamide.

compact network structure characterized by smaller 
pore size and thinner pore walls. Additionally, the 
incorporation of PA resulted in gels with denser and more 
uniform pores, which are advantageous for enhancing 
their mechanical properties.

The FTIR spectra of the gels are presented in Figure 2B.  
In the PAM gel, the peaks at 1662 cm-1 and 1615 cm-1 
corresponded to C=O stretching and N-H bending, 
respectively[27,28]. The crosslinking with ALG and PA led 
to the changes in intensity and peak position of C=O and 
N-H bonds, which are indicative of the interactions among 
the large-molecule ALG, small-molecule PA, and PAM. 
Compared to the hydrogel, the gel prepared using a binary 
solvent of GW shows that the presence of GLY enhanced 
the peak intensity, indicating its bridging effect within 
the system, which weakens interactions among network 
chains. Additionally, the peak observed at 1036 cm-1 
corresponded to the C=O stretching vibration of glycerol’s 
intrinsic molecular chain.

3.3. Photoresponsive performance
Rapid photocurability and favorable fluidity are two 
essential prerequisites for pre-hydrogels used in DLP 
printing[25,29,30]. AM is selected due to its inherent 
properties, including the photopolymerization of C=C 
groups triggered by light and high transparency. Under 
photo irradiation with an intensity of 2 mW/cm2, the C=C 
double bonds in the gel underwent polymerization. 

Other compounds in the photocuring ink also play an 
important role in influencing the polymerization efficiency. 
Specifically, the incorporation of GLY and PA can reduce 
photocuring time to as short as 5 s, thereby enhancing 
the speed of 3D bioprinting (Figure 3A). It is widely 
acknowledged that a photopolymerization time of less than 
10 s falls within an acceptable range for DLP printing[31]. 
The reduction in photocuring time can be attributed to 
the hydrogen bonds which decrease the intermolecular 
distance and compact the network structure of the gel. 
Furthermore, based on our previous research, Tar plays 
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a significant role in enhancing the printing resolution of 
the gel[32,33]. After being added to the gel, Tar retains its 
photoresponsive characteristics that could still satisfy the 
fundamental requirements of DLP printing. 

To ensure precise printing and prevent excessive 
crosslinking, the photopolymer should possess low 
viscosity and fluidity[34,35]. Figure 3B displays the varying 
viscosities of different gels, with all solutions exhibiting 

Figure 2. Effect of alginate and protocatechuic acid on the structural properties of freeze-dried hydrogels. (A) Scanning electron microscopy (SEM) 
images. (B) Fourier-transform infrared spectroscopy (FTIR) image. Abbreviations: ALG, alginate; PA, protocatechuic acid; PAM, polyacrylamide.

Figure 3. Photoresponse performance. (A) Photocuring time for different hydrogels. (B) Viscosity of different hydrogels. (C) Rheological testing results 
for different hydrogels. 
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a preferable viscosity below 10 cp for DLP printing. The 
addition of GLY, which can form hydrogen bonds with 
water molecules, significantly increased the viscosity of 
the gels, while their excellent fluidity was preserved for 
DLP printing. The rheological test results showed that the 
storage modulus of each gel group consistently exceeded 
the loss modulus (Figure 3C), indicating their elastic 
flow properties under external forces. The majority of 
photosensitive resins utilized in DLP printing exhibit 
a viscosity range between 100 mPa·s and 300 mPa·s. 
Caprioli et al. reported that when the viscosity exceeds  
1 × 103 mPa·s, effective ink printing cannot be achieved[36]. 
In this study, the photocurable ink is of low viscosity (<10 
mPa·s), which favorably contributes to the performance of 
DLP printing.

3.4. Mechanical properties of the gels
The compressive test is a critical method for evaluating the 
mechanical performance of gels. The elongation and elastic 
modulus of the composite gels are presented in Figure 4A 
and B. Test samples were fabricated using a designed ink 

via DLP printing technique. Specifically, using a constant 
concentration of AM (20 wt%) and PEGDA (molar ratio 
of AM:PEGDA = 500:1), which was determined to be 
an appropriate crosslinker concentration for successful 
printing and optimal toughness, we initially evaluated the 
influence of ALG on the mechanical performance of gels 
(Figure S1 in Supplementary File). The ALG functioned 
by providing physical entanglement and covalent 
bonding within the PAM network, resulting in significant 
improvements to the gel’s mechanical properties, including 
elastic modulus and elongation. 

We further investigated the impact of PA on the 
adhesive performance of gels (Figure S2 in Supplementary 
File), which was attributed to its ability to introduce 
hydrogen bonds into the system. Initially, an increase 
in PA concentration led to a corresponding increase in 
modulus. However, at higher concentrations, the modulus 
was decreased due to the strong quenching effect of PA 
on radicals. This can be explained by the fact that in a 
dual network hydrogel, covalent crosslinking acts as a 

Figure 4. (A) Elongation of different hydrogels. (B) Elastic modulus of different hydrogels. (C) Adhesion strength of different hydrogels. (D) Repetitive 
adhesiveness of different hydrogels.



257Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1589

International Journal of Bioprinting 3D bioprinting of boluses for radiotherapy

“rigid bridging” mechanism contributing to stiffness, 
while hydrogen bonding serves as a “flexible bridging” 
mechanism contributing to toughness. These two types 
of crosslinking are mutually restrictive. When covalent 
crosslinking dominates over hydrogen bonding, the rigid 
bridging overpowers the flexible bridging, resulting in a 
harder and more brittle gel. Subsequently, we conducted 
further investigations into the impact of GLY on gels 
(Figure S3 in Supplementary File). In a solvent system 
comprising glycerol and water, GLY formed hydrogen 
bonds with the catechol groups of PA, thereby impeding 
interactions between PA and free radicals and resulting in 
a reduction in the elastic modulus of printed gels. 

3.5. Adhesive properties of the gel
Figure 4C depicts the results of adhesive properties of the 
gels. The gels incorporated with ALG, PA, and GLY exhibited 
repetitive adhesion behavior, which marks the potential for 
daily radiotherapy applications (Figure 4D). The adhesion 
of gels to various substrates was improved through the 
addition of ALG, which can be attributed to the formation 
of hydrogen bonds between ALG and PAM molecules. 
Similarly, the addition of PA enhances the adhesion of 
PAM/ALG gel by promoting hydrogen bonding among PA, 
ALG, and PAM molecules. PA is a polyphenolic compound 
abundant in catechol groups, which can be extracted from 

various natural sources and has been extensively applied in 
the field of biomedicine. One of its remarkable features lies 
in the reversible hydrogen bonding ability mediated by the 
catechol groups, endowing it with gel adhesion property[37,38]. 
This known characteristic has been capitalized upon in 
the fabrication of DN gels utilizing PA. The conventional 
method involves immersing the gel in a PA solution, which 
results in the formation of hydrogen bonds between PA and 
the polymer matrix, improving the mechanical properties 
of the DN gels. However, this approach often leads to gel 
heterogeneity. To circumvent this problem, we opted 
for the direct printing of composite gels that contain PA. 
This approach offers several advantages, including precise 
control over the distribution of PA within the gel and a 
more homogeneous incorporation of PA throughout the gel 
network. Additionally, the incorporation of PA allows for 
the fabrication of intricate gel structures with customized 
mechanical properties. The direct printing of composite 
gels containing PA represents a significant advancement in 
this field, offering a more efficient and versatile approach to 
preparing PA-based DN gels.

3.6. Biological properties
The anti-bacterial property of gels is critical for their use 
as radiotherapy bolus, given that up to 85% of cancer 
patients develop dermatitis in the irradiated areas[39]. 

Figure 5. (A) Anti-bacterial performance (on S. aureus) of the designed gels. (B) Live/Dead staining of fibroblasts after incubation for 1, 3, and 5 days.  
(C) Cytoskeleton of fibroblasts. (D) MTT assay of fibroblasts after incubation for 1, 3, and 5 days.
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In this context, a TPU-PAM gel developed by Hou et al. 
demonstrated promising and long-lasting anti-bacterial 
properties. However, the fact that the gel is not suitable 
for personalized 3D bioprinting limits its potential 
applications. The anti-bacterial efficacy of the designed 
gels was assessed by examining the formation of bacterial 
colonies (S. aureus) on agar plates, as shown in Figure 5A. 
The results revealed that the agar plates of PEGDA and 
ALG groups were almost entirely covered with bacterial 
colonies, indicating that samples without PA lacked anti-
bacterial activity. However, the addition of PA resulted 
in a significant reduction in bacterial colony count, with 
the resulting gel demonstrating over 95% anti-bacterial 
activity. These findings emphasize the anti-bacterial 
properties of gels containing PA, which is rich in phenolic 

hydroxyl groups, contributing to the potent anti-bacterial 
effects against various bacterial strains. The possible 
mechanism for this activity is attributed to the presence of 
catechol structures within PA molecules, which can form 
complexes with iron ions and deprive microorganisms of 
essential elements necessary for their growth[33]. 

To assess the biocompatibility of the customized bolus, 
NIH-3T3 cells were cultured on the gels. After 3 or 5 days 
of incubation, a Live/Dead staining test was performed 
to evaluate cell viability, and a cytoskeletal staining was 
conducted to examine the cellular morphology. Few dead 
cells were observed in all samples, with their gel surfaces 
exhibiting robust proliferation of green-stained living cells 
over time; no significant difference was observed between 
the gels after 3 and 5 days of incubation, indicating that 

Figure 6. (A) CT number of different hydrogels over time. (B) ED number of different hydrogels time. (C) Stability of hydrogels over time.
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the designed gel exhibited non-toxicity and is suitable 
for applications involving skin contact (Figure 5B). 
Furthermore, F-actin staining was used to determine 
their biocompatibility (Figure 5C). The MTT assay 
results depicted in Figure 5D demonstrate that there was 
no significant deviation in cell viability among the gels 
throughout the culture period, thus further validating their 
biocompatibility. 

3.7. Stability of gel
Hydrogels are generally prone to water loss, which greatly 
affects their stability and performance. To overcome this 
issue, GLY was employed as a partial substitute for water 
in the gel formulation, which gave rise to an organic 
photosensitive gel with anti-dehydration properties[40]. 
The variations in CT number and electron density (ED) 
for different gels over time are illustrated in Figure 6A and 
B, respectively. Figure S4 (Supplementary File) displays 
the changes of mass density (MD) with time for different 
hydrogels. The initial mean values of composite gel’s HU 
and relative RD were 127 ± 2 HU and 1.077 ± 0.001, 
respectively. No significant differences were observed in 
the initial 15 h for gels containing GLY. The results of RD 
measurements also confirmed the tissue equivalence of the 
composite gel. Furthermore, the gel demonstrated minimal 
moisture loss and maintained its structural integrity within 
a humidity range of 40% to 60% (Figure 6C). Conversely, 
the control groups without GLY experienced significant 
shrinkage (an approximate reduction from 1/3 to 1/2) 
within a mere 15 h, underscoring the pivotal role of GLY 
in water conservation. This phenomenon can be ascribed 
to the intermolecular interactions between GLY and water, 
where GLY forms hydrogen bonds with water molecules, 
thereby hindering the evaporation of water.

The gels exhibit excellent anti-dehydration properties, 
which make them highly promising materials for 
applications in the field of radiotherapy. It should be noted 
that increasing the concentration of GLY decreases the rate 
of water loss, and the content of GLY has a strong influence 
on the changes in HU and ED over time. Besides, the need for 
special storage conditions is obviated if the gels contain GLY.

3.8. Radiological properties
To evaluate the dimensional accuracy of DLP printing, a 
caliper with a resolution of 0.1 mm was used to measure 
the actual size of a printed gel and determine deviations 
(Table 1). The results indicate that the maximum 
measured differences between the designed and printed 
dimensions of the products were less than 1 mm on 
average, demonstrating the effectiveness of the printing 
method in producing structures with high shape fidelity 
requirements. Boluses for head radiotherapy are shown in 
Figure S5 (Supplementary File).

A nose bolus composed of the composite gel was 
fabricated via DLP printing. Axial CT images demonstrated 
that the printed bolus can effectively eliminate air gaps, 
ensuring adequate dose coverage in the build-up region. 
In contrast, the use of commercial bolus resulted in air gap 
formation (as depicted in Figure 7), with approximately 
15% of slices exhibiting air gaps larger than 5 mm. The 
printed bolus exhibited a close conformity to the intended 
design, as demonstrated in Figure 7 and the dose volume 
histogram (DVH) curves for all plans shown in Figure S6 
(Supplementary File). DVH analysis indicated that 
3D-printed bolus significantly enhanced D95% (dose 
covering 95% of volume) for PTV, compared with 
commercial bolus. Table 2 presents detailed dosimetric 
comparisons between the printed bolus and the control 
group. The use of both 3D-printed and commercial boluses 
resulted in improved dose coverage compared to the 
group without using boluses. The 3D-printed and virtual 
boluses exhibited superior performance in terms of target 
conformity indices (CI) and homogeneity indices (HI) for 
IMRT and VMAT plans compared to commercial boluses.

In this study, the utilization of soft gel material for direct 
printing of bolus significantly simplified the production 
process. The exceptional conformity to clinical model is an 
attribute that makes gel bolus a potential tool in addressing 
current clinical challenges associated with commercial 
boluses in radiotherapy. Moreover, the DVH curves 
indicated that the gel possessed near-water equivalent 
dosimetric transmission and exhibited dose distributions 
in accordance with virtual boluses, thereby eliminating the 
need for multiple rounds of CT scanning. 

4. Conclusion
In summary, this study introduced a DN gel that can be 
fabricated into a customized bolus for radiotherapy in 
treating superficial tumors. Specifically, by formulating a 
photocurable ink consisting of acrylamide as the monomer, 
PEGDA as the crosslinker, LAP as the photoinitiator, and 
PA as an anti-bacterial agent in a glycerol-water system, 
we printed a gel-based bolus via DLP printing technology. 
The designed material is compatible with photocurable 
3D bioprinting, allowing for personalized customization 
and eliminating gaps commonly encountered in the 

Table 1. Summary of the thickness and width of designed and 
printed rectangular boluses

Sample Length (cm) Width (cm) Thickness (cm)

Design 5 5 0.5

Rectangle 1 5.1 4.9 0.5

Rectangle 2 5 5 0.5
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Table 2. Comparison of planning target volume’s parameters among different permutations of IMRT and VMAT plans

Dmin

(cGy)
Dmean

(cGy)
Dmax

(cGy) CI HI V95

(%)
D95

(cGy)

Printed-IMRT 6128.6 6234.5 6537.6 0.30 1.04 99.49 6101.8
Printed-VMAT 6143.7 6237.5 6616.5 0.29 1.04 99.56 6120.8
Commercial-IMRT 6022.1 6136.1 6757.1 0.27 1.24 90.66 5194.9
Commercial-VMAT 6066.6 6154.7 6584.5 0.26 1.17 91.40 5458.7
Virtual-IMRT 6121.3 6234.8 6564.8 0.28 1.05 98.29 6080.0
Virtual-VMAT 6120.4 6219.4 6554.1 0.30 1.05 98.37 6081.4
Nobolus-IMRT 5701.1 6106.0 7113.8 0.31 1.21 80.01 5328.1
Nobolus-VMAT 5805.7 6175.9 6904.2 0.33 1.18 84.37 5519.8

Abbreviations: CI, conformity index; D95, dose covering 95% of volume; HI, homogeneity index; V95, volume covering 95% of dose. 

Figure 7. Accurate positioning of the bolus on phantom. The top and middle rows show the computed tomography (CT) slice images and corresponding 
prescription dose distribution of volume-modulated arc therapy (VMAT) plan with commercial and 3D-printed bolus, respectively. The bottom row shows 
the cone beam computed tomography (CBCT) slice images with 3D-printed bolus, and the dose distribution of VMAT plan with virtual bolus. 

application of traditional boluses. Additionally, the elastic 
modulus of printed gel was similar to that of human skin 
(ranging from 5 kPa to 140 MPa)[41], indicating that the 
printed get is compatible with the patient’s body. The gel 
constructed in this study possessed a DN structure, which 
endowed the gel with desirable mechanical properties 
and the ability to adhere to the skin surface. Moreover, 

compared to hydrogels, the gel exhibited superior stability, 
better control over water loss, and radiological properties 
that closely resemble to those of the skin. In addition, its 
biocompatibility and potent anti-bacterial properties have 
contributed significantly to the prevention of radiation-
induced dermatitis. In conclusion, this study demonstrated 
the potential efficacy of 3D-printed gel-based boluses 
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in enhancing treatment outcomes for superficial 
tumors, providing a reference for the implementation of 
personalized medical devices in the field of radiotherapy.

Acknowledgments
None.

Funding
The authors wish to express their gratitude for the support 
received from the Fundamental Research Program 
of Shanxi Province (Number: 20210302123416), the 
National Natural Science Foundation of China (Number: 
31870934), and the Central Leading Science and 
Technology Development Foundation of Shanxi Province 
(Number: YDZJSX20231A064).

Conflict of interest
The authors declare no conflicts of interest.

Author Contributions
Conceptualization: Xiaobo Huang, Jianbo Song, Meiwen An
Formal analysis: Xiaohong Yao
Investigation: Guobao Pang, Yannan Xu, Qinying Shi
Methodology: Youjie Rong, Xiaomin Zhang
Writing – original draft: Ying Lu
Writing – review & editing: Jianbo Song, Meiwen An 
All authors have approved the final version of 

the manuscript.

Ethics approval and consent to participate 
Not applicable.

Consent for publication
Not applicable.

Availability of data
Data used in this work are available from the corresponding 
author upon reasonable request. 

References

1.	 Pugh R, Lloyd K, Collins M, et al. The use of 3D printing 
within radiation therapy to improve bolus conformity: A 
literature review. J Radiother Pract. 2017;16(3):319–325.

	 doi: 10.1017/s1460396917000115

2.	 Wang X, Wang X, Xiang Z, et al. The clinical application of 
3D-printed boluses in superficial tumor radiotherapy. Front 
Oncol. 2021;11:698773.

	 doi: 10.3389/fonc.2021.698773

3.	 Lu Y, Song J, Yao X, et al. 3D printing polymer-based bolus 
used for radiotherapy. Int J Bioprint. 2021;7(4):414.

	 doi: 10.18063/ijb.v7i4.414

4.	 Aras S, Tanzer I O, Ikizceli T. Dosimetric comparison of 
superflab and specially prepared bolus materials used in 
radiotherapy practice. Eur J Breast Health. 2020;16(3): 
167–170.

	 doi: 10.5152/ejbh.2020.5041

5.	 Robar JL, Moran K, Allan J, et al. Intrapatient study 
comparing 3D printed bolus versus standard vinyl gel sheet 
bolus for postmastectomy chest wall radiation therapy. Pract 
Radiat Oncol. 2018;8(4):221–229.

	 doi: 10.1016/j.prro.2017.12.008

6.	 Khan Y, Villarreal-Barajas JE, Udowicz M, et al. Clinical 
and dosimetric implications of air gaps between bolus 
and skin surface during radiation therapy. J Cancer Ther. 
2013;04(07):1251–1255.

	 doi: 10.4236/jct.2013.47147

7.	 Zheng Q, Zhao L, Wang J, et al. High-strength and high-
toughness sodium alginate/polyacrylamide double 
physically crosslinked network hydrogel with superior 
self-healing and self-recovery properties prepared by a 
one-pot method. Colloids Surf A: Physicochem Eng Asp. 
2020;589:124402.

	 doi: 10.1016/j.colsurfa.2019.124402

8.	 Al-Sudani TA, Biasi G, Wilkinson D, et al. eXaSkin: A novel 
high-density bolus for 6MV X-rays radiotherapy. Phys Med. 
2020;80:42–46.

	 doi: 10.1016/j.ejmp.2020.09.002

9.	 Obeid JP, Gutkin PM, Lewis J, et al. Volumetric modulated arc 
therapy and 3-dimensional printed bolus in the treatment of 
refractory primary cutaneous gamma delta lymphoma of the 
bilateral legs. Pract Radiat Oncol. 2019;9(4):220–225.

	 doi: 10.1016/j.prro.2019.02.016

10.	 Baltz GC, Chi PM, Wong PF, et al. Development and 
validation of a 3D‐printed bolus cap for total scalp 
irradiation. J Appl Clin Med Phys. 2019;20(3):89–96.

	 doi: 10.1002/acm2.12552

11.	 Zhao Y, Moran K, Yewondwossen M, et al. Clinical 
applications of 3-dimensional printing in radiation therapy. 
Med Dosim. 2017;42(2):150–155.

	 doi: 10.1016/j.meddos.2017.03.001

12.	 Park SY, Choi CH, Park JM, et al. A patient-specific polylactic 
acid bolus made by a 3D printer for breast cancer radiation 
therapy. PLoS One. 2016;11(12):e0168063.

	 doi: 10.1371/journal.pone.0168063

13.	 Park JW, Yea JW. Three-dimensional customized bolus 
for intensity-modulated radiotherapy in a patient with 
Kimura’s disease involving the auricle. Cancer Radiother. 
2016;20(3):205–209.

	 doi: 10.1016/j.canrad.2015.11.003

http://doi.org/10.1017/s1460396917000115 
http://doi.org/10.3389/fonc.2021.698773 
http://doi.org/10.18063/ijb.v7i4.414 
http://doi.org/10.5152/ejbh.2020.5041 
http://doi.org/10.1016/j.prro.2017.12.008 
http://doi.org/10.4236/jct.2013.47147 
http://doi.org/10.1016/j.colsurfa.2019.124402 
http://doi.org/10.1016/j.ejmp.2020.09.002 
http://doi.org/10.1016/j.prro.2019.02.016 
http://doi.org/10.1002/acm2.12552 
http://doi.org/10.1016/j.meddos.2017.03.001 
http://doi.org/10.1371/journal.pone.0168063 
http://doi.org/10.1016/j.canrad.2015.11.003 


262Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1589

International Journal of Bioprinting 3D bioprinting of boluses for radiotherapy

14.	 Ricotti R, Ciardo D, Pansini F, et al. Dosimetric 
characterization of 3D printed bolus at different infill 
percentage for external photon beam radiotherapy. Phys 
Med. 2017;39:25–32.

	 doi: 10.1016/j.ejmp.2017.06.004

15.	 Chiu T, Tan J, Brenner M, et al. Three-dimensional printer-
aided casting of soft, custom silicone boluses (SCSBs) 
for head and neck radiation therapy. Pract Radiat Oncol. 
2018;8(3):e167–e174.

	 doi: 10.1016/j.prro.2017.11.001

16.	 Park JM, Son J, An HJ, et al. Bio-compatible patient-specific 
elastic bolus for clinical implementation. Phys Med Biol. 
2019;64(10):105006.

	 doi: 10.1088/1361-6560/ab1c93

17.	 Kong Y, Yan T, Sun Y, et al. A dosimetric study on the use 
of 3D‐printed customized boluses in photon therapy: 
A hydrogel and silica gel study. J Appl Clin Med Phys. 
2019;20(1):348–355.

	 doi: 10.1002/acm2.12489

18.	 Zasadzinski K, Spalek MJ, Rutkowski P. Modern dressings 
in prevention and therapy of acute and chronic radiation 
dermatitis-A literature review. Pharmaceutics. 2022;14(6).

	 doi: 10.3390/pharmaceutics14061204

19.	 Zhao M, Wang C, Xie J, et al. Eco-friendly and scalable 
synthesis of fullerenols with high free radical scavenging 
ability for skin radioprotection. Small. 2021;17(37):e2102035.

	 doi: 10.1002/smll.202102035

20.	 Fu Z, Naghieh S, Xu C, et al. Printability in extrusion 
bioprinting. Biofabrication. 2021;13(3).

	 doi: 10.1088/1758-5090/abe7ab

21.	 Ng WL, Huang X, Shkolnikov V, et al. Polyvinylpyrrolidone-
based bioink: influence of bioink properties on printing 
performance and cell proliferation during inkjet-based 
bioprinting. Bio-Des Manuf. 2023;6:676–690.

	 doi: 10.1007/s42242-023-00245-3

22.	 Xu X, Awad A, Robles-Martinez P, et al. Vat 
photopolymerization 3D printing for advanced drug 
delivery and medical device applications. J Control Release. 
2021;329:743–757.

	 doi: 10.1016/j.jconrel.2020.10.008

23.	 Braghiroli FL, Amaral-Labat G, Boss AFN, et al. Tannin 
gels and their carbon derivatives: A review. Biomolecules. 
2019;9(10):587.

	 doi: 10.3390/biom9100587

24.	 Mortezaee K, Najafi M, Farhood B, et al. Resveratrol as 
an adjuvant for normal tissues protection and tumor 
sensitization. Curr Cancer Drug Targets. 2020;20(2):130–145.

	 doi: 10.2174/1568009619666191019143539

25.	 Zhou LY, Fu J, He Y. A review of 3D printing technologies 
for soft polymer materials. Adv Funct Mater. 2020;2000187.

	 doi: 10.1002/adfm.202000187

26.	 Mau R, Nazir J, John S, et al. Preliminary study on 3D 
printing of PEGDA hydrogels for frontal sinus implants 
using digital light processing (DLP). Curr Dir Biomed Eng. 
2019;5(1):249–252.

	 doi: 10.1515/cdbme-2019-0063

27.	 Zhang B, Li S, Hingorani H, et al. Highly stretchable hydrogels 
for UV curing based high-resolution multimaterial 3D 
printing. J Mater Chem B. 2018;6(20):3246–3253.

	 doi: 10.1039/c8tb00673c

28.	 Sun JY, Zhao X, Illeperuma WR, et al. Highly stretchable 
and tough hydrogels. Nature. 2012;489(7414):133–136.

	 doi: 10.1038/nature11409

29.	 Huang B, Hu R, Xue Z, et al. Continuous liquid interface 
production of alginate/polyacrylamide hydrogels with 
supramolecular shape memory properties. Carbohydr 
Polym. 2020;231:115736.

	 doi: 10.1016/j.carbpol.2019.115736

30.	 Dávila JL, d’Ávila MA. Rheological evaluation of laponite/
alginate inks for 3D extrusion-based printing. Int J Adv 
Manuf Technol. 2018;101(1–4):675–686.

	 doi: 10.1007/s00170-018-2876-y

31.	 Xiang Z, Li N, Rong Y, et al. 3D-printed high-toughness 
double network hydrogels via digital light processing. 
Colloids Surf A: Physicochem Eng Asp. 2022;639:128329.

	 doi: 10.1016/j.colsurfa.2022.128329

32.	 Li N, Xiang Z, Rong Y, et al. 3D printing tannic acid-
based gels via digital light processing. Macromol Biosci. 
2022;22(4):e2100455.

	 doi: 10.1002/mabi.202100455

33.	 Zhu L, Rong Y, Wang Y, et al. DLP printing of tough 
organogels for customized wearable sensors. Eur Polym J. 
2023;187:111886.

	 doi: 10.1016/j.eurpolymj.2023.111886

34.	 Zhu W, Ma X, Gou M, et al. 3D printing of functional 
biomaterials for tissue engineering. Curr Opin Biotechnol. 
2016;40:103–112.

	 doi: 10.1016/j.copbio.2016.03.014

35.	 Axpe E, Oyen M. Applications of alginate-based bioinks in 
3D bioprinting. Int J Mol Sci. 2016;17(12):1976.

	 doi: 10.3390/ijms17121976

36.	 Caprioli M, Roppolo I. 3D-printed self-healing hydrogels 
via Digital Light Processing. Nat Commun. 2021;12(1):2462.

	 doi: 10.1038/s41467-021-22802-z

37.	 Guo J, Suma T, Richardson JJ, et al. Modular assembly of 
biomaterials using polyphenols as building blocks. ACS 
Biomater Sci Eng. 2019;5(11):5578–5596.

	 doi: 10.1021/ acsbiomaterials.8b01507

38.	 Lee J, Yeo M, Kim W, et al. Development of a tannic acid 
cross-linking process for obtaining 3D porous cell-laden 
collagen structure. Int J Biol Macromol. 2018;110:497–503.

	 doi: 10.1016/j.ijbiomac.2017.10.105

http://doi.org/10.1016/j.ejmp.2017.06.004 
http://doi.org/10.1016/j.prro.2017.11.001 
http://doi.org/10.1088/1361-6560/ab1c93 
http://doi.org/10.1002/acm2.12489 
http://doi.org/10.3390/pharmaceutics14061204 
http://doi.org/10.1002/smll.202102035 
http://doi.org/10.1088/1758-5090/abe7ab 
http://doi.org/10.1007/s42242-023-00245-3 
http://doi.org/10.1016/j.jconrel.2020.10.008 
http://doi.org/10.3390/biom9100587 
http://doi.org/10.2174/1568009619666191019143539 
http://doi.org/10.1002/adfm.202000187 
http://doi.org/10.1515/cdbme-2019-0063 
http://doi.org/10.1039/c8tb00673c 
http://doi.org/10.1038/nature11409 
http://doi.org/10.1016/j.carbpol.2019.115736 
http://doi.org/10.1007/s00170-018-2876-y 
http://doi.org/10.1016/j.colsurfa.2022.128329 
http://doi.org/10.1002/mabi.202100455 
http://doi.org/10.1016/j.eurpolymj.2023.111886 
http://doi.org/10.1016/j.copbio.2016.03.014 
http://doi.org/10.3390/ijms17121976 
http://doi.org/10.1038/s41467-021-22802-z 
http://doi.org/10.1021/ acsbiomaterials.8b01507 
http://doi.org/10.1016/j.ijbiomac.2017.10.105 


263Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1589

International Journal of Bioprinting 3D bioprinting of boluses for radiotherapy

39.	 Fischer N, Seo EJ, Efferth T. Prevention from radiation 
damage by natural products. Phytomedicine. 2018;47: 
192–200.

	 doi: 10.1016/j.phymed.2017.11.005

40.	 Wang J, Liu X, Wang Y, et al. Casein micelles embedded 
composite organohydrogel as potential wound dressing. Int 

J Biol Macromol. 2022;211:678–688.
	 doi: 10.1016/j.ijbiomac.2022.05.081

41.	 Kalra A, Lowe A, Al-Jumaily AM. Mechanical 
behaviour of skin: A review. J Material Sci Eng. 2016;5: 
254.

	 doi: 10.4172/2169-0022.1000254

http://doi.org/10.1016/j.phymed.2017.11.005 
http://doi.org/10.1016/j.ijbiomac.2022.05.081 
http://doi.org/10.4172/2169-0022.1000254


264

RESEARCH ARTICLE

Volume 10 Issue 2 (2024)

International  
Journal of Bioprinting

doi: 10.36922/ijb.1797

*Corresponding authors:

Xinghua Gao  
(gaoxinghua@t.shu.edu.cn)
Jingyun Ma  
(majingyun198401@126.com)

Citation: Ma J, Li W, Tian L, Gao 
X. Preparation of tunable hollow 
composite microfibers assisted 
by microfluidic spinning and its 
application in the construction of in 
vitro neural models. Int J Bioprint. 
2024;10(2):1797.  
doi: 10.36922/ijb.1797

Received: September 11, 2023
Accepted: November 7, 2023
Published Online: January 11, 2024

Copyright: © 2024 Author(s). 
This is an Open Access article 
distributed under the terms of the 
Creative Commons Attribution 
License, permitting distribution, 
and reproduction in any medium, 
provided the original work is 
properly cited.

Publisher’s Note: AccScience 
Publishing remains neutral with 
regard to jurisdictional claims in 
published maps and institutional 
affiliations.

Preparation of tunable hollow composite 
microfibers assisted by microfluidic spinning 
and its application in the construction of in vitro 
neural models

Jingyun Ma1*, Wei Li1,2, Lingling Tian2, and Xinghua Gao2*
1Ningbo Institute of Innovation for Combined Medicine and Engineering, The Affiliated Lihuili 
Hospital of Ningbo University, Ningbo, Zhejiang, China
2Materials Genome Institute, Shanghai University, Shanghai, China

(This article belongs to the Special Issue: Advancements in 3D Printing, Microfluidics, and Their Integrated 
Applications)

Abstract
Microfluidic spinning, which has recently emerged as an important approach 
to processing hydrogels, can handle the flow in the fluid channel and generate 
microfibers in a controlled and mild manner, and therefore, it is suitable for cell 
loading, long-term culture, and tissue engineering. In this study, we utilized three-
dimensional (3D) printing technology to prepare microfluidic chip templates with 
different microchannel heights in a one-step manner and obtained microfluidic 
spinning and microfiber assembly microchips. Hollow calcium alginate (CaA)/gelatin 
methacrylate (GelMA) composite microfibers were successfully prepared using a 
microfluidic spinning microchip combined with different fluid-injection strategies. 
The obtained hollow microfibers had one, two, or three lumens, and different 
inclusions could be added to the fiber walls. Hollow microfibers with a single lumen 
were used to load human umbilical vein endothelial cells (HUVECs) and exhibited 
good cell compatibility and barrier functions. We constructed a neural model based 
on the HUVEC-loaded hollow microfibers using a customized 3D printer. Using 
this established neural model, we induced the neural differentiation of rat adrenal 
medullary pheochromocytoma cells (PC12) using nerve growth factor. Axonal 
length, tubulin expression, and related gene (GAP-43 and TH) expression in PC12 cells 
were assessed. The current findings underscore the potential of utilizing microfluidic 
spinning in in vitro blood–brain barrier simulation, neuropharmaceutical and toxin 
evaluation, and brain-on-a-chip construction.

Keywords: Microfluidic spinning; Hollow microfiber; 3D bioprinting; PC12 cells; 
Neural differentiation

1. Introduction 
Microfibers possess several desirable features, such as large specific surface areas, 
excellent mechanical properties, and good biocompatibility.1,2 In particular, its structural 
characteristics allow for effective material exchange and mechanical support, making it 
an ideal three-dimensional (3D) carrier for cells or tissues, and it is increasingly being 
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used in fields such as tissue engineering and biomedical 
research.3 Microfibers are similar, in terms of form and 
structure, in most tissues and organs of living organisms, 
such as the myocardium,4 nerve bundles,5,6 and other 
luminal structures (e.g., blood vessels,7,8 pulmonary 
bronchi,9 and intestinal cavities10). Thus, microfibers can 
be used to reconstruct biomimetic tissues and organs in 
vitro. Furthermore, through microfiber assembly, more 
functional 3D biomimetic bodies can be formed, thereby 
providing new models for disease model construction, 
drug evaluation, and personalized diagnosis.

Commonly used preparation methods for microfibers 
include melting, electrospinning, and wet spinning.10-14 
Owing to the presence of high-temperature and high-
pressure environments, volatile organic solvents, 
and high shear stress during the melt-spinning and 
electrospinning processes, which can affect cell viability, 
prepared microfibers cannot be directly used for cell 
encapsulation and are often prepared as thin membrane 
materials for cell adhesion and growth.15 However, wet 
spinning, especially microfluidic spinning technology 
developed from microfluidic technology, has become 
the primary method for preparing cell-loaded microfiber 
scaffolds because of its mild reaction conditions, accurate 
and controllable operation, and the use of biogel materials 
with good biological properties.16 In addition, microfluidic 
spinning forms a coaxial laminar flow by injecting sample 
and sheath flow solutions with a certain viscosity into 
microchannels, which further undergo chemical or 
physical crosslinking in the preparation of microfibers.17 
Functional microfibers with various special morphologies 
and components can be obtained by adjusting the number 
of flow channels and injection strategies, particularly 
hollow microfibers with tubular structures, which is 
beneficial for 3D cell culture and tissue biomimetics.18-23 
For examples, based on a microfluidic platform with 
an attached photopolymerization device, Aykar et al. 
prepared poly(ethylene glycol diacrylate) (PEGDA)-
based hollow fibers as self-standing microvessels with 
biocompatibility/cytocompatibility.24 Also, Lee et al. 
reported 3D artificial microvessels based on HIVE-78 
cell-encapsulated hollow alginate microfibers and co-
cultured with smooth muscle cells (HIVS-125).25 Zhao et 
al. prepared grooved microfibers by co-spinning sodium 
alginate (NaA) with GelMA, and the muscle cells grown 
on the microfibers showed good viability and ordered 
alignment.26 The proposed method has the potential to 
replicate various arranged microstructures in vivo, such 
as nerve bundles and blood vessels.

Cell-loaded microfibers have been prepared using 
synthetic or natural polymer materials. Ionic crosslinking 
of NaA and calcium chloride (CaCl2) is often adopted in 

microfluidic spinning to prepare microfibers; however, 
the surface of CaA microfibers lacks the cell adhesion sites 
of cultured cells, hindering the diffusion and migration 
of encapsulated cells.27,28 Recently, GelMA has received 
increasing attention in the field of tissue engineering.29,30 
GelMA is a synthetic polymer material obtained from the 
reaction between gelatin and methacrylic anhydride. The 
principle behind GelMA-forming hydrogel is that, under 
ultraviolet (UV) irradiation, the unstable C=C bonds in 
the GelMA molecule break, producing active free radicals, 
and after the induction of the photoinitiator, a hydrogel 
with a network structure is formed.31 As a substitute for 
gelatin, GelMA is commendable for its biocompatibility, 
which is far superior to that of other synthetic materials, 
and its ability to simulate the extracellular matrix.32-34 In 
GelMA hydrogels loaded with cells, researchers observed 
high cell viability (>80%) and the formation of vascular 
networks.35 The excellent biocompatibility of the GelMA 
hydrogel and its ability to rapidly solidify in situ promote 
its application in the construction of cells/tissues in vitro, 
especially in vascular tissue engineering.36,37 In addition 
to GelMA, RGD-modified alginate is also suitable for 
vascular endothelial cell culture, yielding effects similar 
to that of GelMA, but comparatively, GelMA material is 
more readily available.38

In recent years, the accelerated population aging has 
significantly raised the prevalence of Parkinson’s and 
Alzheimer’s diseases.39,40 Since there are no drugs available 
to reverse the axonal damage causing these degenerative 
diseases of the nervous system, rebuilding nerve axons 
in vitro emerges as a feasible strategy. Toward this end, a 
pathological/physiological model built with an assembly 
of microfibers and microchips is required to observe cell 
growth, perform functional testing in a 3D environment 
in vitro, offer a platform to study the mechanism of disease 
occurrence, and conduct drug evaluations.

In this study, we prepared a microfluidic spinning 
microchip template and microfiber assembly microchip 
template with different channel heights using 3D printing 
technology in one step and then prepared a microfluidic 
spinning microchip and microfiber assembly microchip 
using the polydimethylsiloxane (PDMS) molding 
method. Hollow calcium alginate (CaA)/GelMA 
composite microfibers with different numbers of cavities 
were prepared using a microfluidic spinning microchip 
and various flow strategies. The composition and 
structure of the microfibers were characterized using 
infrared spectroscopy and scanning confocal microscopy. 
Then, human umbilical vein endothelial cells (HUVECs) 
were seeded and cultured in CaA/GelMA composite 
hollow microfiber tube walls, and biomarkers related to 
vascular endothelialization were characterized. Finally, 
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by assembling HUVECs-loaded hollow microfiber 
microchips, an in vitro neural differentiation model, 
capable of detecting axonal growth and related gene 
expression in PC12 cells under the action of nerve growth 
factor (NGF), was constructed. This model is expected to 
provide a new platform for studying the development of 
neurological diseases and evaluating drugs, and to offer 
an avenue for personalized diagnosis.

2. Materials and methods
2.1. Materials
NaA, GelMA (90%), calcium chloride dihydrate 
(CaCl2·2H2O), chitosan (η > 400 mPa·s), polystyrene 
microspheres (PS microspheres; 5 µm, ex/em: 400/450 
nm), and polystyrene microspheres (PS microspheres; 5 
µm, ex/em: 488/518 nm) were purchased from Shanghai 
Aladdin Biochemical Technology Co., Ltd. (Shanghai, 
China). Pluronic® F-127 (PF-127), 2-hydroxy-4’-(2-
hydroxyethoxy)-2-methylphenylacetone (I2959, 98%), 
acetic acid, isopropanol, dimethyl sulfoxide (DMSO), and 
4’, 6-diamino-2-phenylindole dihydrochloride (DAPI) 
were purchased from Sigma (Shanghai, China). The 
3D printing resin, containing methacrylate monomers, 
methyl oligomers, and photoinitiators, was purchased 
from Shenzhen Mofang Materials Technology Co., Ltd. 
Shenzhen, China. Sylgard 184 PDMS was purchased from 
Dow Corning (Midland, America). Fetal bovine serum 
(FBS), horse serum, Roswell Park Memorial Institute 
Medium 1640 (1640 medium), and double antibiotic 
solution containing penicillin and streptomycin were 
purchased from Gibco Grand Island, America. Endothelial 
cell culture medium, supplemented with FBS, double 
antibiotic solution containing penicillin and streptomycin, 
and endothelial cell growth additive, was purchased 
from ScienCell, San Diego, America. CellTracker Green 
CMFDA, propidium iodide, Alexa Fluor® 488 phalloidin, 
and Alexa Fluor 568 Dextran (10 kDa) were purchased 
from Life Invitrogen Carlsbad, America. Rabbit anti-von 
Willebrand factor (vWF), rabbit anti-β-Tubulin, goat 
anti-rabbit IgG 568, blocking buffer, and antibody diluent 
were all purchased from Abcam, Cambridge, England. 
Nerve growth factor was purchased from R&D Systems 
(Minneapolis, America).

2.2. Fabrication and characterization of microchip
According to the device manual, a 3D printing device 
(nanoArch® SI40, BMF Material Technology Inc., 
Shenzhen, China) was used to prepare microfluidic 
chip templates. There exist two types of templates: 
microfluidic spinning and microfiber assembly microchip 
templates. We prepared two templates as described 
previously.41,42 Solidworks software was used to design 

the chip templates. BMF_3Dslice software was used to 
slice and import images to the computer connected to 
the 3D printer. The platform lifting distance was adjusted 
according to the number of images and the required 
accuracy, and the splicing mode was selected to print 
the photosensitive resin chip template. Subsequently, 
the PDMS monomer and initiator were evenly mixed in 
a 10:1 (v/v) solution and poured onto a resin template. 
Bubbles were removed under vacuum, and the PDMS 
prepolymer was cured at 80°C for 1 h. Subsequently, a 
PDMS layer with microchannels was obtained by peeling 
off the template. For the microfluidic spinning microchip, 
irreversible sealing was required, that is, oxygen plasma 
surface treatment was performed on two PDMS layers 
with the same structure for alignment and sealing to 
obtain the final microfluidic spinning microchip. The 
microfiber assembly microchip did not require sealing 
and was sterilized as a backup. The dimensions of the 
template and the microfluidic chip were measured using 
an inverted fluorescence microscope (IX-73, Olympus, 
Tokyo, Japan) or a stylus profilometer (AlphaStep D-300 
Stylus Profile, KLA, Milpitas, America). 

2.3. Preparation and characterization of composite 
hollow microfibers
NaA, GelMA, I2959, CaCl2·2H2O, and PF-127 were all 
dissolved in deionized water and sterilized for future use. 
A 20% w/v PF-127 solution was used as the core flow, a 
mixture of 0.8% w/v NaA, 5% w/v GelMA, and 0.5% w/v 
photoinitiator I2959 was used as the sample flow, and 
a 4% (w/v) CaCl2 solution was used as the sheath flow. 
The core, sample, and sheath flows were injected into the 
microchannels of the microfluidic spinning microchip 
using a microinjection pump (Harvard, Holliston, 
America). A UV device emitting rays at a wavelength of 
365 nm was fixed above the microchip outlet position, 
and the microfibers were collected in a CaCl2 solution 
tank. To determine the composition of the composite 
microfibers, we characterized the composition of GelMA, 
a mixture of CaA and GelMA, and the prepared CaA/
GelMA microfibers using Fourier transform infrared 
(FTIR) spectroscopy (Thermo Fisher Scientific, Waltham, 
America). To investigate the effect of flow rate on the 
diameter of microfibers and facilitate the observation of 
the morphology of hollow microfibers, we mixed blue 
fluorescent PS microspheres (5 µm, ex/em: 400/450 nm) 
and green fluorescent PS microspheres (5 µm, ex/em: 
488/518 nm) at a concentration of 0.1 mg/mL into the 
sample solution and injected them into the corresponding 
microchannels. The flow velocity rates for core flow, sample 
flow, and sheath flow were 5–100, 50–110, and 120–200 
μL/min, respectively. 
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2.4. Microfiber assembly and diffusion experiment
In this study, we used a self-made 3D printing device41 to 
print CaA/GelMA hollow composite microfibers onto a 
microfiber assembly microchip. Afterward, 100 μL NaA/
GelMA mixed solution was added into the rectangular middle 
chamber of the microfiber assembly microchip to cover the 
composite microfiber. Subsequently, by adding CaCl2 solution 
and applying UV light at a wavelength of 365 nm for 60 s, 
the assembly of composite microfibers in the microfiber 
assembly microchip was achieved. During the preparation of 
microfibers, Alexa Fluor 568 Dextran (10 kDa) was added to 
the core flow with a final concentration of 100 μg/L. After the 
microfibers were generated, they were immediately printed 
onto the microfiber assembly microchip, and the diffusion of 
the fluorescent dyes at different times in the assembly system 
was imaged using an inverted fluorescence microscope (IX-73, 
Olympus, Tokyo, Japan). In addition, to characterize the pores 
in the microfibers in the assembly system, blue fluorescent 
PS microspheres (0.1 mg/mL) were added to the inlet of 
the assembled fibers, and their tracks were tracked using an 
inverted fluorescence microscope.

2.5. Cell culture
HUVECs used in this study were donated by Prof. Wang 
Li (Fudan University). PC12 cells were purchased from 
the Cell Bank/Stem Cell Bank of the Chinese Academy of 
Sciences (ATCC Source). The HUVECs were cultured in 
endothelial cell culture medium supplemented with 1% 
v/v double antibiotic solution containing penicillin and 
streptomycin, 1% v/v endothelial cell growth additive, 
and 5% v/v FBS. PC12 cells were cultured in RPMI 1640 
medium supplemented with 1% v/v double antibiotic 
solution containing penicillin and streptomycin, 5% v/v 
horse serum, and 10% v/v FBS. Cells were cultured in an 
incubator maintained at 37°C with a concentration of 5% 
CO2, and passaged every 2 days.

2.6. Preparation of cell-loaded microfibers
The HUVECs were digested using 0.25% trypsin-EDTA 
and resuspended in a mixed NaA/GelMA solution to 
obtain a density of 2 × 105/mL. To encapsulate cells, a 
mixture of PF-127 solution and NaA/GelMA was filtered 
using a 0.22 µm sterile membrane before the operation. 
The CaCl2 solution was high-pressure sterilized, and the 
spinning device was pre-disinfected with UV light for 
30 min. After production was completed, the cell-loaded 
microfibers were transferred to a complete cell culture 
medium containing a 0.1% w/v chitosan solution (filtered 
for sterilization) for further cultivation, and the medium 
was changed every 2 days.

2.7. Cell tracing and staining
To track the HUVECs and their position in the microfibers, 
according to a previous study,43 Cell Tracker Green CMFDA 

was used to label HUVECs. The cells were cultured for 7 
days, during which fluorescence images of the cells were 
obtained using a laser scanning confocal microscope 
(FV3000, Olympus, Tokyo, Japan). For cell viability testing, 
the cell-loaded microfibers prepared using the above 
method were stained with propidium iodide on the 1st and 
7th days. According to the instructions, Alexa Fluor 488 
phalloidin was used to characterize the F-actin of HUVECs 
in microfibers and plates. In addition, immunofluorescence 
staining was used to detect the expression of vWF in 
HUVECs in hollow composite microfibers and plates. Cells 
were fixed at room temperature in 4% paraformaldehyde 
for 10 min. The cells were then soaked in 0.1% Triton 
X100 for 3–5 min and then in a blocking buffer for 1 h. 
Afterward, rabbit anti-vWF was added (diluted 1:100) and 
incubated overnight at 4°C. Finally, the secondary antibody 
(diluted 1:100) was added, the cells were incubated for 1 
h, and the cell nuclei were stained with DAPI for 10 min. 
Fluorescent images of the cells were captured using a laser 
scanning confocal microscope. 

2.8. Neural model construction and differentiation 
evaluation
The CaA/GelMA hollow composite microfibers loaded 
with HUVECs were 3D-printed onto a sterilized microfiber 
assembly microchip. The PC12 cells were resuspended in a 
NaA/GelMA mixture solution. The resultant cell suspension 
was added to the middle chamber of the microfiber 
assembly microchip, and 100 μL of the cell suspension 
was added to completely cover the composite microfibers, 
which were cured by the addition of CaCl2 solution and 
UV light for 60 s to complete the assembly. In a previous 
study,44 neural differentiation induction experiments were 
performed on PC12 cells, which were stimulated using a 
complete medium with 100 ng/mL NGF. There were three 
groups in this experiment: NGF- HUVEC- group, NGF+ 
HUVEC- group, and NGF+ HUVEC+ group. Among 
them, the NGF- HUVEC- group was the negative control 
group in which the assembled composite microfibers were 
not loaded with HUVECs, and NGF was not added to the 
system. In the NGF+ HUVEC- group, the microfibers 
were not loaded with HUVECs, and NGF was added to 
the hollow microfiber in PF-127 solution and continuously 
applied to the system after microfiber assembly. In the 
NGF+ HUVEC+ group, the microfibers were loaded with 
HUVEC cells, and NGF was added to hollow microfiber 
in PF-127 solution and continuously applied to the system 
after microfiber assembly. After 7 days of culture, PC12 
cells were stained for F-actin, and the differentiation of 
PC12 cells was assessed by measuring the axon length 
on day 7 under a microscope. Tubulin III expression in 
PC12 cells was detected by means of immunofluorescence 
staining, and all images were acquired using laser confocal 
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microscopy. Quantitative polymerase chain reaction 
(qPCR) assays for growth cone marker growth-associated 
protein 43 (GAP-43) and sympathetic marker tyrosine 
hydroxylase (TH) of neural-associated mRNAs were 
performed. The primer sequences are as follows: 

•	 GAP-43: � 5’-CGACAGGATGAGGGTAAAGAA-3’ 
(forward)

	 5’-GACAGGAGAGGAAACTTCAGAG-3’ 
(reverse)

•	 TH: 	� 5’-GTGAACCAATTCCCCATGTG-3’ 
(forward)

	 5’-CAGTACCGTTCCAGAAGCTG-3’ 
(reverse)

•	 GAPDH: � 5’-TCCAGTATGACTCTACCCACG-3’ 
(forward)

	 5’-CACGACATACTCAGCACCAG-3’ 
(reverse)

2.9. Statistical analysis
In this work, all experiments were performed at least three 
times. All data are presented as mean ± standard deviation 
(SD), unless otherwise stated. Results are considered 
statistically significant when p <0.05, as determined by 
Student’s t-test. Data processing of the FTIR spectra was 
performed using Origin software. The cross-sectional area 
of the microfibers, number of cells in the microfibers, and 
axon length in the fluorescence images and 3D videos were 
analyzed using ImageJ software, an inverted fluorescence 
microscope, and confocal microscope self-contained 
software. Analysis of qPCR outputs was performed using 
the Lightcycle 96 (Roche) self-contained software.

3. Results and discussion
3.1. Design and preparation of microfluidic spinning 
microchip
In this study, we employed a microfluidic spinning 
strategy to fabricate CaA/GelMA microfibers with a 
hollow structure, and the microfluidic spinning microchip 
was designed according to a previous report.41 The resin 
templates were prepared using 3D printing technology, as 
shown in Figure 1A1. The microchip resin template was fixed 
on glass using an AB adhesive to ensure that the template 
was not bent or deformed. The resin template consists of 
9 microchannels distributed in a symmetric structure, 
named MⅠ (2 microchannels), MⅡ (2 microchannels), MⅢ 
(2 microchannels), MⅣ (2 microchannels), and MⅤ (1 
microchannel) in order, where the design height of MⅢ 
and MⅤ is 0.21 mm, and the actual measured height is 0.16 
± 0.02 mm; for MⅡ and MⅣ, a design height of 0.45 mm 
and an actual measurement height of 0.41 ± 0.02 mm were 

used; these 7 microchannels converge at the J1 position, at 
a similar height as MⅡ and MⅣ. The design height of MⅠ 
and the outlet is 0.63 mm, with the actual measurement 
height being 0.62 ± 0.01 mm, MⅠ with confluence point J1 
converging again at the J2 position, and J2 position being 
connected to the outlet with a height similar to that of MⅠ and 
the outlet. Resin templates with different channel heights 
can be prepared by one-step 3D printing. The generated 
template exhibits exceptional attributes, such as smooth 
surface, clear microchannels, minimum difference between 
the actual printing height and the design height, and high 
fineness, which are the most sought-after characteristics in 
the preparation of in microfluidic spinning chips.

After the resin template was cleaned and silanized, the 
PDMS layer was obtained by the PDMS molding method. 
One PDMS layer was perforated and plasma-sealed with 
another identical PDMS layer to obtain a microfluidic 
spinning microchip, as shown in the inset of Figure 1A2. The 
transparent PDMS material of the microfluidic spinning 
chip also provided favorable conditions for observing the 
fluid flow in the microchannel under a microscope. To 
prepare CaA/GelMA microfibers with hollow structures, as 
shown in Figure 1A2, we injected CaCl2 solution as a sheath 
flow in channel MⅠ, sample solutions containing NaA, 
GelMA, and the photoinitiator in channels MⅡ and MⅣ, and 
core flow solution in MⅤ. The transient ionic crosslinking of 
NaA and CaCl2 was used to form hollow microfibers, and 
CaA/GelMA microfibers were obtained after crosslinking 
was induced by a second UV exposure (Figure S1 in 
Supplementary File). Procedurally, the spinning process 
involves two crosslinking reactions: ionic crosslinking 
and UV crosslinking. The first step of ionic crosslinking 
was achieved by the rapid formation of a calcium-alginate 
hydrogel via an ion-exchange reaction of NaA and calcium 
ions.26 This step is crucial as it encapsulates the prepolymer 
of GelMA and the photoinitiator I2959, enabling the second 
step of photocrosslinking. Under UV light irradiation at a 
wavelength of 365 nm, the photoinitiator I2959 underwent 
a cleavage reaction to form reactive radicals, and the 
GelMA-containing photosensitive groups underwent a 
polymerization reaction to form GelMA hydrogels.45 To 
facilitate the observation of the morphology and structure of 
the hollow fibers, we added PS microspheres with a diameter 
of 5 μm each to the sample solution, and the particles in the 
walls of the hollow microfiber tubes could be viewed under 
the microscope, as shown in the inset of Figure 1A2.

3.2. Manufacturing and characterization of 
composite hollow microfibers
Using this fast and efficient microfluidic spinning method, 
the material selection, concentration, and flow rates of the 
sample, sheath, and core flow solutions were optimized. The 
effects of the different sheath and sample flow rates on the 
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cross-sectional areas of the microfibers were investigated. 
As shown in Figure 2A, when the sheath flow rate was 160 
μL/min and the sample flow rate was increased from 50 to 
110 μL/min, the microfiber cross-sectional area increased 
with the increase of the sample flow rate. In contrast, as 

shown in Figure 2B, when the sample flow rate was 80 μL/
min, the sheath flow rate increased from 120 to 200 μL/min, 
and the microfiber cross-sectional area decreased with an 
increase in the sheath flow rate. This situation is similar 
to findings reported in previous studies.26,46 However, it is 

Figure 1. (A) Microchip fabrication and spinning processes. (A1) Images of the resin template of the microfluidic spinning microchip prepared by 3D 
printing technology. (A2) Schematic diagram of the processes of microfluidic spinning to prepare hollow CaA/GelMA microfibers. The inset illustrates 
images of the microfluidic spinning microchip and hollow microfibers, in which PS microspheres with a diameter of 5 μm each were added to the core flow. 
(B) Schematic diagram of 3D printing of the microfibers by a self-made device.



Microfluidic spinning for neural models

270Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1797

International Journal of Bioprinting

worth noting that when the sample and sheath flow rates 
were too high or low, the formation of microfibers was 
difficult to maintain. When the flow rate is too low, the 
fluid will fluctuate owing to the limitation of the perfusion 
equipment; the microfibers cannot flow out of the channel 
quickly after formation and can easily accumulate at the 
outlet, leading to channel blockage and fiber deformation. 
When the flow rate is high, the sample flow and sheath 
laminar flow instability led to an uneven fiber morphology, 
and fast flow rate increased the sample flow consumption 
and waste. Therefore, after comparing the morphology 
of the microfibers at different flow rates, the optimal 
conditions for the rate of sample and sheath flows were 
determined to be 80 μL/min for the sample flow and 160 
μL/min for the sheath flow. The optimal compositions for 
preparing the sample and sheath flows of the composite 
microfibers are 0.8% w/v NaA, 5% w/v GelMA, and 0.5% 

I2959 prepolymer solution for preparing the sample flow 
solution or 4% w/v CaCl2 solution for preparing the sheath 
flow solution.

In addition, the compositions of the composite 
microfibers were characterized using FTIR spectroscopy, 
as shown in Figure 2C. Pure GelMA (GelMA), a mixture 
of GelMA and CaA (CaA+GelMA), and the prepared 
composite microfibers (fibers) were analyzed. The 
characteristic peak related to N-H bending vibration and 
C-N stretching vibration in GelMA occurred at about 
1550 cm-1 wave number, and due to the stretching of 
C-O-C, the characteristic peak of CaA occurred at about 
1030 cm-1 wave number, while the characteristic peaks 
of fibers containing CaA and GelMA occurred at 1030 
cm-1 and 1550 cm-1, respectively, a finding consistent with 
previous reports.26,47 This confirmed that the microfibers 
contained GelMA. 

Figure 2. Manufacturing and characterization of composite hollow microfibers. (A) Histogram of the cross-sectional area of composite microfiber under 
different sample flow rates (n = 6). Data are expressed as mean ± SD. (B) Histogram of the cross-sectional area of composite microfiber under different 
sheath flow rates (n = 6). Data are expressed as mean ± SD. (C) FTIR Spectrum of GelMA, the mixture of CaA and GelMA (CaA+GelMA), and the 
prepared microfiber. (D) Fluorescence images of composite hollow microfibers with different core flow solutions. Scale bar = 100 µm. (E) 3D views of 
composite hollow microfibers with different core flow rates. Blue fluorescent PS microspheres were added to the sample flow for fluorescence photography.
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In addition, we examined the effects of the core 
solution material selection, concentration, and flow rate 
on the preparation of composite hollow microfibers. 
The core solution, as the occupancy fluid of hollow 
microfibers, is generally selected as a substance with high 
viscosity that does not react with the sample solution; 
polyvinyl alcohol41 and PF-1278 are commonly used. In 
this study, for biocompatibility and stability reasons, 
we chose chitosan and PF-127 as the core solutions, 
which can stabilize the CaA gel so that it does not easily 
dissolve and degrade; of note, PF-127 is suitable for 
spinning systems by virtue of good biocompatibility 
and adjustable viscosity. We added fluorescent PS 
microspheres to the sample solution in order to perform 
fluorescence photography of the confocal microscope, 
and the structure of the microfibers is shown in Figure 
2D. When the core flow was 1% chitosan solution, no 
hollow structure was formed inside the microfiber; when 
the core flow was 10% PF-127, the hollow pores were 
generated inside the microfiber, but the homogeneity 
was poor and the hollow pores were discontinuous; 
when 20% PF-127 solution was used as the core solution, 
the hollow pores were obvious and the hollow structure 
of the microfiber was stable. Therefore, 20% PF-127 
solution was selected as the core solution. Subsequently, 
when the sample flow (80 μL/min) and sheath flow (160 
μL/min) rates were kept constant, the core flow rate was 
changed to prepare hollow microfibers. When the core 
flow rate was increased from 10 to 60 L/min, the hollow 
pores of the composite microfibers gradually became 
obvious (Figure 2E). Among them, the flow rate of 20 
μL/min promoted the formation of microfiber hollow 
structure with a regular circular cavity. When the flow 
rate was less than 10 μL/min, the cavities were small and 
irregular. In contrast, when the flow rate was between 40 
and 60 μL/min, the cavity structure flattened, becoming 
elliptical and larger but remaining incomplete. This 
may be due to the fact that the core flow rate was too 
high for the whole system, which squeezed the sheath 
and sample flows, pushing them closer to the wall of 
the microchannel. This leads to thinner liquid flows, 
causing the deformation of the hollow microfibers and 
the formation of incomplete lumen. A core flow rate 
of 20 μL/min was chosen for subsequent experiments 
to ensure the stable formation of hollow composite 
microfibers and the integrity of the lumen. Under these 
optimized conditions, the flow was stable throughout 
the continuous spinning process, and the prepared 
hollow microfibers had a distinct and complete lumen 
structure, thereby confirming the controllability and 
stability of the microfluidic spinning strategy used in 
these experiments.

3.3. Preparation and characterization of multi-
hollow composite microfibers
Based on the above results, we further prepared multi-
hollow CaA/GelMA composite microfibers by adjusting 
the perfusion fluid strategy. While keeping the sheath 
flow and sample flow unchanged, the core flow was 
changed from MⅤ to MIII and the number of core flows was 
increased from one to two to facilitate the preparation of 
double-lumen hollow CaA/GelMA composite microfibers, 
as shown in Figure 3A and Video S1 (Supplementary File). 
In addition, by adding different types of fluorescent PS 
microspheres, such as blue fluorescent PS microspheres and 
green fluorescent PS microspheres, to the sample solution 
of MII and MIV, two types of double-lumen hollow CaA/
GelMA composite microfibers with different inclusions 
were obtained, as shown in Figure 3B and Video S2 
(Supplementary File). This type of microfiber with different 
contents holds application potential for 3D co-culture, 3D 
biomanufacturing, and multi-tissue simulation in complex 
systems. Furthermore, by applying core flow to both 
channels MⅤ and MIII and further increasing the number 
of core flows, three more complex three-lumen hollow 
CaA/GelMA composite microfibers could be prepared, as 
shown in Figure 3C and Video S3 (Supplementary File). In 
theory, one can continue to increase the number of fluid 
channels and set up more complex fluid infusion strategies 
to prepare more complex multi-lumen hollow microfibers. 
However, increasing the number and type of fluids would 
further complicate the microfluidic spinning chip and 
encumber the peripheral fluid-driven devices, adversely 
affecting the preparation of the microfluidic spinning 
microchip and the stability of the fluid perfusion system.

3.4. Hollow composite microfibers for the 3D culture 
of HUVECs
In the above-mentioned experiment, PS microspheres 
were added to the sample solution to assist with microfiber 
loading. These microspheres had a diameter of 5 µm 
each, similar to the cell diameter (~10 µm). Since it is not 
difficult to prepare cell-loaded hollow microfibers using 
the hollow microfiber preparation method mentioned 
above, we loaded HUVECs into the CaA/GelMA hollow 
composite microfibers to explore the feasibility of using 
them as cell scaffolds to achieve microvascularization. The 
HUVECs were stained with Cell Tracker Green CMFDA 
for microfluidic spinning. The resulting hollow microfibers 
are shown in Figure 4A. After HUVECs-loaded hollow 
microfiber was incubated in the culture medium for 7 
days, propidium iodide staining was performed to assess 
cell viability. The cell viability rate of HUVECs-loaded 
hollow microfiber, measuring approximately 90%, was 
significantly higher than that of the HUVEC-loaded 
CaA microfibers (Figure 4A). This was because the 
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GelMA hydrogel was compounded in the microfiber.48 
As a substitute for gelatin, GelMA has been widely used 
as a scaffold material for vascular tissues in 3D cultures 
and vascular construction.33,48,49 Owing to its excellent 
biocompatibility and rapid UV curing processability, it is 
also applied in 3D bioprinting. 

In addition, we observed the morphology and protein 
expression of the HUVECs in the hollow composite 
microfibers using fluorescence staining. F-actin is a 
cytoskeletal protein commonly used to characterize cell 
morphology and can be characterized by staining with 
Alexa Fluor 488-labeled phalloidin. We stained the F-actin 
of HUVECs cultured in composite microfibers for 7 days 
and compared the morphology of HUVECs cultured on the 
plates. The high-magnification laser confocal microscopy 
images (Figure 4B and D) reveal that HUVECs cultured in 
composite microfibers have an enhanced 3D morphology 
and a tendency to extend, closely resembling the 
morphology of real living cells. Moreover, the morphology 

of HUVECs cultured on the plates tended to flatten. The 
vWF is a protein synthesized and secreted by vascular 
endothelial cells and megakaryocytes and a marker of 
vascular endothelialization. We characterized vWF in 
HUVECs cultured in composite microfibers for 7 days and 
compared the expression of vWF in HUVECs cultured on 
a plate. The high-magnification laser confocal microscopy 
images (Figure 4C and E) show that HUVECs cultured in 
composite microfibers exhibited a positive expression of 
vWF, which was brighter than that in HUVECs cultured in 
two-dimensional culture.

3.5. Assembly of hollow composite microfibers and 
construction of neural model
To further expand the application of hollow microfibers 
and make them convenient for the construction of various 
types of disease/physiological models, we realized the 
3D printing of hollow composite microfibers using a 3D 
printing platform built in the laboratory (Figure 1B).41 The 
fluorescence images of 3D-printed hollow microfiber are 

Figure 3. Perfusion fluid strategy and characterization of multi-lumen hollow CaA/GelMA composite microfibers. (A) CaA/GelMA double-lumen 
microfiber with one kind of inclusion. (B) CaA/GelMA double-lumen microfiber with two kinds of inclusions. (C) CaA/GelMA triple-lumen microfiber 
with two kinds of inclusions. Scale bar = 100 µm.
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shown in Figure 5A. Accordingly, we printed HUVECs-
loaded hollow microfibers onto a microfiber assembly 
microchip consisting of one inlet, one outlet, a microfiber 
fixation channel, and a rectangular-area cell culture 
chamber, as shown in Figure 5B. The microfiber assembly 
microchip allowed the assembly of composite microfibers 
and was designed with a microchip channel width of 1000 
μm and a rectangular area of 7.5 cm × 1.5 cm. To verify 
the ability of the hollow pipeline to transport liquid after 
hollow fiber assembly, we added an aqueous solution 
containing blue fluorescent PS microspheres dropwise 
at the inlet of the microfiber assembly microchip. The 
flow of the microspheres was video-recorded with the 
aid of fluorescence microscopy, as shown in Figure 5C 
and Video S4 (Supplementary File). It can be seen that 
the microspheres can easily enter the hollow and roll 
continuously, which further proves the existence of hollow 
fiber pores and the patency of the duct.

To construct neural models using hollow microfibers, 
we used the pheochromocytoma cell line PC12 cells. 

PC12 cells are a validated neuronal cell model widely 
used to study neuronal differentiation. PC12 cells undergo 
neural differentiation in response to NGF and exhibit 
typical neural phenotypes and axonal growth. NGF is a 
biologically active protein, with a molecular weight of 26.5 
kDa. To verify the ability of this protein to diffuse into the 
lumen of the hollow microfibers, we used 10 kDa Alexa 
Fluor 568 dextran as a fluorescent dye. During microfiber 
preparation, dextran at a final concentration of 100 μg/L 
was added to the core solution. After the microfibers 
were prepared, they were immediately printed onto the 
assembly microchip. Subsequently, NaA and GelMA were 
added to the assembly microchip for ionic crosslinking and 
UV light crosslinking, and real-time images were taken 
using an inverted fluorescence microscope to observe 
the dye molecules (Figure 6A). The fluorescently labeled 
dextran, a large-molecule fluorescent dye, could diffuse 
over time in the hollow microfibers without HUVECs, 
but the concentration gradient of the dye between the 
inside and the outside of the microfibers diminished after 
approximately 2 h. In contrast, in the HUVECs-loaded 

Figure 4. Characterization of HUVECs-loaded CaA/GelMA hollow microfiber. (A) Confocal images of HUVECs cultured in CaA/GelMA microfiber 
(green: Cell Tracker Green CMFDA) and cell viability histograms (n = 4). Data are expressed as mean ± SD. Student’s t-tests were performed for data 
analysis. *p < 0.05. (B, D) F-actin staining images of HUVECs cultured in composite microfiber and plate. Green: F-actin; blue: DAPI; scale bar = 20 µm. 
(C, E) vWF staining images of HUVECs cultured in composite microfiber and plate. Red: vWF; blue: DAPI; scale bar = 20 µm.
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hollow microfibers, the HUVECs posed an occupancy 
and barrier effect, blocking the diffusion of fluorescent dye 
molecules. In view of this, we added NGF to the hollow 
microfiber and adopted a continuous mode of NGF 
addition to the assembly microchip to induce PC12 cell 
differentiation in the construction of the neural model. A 

schematic representation of the constructed neural model 
is shown in Figure 6B. 

For this HUVEC-loaded hollow microfiber-based 
neural model, we performed experiments in which we 
applied a permutation of NGF stimulation (labeled as 
NGF+) and HUVEC loading (labeled as HUVEC+) to the 

Figure 5. Hollow microfiber assembly and PS microspheres movement in the hollow microfibers. (A) Fluorescence images of 3D-printed hollow 
microfibers. Scale bar = 1 mm. (B) Hollow microfiber assembly in a microfiber assembly microchip. Scale bar = 1 mm. (C) Real-time images of PS 
microspheres movement in hollow microfibers. Scale bar = 100 µm.
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microfibers, creating three groups, namely NGF- HUVEC- 
group (negative control group), NGF+ HUVEC- group, and 
NGF+ HUVEC+ group. After 7 days of treatment, F-actin 
and neuron-associated protein β-microtubulin III (tubulin) 
were fluorescently stained, and the axon lengths of the cells 

were measured according to the results of cell staining, as 
shown in Figure 6C and D. Following the addition of NGF, 
PC12 cells exhibited increased axon length, indicating 
that they underwent neural differentiation. Meanwhile, 
in the HUVEC+ group, axon length was significantly 

Figure 6. Assembly of hollow composite microfibers and construction of neural model. (A) The diffusion images of Alexa Fluor 568 dextran (10 kDa) in 
hollow microfibers. Scale bar = 200 µm. (B) Schematic diagram of the constructed neural model. (C) F-actin and tubulin fluorescence staining images 
of PC12 cells under different conditions for 7 days. (D) Histograms of the axonal length of PC12 under different conditions for 7 days (n = 6). Data are 
expressed as mean ± SD. Student’s t-tests were performed for data analysis. *p < 0.05; **p < 0.01. (E) Histograms of GAP-43 and TH gene expression in 
PC12 for 3 days under different conditions. In the gene expression experiment, a treatment of 100 ng/mL NGF was used, and GAPDH was used as the 
housekeeping gene (n = 3). Data are expressed as mean ± SD. Student’s t-tests were performed for data analysis. *p < 0.05.
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reduced compared to that in HUVECs, consistent with the 
results of the diffusion experiments, where the presence 
of HUVECs would, to some extent, block the entry of 
NGF into the 3D culture microenvironment of PC12 cells, 
leading to reduced differentiation. To further verify this 
result, we examined the gene expression of GAP-43 and 
TH using real-time qPCR. The results showed that GAP-43 
was obviously expressed in NGF+ HUVEC- group, but not 
detected in NGF- HUVEC- group and NGF+ HUVEC+ 
(Ct > 40) (Figure 6E). Also, the expression level of TH gene 
in NGF+ HUVEC+ group was significantly lower than that 
in NGF+ HUVEC- group, and no TH gene was detected 
in NGF- HUVEC- group, which indirectly reflected the 
barrier effect of vascular endothelium. Moreover, it is 
possible to construct an experimental neural model by 
assembling cell-loaded hollow microfibers in a microchip, 
thereby realizing the 3D culture of neural-related cells. 
The HUVECs-loaded hollow fibers, which possess barrier 
effect, hold application potential in in vitro blood–brain 
barrier simulation, neuropharmaceutical and toxin 
evaluation, and brain-on-a-chip construction.

4. Conclusion
In this study, we used 3D printing technology to prepare 
microchip templates and obtain microfluidic chips, which 
allowed the successful manufacture of CaA/GelMA composite 
microfibers with different numbers of hollow lumens using 
microfluidic spinning microchips coupled with different 
flow injection strategies. The compositions and structures 
of the composite microfibers were characterized using FTIR 
spectroscopy and scanning confocal microscopy. HUVECs 
were seeded and cultured in CaA/GelMA composite hollow 
microfiber tube walls, and the cell viability and expression 
of related biomarkers of vascular endothelialization were 
assessed. Finally, by assembling HUVEC-loaded hollow 
microfibers into assembly microchips, an in vitro neural 
differentiation model, capable of detecting axonal length, 
tubulin, and related gene (GAP-43 and TH) expression in 
PC12 under the action of NGF, was constructed. This model 
is expected to provide a new platform for investigating 
the occurrence and development of neurological diseases 
and evaluating new drugs and toxins, with promising 
applications in in vitro blood–brain barrier simulation and 
organ-on-a-chip construction.
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Abstract
More than 90% of kidney cancers are attributed to renal cell carcinoma (RCC), which is 
however highly resistant to traditional chemotherapy. The challenges met in treating RCC 
signify an imperative to accelerate the development of new and effective drugs. Preclinical 
testing has served as a foundation for evaluating potential effectiveness of new drugs, but 
this endeavor is deeply restricted by the current generation of in vitro two-dimensional 
culture models, which cannot accurately mimic the tumor microenvironment (TME). 
Therefore, new in vitro three-dimensional (3D) cell culture models that can better mimic 
the components and architecture of TME have been developed for preclinical testing, but 
only a few existing 3D cell culture models can simulate the TME of RCC, representing a 
limitative obstacle impeding the development of novel drugs for RCC. In this study, we 
prepared a bioink by mixing porcine kidney decellularized extracellular matrix (dECM) 
powders with gelatin methacryloyl (GelMA) to bioprint an in vitro 3D cell culture model 
for RCC. We found that GelMA stability, mechanical properties, and printability were 
all significantly improved following the addition of the dECM powder. Moreover, cell 
cultures using ACHN cells suggested that kidney dECM powders significantly improved 
the cellular proliferation and metastasis via upregulation of markers related to epithelial–
mesenchymal transition, along with activation of several cancer progression-related 
signaling pathways. More importantly, ACHN cells also demonstrated higher resistance 
to sunitinib under the stimulation of kidney dECM, indicating that GelMA-kidney dECM 
hydrogels may be an appropriate preclinical model to be used for building an in vitro RCC 
platform for drug screening and development. 

Keywords: Tumor microenvironment; Gelatin methacrylate; 3D culture; Tumor 
model; Drug screening
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1. Introduction
The incidence of kidney cancer has continuously increased 
worldwide over the past decades.1 Around 90% of kidney 
cancers are classified as renal cell carcinoma (RCC), a 
highly deadly urological cancer originating from the 
proximal tubular epithelial cells in the renal cortex.2 More 
than 140,000 RCC-related deaths and 342,000 cases are 
recorded each year globally.3 Advanced RCC cases have 
a 5-year survival rate of only 11.7%.4 In addition, 30% of 
RCC patients have metastatic disease at initial presentation, 
and 30% of patients who experience complete resection 
suffer from RCC recurrence.5 More importantly, all RCC 
subtypes are largely nonresponsive to traditional chemo- 
and radiotherapies.4,6 

The tumor microenvironment (TME) comprises tumor 
cells and their stromal microenvironment, including 
various growth factors, cytokines, immune cells, stem cells, 
fibroblasts, and extracellular matrix (ECM).7 The TME has 
been found to be one of the major factors influencing the 
efficiency of chemotherapy.8,9 Non-cancer cells such as 
immune cells and fibroblasts have been shown to enhance 
RCC cellular proliferation, invasion, drug resistance, 
and angiogenesis.10,11 Composed of mainly proteins and 
polysaccharides, ECM is the non-cellular component 
of the TME secreted by cells for its biochemical and 
structural support. The ECM has been shown to not only 
provide structural support for cell growth but also play a 
critical role in controlling cell differentiation, migration, 
and morphogenesis, which are critical pathological events 
occurring in the TME during the course of tumorigenesis.12 
Collagen, the main component of the ECM, has been 
proven to enhance the invasion of RCC cells.13 Other ECM 
components, including hyaluronic acid, laminin, versican, 
and fibronectin, have also been found to promote cancer 
development and metastasis.14-18 Therefore, mimicking the 
biochemical properties of the ECM and creating a more 
biomimetic culture model for RCC have become important 
research goals, which are instrumental for facilitating 
RCC-related drug development.19-21

In the recent years, the application of two-dimensional 
(2D) cultures has become widely accepted for biological 
investigations. However, they do not realistically 
recapitulate the nature of the TME and lack cell–cell/
matrix interactions.22 As a result of these limitations, 
various types of three-dimensional (3D) culture models 
were developed to study the complexity of the TME in 
RCC.23 Spherical cancer and hydrogel-based culture 
models are now frequently used for 3D cultures of RCC 
cells.24,25 Nevertheless, the failure to realistically simulate 

the TME of RCC implies that these models are also unable 
to yield accurate results in drug screening and assessment, 
and the positive drug testing outcome stemming from 
in vitro testing with these models is not necessarily 
commensurate with the efficacy of the drugs used in 
clinical treatment.26,27 The decellularized extracellular 
matrix (dECM) is a biomaterial formed from tissues via 
the removal of immunogenic cellular components. This 
material has been used in tissue engineering,28 since 
dECM can preserve the active components of the ECM 
and effectively reduce immune rejection while being well-
tolerated by heterogeneous hosts.29 For these reasons, 
dECM was also used to construct in vitro TME models to 
closely recapitulate dynamic cancer cell–ECM interactions. 
However, we cannot overlook the shortcomings of dECM, 
such as the uncontrollable degradation and its difficulty 
in forming hydrogel, which limit its wider application in 
3D bioprinting and tissue engineering despite its structure 
being better able to mimic the TME. 

In this study, we prepared porcine kidney-derived 
dECM powders and mixed them with gelatin methacryloyl 
(GelMA) to enhance dECM biological properties and 
printability. The mixture was then further used to construct 
a 3D cell culture model, which is able to better stimulate the 
RCC TME. GelMA is produced via the partial hydrolysis 
of native collagen, which is a potential 3D cell culture 
biomaterial for mimicking the TME since it retains most 
of the biological properties of collagen.30 The degree of 
dECM decellularization, particle size, and GelMA material 
properties in dECMs of different concentrations were 
analyzed. The cells of ACHN, an RCC cell line, were further 
encapsulated in GelMA-based precursors and bioprinted 
into a nephron structure used for evaluating the effects of 
kidney dECM powders on cellular behaviors. 

2. Materials and methods
2.1. Materials
Methacrylic anhydride (M102519) and gelatin (G108395) 
were obtained from Aladdin (China). Sodium dodecyl 
sulfate (SDS; L3771-500G) was obtained from Sigma 
(Germany). The Matrigel (356234) was purchased from 
Corning (Corning, NY). Polydimethylsiloxane (PDMS) 
was obtained from Sylgard (USA). The lithium phenyl-
2,4,6-trimethylbenzoylphosphinate (LAP) was obtained 
from Engineering For Life (China). ACHN cells (CL-0021) 
were obtained from Procell (China). Dulbecco’s modified 
Eagle medium (DMEM; C11995500BT), 0.25% trypsin-
EDTA (25200056), and penicillin/streptomycin (15140122) 
were obtained from Gibco (USA). Cell counting kit-8 
(CCK-8; C0038) was obtained from Beyotime (China). 
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Paraformaldehyde (PFA; P1110), 4,6-diamidino-2-
phenylindole (DAPI, C0060), phalloidin-FITC (CA1660), 
and phosphate-buffered saline (PBS; P1020) were all 
obtained from Beijing Solarbio (China). The primary 
antibodies used including GAPDH (5174S), CD44 (3578S), 
CDH1 (3195S), vimentin (5741S), and CDH2 (13116S) 
were obtained from Cell Signaling Technology (USA), and 
the secondary antibody (ab150077) was obtained from 
Abcam (UK). All primers were synthesized by Beijing 
Tsingke Biotech (China). Power SYBR Green PCR Master 
Mix (4367659) and TRIzol (15596018) were obtained from 
Thermo Fisher Scientific (USA). FastKing gDNA Dispelling 
RT SuperMix kits (KR118) and DNA extraction kits 
(DP304) were obtained from Beijing TIANGEN (China). 
Fetal bovine serum (FSP500) was obtained from Shanghai 
ExCell Bio (China). BCA Protein Assay kits (23225) were 
obtained from Thermo Fisher Scientific (MA, USA). 

2.2. Decellularization of kidney samples
The kidney samples used in the experiments were derived 
from Chinese Middle White Pig, which was purchased 
from Central Fresh Market (Ningbo, China). The 
decellularization method was adapted from a previously 
published method.31 Briefly, fresh kidney samples were first 
cut into small pieces, washed with deionized water, stirred 
in 2% Triton X-100 solution for 24 h (changed every 12 
h), and soaked in 0.1% SDS for 48 h (changed every 12 h). 
Finally, the samples were washed with deionized water for 
24 h before being stored at −80°C.

2.3. DNA extraction
The DNA from fresh and decellularized samples was 
extracted using a DNA extraction kit with all procedures 
stipulated in the product’s protocol. Briefly, the samples 
were lysed with a tissue homogenizer (TISS-BAS1C24, 
Jingxin, China), then washed with buffers and extracted 
using spin columns. The concentration of extracted DNA 
was determined using Nanodrop™ 2000 Spectrophotometer 
( Thermo Fisher Scientific, USA).

2.4. Scanning electron microscopy
Decellularized kidney samples were ground to powder 
using a tissue homogenizer (TISS-BAS1C24, Jingxin, 
China) and sputter-coated with gold on a sample holder 
for 1 min by a sputter coater (Supro Instrument, USA), and 
finally imaged (n = 6 images at different spots per group) 
using a scanning electron microscope (SEM; Phenom Pro, 
Phenom, Netherlands).

2.5. Western blotting
For Western blotting, fresh and decellularized samples 
were lysed with RIPA buffer and centrifuged at 12,000 
rpm. The supernatant was then collected, and the protein 

concentrations were measured using a BCA Protein Assay 
Kit I adherence with the manufacturer’s protocol. An 
aliquot of total protein was separated by polyacrylamide 
gel electrophoresis under reducing conditions and was 
then transferred onto a polyvinylidene fluoride (PVDF) 
membrane. The membrane was then blocked with 
blocking buffer for 2 h before being incubated overnight at 
4°C with primary antibodies (GAPDH, 1:1000). Next, the 
membranes were incubated with the anti-rabbit secondary 
antibodies (1:5000) at room temperature for 1 h and finally 
visualized with ChemiDoc MP Imaging System (BIO-
RAD, USA).

2.6. Hematoxylin–eosin staining 
Fresh and decellularized samples were first fixed with 4% 
PFA, dehydrated with ethanol, mounted in paraffin, and 
then cut into section with a thickness of 10 µm using a 
microtome (Leica, Germany). Sections were then stained 
with hematoxylin and eosin (H&E). Briefly, the sections were 
first baked for 30 min at 60°C, deparaffinized with xylene, 
and then washed with ethanol. Next, the sections were 
stained with hematoxylin solution for 10 min, differentiated 
with a differentiation solution for 3 min, and washed with 
deionized water three times. The sections were then re-dyed 
with eosin Y solution for 1 min, cleared with xylene, and 
sealed with resin. Finally, the samples were imaged using a 
microscope (DMi1, Leica Microsystems, Germany). 

2.7. GelMA synthesis 
GelMA used in this study was synthesized based on a 
previously published protocol.32,33 Briefly, gelatin, Na2CO3, 
and NaHCO3 were dissolved at 50°C for 3 h until complete 
dissolution. Then, 2.5 wt% methacrylic anhydride was 
added to the dissolved gelatin solution for GelMA 
synthesis to achieve a degree of methacryloyl substitution 
(DMS) of 30%. After continuous stirring in the dark for 
3 h, five times of deionized water was used to dilute the 
sample and dialyzed for 3 days with water change every 8 
h. Finally, the synthesized GelMA were frozen overnight, 
freeze-dried for 3 days, and stored at -20°C for the later 
experimentation.

2.8. Hydrogel preparation
The 10 wt% GelMA was prepared with a fully supplemented 
DMEM containing 0.5% LAP. Various amounts of 
kidney dECM powders were added separately to GelMA 
precursors to obtain 1 wt%, 2 wt%, and 3 wt% of 10% 
GelMA-kidney solutions; hereafter, these are called the 
10% GelMA-1% Kidney, 10% GelMA-2% Kidney, and 10% 
GelMA-3% Kidney solutions, respectively. Each precursor 
solution was photo-crosslinked using 405 nm ultraviolet 
(UV) light (10 W/cm2) for 1.5 min in a disc-like PDMS 
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model with 8 mm inner diameter and 2 mm thickness for 
compressive and swelling tests.

2.9. Rheological analysis
The rheological properties of GelMA solutions with or 
without dECM powders (n = 3) were measured with a 
rheometer (Thermo Scientific, USA). Rotational shear 
thinning tests were then performed under increasing 
shear rates (0.1 to 100 1/s) in 5 min at 20°C. The effect of 
a temperature change (i.e., 4–35°C) on GelMA precursor 
viscosity was determined under a constant shear rate 
of 1/s over 30 min. In addition, the storage (G’) and loss 
(G’’) modules of GelMA-based precursors were further 
evaluated to investigate the effect of a temperature change 
(i.e., 4–35°C) under 1 Pa constant shear stress and 1 Hz 
frequency.

2.10. Swelling test
All groups of disc-like GelMA samples (n = 5 per group) 
were soaked in DMEM medium and incubated at cell 
culture condition (37°C and 5% CO2) for 5 days. The 
diameter of disc hydrogels was then determined with 
a digital micrometer (Deli, China) at multiple time 
points, i.e., 0, 0.5, 1.5, 4, 6, 24, 48, 72, and 120 h, and 
normalized to the diameter at 0 h to calculate the scaled  
diameter values.

2.11. Compressive test
Compressive test was performed to detect the compressive 
modulus of all GelMA groups (n = 5 per group) with 
a universal tester (Shimadzu, Japan). All samples were 
compressed at 0.5 mm/min rate to a strain of 50%. The 
linear region slope on the beginning of the stress–strain 
curve was used to calculate the compressive modulus.

2.12. Filament fusion test
The effect of kidney dECM powder on GelMA printability 
was evaluated in a filament fusion test, which was 
conducted in accordance with the procedures adapted 
from a previously published method.34,35 The test entails 
using a square pattern with increasing filament-to-filament 
distance (1.5 to 4 mm with 0.5 mm increments). The 10% 
GelMA-1% Kidney, 10% GelMA-2% Kidney, and 10% 
GelMA-3% Kidney bioinks were printed at 20°C. High-
resolution camera (ZK4A08MTP, SANOTID, China) 
was used to capture the image of the printed patterns 
immediately (n = 5 pattern printed per group). The pore 
area index (PAI) was calculated using Equation I:

PAI
A A

A
t a

a

=
−

×100% 	 (1)

where At is the theoretical area of pores, and Aa is the 
actual area of pores. Aa was determined using NIH ImageJ. 
For an ideal square pore, PAI should be 0, and At = Aa, 
indicating that there has no material spreading.

2.13. Cubic ratio measurement 
A mesh structure was printed using 10% GelMA-1% 
Kidney, 10% GelMA-2% Kidney, and 10% GelMA-3% 
Kidney under 20°C (n = 50 per group). High-resolution 
camera was used to capture the images for the pore 
structure of printed pattern immediately (n = 50 pores 
counted per group). Cubic ratio (Pr) was then calculated 
using Equation II:

Pr = L
A

2

16
	 (II)

where L and A represent the perimeter and area of the 
square pore shape, respectively, which were determined 
using NIH ImageJ. Ideally, the Pr value of a perfect square 
morphology should be 1, and the higher the Pr value is, the 
better the bioink gelation degree is.

2.14. Material spreading index measurement 
The material spreading index measurement was performed 
by printing with different nozzle sizes (i.e., 20G to 28G) 
using the 10% GelMA-1% Kidney, 10% GelMA-2% Kidney, 
and 10% GelMA-3% Kidney samples (n = 10 images per 
group) at constant temperature of 20°C. The material 
spreading index was calculated using Equation III:

Material spreading index
D
D

a

n

= 	 (III)

where Dn indicates the nozzle inner diameter, and Da 
indicates the diameter of the extrusion filament measured 
using NIH ImageJ.

2.15. Cell cultures
ACHN cells were grown with complete DMEM medium 
containing 10% fetal bovine serum and 1% penicillin/
streptomycin, and were maintained in 5% CO2 at 37℃. 
Cells within passages of 10 were used for following 
experiments.

2.16. Development of cell-laden RCC model
At 70–80% confluence, ACHN cells were detached 
using 0.25% trypsin-EDTA, followed by resuspending in 
different groups of GelMA precursors. The final cellular 
concentration was 1 × 106 cells/mL. A nephron model for 
ACHN cell culture was printed using LB119 3D bioprinter 
(MEDPRIN, China). Cellular suspensions with different 
groups of GelMA precursors were loaded to a 1 mL sterile 
syringe, printed to a nephron structure, as shown in Figure 
S1 (Supplementary File), with a nozzle of 24G at 20°C, and 
photo-crosslinked with 405 nm UV light (10 W/cm2) for 
1.5 min. ACHN cells with concentration of 1 × 106 cells/mL 
were also mixed with Matrigel or 10% GelMA-2% Kidney 
and added into PDMS models (8 mm inner diameter, 2 
mm thickness). The Matrigel samples were incubated for 
30 min at 37°C to form Matrigels, and 10% GelMA-2% 
Kidney was photo-crosslinked using 405 nm UV light (10 
W/cm2) for 90 s. All cell-laden models were placed into 
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24-well plates, cultured for 7 days, and the medium was 
changed every other day. 

2.17. Cellular proliferation measurement
The effect of porcine kidney-derived dECM on ACHN cell 
proliferation was analyzed using CCK-8 assays on days 1, 3, 
5, and 7 for all bioprinted nephron models. Samples from all 
groups were transferred to new culture plates and incubated 
with CCK-8 working solution (10% v/v) that dissolved with the 
fully supplemented DMEM for 1.5 h. Finally, the absorbance 
of the incubated medium was read at 450 nm. The cellular 
proliferation rate at each time point was then determined 
using the absorbance value of day 1 as the baseline.

2.18. Cellular morphology staining
The cellular morphology of ACHN cells in all bioprinted 
nephron models was fixed with 4% PFA and stained with 
phalloidin on day 5. Samples were incubated with 0.5% 
Triton X-100 for 15 min, phalloidin working solution 
(1:200) for 40 min, and DAPI solution for 10 min in the 
dark. Finally, the samples were washed with PBS and 
imaged (n = 6 images at different spots per group) using a 
confocal microscopy.

2.19. RNA extraction
Total RNA samples from all bioprinted nephron models 
and casted models were lysed with TRIzol, followed by 
mixing with chloroform, washing with isopropanol and 
ethanol, and dissolved with DEPC water, and the final 
RNA concentration was determined with Nanodrop™ 2000 
Spectrophotometer (Thermo Fisher Scientific, USA).

2.20. Real-time quantitative polymerase chain 
reaction
The complementary DNA (cDNA) was reverse-transcribed 
with a HiScript® III All-in-one RT SuperMix kit, according 

to the product’s protocol. Real-time polymerase chain 
reaction (RT-PCR; Roche, Switzerland) was used to analyze 
the relative gene expression. To perform RT-PCR, cDNA 
(50 ng), specific primers (Table 1), and SYBR Master Mix 
were mixed to a total reaction volume of 10 µL.

2.21. RNA sequencing and data analysis
Transcriptome sequencing and analysis were conducted 
by OE Biotech Co., Ltd. (China). The RNA integrity was 
assessed using an Agilent 2100 Bioanalyzer (Agilent 
Technologies, USA). Libraries were sequenced on an 
Illumina NovaSeq 6000 platform, and 150 bp paired-end 
reads were generated, with approximately 50 raw reads 
generated for each sample. Principal component analysis 
was performed using R version 3.2.0 to evaluate the 
biological duplication of samples. Differential expression 
analysis was performed using DESeq2. P value <0.05 and 
Log2FC >1 or Log2FC <-1 were set as the thresholds 
to identify significantly differentially expressed genes 
(DEGs). Gene Ontology (GO) pathway enrichment 
analysis of DEGs was performed to screen for significantly 
enriched terms. Gene set enrichment analysis (GSEA) was 
performed using GSEA software. 

2.22. Immunofluorescence staining
All bioprinted nephron models were fixed on day 5 
using 4% PFA at room temperature, washed in PBS 
three times, permeabilized with 0.2% Triton X-100 for 
30 min, and blocked with 5% bovine serum albumin for 
1 h. Primary antibodies (1:200) targeting CD44, TWIST, 
vimentin, CDH2, and CDH1 were added to the samples 
and incubated at room temperature for 2 h. Afterward, 
the samples was washed with PBS thrice, and then stained 
with secondary antibodies (1:200) for 1 h and DAPI for 5 
min. Secondary antibody assay was also performed, where 
secondary antibody was directly stained after blocking, 

Table 1. Sequences of primers used in this study

Primer Forward sequence (5’-3’) Reverse sequence (5’-3’) 

GAPDH TGTAGTTGAGGTCAATGAAGGG ACATCGCTCAGACACCATG

Slug CGAACTGGACACACATACAGTG CTGAGGATCTCTGGTTGTGGT

Snail GGCTGCTACAAGGCCAT GCACTGGTACTTCTTGACATCT

MMP2 TACAGGATCATTGGCTACACACC GGTCACATCGCTCCAGACT

MMP9 TGTACCGCTATGGTTACACTCG GGCAGGGACAGTTGCTTCT

CD44 TGAAGATGAAAGAGACAGACACC CTGGTTCTGTTTTGTGTGGTC

TWIST ACTGTCCATTTTCTCCTTCTCTG ATGTCCGCGTCCCACTA

ZEB1 GATGATGAATGCGAGTCAGATGC ACAGCAGTGTCTTGTTGTTGT

SOX2 CTTGACCACCGAACCCAT GTACAACTCCATGACCAGCTC

OCT4 CCAAGGAATAGTCTGTAGAAGTGC TGCATGAGTCAGTGAACAGG

NANOG CCTTCTGCGTCACACCATT AACTCTCCAACATCCTGAACC
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followed by DAPI staining. All samples were imaged (n = 
6 images at different spots per group) immediately using 
confocal microscopy to avoid fluorescence quenching, and 
ImageJ was used to determine the fluorescence intensity.

2.23. Evaluation of the resistance to sunitinib 
We further evaluated the resistance of ACHN cells in all 
groups to exogenous sunitinib, an anti-kinase cancer 
treatment drug. To do so, GelMA samples from all groups 
were cultured for 5 days, and 2D cells, which were used as 
control, were seeded with a concentration of 50,000 cells/
well after 4 days of hydrogel culture. All groups (n = 5) were 
then cultured with 10 μM sunitinib using dimethylsulfoxide 
(DMSO) as the vehicle. Cell viability was determined with 
CCK-8 assays after 72 h of drug exposure, and viability 
was calculated by evaluating sample absorbance relative to 
vehicle absorbance for all groups.

2.24. Statistical analysis
Unless otherwise mentioned, all results were analyzed 
using GraphPad version 8.02. All experiments were 
performed in triplicate. Data are expressed as mean 
± standard deviation. Student’s t-tests and analysis of 
variance (ANOVA) were performed to evaluate the 
statistical significance of differences in group means for all 
data. A P value of <0.05 indicates significant difference (*P 
<0.05, ** P <0.01, ***P <0.001).

3. Results
3.1 Characterization of GelMA with dECM powders
First, porcine kidney tissues were sliced into tiny fragments, 
decellularized for 3 days, ground into powder, and imaged 
by means of SEM before mixing with GelMA (Figure 1A). 
The degree of decellularization was then assessed via DNA 
concentration measurements, Western blotting, and H&E 
staining. As shown in Figure 1B, the control sample without 
showing sign of decellularization had a significantly higher 
DNA concentration than decellularized samples. Similar 
results were also observed for GAPDH protein, as visualized 
using Western blotting (Figure 1C). H&E staining images 
depicted in Figure 1D show that the cytoplasm and nucleus 
were almost completely removed, while the ECM was 
preserved in most decellularized samples. dECM powders 
were further mixed with 10% GelMA precursors as shown 
in Figure 1E, where different concentrations of dECM were 
added. Here, the precursor solutions with higher dECM 
concentration were obviously more viscous, a finding 
consistent with rheological evaluation. Moreover, the 
viscosity of GelMA solution significantly increased with 
dECM concentration (Figure 1G). 

Viscosity under various shear rate was also determined 
for all precursor solutions. Here, the dECM exerted a 

limited influence on GelMA shear-thinning (Figure 1H), 
but its addition increased the gelation temperature to 
25°C (Figure 1I). The appearance of the GelMA hydrogel 
at different dECM concentrations is shown in Figure 1F. 
It is evident that the hydrogel samples became much less 
transparent after more dECM powder was added. The 
mechanical properties of all hydrogel compositions were 
evaluated using compressive tests. In this study, the Young’s 
modulus for 10% GelMA, 10% GelMA-1% Kidney, 10% 
GelMA-2% Kidney, and 10% GelMA-3% Kidney samples 
was 19.77 ± 1.05 kPa, 20.46 ± 3.32 kPa, 39.51± 4.71 kPa, 
and 58.03 ± 8.65 kPa, respectively. These results indicate 
that the Young’s modulus had a positive correlation with 
increasing dECM concentration (Figure 1J). The stability 
of all hydrogel compositions was then analyzed with a 
swelling test (Figure 1K and L), where the 10% GelMA, 10% 
GelMA-1% Kidney, and 10% GelMA-2% Kidney samples 
had a similar swelling rate, which was however significantly 
lower than the rate of 10% GelMA-3% Kidney sample. 

3.2. Printability of GelMA with dECM powders
To further analyze the influence of dECM on GelMA 
properties, we then assessed the printability of the 10% 
GelMA, 10% GelMA-1% Kidney, 10% GelMA-2% Kidney, 
and 10% GelMA-3% Kidney samples. All compositions 
were printed with designated patterns to determine the 
impact of dECM powders on pore closure and filament 
fusion (Figure 2A). The PAI for each was then quantified 
(Figure 2B), and we found that the inclusion of an increasing 
amount of dECM powder significantly improved the 
PAI for all pore sizes, indicating a more stable structure 
was formed. On the other hand, the results on material 
spreading index and cubic ratio (Figure 2C–F) attested that 
the dECM powders were able to better enhance GelMA 
printability. 

Subsequently, to further demonstrate the effect of 
dECM powders on printability, all samples were utilized 
to 3D-print more intricate structures, including a 15-layer 
thin-wall (0.4 mm) tube (diameter = 3.5 mm, and height 
= 10 mm), a five-layer Chinese knot (10 × 10 × 1 mm3), 
and a ten-layer cubic (7 × 7 × 4 mm3). A high-resolution 
camera was utilized to capture the images of the top, side, 
and zoom-up views of each of these structures (Figure 3), 
which portrayed the positive influence of dECM inclusion 
on GelMA printability. 

3.3 Effect of kidney dECM on morphology, 
proliferation, and gene expression of ACHN cells
Next, the effect of dECM powder on RCC cellular behavior 
was assessed in a series of tests run on ACHN cells 
cultured in the bioprinted nephron structure. The ACHN 
cellular morphology was evaluated using phalloidin 
staining on days 1, 3, 5, and 7 for all hydrogel compositions 
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Figure 1. Material characterizations of GelMA-kidney hydrogels. (A) The decellularization process of porcine kidney and powder size evaluation; (B) DNA 
concentration of decellularized kidney and fresh kidney; (C) Western blotting of GAPDH for decellularized kidney and fresh kidney; (D) H&E staining for 
decellularized kidney and fresh kidney; (E) Appearance of the GelMA-kidney precursors in 2 mL tubes. (F) Appearance of the GelMA-kidney hydrogels 
after crosslinking; (G) Viscosities of the precursors at various temperatures; (H) Precursor viscosities under various shear stress; (I) Precursor storage and 
loss modulus under various temperature conditions; (J) Hydrogel compressive modulus; (K, L) Hydrogel stability determined with swelling tests.

(Figure 4A). The inclusion of dECM powder successfully 
supported the ACHN growth throughout culturing, and 
ACHN aggregated to form cellular spheroids rather than a 
spindle structure, as it did in 2D culture. 

The CCK-8 assays were used to determine the cellular 
proliferation of ACHN on days 1, 3, 5, and 7 (Figure 4B). 

The ACHN cells in 10% GelMA-3% Kidney showed the 
lowest proliferation rate throughout the culture period, 
especially from days 1 to 5. The inclusion of 1% and 2% 
dECM powder had no significant influence on ACHN 
cellular growth from days 1 to 5 compared to 10% GelMA, 
while the 10% GelMA-2% Kidney sample had the highest 



Kidney hydrogel print for renal cancer model

286Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1413

International Journal of Bioprinting

proliferation rate on day 7, indicating that kidney dECM 
powder has a positive influence on ACHN cellular 
proliferation if administered at a concentration of 2%.  

The effects of kidney dECM powder on the gene 
expression of ACHN cells were analyzed by evaluating in 
the bioprinted 10% GelMA and 10% GelMA-2% Kidney 
samples for epithelial–mesenchymal transition (EMT) 
markers, including Slug, Snail, MMP2, MMP9, ZEB1, 
CD44, and TWIST, as well as cancer stem cell (CSC) 
markers, including Nanog, Sox2, and Oct4. As shown 
in Figure 4C, ACHN cells grown in the 10% GelMA-2% 
Kidney sample had the highest EMT-related and CSC-
related marker expression relative to other groups, 
especially with respect to Slug, MMP9, TWIST, and 
Nanog, which were significantly upregulated by 21.40-, 
38.13-, 20.42-, and 32.78-folds, respectively. The cells 
grown in the 10% GelMA-1% Kidney sample also showed 
significantly higher gene expression levels of these genes 
compared to 10% GelMA, but were still lower than cells 
grown in the 10% GelMA-2% Kidney sample. ACHN 
cells in 10% GelMA-3% Kidney sample had much lower 
gene expression compared with cells grown in the 10% 
GelMA-1% Kidney and 10% GelMA-2% Kidney samples. 
Moreover, the expression of several genes, including 
Snail, ZEB1, and Sox2, was downregulated compared 
with cells grown in 10% GelMA. To further explore the 
benefits of the 3D-bioprinted renal cancer models in this 
study, the EMT-related marker expression in bioprinted 

10% GelMA-2% Kidney sample was also compared with 
Matrigel and casted 10% GelMA-2% Kidney samples 
(Figure S2A–J in Supplementary File). The ACHN cells in 
10% GelMA-2% Kidney sample demonstrated significantly 
higher expression for all EMT-related marker genes, expect 
for MMP2, compared with other two groups, suggesting 
that the nephron model developed could serve a potential 
platform for renal cancer research in future.

Taken together, these results suggested that the inclusion 
of kidney dECM powders could promote ACHN cellular 
proliferation and EMT- and CSC-related gene expression in 
a concentration-dependent manner. Of note, the inclusion 
of 2% dECM powder outperformed the 1% dECM powder 
in terms of the parameters mentioned above, but an 
increase to 3% could lead to an opposite effect. 

3.4. Effect of kidney dECM on ACHN  
transcriptional profiling
Global transcriptome profiling was performed by means of 
RNA sequencing (RNAseq). Specifically, the RNA extracted 
from the ACHN cells cultured in 10% GelMA and 10% 
GelMA-2% Kidney samples was subjected to sequencing 
as part of the effort to study the influences of kidney dECM 
on the transcriptional characteristics of renal cancer cells. 
The principal component analysis showed that ACHN cells 
under the stimulation of kidney dECM showed a strongly 
altered transcriptional profile. Several cancer-related 
or prognostic genes, including UNX1-IT1, HIF1A-AS2, 

Figure 2. Printability analysis of GelMA mixed with dECM powders. (A, B) Filament fusion and pore area index; (C, D) Cubic ratio analysis; (E, F) 
Material spreading index measurement. Abbreviation: Pr, cubic ratio.
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P2RX6, ADIRF-AS1, and SGK2 (Figure 5A), were found to 
be significantly upregulated in response to stimulation by 
kidney dECM. 

Additionally, GO enrichment analysis was performed 
using RNAseq results to study the changes in genes 
implicated in the molecular functioning, biological 
processes, and cellular components of ACHN cells (Figure 
5B). ACHN cells in 10% GelMA-2% Kidney sample were 
found to be enriched with GO terms involved in the 
following specific terms within the biological process 

category: cell–cell interactions, cellular growth, and cellular 
migration. The cells were also found to be enriched with GO 
terms involved in the cellular component category, such as 
basement membrane and extracellular region, indicating 
that ACHN cells under the stimulation of kidney dECM 
could facilitate ECM remodeling. Separately, enriched GO 
terms involved in molecular functions included collagen 
binding, laminin binding, fibronectin binding, and integrin 
binding, suggesting that the presence of dECM facilitated 
the cell–matrix binding process.

Figure 3. Extrusion printing of complicated structures using various concentrations of GelMA-Kidney bioink. 
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Next, Kyoto Encyclopedia of Genes and Genomes 
(KEGG) enrichment analysis was also conducted to 
analyze changes in signaling pathways of ACHN cells 
grown in 10% GelMA-2% Kidney cultures (Figure 5C). 
We identified several signaling pathways related to cancer 
development, including the VEGF (hsa04370), PPAR 
(hsa03320), PI3K-Akt (hsa04151), HIF-1 (hsa04066), and 
TGF-beta (hsa04350).

3.5. Expression of EMT-related protein 
To examine the effect of kidney dECM powder on 
ACHN behavior, we evaluated the effect of the 10% 
GelMA-2% Kidney on EMT-related protein expression. 
Specifically, we tested for vimentin, TWIST, CD44, 
CDH1, and CDH2, by immunofluorescence staining on 
day 5 of the 10% GelMA-2% Kidney treatment (Figure 
6A). The result for secondary antibody assay is shown 
in Figure S2K (Supplementary File), where no positive 
staining was observed, indicating the genuine positivity 
in the fluorescence images. We found that the protein 
expression of vimentin, TWIST, CD44, and CDH2 was 
upregulated in the 10% GelMA-2% Kidney culture 

compared to the 10% GelMA control, while CDH1 was 
downregulated. This observation was further verified 
by the quantification of immunofluorescence intensity 
using NIH ImageJ (Figure 6B–F). Here, the expression 
of vimentin, TWIST, CD44, CDH1, and CDH2 was 
up- or downregulated by 2.53-, 1.52-, 2.00-, 0.71-, and 
2.11-folds, respectively. 

3.6. ACHN drug resistance
Finally, the effect of dECM powders on ACHN drug 
resistance was evaluated by assessing the resistance of the 
cells toward sunitinib on day 5 (Figure S2 in Supplementary 
File). The cellular viabilities of the 2D, 10% GelMA, and 
10% GelMA-2% Kidney cultures were 36.40% ± 1.08%, 
40.19% ± 7.02%, and 46.41% ± 4.93%, respectively. ACHN 
cells cultured in GelMA-based hydrogels all showed 
significantly higher chemoresistance compared with 2D 
cell cultures. Moreover, the inclusion of 2% kidney dECM 
powder significantly promoted cellular viability compared 
to 10% GelMA, suggesting that kidney dECM powder can 
enhance the drug resistance of ACHN cells. 

Figure 4. Biocompatibility tests of GelMA-Kidney hydrogel. (A) ACHN cellular morphology; (B) ACHN cellular proliferation; (C–L) Expression levels of 
an array of EMT-related markers in ACHN cells in various concentrations of GelMA-Kidney hydrogels.
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4. Discussion
3D cell culture models have been widely used in RCC 
research. At present, however, few models can closely 
recapitulate cell–matrix interactions or be used for 
accurate drug assessment. In this study, we prepared a 
novel 3D cell culture substrate for RCC cells by mixing 
porcine kidney-derived dECM powders with GelMA. 
GelMA is a bioink commonly used in 3D bioprinting for 
tissue engineering since it maintains the desirable bioactive 
characteristics of collagen. Although collagen is a major 
ECM component found in the RCC stroma,13 numerous 
other ECM components also play significant roles affecting 
RCC progression. Therefore, biochemical components of 
GelMA were supplemented with kidney dECM powder in 
this study to enrich treatments so as to better simulate the 
TME of RCC and promote printability. 

Here, 10% GelMA was mixed with various 
concentrations of kidney dECM powders, and the 
resulting samples were systematically analyzed. We found 
that their material properties were significantly changed, 
and their mechanical properties and stability were all 
significantly improved following the addition of dECM 
powder. The mechanical behavior of a hybrid hydrogel 
mainly depends on the interactions between additives or 
fillers and gel matrix.36 In this study, the dECM powders 
were found to disperse well and restrict the growth of 
microcracks in GelMA. This in turn led to increases in the 
compressive modulus and stability.37 Similar results have 
also been observed in GelMA mixed with tofu powders38 or 
decellularized bone powders39 used for bone regeneration. 

Next, treatments including GelMA mixed with dECM 
powders were further used to culture ACHN cells to examine 

Figure 5. Transcriptional profiles for ACHN cells in GelMA-based samples. (A) Volcano plot; (B) GO terms enriched in ACHN cells; (C) KEGG terms 
enriched in ACHN cells.
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the impact of RCC cellular metastasis at the molecular level. 
These analyses involved immunofluorescence staining 
and RT-qPCR of key EMT-related markers, including 
Slug, Snail, MMP2, MMP9, CD44, ZEB1, TWIST, CDH2, 
CDH1, and vimentin. EMT is one of the most crucial 
steps in the RCC metastatic process, where the renal 
epithelial cells acquire the phenotypical characteristics of 
mesenchymal cells and show enhanced cellular migration, 
invasion, plasticity, and chemoresistance.40 RCC originates 
from the epithelial cells of the kidney, and the EMT process 
can promote the migration and metastasis of RCC cells.41,42 
Our findings showed that the expression of Snail and Slug 
gene was increased in ACHN cells assigned to the 10% 
GelMA-2% Kidney treatment compared to other groups. 
The Snail family transcription factors have been recognized 
as important mediators of EMT since they regulate the 
expression of several other EMT-related markers, including 
CDH1, MMPs, and vimentin.43 Higher Snail expression 
has been found to be correlated with worse disease-free 
and disease-specific survival of RCC patients43 and may 
also be an independent adverse prognostic biomarker 
for the recurrence and survival of patients with localized 
clear cell RCC after nephrectomy.44 We also found that 
ACHN cells had higher TWIST expression when cultured 
with the 10% GelMA-2% Kidney sample. TWIST is a key 
transcription factor that confers tumor cells with CSC-like 
characteristics and is also associated with higher tumor 

grades; for this reason, it may be a valuable therapeutic 
marker for targeted therapies of RCC.45,46 The 10% 
GelMA-2% Kidney sample also showed higher MMP2 and 
MMP9 gene expression compared with other groups, a fact 
that is consistent with the finding that the overexpression 
of Snail family can promote matrix metallopeptidase 
(MMP) expression in RCC.43 MMPs play important 
roles in tumorigenesis and cancer cell progression since 
they degrade the main components of the ECM and 
facilitate RCC cellular metastasis.47,48 The gene and protein 
expression of other EMT-related markers, including CD44, 
vimentin, and ZEB1, was also upregulated in ACHN cells 
exposed to the 10% GelMA-2% Kidney solution; each 
of these has also been significantly correlated with RCC 
metastasis, survival, and recurrence.49-53 The cadherin 
switch refers to the upregulation of CDH2 expression 
and the downregulation of CDH1 expression, which was 
observed for ACHN cells cultured in 10% GelMA-2% 
Kidney via immunofluorescence staining and has been 
found to associate with metastasis and poor prognosis.54,55 
Given that culturing in 10% GelMA-2% Kidney 
significantly promoted ACHN metastasis, it was then used 
in the experiments for the 3D bioprinting of nephron. 

The RNAseq was performed for ACHN cells cultured 
with 10% GelMA-2% Kidney as well as a 10% GelMA 
control culture. These results showed that RUNX1-

Figure 6. Immunofluorescence staining and semi-quantification. (A) Immunofluorescence images for CD44, vimentin, TWIST, CDH2, and CDH1 
proteins of ACHN cells. (B–F) Semi-quantification analysis of CD44, vimentin, TWIST, CDH2, and CDH1 proteins. (g) Responses of ACHN cells to 
sunitinib in 2D, 10% GelMA, and 10% GelMA-2% Kidney.



Kidney hydrogel print for renal cancer model

291Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1413

International Journal of Bioprinting

IT1, P2RX6, SGK2, HIF1A-AS2, and ADIRF-AS1 were 
significantly upregulated. RUNX1 is a transcription factor 
that is critical for hematopoiesis and has been reported to 
be involved in diverse developmental processes, including 
cell differentiation, proliferation, and apoptosis.56 RUNX1 
was upregulated in RCC tissues relative to normal 
tissues, and high RUNX1 expression leads to significantly 
poorer clinical survival compared to patients with low 
expression.56,57 Moreover, the inhibition of RUNX1 in 
RCC cells can reduce cellular proliferation and viability.57 
P2RX6 belongs to the family of P2X receptors, which are 
ATP-gated ion channels that mediate rapid and selective 
permeability to cations. It has been found that the RCC 
tissues express significantly higher levels of P2RX6, 
which modulate Ca2+-mediated p-ERK1/2/MMP9 
signaling to increase RCC cell migration and invasion.58 
The SGKs participate in the regulation of diverse cellular 
processes, including osmoregulation, cell survival, sodium 
homeostasis, cell proliferation, and invasion.59 The SGK 
family comprises three members—SGK1, SGK2, and 
SGK3—with SGK2 being more highly expressed in the 
liver, kidney, and brain.60 The upregulation of SGK2 has 
been shown to promote RCC progression by mediating 
the phosphorylation of ERK1/2/AKT/PKB, indicating 
that SGK2 could be a potential prognostic marker for 
RCC patients.61 Furthermore, KEGG enrichment analysis 
showed that ACHN cells were enriched in the VEGF, 
HIF-1, and TGF-beta signaling pathways, all of which 
were significantly correlated with RCC progression and 
chemotherapy resistance.62,63 

3D bioprinting technique has been widely applied in the 
development of tumor models for investigation purposes.64 
For instance, our group has successfully created prostate 
cancer models for the investigation of cell–cell interaction 
and drug resistance,65 and also summarized the application 
of 3D bioprinting in urological diseases.66 Other research 
groups have also demonstrated that 3D-bioprinted tumor 
models for cholangiocarcinoma67 and liver cancer68 provide 
platforms for more accurately assessing drug effectiveness.

The cancer cells in 3D-bioprinted tumor model were 
commonly laden in thin filaments with grid structure, 
and all cells were in homogeneous contact with culture 
media, a growth pattern different from that in mold-casted 
tumor models (which were commonly solid cylinder or 
cube-like), where cells at varying locations in the tumor 
model manifest different cellular behavior. The TME 
is a complicated structure, containing growth factors, 
extracellular matrix, and non-cancer cells. Fortunately, 3D 
bioprinting is capable of simulating the TME architecture 
in a co-culture model by printing various types of cells in 
precise location. The bioink and nephron model developed 
in this study provide potential platform that could be 

further modified for cell-laden bioprinting of different 
cells (like fibroblasts, immune cells, and endothelial cells) 
for kidney cancer cell co-culture in the future. 

5. Conclusion
In this study, we developed a 3D cell culture substrate for 
ACHN cellular growth by mixing 10% GelMA with various 
concentrations of kidney dECM powders, including 1 
wt%, 2 wt%, and 3 wt%, to mimic the ECM components 
in the TME of RCC. The GelMA stability, mechanical 
properties, and printability were significantly improved 
with the increase of dECM concentrations. Furthermore, 
RNAseq results demonstrated that the 10% GelMA-2% 
Kidney treatment could significantly enhance cellular 
growth and metastasis, a finding in concordance with 
the results of PCR and immunofluorescence staining of 
EMT-related markers. In addition, we found that the 10% 
GelMA-2% Kidney treatment could significantly promote 
the resistance of ACHN cells toward sunitinib, suggesting 
that the 10% GelMA-2% Kidney treatment is a potential 
preclinical RCC model for in vitro drug screening and 
development. 
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Abstract
The global prevalence of diabetes mellitus is experiencing a notable increase. Diabetic 
patients need to consistently monitor their fluctuating glucose levels caused by the 
changing diet. Meanwhile, patients with diabetes face a higher risk of developing 
oral ulcer than healthy individuals. Fortunately, three-dimensional (3D)-printed food, 
which is design- and texture-customizable, presents a potential solution to alleviate 
the discomfort caused by ulcer while providing personalized nutrition for patients 
with unique dietary requirements. In this study, 3D-printable food inks were created 
based on four food ingredients with low glycemic index, namely milk powder, wheat 
bran powder, Russula alutacea Fr., (russula mushroom), and Agaricus bisporus (button 
mushroom) content. Rheological testing and texture profile analysis were performed, 
affirming that the 3D-printed food possesses a soft texture, which minimizes oral 
mucosal irritation for patients with diabetic ulcers. The effectiveness of 3D-printed 
food in diabetes management was corroborated by monitoring the blood glucose 
levels of streptozotocin-induced diabetic rats via gavage. Food with personalized 
nutritional composition was custom-printed to cater for the protein requirements 
of patients with diabetic nephropathy. This innovative approach to personalizing 
nutrition through 3D food printing has the potential to reshape the future of dietary 
management, ultimately improving the overall health outcomes and quality of life 
for individuals with diabetes and its complications.

Keywords: 3D food printing; Personalized nutrition; Diabetes; Ulcer;  
Daily protein intake

1. Introduction
Diabetes encompasses a cluster of metabolic disorders characterized by hyperglycemia 
resulting from deficiencies in insulin secretion, insulin action, or both.1 According to the 
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International Diabetes Federation (IDF), approximately 
451 million adults worldwide were affected by diabetes in 
2017, and the figure is projected to rise to 693 million by 
2045 if effective prevention measures are not implemented.2 
Diabetes can give rise to long-term complications, such as 
retinopathy, neuropathy, kidney disease, hypertension, 
and abnormal lipoprotein metabolism, which, if 
left unmanaged, potentially lead to life-threatening 
complications, organ failure, and death.3 
The American Diabetes Association advocates the Diabetes 
Plate method as a straightforward way of maintaining a 
healthy diet to manage blood glucose level.4,5 This approach 
has demonstrated effectiveness in improving glycemic 
control among individuals with diabetes. Moreover, 
alternative guidelines, such as the European or Canadian 
recommendations, which suggest the consumption of 
45–60% of total energy from carbohydrates, 10–20% 
from protein, and less than 35% from fat, were also 
widely practiced.6

The aforementioned guidelines are effective and user-
friendly. Nevertheless, diabetic patients who suffer from 
additional complications, such as kidney conditions or 
oral ulcers, require specific dietary considerations. As one 
of the most prevalent complications of diabetes, chronic 
kidney disease (CKD) affects 30% and 40% of patients 
with types 1 and 2 diabetes, respectively. In light of this, 
the 2020 National Kidney Foundation Kidney Disease 
Outcomes Quality Initiative Clinical Practice Guidelines 
for Nutrition in CKD recommend that daily protein intake 
(DPI) be adjusted to 0.6–0.8 g/kg of ideal body weight per 
day for diabetic patients with stages 3–5 CKD.7 Patients 
with CKD experience renal function decline, and a low-
protein diet has been shown to exert renal protective effects 
by reducing intraglomerular pressure and improving 
glomerular hyperfiltration or hypertension.8 Furthermore, 
evidence suggests that diabetic patients have more complex 
oral conditions than non-diabetic individuals and grapple 
with a higher risk for oral mucosal diseases.9-12 Recurrent 
oral ulcer is the most common ulcerative condition among 
oral mucosal diseases. While the prevalence of recurrent 
oral ulcer in the general population is approximately 
20%,9,13 it stands at an extremely high level, as high as 
45%, in diabetic patients.14 Although oral ulcers are not 
life-threatening, pain and discomfort that come with 
them diminish quality of life and work efficiency among 
the affected individuals. Therefore, facilitating the healing 
process of oral ulcers is crucial for improving the quality of 
life of diabetic patients.15

Three-dimensional (3D) printing is considered a 
prominent digital manufacturing technology within the 
realm of Industry 4.0, offering the ability to reconstruct 
food items equipped with improved structural properties, 

visually appealing presentation, and personalized 
nutrition.16 At the same time, 3D-printed food can 
potentially improve oral intake and nutritional needs 
of patients, as 3D printing technology is able to create 
personalized food that meets the dietary need of 
consumers.17 For instance, significant efforts have been 
directed toward the 3D printing of soft-textured and safe-
to-swallow food for patients with dysphagia. In addition, 
the enhanced visual appeal displayed by the 3D-printed 
food can improve food intake, thereby preventing 
malnutrition among patients.18 Additionally, 3D printing 
has been employed to produce meat substitute, such as a 
soybean oil-based functional emulsification gel, with the 
aim of enhancing the lipid profile and reducing saturated 
fat content in the food.19 In a similar vein, ground larvae 
of yellow mealworms (Tenebrio molitor) have been 
3D-printed into snacks,20 providing a novel protein source 
with a high content of total essential amino acid. Other 
alternative protein sources, such as black soldier fly larva, 
cricket powder, and sericin, have also been demonstrated 
to be suitable for 3D food printing.21

The 3D printing of food items with a soft texture 
and personalized nutrition holds promise for improving 
nutrition intake and alleviating pain among diabetic 
patients with oral ulcers. This study focuses on formulating 
3D-printable food inks using natural ingredients that 
have established benefits for oral health and diabetes 
management. We have carefully selected natural food 
ingredients such as wheat bran, milk powder, and 
mushrooms. The ample cereal polyphenols found in 
wheat bran can exert protective effects to enhance diabetes 
management through multiple pathways. These pathways 
include reducing oxidative stress and AGEs production, 
inhibiting inflammation, and regulating gut microbiota.22-25 
Milk powder26,27 and mushrooms28,29 are both rich in B 
vitamins, which promote the healing of canker sores.15 
Additionally, numerous studies have demonstrated the 
beneficial effects of mushrooms in diabetes control.30-32 
The content of fiber and resistant starch is crucial in 
food ink formulation.33,34 The rheological properties, 
textures, microstructures, and composition of the food 
inks are subsequently characterized. Customized diets 
can be created from these raw ingredients utilizing 
3D printing technology, incorporating functional 
compounds that alleviate the symptoms of oral ulcers 
and other complications of diabetes while providing 
nutrients in balanced proportions. In this study, animal 
experiments were conducted to assess the effectiveness of 
the 3D-printed diet in glycemic control. The utilization of 
dual-nozzle collaborative 3D printing technology enables 
precise regulation of the nutritional composition, a crucial 
aspect for CKD patients requiring protein-restricted diets. 
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The potential of 3D printing for producing personalized 
food poses a significant impetus in improving the quality 
of life and health outcomes of patients with diabetes and 
other chronic diseases that necessitate tailored nutrition 
and food with specific texture.

2. Materials and methods
2.1. Formulation of food inks
Powdered Russula alutacea (Russula mushroom) and 
Agaricus bisporus (button mushroom) were procured from 
Xi’an Jinshuo Fruit Industry Co., Ltd. (Xi’an, China), while 
whole milk powder was obtained from Inner Mongolia Yili 
Industrial Group Co. Ltd. Both mushroom powders were 
pulverized by spray drying at a high temperature (>80°C). 
Edible wheat bran was sourced from Henan Jinyuan Grain 
and Oil Co., Ltd. (Zhengzhou, China). Xanthan gum 
(XG) was provided by Yongxin Food Ingredients Co., Ltd. 
(Guangzhou, China). Vegetable powder was obtained from 
Xinghua Huatai Food Factory (Taizhou, China), while rice 
flour was purchased from Beijing Jinhe Luyuan Trade Co., 
Ltd. (Beijing, China). Natural mineral water from Blu-
ray Co. Ltd. (Chengdu, China) was used to formulate the 
inks. Material-1 was prepared by mixing wheat bran and 
Russula alutacea powder at a 1:1 ratio by weight. Material-2 
was prepared by mixing whole milk powder and Agaricus 
bisporus powder at a 1:1 ratio by weight. To prepare the 
food inks, ingredients in the form of dry powder were 
weighed in proportion and pre-mixed. Boiling water and 
XG were then added, and the mixture was stirred again 
until it became homogeneous. The formulated food ink 
was then covered with plastic wrap to prevent moisture 
loss and refrigerated overnight at 4°C for full hydration. 
The ink was taken out of the refrigerator and left at room 
temperature for 1 h before use. Two ink formulations 
based on Material-1 (ink-M1) and Material-2 (ink-M2), 
respectively, were optimized for best printability (Table 
1). For ink-M1, in addition to the optimized formulation 
(ink-M1-1), two other formulations with higher and lower 
XG content, respectively, were included for comparison 
in subsequent analyses. For ink-M2, in addition to the 

optimized formulation (ink-M2-1), two other formulations 
with higher and lower water content, respectively, were 
included for comparison in subsequent analyses.

2.2. 3D food printing
Food inks were 3D-printed by using the FoodBot-D1 
extrusion printer (SHINNOVE, FOODBOT-D1, China) 
equipped with a dual-nozzle feeding system that allowed 
for the collaborative printing of two different food inks. A 
nozzle of 0.84 mm in diameter was employed to 3D-print 
the proposed food inks. The material ratio, filling density, 
printing speed, and extrusion rate were optimized in 
preliminary tests. To evaluate the printability of the food 
inks, a regular hexagon with a side length of 2 cm and a 
height of 1 cm was printed at a printing speed of 25 mm/s. 
The ink formulation was considered to possess a good 
printability if it could be extruded smoothly without any 
breakage, and the printed specimen was able to maintain 
structural stability for at least 15 min. Visual evaluation 
on a scale of 1 (poorest) to 5 (best) was conducted on 
three replicates of each food ink by assessing factors such 
as shape fidelity and structural integrity to determine the 
printability score of the food formulations using the scoring 
system reported previously.18,21,35 The ink formulation 
that received the highest scores among all specimens was 
considered the optimized formulation.

2.3. Rheological characterization of food inks
The rheological properties of the six food inks shown in 
Table 1 were characterized using an oscillatory rheometer 
(Anton Paar, MCR302e, Austria) equipped with stainless 
steel parallel plates with a diameter of 50 mm and a gap 
size of 1 mm. To eliminate edge effects, any excess sample 
was carefully removed. The shear-thinning behavior was 
evaluated by subjecting the food inks to a stepwise shear 
rate ramp ranging from 0.1 to 100 s-1. The viscoelastic 
properties of the ink were studied through amplitude sweep 
experiments, where a stress ranging from 0.1 to 2000 Pa 
was applied at a constant frequency of 1 Hz. To mimic the 
ink’s behavior before, during, and after extrusion from the 
nozzle, recovery tests were conducted. The ink specimen 

Table 1. Ink formulations

Material-1 (%) XG (%) Water (%)

Ink-M1-1 45.00 0.45 54.55

Ink-M1-2 48.00 0.07 51.90

Ink-M1-3 45.50 0.00 54.50

Material-2 (%) Water (%)

Ink-M2-1 55 45

Ink-M2-2 45 55

Ink-M2-3 60 40
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was subjected to an initial shear rate that slowly ramped 
from 0.1 to 1 s-1 in 60 s, followed by a high shear rate of 200 
s-1 which returned to 0.1 s-1 after 6 s. All experiments were 
performed in triplicates at 25 ± 0.1°C.

2.4. Texture profile analysis
Texture analysis was performed using the Texture Analyzer 
Universal TA (Shanghai Tengba Instrument Technology 
Co., Ltd., China) to obtain force–time curves through 
double-cycle compression tests. To ensure the stability, a 
1-cm3 specimen printed with the FoodBot-D1 was placed 
at the center of the platform. The test parameters were 
standardized with a block probe having a trigger load of 5 g, 
pre-test speed of 2.0 mm/s, and compressive strain of 45%. 
The test and post-test speeds were also set to 2.0 mm/s. 
The measured textural properties included the hardness, 
chewiness, adhesiveness, gumminess, springiness, and 
stringiness. Each test was repeated three times for each 
specimen, and the results were averaged and normalized 
to the highest value obtained in the group.35

2.5. Scanning electron microscopy 
The microstructure of the food inks was analyzed using 
scanning electron microscopy (SEM; JSM-7600F, JEOL 
Ltd., Tokyo, Japan). A small amount of food inks was 
spread onto a Petri dish, frozen at -20°C for 6 h, and then 
subjected to vacuum freeze-drying for 72 h. The dried 
samples were mounted on circular stubs with double-sided 
adhesive tapes, sputter-coated with gold (7 Pa and 8 W for 
40 s), and imaged at magnifications of 500× and 1500× 
with an excitation voltage of 15 kV.

2.6. International Dysphagia Diet Standardization 
Initiative tests
International Dysphagia Diet Standardization Initiative 
(IDDSI) fork pressure test was adopted to qualitatively 
assess the texture of the 3D-printed food and gauge their 
suitability for patients with oral ulcer. The framework 
categorizes texturally modified food into eight levels (0 to 
7) and proposes a combination of tests to determine the 
appropriate level of each food.36 Food inks for 3D printing 
usually belong to Level 4 (pureed; extremely thick) or Level 
5 (minced and moist), which are suitable for fork pressure 
test. For the fork pressure test, the 3D-printed specimens 
were pressed with a fork by thumb until blanching 
(approximate pressure of 17 kPa), which is equivalent to 
the tongue pressure used during swallowing. 

2.7. Animal experiments
One week before streptozotocin (STZ) injection, male 
Sprague-Dawley rats (200–250 g) were purchased from 
Dashuo Co. Ltd. (Chengdu, China) and fed to fully adapt to 
the environment. The 1% STZ solution dissolved in citrate 
buffer was injected intraperitoneally into rats at a dose of 

65 mg/kg. The glucose level of the blood sample taken from 
the rat tail vein was measured with a blood glucometer in 
the following 7 days. The fasting blood glucose level for 
rats with normal blood glucose was 3.95 ± 1.31 mmol/L, 
and their blood glucose 120 min after a meal was 5.65 ± 
1.63 mmol/L.37 Rats with the blood glucose level above 
16.7 mmol/L for at least 3 consecutive days were used in 
subsequent gavage experiments. Based on the content 
for gavage, the rats were divided into three groups—rice 
group, vegetable group, and 3D-print food powder group. 
Two parallel experiments were designed, in which either 
the total mass or the total amount of carbohydrates of the 
food was controlled. In the equal-mass experiments, 1 g 
of water was added to every 100 mg of food powder, and 
the mixture was fully homogenized. Each animal received 
1 mL of the homogenized food powder. In the equal-
carbohydrate experiments, the total carbohydrate content 
of each food for gavage was set to 2 g/kg of body weight. 
The glucose levels at 0 min (the time of oral gavage), 30 
min, 60 min, 90 min, and 120 min were measured by using 
a handheld electrochemical glucose meter and test strip. 
Both the peak glucose level and the area under the curve 
(AUC) for glucose were compared for both the equal-mass 
and equal-carbohydrate scenarios. 

2.8. Fourier-transform infrared spectroscopy  
The measurement of infrared spectra of food ink 
formulations using the Spectrum Two (L1600300) Fourier-
transform infrared (FT-IR) spectrometer was performed 
in accordance with the method described by Liu et al.38 For 
sample preparation, each food ink formulation was freeze-
dried and ground into powder using a mortar. Subsequently, 
the samples were thoroughly mixed with potassium 
bromide (KBr) at a 1:100 ratio. The measurements were 
carried out with the wavenumber range of 4000 cm-1 to 400 
cm-1, at an ambient temperature of 25°C. The scan speed 
was set at 0.2 cm/s, and the resolution was set to 4 cm-1.

2.9. Statistical analysis
The data obtained were analyzed using GraphPad Prism 
software, and the results were expressed as means ± standard 
error of the mean. Statistical significance was evaluated 
using analysis of variance (ANOVA). Significance levels 
were indicated above specific columns, where * denotes 
p ≤ 0.05, ** denotes p ≤ 0.01, *** denotes p ≤ 0.001, and 
**** denotes p ≤ 0.0001. Radar charts for textural profile 
analysis were generated using Microsoft Excel.

3. Results and discussion
3.1. Printability and rheological properties of  
food inks
The printability of the food inks was assessed through visual 
inspection of the hexagons 3D-printed with respective 
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food inks. Each hexagon was assigned a score from 1 to 
5, with 5 representing the one with highest shape fidelity 
(Table 1). Preliminary tests were conducted to optimize the 
ink formulation by evaluating the printability of hexagon 
specimens printed with various food ingredients, XG ratios, 
nozzle diameters, and fill densities. The compositions and 
printing parameters of the specimens were planned using 
the design of experiment methodology. Three specimens 
of each ink formulation were printed and evaluated 
using the method described in previous publications,21,34 
and the formulation leading to the highest mean score 
was considered the optimized formulation in respective 
groups (Tables S1 and S2 in Supplementary File). Three 
representative inks, including the optimized formulation, 
were selected from each ink material for further analysis. 
Among the two types of food inks, Ink-M1-1 and Ink-M2-1 
receive the highest scores with a printability score of 4.53 ± 
0.13 and 4.46 ± 0.20, respectively. Compared to Ink-M1-1 
(Figure 1A), both Ink-M1-2 and Ink-M1-3 exhibited 
inferior printability, scoring 1.55 ± 0.35 (Figure 1B) and 
2.83 ± 0.20 (Figure 1C), respectively. Ink-M1-2 contained 
a higher proportion of Material-1 and a lower amount of 
XG compared to Ink-M1-1, resulting in a drier consistency 
that made it more challenging to extrude from the nozzle 
during printing. Consequently, the lines extruded with 
Ink-M1-2 appear segmented and twisted, failing to align 
well with the toolpath to form the desired shape. XG is 
a common food thickener used to adjust the rheological 

properties of food inks. Right amount of XG enhances 
the extrudability, shear-thinning behavior, and structural 
stability of the food inks. If the XG content is too high, the 
food ink is difficult to extrude. If the XG content is too low, 
the food ink may not be able to maintain the structural 
stability.21,39,40 On the other hand, Ink-M1-3 and Ink-M1-1 
had similar dryness and water content, except for Ink-M1-1, 
which contained 0.45 wt% XG. Due to the absence of XG, 
the hexagon printed with Ink-M1-3 appeared damp, and 
the extrusion lines tended to spread.18 The optimized ink 
based on Material-2 (Ink-M2-1) with a printability score of 
4.46 ± 0.20 did not require the addition of XG to maintain 
the structural integrity of the 3D-printed object, owing 
to its high starch and fat content known to enhance the 
printability41,42 of food inks (Figure 1D). Ink-M2-2 had a 
higher water content than Ink-M2-1, resulting in post-
print spreading, which led to a printability score of 3.97 
± 0.17 (Figure 1E). Conversely, Ink-M2-3 had a lower 
water content than Ink-M2-1, and the resulting structure 
3D-printed with Ink-M2-3 received a printability score of 
3.09 ± 0.68. The printout exhibited similar characteristics 
to that printed with Ink-M1-2, showing segmented and 
twisted extrusion lines (Figure 1F).

The rheological properties are used to assess the food 
ink’s ability to produce the desired pattern. The rheological 
properties of all six inks listed in Table 1 were characterized 
and presented in Figure 2. It was observed that all six inks 

Figure 1. Hexagons 3D-printed with the six food inks using a 0.84-mm nozzle for assessing the printability.
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exhibited shear-thinning behavior (Figure 2A and B). There 
is a significant overlap between the dynamic viscosity versus 
shear rate curves for the three food inks based on Material-1, 
with the apparent viscosity dropping from several thousands 
of Pa·s at a shear rate of 0.1 s-1 to close to 10 Pa·s at a shear 
rate of 100 s-1. On the other hand, the apparent viscosity of 
the three food inks based on Material-2 exhibited distinct 
behavior as the shear rate increases. This change in behavior 
was strongly influenced by the progressive increase in water 
content of Ink-M2-2, Ink-M2-1, and Ink-M2-3, which has 
a strong impact on the apparent viscosity. At a low shear 

rate of 0.1 s-1, the driest formulation (Ink-M2-3) exhibited 
an apparent viscosity of approximately 10,000 Pa·s, whereas 
the apparent viscosity of Ink-M2-2 was only around 450 
Pa·s. Ink-M2-2-1 showed an intermediate apparent viscosity 
of about 3500 Pa·s at the same shear rate. As the shear rate 
increased, the apparent viscosity of the three inks decreased 
at different rates, and ultimately reached single-digit values 
at a shear rate of 100 s-1. 

The shear modulus of the three food inks based 
on Material-1 displayed slight differences (Figure 2C), 

Figure 2. Rheological characteristics of food inks. (A, B) Viscosity versus shear rate for each ink. (C, D) Stress response of the inks as a function of 
increasing stress. (E, F) Yield stress of the food inks. (G, H) Recovery of food inks over time as measured by changes in viscosity under different shear rates. 
The data are based on three replicates per sample. *p < 0.05, **p < 0.01, and ***p < 0.001 based on ANOVA.
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whereas the three inks based on Material-2 exhibited 
more distinct variations (Figure 2D). The elastic modulus 
(G’) reflected the ability of the material to store energy 
against shear deformation, while the viscous modulus (G’’) 
characterized its liquid-like behavior, which resulted in 
energy loss under shear stress. The point at which the G’ 
and G” curves intersected indicated the yield stress of the 
food ink. The pairwise comparison of the food inks based 
on Material-1 showed no significant difference in yield 
stress except for the comparison between Ink-M1-2 and 
Ink-M1-3 (Figure 2E). However, all three food inks based 
on Material-2 exhibited significantly different yield stress 
when compared pairwise (Figure 2F). These observations 
were consistent with the viscoelastic behaviors displayed 
by these inks in Figure 2A–D. 

To evaluate the extrusion and self-supporting capabilities 
of the food inks, a thixotropy recovery experiment was 
conducted. It was observed that all inks exhibited a gradual 
decrease in viscosity at low shear rates, which aligned with 
the observed shear-thinning behavior in the flow ramp 
study (Figure 1G and H). Once the peak shear rate was 
reached, the apparent viscosity of the food inks drastically 
dropped, thereby facilitating smooth printing by enabling 
effortless flow of food inks from the nozzle. Following the 
printing process, the inks demonstrated rapid recovery of 
their apparent viscosity, indicating their ability to maintain 
the structural integrity of the printed objects. The recovery 
rates for ink-M1-1, ink-M1-2, and ink-M1-3 were 58.02%, 
38.59%, and 81.33%, respectively. For ink-M2-1, ink-M2-2, 
and ink-M2-3, the recovery rates were 40.42%, 52.21%, 
and 30.77%.

Interestingly, it was noticed that inks with similar 
viscoelastic behavior did not necessarily exhibit the 
same level of printability, and vice versa. Take Ink-M1-1 
and Ink-M1-2 for instance, the two food inks shared 
comparable apparent viscosity and shear modulus values 
at a given shear rate. However, their printability differed 
significantly, as depicted in Figure 1. On the other hand, 
Ink-M2-1 and Ink-M2-2 displayed similar printability, 
despite notable differences in apparent viscosity and  
yield stress. 

3.2. Microstructure
In addition to the rheology, the microstructure of food inks 
plays an important role in their printability. Maintaining 
the stability of microstructural interactions over a wide 
frequency range is believed to lead to improved printability.43 
The scanning electron micrographs of all six food inks 
are depicted in Figure 3A and B. A pronounced fibrous 
network was observed in Ink-M1-1 (Figure 3A), which 
had the highest XG content among the three inks based on 
Material-1. The fibrous network, which is a characteristic 

microstructure18 of food inks reinforced with XG, plays 
a significant role in forming a gel-like matrix. This dense 
and irregular structural network enhances the mechanical 
strength of starch-containing gels,44 providing them with 
the necessary mechanical stability. In contrast, Ink-M1-3, 
which did not contain any food hydrocolloids (i.e., XG), 
displayed numerous micropores of varying sizes in its 
microstructure, and a high degree of porosity destabilizes 
the 3D-printed product, leading to deformation and 
diminished precision.45 Unlike the densely packed pores 
formed by starch which enhances the mechanical strength 
of the food material,46 the pores in Ink-M1-3 are randomly 
positioned and loosely packed, bearing a resemblance to 
a piece of wood damaged by worms. The presence of this 
type of micropores results in weak support, negatively 
impacting the printability of the ink. Ink-M1-2 contains a 
small amount of XG, resulting in the formation of a feeble 
gel system with a more compact structure.

The microstructure of the three inks based on Material-2 
exhibited typical granular structures of milk powder 
(Figure 3B). As the water content of Ink-M2-2, Ink-M2-1, 
and Ink-M2-3 gradually decreased, the microstructure 
of the food ink became progressively more compact, 
with ink-M2-1 exhibiting a highest degree of porosity 
and ink-M2-3 showing almost no discernible pores. 
Notably, Ink-M2-2 displayed a prominent presence of 
stomata, primarily in the form of lamellar and filamentous 
structures. This presence of stomata was likely attributed 
to the gelation of starch when the water content became 
sufficiently high.47 

The texture profiles of all six inks are presented in 
Table 2. The normalized values are presented in Figure 
4A, and the original values are presented in Figure S1 
in Supplementary File. The addition of XG to Material-1 
resulted in a significant increase in hardness, a key 
parameter reflecting the potential irritation to the oral 
mucosa. In the case of the food inks based on Material-2, 
hardness increased as the moisture content decreased. 
Specifically, a 15% difference in moisture content led to 
an approximately 7.3-fold difference in hardness, while 
a 5% difference led to approximately 2.1-fold difference 
in hardness. Cohesiveness, which indicated the energy 
or the number of chewing times required to break down 
the food until it became palatable and swallowable, and 
gumminess, which referred to the energy needed to chew a 
semi-solid food until it was swallowable, followed the same 
trend as hardness. The chewiness of the three inks based 
on Material-1 was similar, while the chewiness of the three 
inks based on Material-2 increased with decreasing water 
content. Adhesiveness and springiness did not show any 
significant difference. 
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3.3. Textural analysis 
Universal Design Foods (UDF) concept introduced in 
previous research48,49 categorizes foods into four groups 
based on their texture and ease of chewing, as proposed by 
the Japan Care Food Conference. According to their texture, 
foods are classified into stage 1 (thin gruel, hardness of 5 × 
103 N/m2), stage 2 (gruel, hardness of 2 × 104 N/m2), stage 3 
(soft-boiled, hardness of 5 × 104 N/m2), and stage 4 (boiled, 
hardness of 5 × 105 N/m2).50 Based on the literature, the 
pain threshold of oral ulcer is significantly varied due to 
the different measurement methods used, lesion severity, 
lesion location, lesion nature, age of patient, and individual 
variability. Reported pain thresholds in terms of pressure 

range from 6.5–7.5 × 103 N/m2 51 to 11.7–24.2 × 104 N/m2.52 
It is worth noting that the hardness of the optimal inks is 
1.89–3.80 N, which corresponds to 1.89–3.80 × 104 N/m2 
for the 1 × 1 × 1 cm3 specimen. Therefore, the 3D-printed 
food developed in this study causes minimal irritation to 
patients with diabetic oral ulcers.

The texture profile analysis provides an accurate and 
quantitative assessment of texture of 3D-printed food 
items. However, the test is relatively time-consuming 
and resource-demanding. In comparison, IDDSI tests 
provide a framework for rapid, convenient, qualitative, and 
intuitive assessment of food texture. Although the IDDSI 
framework is developed to evaluate whether the food items 

Figure 3. Microstructure of the six food inks at 500× and 1500× magnifications. (A) Ink-M1; (B) Ink-M2.
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are suitable for patients with dysphagia, we believe that the 
same concept can be adopted to evaluate the suitability of 
food items for patients with oral ulcer by correlating the 
quantitative texture analysis with IDDSI tests.

In the fork pressure test, as depicted in Figure 4B, all 
inks exhibited a smooth texture with almost no lump or 
granulation. The fork prongs left a distinct pattern on the 
surface, and all the food inks except Ink-M2-2 retained 
the indentation from the fork, suggesting these food inks 
belong to IDDSI Level 5 (minced and moist). Based on the 
measured hardness of these food inks, it is concluded that 
foods in IDDSI Level 5 (at ~17 kPa) are soft and suitable for 
patients with oral ulcers.53 In comparison, Ink-M2-2 could 

not retain the indentation from the fork and hence align 
with IDDSI Level 3 (liquidized/moderately thick food), 
indicating that IDDSI Level 3 foods are also soft enough 
for patients with oral ulcers.

Furthermore, the food ingredients, such as Russula 
mushroom and milk powder, are rich in vitamin B15,54,55 
and are believed to possess the capacity to accelerate the 
healing of oral ulcers.

3.4. FT-IR of food inks
Figure S2A (Supplementary File) depicts the infrared 
spectrum of the six ink formulations, and Figure S2B 
(Supplementary File) presents the infrared spectrum of 

Table 2. Hardness, springiness, cohesiveness, gumminess, chewiness, and adhesiveness of the six food inks

Hardness  
(N)

Springiness 
(mm)

Cohesiveness Gumminess
(N)

Chewiness
(N)

Adhesiveness
(gf/s)

Ink-M1-1 3.80 ± 0.49 0.15 ± 0.01 0.20 ± 0.00 0.78 ± 0.10 0.11 ± 0.02 -19.79 ± 1.22

Ink-M1-2 4.00 ± 0.14 0.14 ± 0.01 0.20 ± 0.01 0.79 ± 0.02 0.11 ± 0.01 -18.03 ± 0.53

Ink-M1-3 2.64 ± 0.22 0.13 ± 0.00 0.19 ± 0.01 0.49 ± 0.03 0.07 ± 0.01 -18.19 ± 0.68

Ink-M2-1 1.89 ± 0.16 0.12 ± 0.02 0.19 ± 0.01 0.36 ± 0.03 0.04 ± 0.01 -17.65 ± 1.20

Ink-M2-2 0.54 ± 0.03 0.09 ± 0.01 0.18 ± 0.02 0.10 ± 0.01 0.01 ± 0.00 -17.11 ± 1.14

Ink-M2-3 3.99 ± 0.18 0.13 ± 0.00 0.20 ± 0.01 0.80 ± 0.03 0.10 ± 0.00 -18.63 ± 0.57

Figure 4. Texture profile analysis of the food inks. (A) Texture profile of the food inks. The values are normalized to the highest value and expressed 
between 0 and 1. (B) Fork pressure tests of food samples 3D-printed with the six food inks.
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the five raw ingredients. FT-IR analysis provides insight 
into the micro-molecular interactions of the materials. 
Between the two groups of inks based on Material-1 and 
Material-2, the most notable difference is observed in 
the absorption peak at ~1700 cm-1 which corresponds to 
the C=O stretching of the amide bond. This difference is 
attributed to the presence of protein-rich milk powder in 
Material-1. In addition, the peaks for C-H stretching at 
around 2800 cm-1 are more prominent in inks based on 
Material-1 compared to those based on Material-2. This 
disparity can be attributed to Material-2, which contains 
a larger amount of carbohydrates that are rich in OH. The 
broad OH stretching peak at 3200–3550 cm-1 overshadows 
the C-H peaks. The FT-IR spectra of each individual 
component are shown in Figure S2 (Supplementary File). 
No significant difference was observed between the ink 
formulation and individual components, indicating a low 
likelihood of the XG forming new chemical bonds with the 
food base.

3.5. Regulation of blood glucose by food inks
To evaluate the ability of the 3D-printed food in blood 
glucose regulation, we performed experiments on male 
rats aged 8–10 weeks which were induced to develop 
diabetes via intraperitoneal injection of STZ (Figure 5A). 
The food ink, obtained by mixing equal mass of Ink-M1-1 
and Ink-M2-1, was administered via gavage after an 
overnight fasting period. In addition to the food ink group, 
a high-glycemic-index (high GI) group fed with rice 
powder and a low-glycemic-index (low GI) group fed with 
vegetable powder (as controls) were included. The blood 
glucose levels at different time points following gavage 
were measured (Figure 5B). 

The blood glucose levels in diabetic rats following 
overnight fasting were consistent. After gavage with equal 
mass of each type of food, the blood glucose level rose in 
all three groups and peaked at 60 min post-ingestion, after 
which the blood glucose level declined (Figure 5B). The 
peak glucose level of the food ink group was significantly 

Figure 5. Animal experiments. (A) Schematic illustration of the experiment design. (B) Blood glucose of mice fed with equal mass of rice powder, vegetable 
powder, and food ink at different time points. (C) Peak blood glucose values in the three groups. *p < 0.05 based on ANOVA.
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lower (p < 0.05) than that of the high GI (rice powder) 
group (Figure 5C) and showed no significant difference 
compared to the low GI (vegetable powder) group, 
suggesting that the 3D food ink is suitable to be used as 
diabetic diet. The glucose AUC, which is a useful index 
for evaluating the glucose loading for a specific duration 
after food ingestion, showed no difference among the three 
groups (Figure S3 in Supplementary File). 

In another set of experiments, the three groups were 
fed with each type of food containing equal amount of 
total carbohydrates, calculated based on the nutritional 
values on the food label or reported in literature (Table S3 
in Supplementary File). In the case of equal-carbohydrates 
intake, the glucose AUC of the food ink showed no 
significant difference compared to that of the rice powder 
but was larger than that of the vegetable powder (Figure 
S4A and S4B in Supplementary File). This difference may 
be attributed to the 1.51-fold mass increase of the food 
ink over the rice flour group and a 1.3-fold increase over 
the vegetable group. Although the total carbohydrate was 
kept equal in all three groups, the food ink group had a 
substantially higher total fat content due to the inclusion of 
milk powder. It has been reported that foods rich in fat may 
reduce insulin sensitivity and adversely influence glucose 
metabolism.56 Although the glucose AUC of the food 
ink group and the rice powder group shows no statistical 

difference, the carbohydrate content and the glycemic 
loading per unit mass in the food ink are significantly 
lower, which is more well-suited for the glycemic control 
for patients suffering from diabetes. Therefore, we decided 
to formulate 3D-printed food items for personalized 
nutrition based on total mass instead of total carbohydrates 
in subsequent studies. The peak glucose level (Figure S4C 
in Supplementary File) showed a trend similar to the AUC 
in the equal-carbohydrate case. The lower blood glucose 
levels were primarily attributed to the food’s formation 
rather than the 3D printing process. The purpose of 3D 
printing is twofold. First, 3D food printing is employed to 
create visually pleasant food items using functional food 
compositions to control blood glucose levels. Second, 3D 
food printing can personalize foods, which are tailored to 
the nutritional needs of patients suffering from diabetes 
and its complications.

3.6. Achieving personalized nutrition for patients 
with diabetic complications by 3D food printing
In this study, several dragon-boat-festival-themed items, 
including dragon boats with a mass of 9.03 g (Figure 6A), 
arch bridges with a mass of 10.65 g (Figure 6B), bowls with 
a mass of 3.49 g (Figure 6C), and stuffed zongzi (a type of 
rice dumpling for the dragon boat festival) with a mass 
of 9.52 g (Figure 6D), were created by collaborative 3D 

Figure 6. Food items 3D-printed with Ink-M1-1 and Ink-M2-1. (All items, except for the leave, peddle, and water and quinoa in the bowl, are 3D-printed.) 
(A) Dragon boat. (B) Arch bridge. (C) Bowl. (D) Zongzi (rice dumpling) with filling. (E) A food platter adorned with 3D-printed food items based on the 
theme of dragon boat festival, a traditional Chinese festival. (F) Dragon boats with various ratios of Ink-M1-1 and Ink-M2-1.
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printing of Ink-M1-1 and Ink-M2-1, which are printability-
optimized food ink formulation in their respective group, 
using a dual-nozzle direct ink writing (DIW) printer. All 
items were plated and served as they were printed (Figure 
6E). Each item could be arbitrarily divided into different 
portions as desired in order to personalize nutritional 
compositions according to the dietary requirements of 
diabetic patients with complications. 

The focus of 3D food printing has undergone a significant 
transformation from merely enhancing the visual appeal to 
controlling and personalizing the nutritional composition 
of food.57 Through multi-component collaborative 3D food 
printing, macro- and micro-nutrients in food items can be 
tuned to suit individual dietary needs. By slicing the same 
3D model into different proportions, the nutrient content 
can be varied, thereby enabling digital manufacturing of 
3D-printed food for achieving personalized nutrition. As 
shown in Figure 6E, the dragon boat was 3D-printed with 
Ink-M1-1 and Ink-M2-1 at various ratios. The last figure 
in the name of each type of dragon boat represents the 
percentage of Ink-M1-1 in the food item. For instance, 
the dragon boat labeled as Ink-M1-1-49.0 comprises 49% 
Ink-M1-1 and 51% Ink-M2-1 by weight. The macronutrient 
and calorie content of 100 g of the 3D-printed food with 
various percentage of Ink-M1-1 are shown in Table 3. The 
macronutrient content of each dragon boat was calculated 
and listed in Table S4 (Supplementary File) based on a 
total weight of 8.2–9.1 g. The difference in weight primarily 
resulted from the density difference between the two food 
inks. Notably, the protein content almost doubled as 
the proportion of Ink-M1-1 changed from 100% to 0%. 
Meanwhile, the fat content increased by almost 6-folds. 
However, the content of total carbohydrates showed a 
declining trend as the proportion of Ink-M1-1 reduced.

Whole milk powder is a significant protein source in 
daily diets and a major contributor to the production of 
endogenous advanced glycosylation end-products (AGEs). 
Excessive endogenous AGEs can increase the risk of 

conditions such as type 2 diabetes and CKD.58 CKD affects 
30% of patients with type 1 diabetes and 40% of those with 
type 2 diabetes.7 A low-protein diet reduces intraglomerular 
pressure by decreasing afferent arteriolar vasoconstriction, 
thereby mitigating glomerular hyperfiltration and delaying 
the progression of CKD toward kidney failure.59 This study 
demonstrated that the protein content of food can be 
tailored to meet the specific DPI needs of patients afflicted 
with diabetes-induced CKD. For instance, a typical 80 kg 
adult requires a DPI ranging from 0.8 to 1.3 g/kg of body 
weight, which translates to 64 to 104 g of protein per day. 
In contrast, diabetic patients with stage 3–5 CKD are 
advised to adjust their DPI to 0.6–0.8 g/kg of the body 
weight per day,60 amounting to 48 to 64 g of protein for 
an 80 kg CKD patient. For illustration, individuals without 
CKD would require approximately 470–760 g of the food 
item Ink-M1-1-49.0 per day, while CKD patients would 
have to reduce their food intake to 350–470 g to comply 
by the DPI requirements if they choose the same food 
item. Alternatively, CKD patients may opt for 500–670 g 
of the food item, i.e., Ink-M1-1-100, which offers a lower 
protein content per unit weight. Among these two food 
inks, which have similar protein content, Ink-M1-1-100 
contains higher carbohydrate and caloric content than 
Ink-M1-1-49.0, but its fat content is significantly lower. 
Thus, patients are free to select the food ink that aligns with 
their unique nutritional and health requirements.

Meanwhile, diabetic patients are at a higher risk 
of developing oral ulcers compared with the general 
population. Patients suffering from oral ulcers often opt 
for liquid or soft foods to avoid the discomfort caused by 
chewing and swallowing. However, such foods may lack 
appeal in terms of appearance and texture, which can lead 
to food refusal and malnutrition.61,62 Currently, texture-
modified food is mainly aimed at elderly patients with 
dysphagia. Based on international data, the prevalence of 
oropharyngeal dysphagia in the general population ranges 
from 2.3% to 16.0%.63 In contrast, oral ulcers affect up to 
25% of the global population.64 In spite of the high demand 

Table 3. Macronutrient and calorie content of 100 g of food 3D-printed with various proportions of Ink-M1-1

Carbohydrate (g) Protein (g) Fat (g) Energy (kJ)

Ink-M1-1-100 25.88 9.59 1.55 659.93

Ink-M1-1-90.2 25.33 10.37 2.24 689.43

Ink-M1-1-75.2 24.49 11.55 3.29 734.31

Ink-M1-1-49.0 23.01 13.63 5.15 813.09

Ink-M1-1-30.6 21.97 15.09 6.44 868.30

Ink-M1-1-9.8 20.79 16.74 7.91 930.80

Ink-M1-1-0 20.24 17.52 8.61 960.30
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spurred by the high prevalence of oral ulcers, to the best of 
our knowledge, no 3D-printed functional food has been 
developed prior to this study for patients suffering from 
this condition.

4. Conclusion
In conclusion, this study presents a novel approach to 
developing personalized foods for diabetic patients by 
utilizing 3D printing technology, specifically targeting 
individuals with complications such as CKD and oral 
ulcers. By formulating 3D-printable food inks using 
natural ingredients known for their oral health and 
diabetes management benefits, customized diets can be 
created to meet the specific nutritional requirements of 
these patients.

The rheological properties, textures, microstructures, 
and composition of the food inks are comprehensively 
characterized for assessing their suitability for 3D food 
printing applications. The utilization of dual-nozzle 
collaborative 3D printing technology allows for precise 
regulation of the nutritional composition, which helps 
control protein intake by patients with CKD. Findings 
from animal experiments confirm the effectiveness of 
the 3D-printed diet in glycemic control, showcasing the 
potential of this approach in managing blood glucose levels.

This research highlights the transformative potential of 
3D food printing technology in the field of personalized 
nutrition, offering tailored food options that enhance 
the quality of life and health outcomes of patients with 
diabetes and its complications. By combining the benefits 
of personalized nutrition, improved texture, and targeted 
functional ingredients, 3D-printed foods have the 
potential to revolutionize dietary management strategies 
for individuals with specific dietary requirements.

One major limitation of this study is that we were 
unable to take into account the pain threshold pressure 
caused by oral ulcer in designing the food ink due to 
the lack of relevant literature. Therefore, we can only 
rely on the pain threshold pressure of diseases of similar 
nature described in existing literature as a reference. 
Future studies should be designed to evaluate the pain 
threshold by means of animal experiments. However, 
this presents several challenges, such as how to assess 
pain in the animal model and the potential disparity of 
pain thresholds between humans and the animal models. 
Future studies should also explore the optimization of 
3D printing parameters, investigate additional functional 
ingredients, and evaluate the long-term effects of 
personalized 3D-printed diets on the health and well-
being of diabetic patients through clinical trials. With 
continued advancements in 3D printing technology 

and a deeper understanding of nutritional science, this 
innovative approach has the potential to reshape the 
future of dietary management, ultimately improving the 
overall health outcomes and quality of life for individuals 
with diabetes and other chronic conditions. 
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Abstract
Continuous gradient triply periodic minimal surface (TPMS) porous structure has 
been proven to be one of the most suitable structures for bone implants due to 
their excellent mechanical properties and high porosity. This study establishes 
a parametric modeling method for continuous gradient TPMS structures and 
optimizes the TPMS porous structure with a continuous gradient change in porosity. 
Ti-6Al-4V continuous gradient TPMS porous structures were prepared using powder 
bed fusion (PBF). The mechanical properties and permeability of the continuous 
gradient TPMS porous structure were studied. The results indicate that the porosity 
control parameter C for gradient continuous change follows a linear function, with 
the porosity increasing linearly within the specified range of values. The influence of 
the periodic parameter ω on the mechanical properties and permeability of different 
types of TPMS structures varies. The Gyroid continuous gradient structure aligns 
more closely with the mechanical properties and permeability of bone scaffolds. 
Furthermore, a TPMS continuous gradient porous structure that is more suitable for 
trabecular bone implants was obtained through topology optimization design. A 
bone implant model and object suitable for human trabecular bone were designed 
and printed, providing technical support for subsequent performance testing and 
application research of bone implants.

Keywords: Triply periodic minimal surface; Additive manufacturing; Bone scaffold; 
Mechanical properties and permeability

1. Introduction 
Bone, the hardest tissue in the human body, serves multiple essential functions, including 
body support, movement facilitation, hematopoiesis, and effective promotion of blood 
circulation. Extensive bone injuries are typically caused by trauma, osteomyelitis, or 
tumors. Medical studies have indicated that bone tissue loses its inherent capacity for 
repair when the size of the bone defect exceeds 30 mm.1 Consequently, interventional 
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therapies involving repair technologies become necessary. 
Repairing bone tissue has always been a significant 
challenge in modern medicine. According to research, the 
global demand for bone substitutes and grafts is projected 
to reach US$3.4 billion by 2022, with a growth rate of 
4.8%.2 This poses a substantial financial burden on most 
countries and regions worldwide.

The process of bone remodeling can be divided into four 
stages: hematoma formation, fibroblast formation, callus 
formation, and bone remodeling.3 In this complex process, 
various cytokines, growth factors, and other signaling 
molecules are involved in guiding the repair of various 
cellular defects.4 This repair process is highly intricate, and 
in order to enhance repair efficiency and achieve better 
healing outcomes, it is necessary to create a more stable 
environment, such as surface folding, to accommodate all 
signaling molecules and facilitate cell proliferation on its 
surface.5 Traditional bone scaffolds generally adopt regular 
shapes, such as squares, hexagons, and circles. However, 
these regular shapes are unable to accurately mimic bone 
structures. With the continuous advancement of three-
dimensional (3D) printing technology, the concept of 
minimal surface structures has emerged. Among them, the 
triply periodic minimal surface (TPMS) scaffold stands 
out as an optimal choice.6 Mathematically speaking, a 
minimal surface is characterized by zero mean curvature. 
TPMS structures represent minimal surfaces with complex 
topological spatial structures. They possess advantageous 
features, including high surface area, high porosity, 
and periodic variations. The interconnected interior 
and smooth surface of TPMS scaffolds make them ideal 
structures for orthopedic implants.7 When designing 
TPMS scaffolds for bone regeneration, one of the crucial 
factors to consider is pore design.8,9 This is because the 
design of pores directly affects the outcome of bone 
regeneration.10 Firstly, an interconnected porous structure 
promotes the diffusion of nutrients to cells, thereby 
assisting the bone regeneration process. Secondly, natural 
bone tissues possess porosity, with a range from 30% to 
90% in trabecular bone.11,12 Therefore, when designing a 
bionic porous scaffold as a bone implant, it is necessary to 
optimize the pore size and porosity to ensure that the pores 
are large enough to facilitate nutrient diffusion and tissue 
growth,13 while still maintaining a sufficiently large surface 
area for cell attachment. In addition to directly affecting cell 
behavior, the pores of the TPMS structure also indirectly 
impact other important characteristics crucial in the bone 
regeneration process.14 For instance, mechanical strength 
is a vital property of a bone scaffold. The process of bone 
remodeling depends largely on the ability of bone tissue 
to perceive and adapt to mechanical load. Consequently, a 
good mechanical environment is key to the success of bone 

regeneration. Thus, the scaffold needs to have sufficient 
mechanical strength to accommodate and stabilize the 
cells, but not be excessively strong.15 Sychov et al.16 used 
polylactic acid (PLA) as raw material to prepare four TPMS 
structures of Gyroid, Schwartz diamond, Neovius surface, 
and D-prime surface by fused deposition modeling (FDM) 
and studied their compression resistance. The results 
showed that D-type TPMS structure has the best elastic 
modulus but with poor energy absorption performance. 
The G-type TPMS structure has good compressive 
strength and energy absorption capacity. Yan et al. studied 
the mechanical properties of Ti-6Al-4V and Al-Si10-Mg 
Schoen Gyroid (SG) TPMS unit cell structures prepared 
by powder bed fusion (PBF) under uniaxial compression 
tests, and fitted the compression test results with the 
Gibson–Ashy model to guide biological applications and 
implant matching.17-19 Furthermore, the structures should 
have an elastic modulus similar to that of natural bone to 
prevent the stress shielding effect. The elastic modulus of 
cortical bone is approximately 1–15 GPa.20 Therefore, the 
final bone scaffold should possess a mechanical strength 
within this range.

The permeability of the bone scaffold is a crucial 
factor that significantly influences the outcomes of bone 
regeneration. The permeability is typically quantified 
using Darcy’s law, with the Darcy permeability value (k) 
being measured.21,22 Permeability refers to the ability of 
the scaffold to facilitate fluid flow.23 Good permeability, 
indicated by a higher k value while maintaining 
satisfactory mechanical properties, not only facilitates 
the diffusion of essential nutrients,24 but also determines 
the internal shear force and pressure within the scaffold.25 
Studies have demonstrated that these factors can affect 
cell differentiation and adaptation by enhancing alkaline 
phosphatase (ALP) activity and upregulating osteogenic 
marker genes.26 Since porosity, pore size, connectivity, 
curvature, direction, and shape collectively influence the 
permeability and hydrodynamics of bone scaffolds, it is 
advantageous to have bone scaffolds with high porosity, 
sufficient pore connectivity, and appropriate pore size and 
shape to ensure good permeability, which is beneficial for 
bone tissue engineering.27,28 Montazerian et al.29 analyzed 
the biological permeability of different TPMS units at 
different relative densities. The relationship between 
normalized permeability and volume fraction and the 
velocity contour of biological fluid were obtained by curve 
fitting. Varley et al.30 placed the bone scaffold in different 
humidity conditions and analyzed its permeability through 
experimental and theoretical simulation analysis. It is found 
that the experimental value and the theoretical value are 
similar in numerical results, providing a theoretical basis 
for us to use computer simulation to evaluate permeability. 
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Therefore, when designing bone scaffolds, in addition to 
ensuring favorable mechanical properties, it is also crucial 
to consider whether the scaffold structure can maintain 
high permeability.

In summary, although a high porosity can increase the 
permeability of the continuous gradient TPMS structure, 
it also reduces its mechanical properties. Therefore, 
when considering different application requirements, 
it is essential to strike a reasonable balance between 
mechanical properties and permeability. This study aims 
to optimize and design a continuous gradient TPMS bionic 
bone structure for bone repair. In this study, we combined 
experimental and simulation approaches to investigate the 
parametric design, mechanical properties, permeability, 
and application of the continuous gradient TPMS bone-
like structure. The main purpose of this study is to obtain 
a bone scaffold structure that matches the performance of 
human femur and to provide theoretical basis for further 
realization of human bone tissue repair.

2. Design, performance test, and  
simulation analysis of continuous  
gradient TPMS structure
2.1. Parametric design and 3D printing of 
continuous gradient TPMS structure
The design method plays a crucial role in the quality of 
generated TPMS models. The geometric characteristics of 
the minimal surface structure, including parameters such as 
porosity (or volume ratio), unit cell pore size, and thickness, 
are key factors that influence its performance. Therefore, 
geometric design serves as the foundation for effectively 
controlling the application performance of TPMS structures 
in different fields. Unlike traditional foam lattice structures, 
TPMS enables the design of more intricate structural 
characteristics to mimic natural porous structures.

Compared to other porous structures, TPMS exhibits 
three significant characteristics. Firstly, TPMS represents 
an implicit surface, allowing for the complete expression of 
the geometric structure through algebraic equations, which 
can be simplified as f(x, y, z) = C, where C is a constant. 
Based on this, TPMS is considered an isosurface. Secondly, 
TPMS demonstrates periodicity in three independent 
directions. The parameter function facilitates easy control 
over the distribution range and period of the model. Lastly, 
TPMS is characterized as a minimal surface, meaning that 
the mean curvature of TPMS is zero, resulting in a smooth 
surface reminiscent of natural phenomena like soap 
bubbles and leaves.31

There are two main approaches to expressing the 
porous structure of minimal surfaces. According to the 
Enneper–Weierstrass parameter representation method, 
TPMS can be accurately calculated32:
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In this method, we use the following notation: i = ± 1, 
τ represents a complex variable, θ is the valve cover angle, 
Re denotes the real part of the complex variable, and R(τ) 
is the Weierstrass function for different types of TPMS 
units. For example, the Weierstrass functions of G, D, and 
P surfaces can be expressed as33:
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However, it is worth noting that this method can only 
generate a limited number of TPMS units. Currently, several 
Weierstrass functions for minimal surfaces have been 
discovered. Just like other mathematical methods, TPMS 
porous structures can be generated using Equation III34:
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Here, Ak represents the amplitude, λk is the periodic 
factor, and Pk is the phase function. Building upon this 
foundation, the common TPMS units are presented in 
Table 1. It can be observed from the TPMS implicit function 
expressions in Table 1 that ω and C are two important 
parameters that influence the period and curvature of 
TPMS. In the context of TPMS porous structures, the 
volume ratio of the two components is solely related to the 
curvature parameter C. Therefore, by assigning different 
values to the periodic parameter ω and the curvature 
parameter C, gradient or non-uniform TPMS porous 
structures can be generated.

Table 1. Common mathematical expressions of TPMS structure

Unit name Mathematical expression 3D model

Gyroid (G) f(x, y, z) = �sin(ωxx)cos(ωyy) + 
sin(ωzz)cos(ωxx) + 
sin(ωyy)cos(ωzz) = C

Schwarz P(P) f(x, y, z) = �cos(ωxx) + cos(ωyy) + 
cos(ωzz) = C



Continuous gradient TPMS bone scaffold

315Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2306

International Journal of Bioprinting

In this study, G and P cells were utilized as the subjects 
of research. The grasshopper parametric modeling 
platform was employed to design a continuous gradient 
porous structure that is suitable for bone reconstruction.35 
Within the grasshopper environment, the input implicit 
function can be transformed into a visual grid structure. 
By iterating through the grid structure multiple times, a 
grid surface with fewer defects can be obtained, ultimately 
leading to the development of a TPMS model for 
additive manufacturing.

Within a given cubic space measuring 20 mm on each 
side, different TPMS porous structures can be obtained by 
adjusting the parameter C of the implicit function based 
on the existing parameters. Taking the G surface as an 
example, when C is set to 0, the porosity of the unit cell 
remains the same (refer to Figure 1a). However, when C is 
not equal to 0, the porosity between adjacent units becomes 
distinct (as shown in Figure 1b). Similar rules apply to other 
TPMS structures. Increasing the absolute value of C leads 
to an increase in porosity, but if the absolute value becomes 
too large, partition phenomena may occur, resulting in an 
incomplete TPMS structure (see Figure 1c).

To achieve a tunable pore gradient in the TPMS structure, 
a linear function is introduced for the parameter C.  

The goal is to obtain a TPMS porous structure with 
continuously changing porosity. In Equation IV, the linear 
function for C with respect to the parameter z is defined as:

	 C z� � �� � � (IV)

In this equation, C is the parameter used to control 
the porosity, while z represents the Z-direction porosity 
adjustment value of the TPMS structure. The value range 
for z is set to be [0,2.5π]. Figure 2 illustrates the variation 
of porosity and z per unit volume of the porous structure. 
The porosity changes linearly along the Z-axis as z changes. 
Similarly, if the parameter C is given a linear function of x 
or y, the same rule applies to the X-axis or Y-axis.

To obtain a TPMS model with a continuous porosity 
gradient and good structure, the porosity range is 
limited to 30–80%. If the porosity is too high, partition 
phenomena may occur, while a porosity that is too low 
may result in poor 3D printing quality. Within the limited 
porosity range, different Z values are selected to determine 
the corresponding unit cell porosity. A graph of unit cell 
porosity versus Z values is then plotted. By fitting the data, 
a functional relationship between the porosity parameter 
C and z is obtained:

	 C z� � �0 1954 0 3124. . � (V)

In this study, six models of G and P surfaces were 
designed. The fitting curve in Figure 2 shows that the 
porosity of the six models is controlled at approximately 
65%. The implicit function expressions of the two models 
are as follows:

f(x, y, z) �= sin(ωx)cos(ωy) + sin(ωz)cos(ωx) 
    + sin(ωy)cos(ωz) = 0.1954*z  
    + 0.3124� (VI)

f(x, y, z) �= cos(ωx) + cos(ωy) + cos(ωz) 
= 0.1954*z + 0.3124	�  (VII)

The difference between the different models of the two 
surfaces is achieved by controlling the periodic parameter 
ω. The periodic parameters for each model are set as 

Figure 1. (a) C = 0, G surface; (b) C ≠ 0, G surface; (c) segregation phenomenon.

Figure 2. Linear fitting of porosity change
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follows: G_I (ω = 2), G_II (ω = 3), G_III (ω = 4), P_I (ω = 2),  
P_II (ω = 3), and P_III (ω = 4). The thickness of the models 
is set to 0.4 mm. Figure 3 displays the 3D diagrams of the 
two sets of models and their specific parameters.

The designed models were manufactured using a 
metal 3D printing device (L-PBF system CR-PBFM250) 
with Ti-6Al-4V material having a particle size of 15–45 
μm. The printing parameters were optimized prior to 
printing to ensure high-quality products. The laser power 
used was 290 W, with a laser spot diameter of 85 μm. 
The scanning speed was set at 2000 mm/s, and the layer 
thickness was 40 μm. The printing process was carried 
out under argon protection at a temperature of 26°C 
to prevent oxidation. Two samples were made for each 
model, and the resulting samples were cleaned using 
compressed air and ultrasound.

2.2. TPMS structure performance test
2.2.1. Porosity test
The total porosity of the samples was determined using the 
dry weighing method, and the calculation formula used 
was as follows36:

	 Porosity m Vs t d � � �( / )1 � � (VIII)

where ms is the mass of each sample; ρt is the theoretical 
density of Ti-6Al-4V (4.42 g/cm3); and Vd is the volume set 
for printing.

The morphology and manufacturing defects of the 
samples were observed by means of scanning electron 
microscopy (SEM; Model FEI200, FEI, USA).

2.2.2. Mechanical properties test
Static compression tests were conducted on a universal 
testing machine (MTS 809, MTS Systems Corporation, 
Minnesota, USA) equipped with a 10 kN gravity sensor. 
The loading rate used was 0.5 mm/min. The elastic 
modulus of each sample was calculated from the slope of 
the linear phase observed at the beginning of each curve.

2.3. Finite element analysis of continuous gradient 
TPMS structure

2.3.1. Finite element analysis of mechanical properties
To establish the initial model, Grasshopper was employed, 
and the generated STL file was imported into HyperMesh 
software for topology processing in order to regenerate a 
refined mesh. The mesh model was then imported into 
ABAQUS software. The bottom of the Z-axis was fixed, and 
a 40% strain was applied to the upper part of the Z-axis. 
The elastic modulus was set to 110 GPa and the Poisson’s 
ratio to 0.34. After the simulation, the stress distribution of 
the TPMS structure was visualized.

2.3.2. Finite element simulation of permeability
Six models with varying porosity were selected for 
the study. These models underwent pretreatment in 
HyperMesh software before being imported into COMSOL 

Figure 3. Three-dimensional model of continuous gradient porous structure.
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software for further processing. Since the focus of the 
study was on the pore space, the porous matrix was not 
explicitly analyzed. The model has a square cross-section 
with a dimension of 10 mm by 10 mm and a height of 20 
mm. The fluid velocity was defined as u = 0.1 mm/s, and 
it could freely flow along the normal direction at one end. 
Although assuming symmetrical boundary conditions 
for the other boundaries may not align with reality, it was 
suitable for the TPMS structure modeling. To characterize 
the flow inside the porous structure, the Reynolds number 
was estimated using Equation IX37:

	 R pule � / � � (IX)

where the blood density ρ = 1080 kg/m3, and blood 
viscosity µ = 3.5 x 10-3 Pa·s.38 The side length of the cross-
section is used as the characteristic length scale L, and  
Re = 2 is obtained. The Stokes equation can be used to 
describe the flow ignoring the inertial term. Finally, the 
goal of the model is to obtain the average value of porosity 
and permeability to describe the macroscopic model using 
Darcy’s law or Brinkman equation. Porosity is defined as 
the ratio of pore space volume Vfluid to total volume Vtot:

	 � �V Vfluid tot/ � (X)

The permeability is calculated using the 
following relationship39:

	 k uout� �� �/ � (XI)

3. Results and discussion
3.1. Macro-micro morphology of 3D-printed 
samples
Figure 4a represents a 3D-printed object showcasing a 
continuous gradient TPMS porous structure. Upon visual 
inspection, the printed sample exhibits a smooth surface 
without any noticeable defects. The internal pores appear 

unobstructed with good connectivity, resembling the 
structure of bones. The porosity of the G and P continuous 
gradient TPMS structures varies layer by layer along the 
printing direction, following a linear function without 
any gradient fault phenomena. Figure 4b illustrates the 
microstructure of the sample. Observing the image, it is 
evident that there are no particles bonded to the inner 
wall of the interconnected pores. Additionally, randomly 
distributed micropores with a diameter smaller than 0.5 
mm can be observed. The internal micropore ratio of the 
manufactured sample is less than 0.5%, and there are no 
crack defects present.

The actual porosity of the 3D-printed TPMS 
structure sample is shown in Figure 5. According to the 
calculation results, it can be observed that the porosity 
of the manufactured sample is in close agreement 
with the designed porosity (65%), demonstrating the 
repeatability of the manufacturing method. The porosity 
changes layer by layer with the variation of the parameter 
ω, indicating that adjusting the ω parameter in the 
trigonometric function allows for effective control over 
the porosity variation in the continuous gradient TPMS 
structure. Observation and measurement reveal that 
the 3D-printed continuous gradient TPMS structure 
possesses a similar topological structure to the intended 
3D model. Additionally, this structure exhibits a porosity 
change pattern comparable to that of bone structures, 
thus establishing a foundation for the further design of 
continuous gradient TPMS artificial bone structures and 
their mechanical properties.

3.2. Mechanical properties of continuous gradient 
TPMS structure
Before experimental verification, theoretical research is 
crucial in order to save costs and optimize experimental 
procedures. Finite element simulation is considered the 
optimal method to achieve this goal. A static compression 

Figure 4. (a) Full picture of the printed sample; (b) the morphology of the G_II sample. 
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finite element simulation experiment is conducted on six 
models, and the stress distribution is analyzed.

Figure 6 illustrates the results of finite element analysis 
for the G and P continuous gradient porous structures. 
The stress distribution cloud diagram reveals that the 
stress conditions vary for the porous structure models with 
different structures. From the results in Figure 6, it can 
be observed that the stress of the G continuous gradient 
porous structure is relatively uniform, with no evident stress 
concentration. On the other hand, the stress distribution 
in the P continuous gradient porous structure appears 
layered, indicating stress concentration. Examining the 
unit cells of these two structures, the G unit cell exhibits 
a spiral-like structure, which effectively decomposes 
pressure. Additionally, the long force transmission path 
of the spiral structure contributes to the uniform stress 
distribution within the G structure. On the contrary, the P 
unit cell resembles a sphere, resulting in force transmission 
that alternates between concentration and dispersion. 
The support performance in the middle of the sphere is 
weakened, making it prone to deformation when subjected 
to unidirectional force. Figure 7 presents the stress–strain 
curves obtained from finite element simulation for the 
two types of porous structures with minimal surfaces. In 
all structures, the stress experiences a linear increase stage 
followed by a yielding stage. For the G gradient porous 
structure, after reaching the yield limit, the stress gradually 
increases in a wave-like pattern. Conversely, the stress of 
the P gradient porous structure significantly decreases after 
reaching the maximum yield stress. As the strain continues 
to increase, the stress exhibits wave-like fluctuations. These 
variations in the stress–strain curve correspond to the 
minimal surface structure. Based on the stress cloud, the G 
surface experiences uniform stress, resulting in a gradual 

increase in the stress–strain curve after entering the yield 
stage. Due to the structural characteristics of the unit cell, 
the stress curve of the P surface fluctuates after entering 
the yield stage.

It can be observed from Figure 7c and d that the elastic 
modulus of the G surface initially increases and then 
decreases with an increase in periodic parameters. On 
the other hand, the P surface always shows an increasing 
trend. Further validation of the mechanical properties 
difference between the two structures will be conducted 
through experiments.

Figure 8 represents the stress–strain curve obtained 
from static compression experiments performed on the two 
structures. The figure demonstrates that the trend of the 
stress–strain curve aligns with the simulation results, thus 
confirming the reliability of the finite element simulation. 

Figure 9 displays the fracture mode of the samples 
used in the compression experiment. It is evident from 
the figure that the G-type TPMS porous structure exhibits 
two types of fracture modes: collapse-type fracture and 
x-type fracture. Specifically, G_I and G_II exhibit collapse 
fractures, where these structures progressively fragment 
from the upper part of the sample and disintegrate layer by 
layer. The two sides of the sample become gradually curved, 
with no visible cracks. However, G_III demonstrates a 
different fracture mode. Figure 9 reveals an x-type fracture 
in G_III, with clear cracks present in the lower part of the 
sample. The stress cloud depicted in Figure 6 allows us to 
understand the stress distribution. For G_I and G_II, the 
stress cloud reveals that stress concentration occurs in the 
upper part when the strain reaches 15%. Subsequently, the 
stress propagates uniformly downward, corresponding 
with the experimental results. Conversely, for G_III, the 
stress cloud shows a triangular stress concentration in the 
lower part of the structure, in line with the x-type fracture 
observed in the experiment. From a structural perspective, 
the unit cell of the G-type TPMS porous structure 
exhibits a spiral pattern, resulting in a more uniform force 
distribution. However, when the structural parameters 
are increased excessively, internal partitioning may occur. 
In the case of G_III, the structural parameters are too 
large, thus generating a gradient structure. Consequently, 
fine defects manifest in the internal structure due to 
the significant gradient span, leading to a reduction in 
mechanical properties. Consequently, G_III possesses 
lower mechanical properties and may not be suitable for 
cortical bone tissue engineering applications.

For the P-type porous structure, the fracture mode is a 
45° stacking after layer-by-layer fracture, which is consistent 
with the stress cloud obtained from the simulation. The 
unit cell of the P-type structure is a hollow sphere slightly 

Figure 5. Porosity measurement results of 3D-printed samples.
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Figure 6. Stress cloud diagram of gradient porous structure.
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bulging in the middle. When it is compressed, the stress 
propagates to the bulging parts on both sides. As the stress 
on both sides gradually accumulates, fracture occurs after 
reaching the yield limit. After entering the yield stage, 
due to its unit cell structure characteristics, it will show a 
45° stacking phenomenon. With an increase in periodic 
parameters, the accumulation phenomenon becomes 
more obvious, leading to gradually enhanced mechanical 
properties of the P-type TPMS porous structure.

Figure 10a and b shows the elastic modulus and 
ultimate fracture strength of G and P structures. The lowest 
elastic modulus of the G gradient structure is 2.451 GPa, 
and the lowest yield stress is 98.42 MPa. The minimum 
elastic modulus of the P gradient structure is 2.936 GPa, 
and the minimum yield stress is 147.99 MPa. It can be 
observed that the elastic modulus and yield strength of 
both G and P gradient structures undergo certain changes 
with an increase in the periodic parameter ω. Among 

Figure 7. (a) G-type gradient porous structure stress–strain simulation results; (b) P-type gradient porous structure stress–strain simulation results; (c) 
elastic modulus simulation results; (d) yield stress simulation results.
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Figure 8. Stress–strain curve of gradient porous structure compression experiment: (a) G structure and (b) P structure.

Figure 9. Fracture mode of sample.

them, G_II and P_III exhibit the highest elastic modulus 
and ultimate strength. This result indicates that the 
mechanical properties and elastic modulus of the gradient 
TPMS structure can be improved by adjusting the periodic 
parameter ω. Specifically, the mechanical properties of the 
G gradient porous structure increase initially and then 
decrease as the periodic parameters increase, while the P 
gradient porous structure shows a continuous increase. 
Comparing these mechanical properties with those of 
cancellous bone in the human femoral head, it is found 

that the designed bone implant models meet the required 
mechanical properties of human trabecular bone tissue 
(1–15 GPa).40-42

Under the condition of no partition phenomenon, the 
analysis of Figures 7 and 10 reveals that the mechanical 
properties of the G structure initially increase and then 
decrease with an increase in the periodic parameter ω. 
The mechanical properties reach a maximum value when 
the periodic parameter ω is approximately 3. On the other 
hand, the mechanical properties of the P structure increase 
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Figure 10. Comparison of mechanical properties of different TPMS structures: (a) elastic modulus and (b) ultimate strength.

with an increase in the periodic parameter ω, and there is 
no extreme value, making it challenging to determine the 
range of the periodic parameters.

3.3. Permeability of continuous gradient 
TPMS structure
To identify a more suitable bone scaffold structure for 
the human body, the study focused on investigating the 
permeability of TPMS porous structures with various 
continuous gradients. Figure 11 displays the flow velocity 
of different structures and the fluid streamlines from the 
side of each bracket and the outlet. These streamlines 
effectively highlight the trajectory of cells or nutrient fluids 
passing through the bone implant, enabling the analysis 
of the interaction between the bone implant structure and 
cells and nutrient fluids that facilitate bone regeneration. 
From the figure, it is evident that the streamline trajectory 
in the G gradient structure follows a spiral path, whereas 
the streamline trajectory in the P gradient structure is 
almost linear. The spiral trajectory facilitates full contact 
between cells or nutrient solutions and the bone scaffold, 
which is beneficial for bone repair. Figure 12 exhibits the 
permeability of different structural models. The highest 
permeability is observed in G_II, measuring 2.80 × 10-8 

mm2, while the lowest permeability is found in P_III, 
measuring 5.20 × 10-9 mm2.

Based on the analysis of permeability, it is evident 
that the permeability of G gradient porous structure first 
increases and then decreases with the increase of periodic 
parameters. As for the P gradient porous structure, its 
permeability gradually decreases. In comparison, G_II 
and P_III possess similar mechanical properties, but 
G_II boasts the best permeability, aligning well with the 
characteristics of bone. Consequently, it holds immense 
potential for practical applications.

4. Optimization of Gyroid bone-like 
scaffold structure
Through the analysis of mechanical properties and 
permeability of various continuous gradient TPMS 
structures, the results indicate that the G-type gradient 
structure exhibits favorable mechanical properties and 
permeability, making it more suitable for constructing 
bone-like structures and promoting bone tissue repair. 
However, further optimization design is required to ensure 
a better fit between the continuous gradient TPMS structure 
and the structure of the human femur. The structure of the 
human femur is depicted in Figure 13, which shows the 
continuous change in radial porosity, gradually increasing 
from the outside to the inside. Additionally, the main force 
acting on the femur is longitudinal. To achieve a continuous 
gradient TPMS structure with good permeability and 
mechanical properties, a function can be assigned to the 
periodic parameter ω, with a restriction of floating around 
ω = 3. This enables the realization of parametric control 
over the continuous gradient TPMS bone-like structure.

To achieve a radial increase in porosity while 
maintaining a constant relative density, the cell size can 
be adjusted. This involves changing the parameters of the 
control period to establish a specific functional relationship. 
The new functional relation is denoted as Equation XII:
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In order to create a continuous gradient TPMS 
structure, the following conditions must be met:

	 d d dx y z� � �� � � (XIII)
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Figure 11. Flow velocity streamline distribution of different structures.

Figure 12. Permeability of different structures.

Given the radial variation in porosity in the femur, 
differential derivation is performed in the y-direction:
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In order to better describe the influence of the function 
on the structure forming, a linear function can be defined 
so that a(y) = b(y) = g(y) k * y + C1. Consequently,

	 � �( ) ( )y y k y C� � � � 1 � (XV)

	 d y k y Cy y� �( ) ( )� � � � � 1 � (XVI)
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define two points in a linear function as (Ymin, 1), (Ymax, e).  
Using the two-point method, the coefficients in the linear 
function can be obtained, quorum k =(n−1)/(Ymax− Ymin),

C1 = −Ymin * k + 1. For d y k y Cy y� �( ) ( )� � � � � 1 .  
It can be obtained by using the solution of the 
first-order non-homogeneous linear equation 

�( )y
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out the above formula, the following can be obtained:
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Therefore, the implicit function expression of the 
optimized structure is:

	 f(x, y, z) = sin(ωx x)cos(ωy y) + sin(ωz z) cos(ωx x)  
                           + sin(ωy y)cos(ωz z) = 0� (XVIII) 

The function expression of the periodic parameter is 
shown in Equation XVII. The unknown number expression 
in the formula is:
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To meet the mechanical requirements of the bone 
structure, different models were generated by adjusting 
the input period coefficient (n value) and the minimum 
(Ymin) and maximum (Ymax) cell pore sizes. Three 
suitable models, namely G_2x10, G_2x12, and G_4x12, 
were selected based on their unit cell sizes. The three 
models are shown in Figure 14. The specific parameters 
of each model are displayed in Table 2.

To verify the mechanical properties of these models, 
compression experiments were conducted using printed 
samples. To minimize experimental error, each sample 

Figure 13. Human femur structure. Adapted with permission from ref.43 (Copyright © 2016, Elsevier).

Figure 14. Optimization TPMS gradient structure model.
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underwent three tests. The stress–strain curve obtained 
from these experiments is depicted in Figure 15.

Based on Figure 15, it is apparent that, at a constant 
relative density, the three optimized models exhibit similar 
ultimate strength to G_II. These models are therefore more 

Figure 15. (a) G_2x10 stress–strain curve; (b) G_2x12 stress–strain curve; (c) G_4x12 stress–strain curve; and (d) optimized structural simulation curve.

Figure 16. Comparison of experimental and simulated values of optimized structure: (a) elastic modulus and (b) yield stress.

Table 2. Model parameters.

n Ymin Ymax

G_2x10 3 2 10

G_2x12 3 2 12

G_4x12 3 4 12
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suitable for simulating the structure of the human femur. 
Furthermore, due to the extensive surface area of the G 
surface, these models enable full contact between cells 
or nutrient solution and the bone during bone repair. By 
controlling the periodic parameters, the obtained topology 
optimization models replicate the changes in pore size 
observed in human femoral cancellous bone, thereby 

better simulating the real human femur and facilitating 
bone repair.

Comparing the stress–strain curves of the three 
optimized models, their shapes align with classical plastic 
deformation curves. The experimental and simulation 
results for stress–strain comparison demonstrate good 
agreement. The simulation error for yield strength is 
found to be 4.2%, verifying the accuracy of the simulation 
results. Figures 16 and 17 depict a comparison of the 
mechanical properties and permeability of the three 
optimized models. Based on these results, it can be 
concluded that G_4x12 exhibits superior mechanical 
properties and permeability compared to the other two 
models. Therefore, it is selected as the bone scaffold 
structure model.

5. Expected applications
In order to create bone implants suitable for human 
bone tissue, the G_4x12 model was optimized with good 
biomechanical properties and permeability. The final bone 
implant was manufactured using additive manufacturing. 
The specific process is as follows:

Figure 17. Comparison of optimized structure permeability.

Figure 18. Design and manufacturing process of human femoral implants.
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Figure 19. Flow chart of design and optimization process of personalized porous bone implant. Abbreviation: CT, computed tomography.

First, a hollow cylindrical space, representing a 
quarter of the human bone structure, was created. The 
G_4x12 model was generated within this space, as shown 
in the Boole Model in Figure 18. Next, a Boolean merge 
operation was performed on the resulting Boole Model to 
create an implant that mimics the complete structure of the 
human bone, as shown in the Bone Model in Figure 18.  
Then, Laplace smoothing method was used to smooth 
the joints of the Bone Model, resulting in a smoother 
transition and tighter connections, as shown in the Smooth 
Model in Figure 18. A dense bone region was added to 
the Smooth Model to obtain a bone implant model ready 
for manufacturing, as shown in the Bone Implants in  
Figure 18. Finally, the implant was fabricated using a metal 
3D printer (L-PBF system CR-PBFM250), and Ti-6Al-
4V was used as the material. The 3D-printed sample in  
Figure 18 showcases the physical bone implant obtained 
through this process.

This study provides essential information for the rational 
design of porous orthopedic implants using additive 
manufacturing. To repair necrotic or broken human femur, 
Figure 19 presents a personalized bone implant design 
process using the human femur as an example. The chart 
is simplified, using a model of a specific shape implant. 
The front-end-designed human bone implant model 
possesses mechanical properties that match human bones, 

and exhibits good permeability, meeting the requirements 
for bone reconstruction. This research contributes to the 
evaluation, development, and application of Ti-6Al-4V 
porous structures for orthopedic purposes.

6. Conclusion
In this study, we conducted bionic structure optimization 
design for bone implants. The TPMS structure was 
optimized through a combination of experiments and 
simulations. We thoroughly discussed the parametric 
design method, mechanical properties, and permeability 
of the continuously graded TPMS bionic bone structure. 
The key conclusions and findings are as follows:

	 (i)	 Based on the characteristics of bone structure, we 
established a linear function C = 0.1954 * z + 0.3124 
and a range of z to represent the gradient change in 
porosity of the continuous gradient TPMS structure.

	(ii)	 Under the same porosity change, the mechanical 
properties of the continuous gradient TPMS structure 
are significantly affected by the periodic parameter ω. 
The mechanical properties of the G-type continuous 
gradient porous structure increase initially and then 
decrease with increasing ω. However, the mechanical 
properties of the P-type continuous gradient porous 
structure consistently increase.
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	(iii)	 The streamline of the G-type continuous gradient 
porous structure is spiral-shaped, promoting full 
contact between cells, nutrient solution, and bone, and 
thus facilitating bone repair. Conversely, the streamline 
of the P-type continuous gradient porous structure is 
linear, resulting in insufficient contact between cells, 
nutrients, and bone, which hinders bone repair.

	(iv)	 In the process of optimizing bone structure, 
we obtained a function to control the periodic 
parameter ω of the bone-like structure. The pores 
within the bone, from the outside to the inside along 
the radial direction, transition from dense to sparse. 
The G_4x12 model better fulfills the requirements 
for human bone reconstruction.
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Abstract
Vascular regeneration plays a critical role in the treatment of cardiovascular 
diseases and in tissue engineering applications. In this study, we fabricated and 
characterized statin/curcumin-loaded nanoparticles for potential applications in 
vascular regeneration. The nanoparticles exhibited consistent spherical shape and 
sizes, indicating reproducibility and stability of the fabrication process. The sustained 
release of the loaded drugs from the nanoparticles indicated their suitability for 
controlled and prolonged drug delivery. Biocompatibility assessments revealed that 
the nanoparticles were nontoxic even at high concentrations and over extended 
periods. Moreover, the incorporation of statin within the nanoparticles enhanced 
the proliferative capacity and functional abilities of endothelial progenitor cells, 
thereby promoting angiogenesis and vascular repair. Co-administration of curcumin 
with statin further augmented the therapeutic effects by reducing intracellular 
reactive oxygen species levels and providing antioxidant protection against 
oxidative stress. Furthermore, we successfully integrated these nanoparticles 
into artificial blood vessels (ABVs) using three-dimensional printing technology, 
creating customizable constructs capable of supporting vascular regeneration. The 
viability and proliferative capacity of cells within the ABVs were preserved, which 
has potential for targeted drug delivery and localized therapy. In in vivo models 
of hindlimb ischemia, transplantation of nanoparticle-loaded ABVs resulted in 
significant improvements in terms of recovery speed and blood flow. Histological 
analysis confirmed the enhanced expression of vascular-related markers, indicating 
improved angiogenesis. Collectively, our findings demonstrate the potential of 
statin/curcumin-loaded nanoparticles as a promising approach for vascular tissue 
engineering and regenerative medicine. These nanoparticles offer controlled drug 
delivery, biocompatibility, and enhanced regenerative properties, suggesting that 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/
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1. Introduction
Vascular diseases encompass a wide variety of conditions 
affecting blood vessels and present significant challenges 
to modern healthcare. From atherosclerosis to peripheral 
arterial disease, these disorders can lead to severe 
complications and increase the risk of life-threatening 
events such as heart attack and stroke.1-5 Thus, there is a 
growing need for innovative approaches that can address 
these conditions more effectively and provide novel methods 
for treatment and prevention.6-8 Traditional treatment 
methods, such as drugs, aim to prevent or manage vascular 
diseases by strengthening blood vessel function, lowering 
blood pressure, and preventing blood clot formation. 
Although these approaches offer preventive benefits, they 
do not provide a comprehensive treatment strategy for 
vascular diseases.9-12 Surgical interventions, including the 
use of stents, catheters, and artificial blood vessels (ABVs), 
are often performed in severe cases of vascular diseases. 
These interventions can deliver immediate therapeutic 
efficacy by improving the blood flow. However, they have 
some limitations. Issues such as restenosis (re-narrowing 
of the blood vessels) after surgery and the challenge of fully 
restoring non-functional blood vessels limit their long-term 
effectiveness.13-16 The emergence of cell therapy products 
as next-generation treatment strategies holds promise for 
addressing the limitations of traditional approaches. Cell 
therapies aim to utilize cells that can repair damaged blood 
vessels and promote the formation of new blood vessels.17-20 
However, current cell therapies face challenges related to 
limited cell transplantation ability and the capacity for 
multipotent angiogenesis (the formation of new blood 
vessels from pre-existing ones).21-23 

Among the available approaches, ABVs have been 
the focal point of research within the medical field, with 
a primary objective of evaluating and enhancing their 
performance and safety compared to natural vessels. 
These ABVs come in various types, including synthetic 
versions typically composed of thermosensitive polymers 
and biological constructs crafted from actual tissues. 
The advantages of ABVs include customization for 
individual patients, cost-effectiveness in some cases, and 
compatibility for transplantation. However, the application 
of ABVs is limited by the risk of infection and potential 
endothelial cell deficiencies in synthetic variants. Ongoing 

research strives to overcome these limitations, aiming to 
improve the utility and safety of artificial blood vessels 
in medical applications.24-27 An innovative approach that 
combines drugs, ABVs, surgical interventions such as 
stents or catheters, and cell therapies to achieve maximum 
efficiency by accentuating their respective strengths and 
while overcoming their weaknesses is garnering increasing 
attention.28-30 Prior to the inception of three-dimensional 
(3D) printing technology, the concept of utilizing 
combination therapy of drugs and cells in vascular disorder 
treatments prevailed.31-33 The technological advancements 
in 3D printing have led to significant progress in the 
development of ABVs loaded with cells. Blood vessels 
consist of various cell types and multiple layers. The 
transplantation of 3D-printed ABVs alone is fraught 
with limitations in terms of durability, performance, 
and regenerative capacity compared to natural blood 
vessels.34-36 To address these limitations, cell incorporation 
is executed during the production of ABVs to heighten 
their resemblance to native tissue so as to enhance blood 
vessel regeneration and improve their compatibility.37-39 For 
this reason, studies on printing cells loaded with drugs to 
improve cell functions have been conducted.40-43 However, 
maximizing the therapeutic efficacy of transplanted ABVs 
remains challenging.

Transplantation for ischemic diseases triggers substantial 
alterations in the surrounding microenvironment. These 
changes stem from various factors, including diminished 
oxygen levels resulting from blood loss during the 
transplantation process under ischemic conditions.44-46 
Additionally, the induction of inflammation and immune 
responses within the microenvironment occurs as 
immune cells are recruited to the transplant site, leading to 
heightened oxidative stress.45,47,48 These factors collectively 
impact tissue damage and cellular interactions within 
the microenvironment. Understanding these intricate 
microenvironmental alterations is imperative to facilitate 
the recovery process following transplant surgery in 
ischemic diseases. Among these dynamic changes, the 
increased level of reactive oxygen species (ROS) is the 
prime issue to tackle with. During transplantation, the graft 
may experience ischemia-reperfusion injury, a condition 
where the blood supply to the graft is temporarily reduced 
(ischemia) and then restored when it is connected to the 

they are valuable tools for promoting vascular regeneration and advancing therapeutic interventions for cardiovascular 
diseases. Further research is required to fully elucidate the mechanisms of action and optimize their clinical applications. 
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recipient’s circulatory system (reperfusion). This abrupt 
change in oxygen supply can trigger the production of 
ROS.49-51 Additionally, the inflammatory response and 
immune reactions against the graft contribute to elevated 
ROS levels, as immune cells generate ROS as part of their 
defense mechanisms.48,52,53 Moreover, surgical trauma and 
tissue manipulation during the transplantation process 
can disrupt the tissue’s natural antioxidant defenses, 
further promoting oxidative stress. Despite the remarkable 
effectiveness of ABVs, cells often struggle to adapt to the 
ROS or hypoxic environment at transplant sites.54-56 This 
limitation hinders the translation of their superior efficacy 
into clinical applications. Therefore, understanding 
and managing ROS levels during transplantation are of 
paramount importance to enhance graft survival and 
overall transplant outcomes. 

Curcumin, which enhances the antioxidant and anti-
inflammatory responses of cells, has been used to help 
cells adapt to the microenvironment.57-59 In this study, we 
combined curcumin with statin to enhance cell function. 
Statins, commonly prescribed to lower cholesterol levels, 
have shown remarkable protective effect on cardiovascular 
system by reducing plaque formation and inflammation 
within blood vessels. When statin is applied to endothelial 
progenitor cells, it enhances nitric oxide production for 
vasodilation, promotes cell differentiation and maturation, 
suppresses inflammation, and fosters vascular growth. 
These mechanisms collectively safeguard vascular health 
by improving function, promoting restoration, and 
ensuring endothelial integrity.60-62 

Cutting-edge nanotechnological techniques have been 
employed to optimize the delivery and effectiveness of 
statins and curcumin. While loading two different drugs, 
the difference in molecular weights and size polarity 
gives rise to a problem in merging and processing. 
Encapsulating these substances within nanoparticles has 
several advantages, including enhanced bioavailability, 
controlled release, similar characteristics, and targeted 
delivery. This nanoparticle-based approach not only 
improves the efficiency of the drug achieved with slow, 
sustained release of the drug, but also minimizes potential 
side effects.63-67 The integration of these advanced 
techniques seeks to overcome the limitations of the 
existing treatment methods. Previous investigations were 
conducted utilizing ABVs and statin-loaded nanoparticles. 
However, ABVs and statin in isolation present certain 
limitations. To address these limitations, we encapsulated 
the drug within nanoparticles and subsequently loaded 
these nanoparticles into an ABV to validate the efficacy.68 
By combining the benefits of nanoparticle function-
enhancing substances, nanoparticles loaded with 

antioxidant and anti-inflammation substances, stem cells, 
and 3D printing, it is anticipated that the fundamental 
challenges of vascular diseases, including the restoration of 
blood vessel functionality and promotion of angiogenesis, 
can be addressed more effectively. 

2. Materials and methods
2.1. Preparation of nanoparticles, statin-loaded 
nanoparticles, and curcumin-loaded nanoparticles
Nanoparticles were synthesized using a modified version of 
a previously reported method.69 In this procedure, 0.5 g of 
cetyltrimethylammonium bromide (CTAB) was dissolved 
in 1000 mL of deionized water, and 2 mL of 1 M NaOH was 
added with continuous stirring. Next, 1 mL of tetraethyl 
orthosilicate (TEOS) and 0.1 g of N-(2-aminoethyl)-
3-aminopropyltrimethoxy silane (AEAPTMS) were 
separately dissolved in ethanol in a 1:5 volume ratio and 
1:5 weight ratio, respectively, and added to the solution. 
The resulting mixture formed a white precipitate, which 
was filtered, washed, and dried at 80°C for 48 h. To remove 
CTAB, the dried precipitate was dispersed in 100 mL of 
ethanol, and 0.3 g of NH4NO3 was added to the solution. 
The mixture was stirred at 60°C for several hours, and 
the precipitate was filtered out and dried at 60°C for 12 
h. Subsequently, 0.2 g of ZnCl2 was dissolved in deionized 
water, and the obtained precipitate was added to the 
zinc solution. The solution was then dried using a rotary 
evaporator. The resulting powder was further processed 
by centrifugation, followed by multiple washes with water 
and ethanol, drying at 80°C for 12 h, and finally calcination 
at 55°C for more than 5 h. This product was labeled as 
nanoparticle (NP). To prepare statin-loaded nanoparticle 
(NPS) and curcumin-loaded nanoparticle (NPC), 80 mg 
of NP was dissolved in 80 mL of ethanol and dispersed 
with ultrasonic waves for 3 min. Simultaneously, 20 mg of 
statin and curcumin were dissolved in 20 mL of ethanol 
and mixed at 300 rpm for 3 min. The two solutions were 
then depressurized under vacuum for 1 h at a pressure of 
100 bar. Subsequently, the pressure was lowered to 60 bar 
and maintained for 30 min before the sample was dried 
under vacuum at room temperature for 6 h. The resulting 
products containing statin and curcumin were denoted as 
NPS and NPC, respectively.

2.2. Characterization of particle size, polydispersity, 
and composition
Electron microscopy was conducted to qualitatively assess 
the size and polydispersity of NP, NPS, and NPC. While 
preparing sample for bio-transmission electron microscope 
(Bio-TEM; Talos L120C TEM, Thermo Fisher Scientific, 
Carlsbad, CA, USA), 100 μL of the particles sample in 
deionized water was dropped on copper grid (FCF200-
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CU-50, Electron Microscopy Sciences, USA), and the grid 
was dried at room temperature at 24 h. All images were 
recorded using a Gatan 4k × 4k Thermo Scientific Ceta 
CMOS. The dimensions of the images acquired within each 
grid were quantified using the ImageJ analysis program 
and visually represented through a size distribution 
graph. While preparing sample for transmission electron 
microscope-energy dispersive spectrometer (TEM-
EDS; Talos F200X, Thermo Fisher Scientific, Carlsbad, 
CA, USA), 100 μL of the particles sample in methanol 
was dropped on copper grid (FCF200-CU-50, Electron 
Microscopy Sciences, USA) and washed with deionized 
water twice. To observe the sample, the grid was dried at 
room temperature for 24 h. The composition of rapamycin, 
NP, and NPR was analyzed with Fourier transform infrared 
(FTIR) spectroscopy. The FTIR spectra of the samples were 
generated by Nicolet 560 FTIR spectroscope (Nicolet Co., 
Madison, WI, USA) with 4.0 cm-1 resolution and 16 scans 
ranging from 4000 to 750 cm-1. 

2.3. Zeta potential analysis of NP, NPS, and NPC
The zeta potential in NP, NPS, and NPC was measured 
using Zetasizer Nano ZS (Malvern Instruments). The 
evaluation of zeta potential was performed based on the 
principle of electrophotoretic light scattering. A dip cell 
(zen1002, Malvern Instruments, Malvern, UK) with a 
pair of parallel palladium electrodes was used to provide 
electrical trigger on charged particles. The experiments 
were performed in triplicate, and the data were analyzed 
using Zetasizer Software. 

2.4. Determination of drug release
We prepared calibration standard solutions by diluting 
NPS and NPC in distilled water, yielding the first standard 
solution of 10 mg/mL, which was further diluted with 
methanol to final concentrations of 10, 50, and 100 ppb. 
The samples were prepared by diluting and soaking 
NPS and NPC in distilled water, yielding solutions at a 
concentration of 1 mg/mL, for 7 days prior to releasing. 
The released samples were filtered with a pore filter (pore 
size: 0.22 μm). The filtered solution was centrifuged at 
10,000 × g for 10 min, and the supernatant was diluted 
with methanol to a final concentration of 0.01 mg/mL. 
QTRAP 6500 + low-mass liquid chromatography/mass 
spectrometry (LC/MS) system (SCIEX, Canada) was used 
to analyze the cumulative release of NPS and NPC. 

2.5. Isolation of endothelial progenitor cells and cell 
culture
Human endothelial progenitor cells (EPCs) were 
isolated from human umbilical cord blood as previously 
described.70 Briefly, human umbilical cord blood was 
collected from healthy volunteers after obtaining informed 
consent according to the protocol approved by the 

Institutional Review Board of Pusan National University 
Yangsan Hospital, Republic of Korea (Approval No. 
PNUYH-05-2017-053). Total mononuclear cells were 
isolated with Ficoll (GE Healthcare, Buckinghamshire, UK) 
gradient density centrifugation of human umbilical cord 
blood. Freshly isolated cells were cultured in endothelial 
growth medium-2 (EGM-2) supplemented with 5% fetal 
bovine serum (FBS), human vascular endothelial growth 
factor (VEGF), human basic fibroblast growth factor, 
human epidermal growth factor, human insulin-like growth 
factor 1, ascorbic acid, and GA-1000 (Lonza, Walkersville, 
MD, USA). The cultures were maintained at 37°C in a 5% 
CO₂ humidified atmosphere. After 4 days of culture, non-
adherent cells were discarded, and the attached cells were 
further cultured. The cells were subjected to long-term 
culture to allow the formation of spindle-shaped colonies, 
and the medium was replenished every 14–21 days. Flow 
cytometric analysis performed to characterize several 
surface and pivotal functional markers confirmed that the 
EPCs were positive for endothelial lineage markers (CD31 
and VEGFR2) and hematopoietic stem cell markers (CD34, 
CXCR4, and c-Kit), and negative for hematopoietic markers 
such as CD11b, CD14, and CD45.

2.6. Cell viability assay
The viability assay for EPCs was conducted using a cell 
counting kit-8 (CCK-8) (Dongin, CCK-3000, Seoul, 
Republic of Korea), according to the manufacturer’s 
instructions. For the analysis of cell toxicity, 5000 cells/
well were seeded into each 96-well plate, the medium was 
replaced with fresh medium containing NP, NPS, and NPC 
at various concentrations, and the cells were incubated for 
24, 48, and 72 h. After incubation, the medium was replaced 
with 100 µL of 1:10 diluted CCK-8 solution. The plates 
were then incubated for an additional 1 h. Absorbance was 
measured at 450 nm using a spectrophotometer (TECAN, 
Grodig, Austria). Each experiment was repeated at least 
three times.

2.7. Proliferation assay
To evaluate the proliferation of EPCs, Click-iT® Plus EdU 
Alexa Fluor® 488 Imaging Kit (C10637; Thermo Fisher 
Scientific) that uses modified 5-ethynyl-2’-deoxyuridine (a 
nucleoside analog of thymidine), which can be efficiently 
incorporated into newly synthesized DNA, was used. For 
the analysis of cell proliferation, 10,000 cells/well were 
seeded into each 8-well chamber (154534, Thermo Fisher 
Scientific, Carlsbad, CA, USA) and pre-conditioned with 
NP, NPS, and NPC in EGM-2 media for 24 h. The samples 
were incubated for 2 h in EdU solution and processed 
according to the manufacturer’s instructions. The labeling 
index was evaluated as EdU-labeled nuclei relative to 
4’,6-diamidino-2-phenylindole (DAPI)-stained nuclei. 
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2.8. Tube formation assay
Tube formation assay was performed to assess the function 
of EPCs in the formation of blood vessel-like structures 
(tubes). 96-well plates were coated with 65 μL of Matrigel 
(BD Biosciences, San Diego, CA) and incubated at 37°C for 
30 min. Afterward, 5000 cells were seeded into each well 
of a Matrigel-coated 96-well plate. After a 3-h incubation, 
the plate was examined every hour for tube formation. The 
total tube length was measured using ImageJ software.

2.9. Migration assay
Migration assay was performed using a 24-well 8.0 
μm polycarbonate Transwell chamber consisting of a 
permeable membrane (Corning Inc., Corning, NY, USA). 
For the assay, 500 μL of EGM-2 media was added below 
the cell permeable membrane, while 10,000 cells/100 μL 
in EBM-2 medium were plated on the upper chamber of 
the permeable membrane. After 24 h of incubation, the 
migrated cells were fixed with 4% paraformaldehyde and 
stained with 0.5% crystal violet at room temperature. The 
upper chamber was washed, and the top of the membrane 
was examined for cell migration. The cells were observed 
under an inverted microscope after mounting, and the 
number of cells was counted. 

2.10. Measurement of intracellular ROS levels
Intracellular ROS levels were measured using the 
2′,7′-dichlorodihydrofluorescein diacetate (H2DCFDA) 
kit (Thermo Fisher Scientific, Carlsbad, CA, USA). After 
incubation, the EPCs were harvested and washed with 2% 
FBS and 200 µM ethylenediaminetetraacetic acid (EDTA) 
in PBS. After centrifugation at 2000 ×g for 3 min, the pellet 
was suspended in 10 μM H2DCFDA in PBS containing 2% 
FBS and 200 μM EDTA and incubated for 1 h at 37°C in 5% 
CO2 atmosphere. Following which, the cells were washed 
with PBS and analyzed by flow cytometry using the BD 
Accuri C6 software (BD Biosciences, New Jersey, USA). 

2.11. Preparation and mechanical property 
evaluation of 3D-bioprinted artificial blood vessel
To prepare bioinks, sodium alginate (viscosity >2000 cP, 
25°C; Sigma-Aldrich, St. Louis, MO, USA) in Dulbecco’s 
phosphate-buffered saline (DPBS, Gibco, Grand Island, 
USA) was prepared and stirred for 6 h at 37°C. Next, 
an atelocollagen solution (pH 4.0; Baobab Healthcare, 
Gyeonggi-do, Republic of Korea) was mixed with 
reconstituted buffer (132 mM Na2HPO4) at a volume ratio 
of 1:1 for neutralization. 

Vascular printing was performed using a coaxial 
nozzle (inner needle, 28 G; outer needle, 20 G; Ramé-hart, 
Succasunna, NJ, USA) equipped with a 3D bioprinter (Root 
1; Baobab Healthcare, Gyeonggi-do, Republic of Korea). 
For the shell material, bioinks were prepared by combining 

3% w/v neutralized atelocollagen and 3% w/v alginate at 
a 4:1 ratio. NPS and NPC (6 mg/500 μL each) were then 
blended with the shell bioinks (3 mL), resulting in a final 
concentration of 2 mg/mL for both NPS and NPC in the 
bioink. Similarly, NP was mixed with the shell bioink as the 
control group. For the core material, 40% w/v Pluronic F-12 
(Sigma-Aldrich) with 100 mM calcium chloride was used 
as the sacrificial material. For vascular cell printing, the 
shell material was blended with EPCs (1 × 106 cells/mL). 
NP, NPS, and NPC without cells were used as controls. The 
core-shell bioinks were bioprinted at 80 kPa (core) and 60 
kPa (shell) using a 200 mM CaCl2 solution to enable in 
situ crosslinking of the alginate solution. Subsequently, the 
printed vessel was rinsed with DPBS and incubated at 37°C 
for 1 h. The sacrificial material (core bioink) was removed 
using ice-cold DPBS. One side of the ABV was set to circulate 
water with the aid of a circulation pump (MasterFlex L/S, 
Masterflex, Germany), while the other side was attached to 
a digital pressure gauge to measure the burst pressure of the 
ABV. The burst pressure was measured at the point right 
before ABV rupture, and the burst pressure of cell-laden 
ABV was measured after 7 days of cultivation.

2.12. Live/dead cell assay
Calcein acetoxy methylester (calcein AM) and ethidium 
homodimer-2 (InvitrogenTM Life Technologies, Carlsbad, 
CA, USA) dissolved in 1× PBS, at the concentration of 
4 μM and 2 μM, respectively, were used. Calcein AM labels 
living cells with bright green fluorescence, while ethidium 
homodimer is a red fluorophore that stains nonviable 
cells since it cannot penetrate living cells. After 15 min of 
incubation, the samples were analyzed using a Lionheart 
FX automated microscope (BioTek, Winooski, VT, USA). 

2.13. Fluidity test on artificial blood vessels
To assess the perfusion and patency of a 3D-printed ABV, 
perfusion test was conducted using pigment ink. The ABV 
was cut to an appropriate length, and a continuous flow 
of pigment ink was introduced into the vessel using a 26 
G (1/2 inch) syringe. Then, the diffusion of pigment was 
observed.

2.14. Western blotting
Total protein was isolated from ABV using RIPA Buffer 
(Thermo Fisher Scientific, Waltham, MA, USA) and a 
protease inhibitor (Thermo Fisher Scientific, Waltham, 
MA, USA), according to the manufacturer’s specifications. 
Equal amounts of protein were separated by an 8–15% 
sodium dodecyl sulfate polyacrylamide gel electrophoresis 
(SDS-PAGE). The protein bands were then transferred to 
a polyvinylidene fluoride (PVDF) membrane (Millipore, 
Billerica, MA, USA). After the membrane was blocked in 
5% skim milk for 1 h at room temperature, it was incubated 
overnight at 4°C with primary antibodies for VE-cadherin, 
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Ki-67, and β-actin. After incubation with the secondary 
antibody, i.e., goat anti-rabbit IgG-HRP (ADI-SAB-100-J, 
Enzo Life Sciences, USA), the bands were visualized using 
Luminate Crescendo Western HRP Substrate (Millipore, 
Billerica, MA, USA) and an X-ray film. β-actin was used as 
the loading control for Western blotting experiment.

2.15. Mouse model of hindlimb ischemia 
BALB/c (Nu/Nu) athymic immunodeficient mice unable to 
produce T cells were used as the animal model of hindlimb 
ischemia in which transplantation of 3D-printed bio-vessel 
was performed. BALB/c (Nu/Nu) mice (average weight: 
20–24 g) were purchased from Orient Bio (Seongnam, 
Gyeonggi, Republic of Korea). All animals were housed 
in an air-conditioned animal room with constant relative 
humidity and were given access to standard food and 
water. Animal treatment and maintenance were performed 
in accordance with the Principles of Laboratory Animal 
Care, and animal experiments were performed in 
accordance with the protocols approved by the Pusan 
National University Institutional Animal Use and Care 
Committee (Approval No. PNU-2022-0212). All mice were 
anesthetized by an intraperitoneal injection of 400 mg/kg 
2,2,2 tribromoethanol (Avertin; Sigma-Aldrich) prior to 
the surgical resection of femoral artery and laser Doppler 
perfusion imaging. The femoral artery was excised from its 
proximal origin at the branch of the external iliac artery 
to the distal point, where it bifurcated into the saphenous 
and popliteal arteries. Immediately after arterial ligation, 
ischemic hind limbs were transplanted with PBS, EPC, 
NP@BV (NP-loaded blood vessel), EPC@NP@BV (blood 
vessel loaded with EPC and NP), and EPC@NPSC@BV 
(blood vessel loaded with EPC, NPS, and NPC). 

2.16. Measurement of blood perfusion and necrosis
Angiogenesis in mouse model with hindlimb ischemia was 
examined with laser Doppler perfusion imaging (LDPI; 
Moor Instruments Ltd, Devon, UK) at four time points: 0, 
3, 7, 14, and 28 days post-induction of hindlimb ischemia. 
The blood perfusion levels were measured by comparing the 
normal right hind limb with the ischemic left hind limb at 
each time point. The data obtained from LDPI were analyzed 
using the moorLDI program, a specialized software for 
assessing blood flow and angiogenesis in preclinical studies. 
Necrosis was assessed in mice at 0 and 14 days after hindlimb 
ischemia induction. The extent of necrosis occurring in each 
animal was quantitatively measured.

2.17. Histological and immunofluorescence analyses
To perform immunostaining, the acquired hindlimb 
muscles were formalin-fixed, paraffin-embedded, and 
sectioned at 5 μm. Blood vessels were stained with 
antibodies for alpha smooth muscle actin (ab5694, 
1:100; Abcam plc., Cambridge, UK) and CD31 (ab28364, 

1:100; Abcam plc., Cambridge, UK). At first, the paraffin 
was melted, and the slides were washed using xylan and 
ethanol. Following antigen retrieval, the tissue was reacted 
in blocking buffer for 1 h, and the primary antibody was 
incubated overnight at 4°C. The specimens were incubated 
with Alexa Fluor 488 secondary antibodies and Alexa 
Fluor 594 secondary antibodies (Thermo Fisher Scientific, 
Carlsbad, CA, USA) for 2 h and then washed three times. 
Nuclei was stained with DAPI using ProLong Diamond 
Antifade Mountant with DAPI (Invitrogen). Stained 
sections were visualized using a Lionheart FX automated 
microscope (BioTek, Winooski, USA).

2.18. Dihydroethidium staining 
Before staining with dihydroethidium (DHE; D7008, 
Sigma-Aldrich, Saint Louis, MO, USA), the tissue sections 
were rinsed with PBS and incubated with 5 mM DHE 
for 30 min at 37°C. Stained sections were viewed under 
Lionheart FX automated microscope (BioTek, Winooski, 
USA). The percentage of the area exhibiting DHE-positive 
staining out of the entire stained area was calculated.

2.19. Statistical analysis
Two-tailed unpaired Student’s t-test and one-way analysis of 
variance (ANOVA) were conducted for data analyses using 
GraphPad Prism software (GraphPad, Inc., La Jolla, CA, 
USA). Data are expressed as mean ± standard deviation. 
Differences were considered statistically significant at p < 0.05.

3. Results
3.1. Fabrication and characterization of NPS  
and NPC 
In this study, we present the design of 3D-printed artificial 
blood vessels loaded with nanoparticles, each containing 
two distinct types of drugs. Atorvastatin and curcumin 
were individually encapsulated within nanoparticles 
(Figure 1A and B). Subsequently, 3D-printed artificial 
blood vessels were fabricated by fusing EPCs, bioink, and 
nanoparticles (Figure 1C). The resulting engineered vessels 
were then implanted into a mouse model of hindlimb 
ischemia (Figure 1D).

Statin and curcumin, as a drug for functional 
enhancement and as an antioxidant drug, respectively, 
were loaded onto the nanoparticles. Characterization of 
pure nanoparticles (NP), NPS, or NPC was performed. 
Morphological analysis revealed that these nanoparticles 
were round in shape, and the sizes were constant for NP 
(282.09 nm), NPS (266.56 nm), and NPC (283.25 nm) 
(Figure 2A and B). Furthermore, for a more detailed 
characterization of NP structure, a mapping image was 
obtained through transmission electron microscope-
energy dispersive spectrometer analysis (Figure S1A in 
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Supplementary File). The analysis confirmed that NP is 
primarily composed of silicon (Si), oxygen (O), and a trace 
amount of zinc (Zn). Further quantification of element 
content revealed approximate weight percentages of 
43.9% Si, 53.5% O, and 2.6% Zn, and atomic percentages 
of 31.6% Si, 67.6% O, and 0.8% Zn (Figure S1B and S1C 
in Supplementary File).  Based on previous data, NP, NPS, 
and NPC were individually characterized using FTIR 
spectroscopy (Figure S1D and S1E in Supplementary File). 
In the FTIR spectrum of NP, the presence of a symmetric 
stretching vibration peak at 1078 cm-1 was indicative of 
the Si-O-Si group, a characteristic feature of SiO2.

71,72 
NPS and NPC exhibited similar characteristics, with Si-
O-Si wavelengths observed at 1082 cm-1 and 1066 cm-1, 
respectively. This observation strongly suggests that the 
primary constituent of NP is SiO2. NP characterized by this 
structural configuration demonstrate a loading efficiency 
of approximately 20% for both statin and curcumin. Zeta 
potential is often used as an indicator to assess the stability 
of a sample dispersion. The zeta potential of -16.6 mV for 
NP, -18.6 mV for NPS, and -20.7 mV for NPC confirmed 
the stability of the suspension (Figure 2C). To evaluate 
stability in vivo, the degradability of the nanoparticles 
was evaluated after suspension in PBS, which showed that 
the shape and size of the nanoparticles were maintained 
from days 1, 3, and 7 (Figure 2D and E). Subsequently, 
we performed an experiment to ascertain the quantity of 

drug released from the NP. Drug release conditions were 
established with a maximum standard of 7 days (100%), 
and the daily release rate was then determined. The 
outcome revealed a slow release of each drug loaded within 
the nanoparticles (Figure 2F). Overall, it was confirmed 
that the shape and size of each manufactured nanoparticle 
were constant and that the content was released from the 
nanoparticles in a slow but sustained manner.

3.2. In vitro biocompatibility assessment of NP
To confirm the cytotoxicity of the nanoparticles, the 
treatment was performed for each concentration and time 
period (Figure 3A). No cytotoxicity was observed even 
when the cells were treated at a high concentration of 1 µg/
mL for up to 72 h (Figure 3B). Besides, we found that EPCs 
treated with NPS demonstrated enhanced proliferation 
and function. When NPS and NPC (NPSC) were co-
administered, a similar tendency was observed (Figure 
3C). EdU assay was performed to confirm whether this 
result was due to an increase in the number of proliferating 
cells. It was confirmed that the NP was nontoxic, and 
the number of proliferating cells significantly increased 
when treated with NPSC (Figure 3D and E). To establish 
the additional role of statin in enhancing the functions of 
EPCs, an experiment was conducted to assess blood vessel 
formation and migration ability. It was confirmed that 
tube formation (Figure 3F and G) and migration (Figure 
3H and I), which are the indicators of angiogenesis, were 

Figure 1. Design of 3D-printed artificial blood vessels (ABVs) loaded with endothelial progenitor cells (EPC) and nanoparticles containing statin 
and curcumin for treatment in mouse model of hindlimb ischemia. (A) Encapsulation of atorvastatin and curcumin into nanoparticles. (B) Effects of 
encapsulated NPS and NPC. (C, D) EPCs isolated from umbilical cord blood are combined with bioink to create an ABV, which is transplanted into a 
mouse model of hindlimb ischemia.
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significantly increased upon treatment with NPSC. 
Curcumin is a type of antioxidant and can antagonize 
the deleterious effects of ROS. Intracellular ROS staining 
showed that the increased ROS level induced by hydrogen 
peroxide (H2O2) was suppressed in the NPSC group. To 
confirm whether the nanoparticles play a role in these 
effects, nanoparticles without being loaded with any of 
these drugs (NP) were administered (Figure 3J and K). 
The resistance to ROS was more pronounced in the NPSC-
treated group than in the group treated with statin and 
curcumin.

3.3. 3D printing-based fabrication and 
characterization of nanoparticle-loaded artificial 
blood vessels
To ensure stable transplantation of nanoparticles and 
cells into the blood vessels, ABVs were fabricated by 3D 
printing (Figure 4A). The bioinks used in 3D printing 

(Figure 4B-i), the nozzles (Figure 4B-ii), and the printed 
ABVs (Figure 4B-iii) are briefly described. Artificial blood 
vessels, which can be customized in various sizes in terms 
of their external and internal diameters, can be 3D-printed 
as described (Figure 4C). Twenty-four hours after the 
fabrication of ABVs, a live/dead cell staining assay was 
conducted to verify the presence of cells within the luminal 
space of the vascular construct. In the case of blood vessels 
loaded with EPCs and NPS (EPC@NPS@BV), more cells 
were observed owing to the proliferative ability of the cells 
compared with the control group (EPC@NP@BV). Blood 
vessels loaded with EPCs and NPC (EPC@NPC@BV) were 
found to have a morphology similar to that of the controls. 
We found that the level of cell proliferation achieved in 
EPC@NPSC@BV was similar to that observed in NPS@BV 
(Figure 4D). The fabricated ABV was verified to contain 
intravascular cells within its internal structure. After we 
confirmed the presence of a vascular framework in the 

Figure 2. Characterization of statin- and curcumin-loaded nanoparticles. (A) Transmission electron microscopy (TEM) images of blank nanoparticles 
(NP), statin-loaded nanoparticles (NPS), and curcumin-loaded nanoparticles (NPC). (B) Size distribution graph displaying the measured size of each 
nanoparticle category. (C) Zeta potential analysis of NP, NPS, and NPC in phosphate-buffered saline (PBS; pH 7.4). (D) Storage stability study of NP, NPS, 
and NPC; size distribution was analyzed after samples were incubated for 1, 3, and 7 days at 37°C. (E) Size distribution graph displaying the measured size 
of each nanoparticle type after the samples were incubated for 1, 3, and 7 days at 37°C. (F) Cumulative release of statin and curcumin from nanoparticles 
assessed using liquid chromatography/mass spectrometry (LC/MS) analysis.
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Figure 3. NPS and NPC improve the proliferation and antioxidant effect on EPCs. (A) Schematic illustration of in vitro experimental process for curcumin-
loaded nanoparticles (NPC), statin-loaded nanoparticles (NPS), and nanoparticles-loaded statin and curcumin (NPSC). (B) EPCs viability in various 
concentration of blank nanoparticle (NP) (N = 3). (C) Cell viability after treatment with NP, NPS, NPC, and NPSC (N = 3). (D) Results of EdU cell 
proliferation assay; 200× magnification images (N = 3). Scale bars = 100 µm. (E) Quantification of EdU-positive cells. (F) Investigation of the tube-
formation capacity of EPCs treated with NP and NPSC (N = 3). Scale bars = 50 µm. (G) Quantification of total tube length. (H) Investigation of the 
migration capacity of EPCs treated with NP and NPSC using Transwell migration assay. Scale bars = 50 µm. (I) Quantification of migrated cell. (J) 
ROS generation was measured using fluorescence-activated cell sorting (FACS) and 2′,7′-dichlorodihydrofluorescein diacetate (H2DCFDA) (N = 3). (E) 
Quantification of the reactive oxygen species (ROS) generation rates using FACS data. Values are expressed as the mean ± standard derivation (SD). *p 
< 0.05, **p < 0.01, ***p < 0.001 as compared to the Con group (untreated group); ###p < 0.001 as compared to the Con group with H2O2;  

$$$p < 0.001 as 
compared to the SC group (a group treated with statin and curcumin); N.S.: not significant. 
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Figure 4. Characterization of 3D-printed artificial blood vessels (ABVs) loaded with endothelial progenitor cells (EPCs), statin-loaded nanoparticles 
(NPS), and curcumin-loaded nanoparticles (NPC). (A) Schematic illustration of 3D-printed process of ABVs with loaded EPCs and blank nanoparticles 
(NP), NPS, NPC, or nanoparticles loaded with statin and curcumin (NPSC). (B) Fabricating ABVs using bioink: (i) bioink, a material used in the 3D 
printing-based manufacture of ABVs; (ii) nozzles in different sizes; (iii) 3D printing of ABVs. (C) Microscopic images of 3D-printed ABVs containing 
two layers of different thicknesses, which is adjusted by using nozzles of different sizes. (D) Cell viability in groups treated with EPC@NP@BV (blood 
vessels loaded with EPC and nanoparticle), EPC@NPS@BV (blood vessels loaded with EPC and NPS), EPC@NPC@BV (blood vessels loaded with EPC 
and NPC), and EPC@NPSC@BV (blood vessels loaded with EPC, NPS, and NPC). (E) Fluidity of the 3D-printed ABVs. (F) Viability of EPCs loaded in 
ABV by 1, 3, and 7 days. NS indicates not statistically significant (N = 3). (G) Burst pressure of ABV fabricated with each bioink. **p < 0.01 as compared 
to the collagen; #p < 0.05 as compared to the collagen (N = 3). (H) Burst pressure of ABV in each group NP@BV (NP-loaded blood vessel), EPC@NPS@
BV, EPC@NPC@BV, and EPC@NPSC@BV on day 7 of culture. *p < 0.05 as compared to the NP@BV (N = 3). (I) Expression of markers specific to EPCs, 
such as CD31 and VE-cadherin, in ABV was confirmed with immunofluorescence staining. (J) Western blotting of Ki-67 and VE-cadherin proteins in 
2D-cultured EPCs (as “2D”) and ABVs (as “printing”). 
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fabricated ABV, we conducted an experiment to validate 
the blood flow through ABV, and verified that blood vessels 
were capable of reliable, sustained blood flow (Figure 4E). 
In addition to evaluating fluidity, we also investigated the 
impact of cell viability on blood vessel regeneration during 
the transplantation of cell-loaded ABV. Cell viability 
assessments were performed at multiple time points: 1, 3, 
and 7 days. The results demonstrated consistent and stable 
cell viability throughout the observation period, indicating 
the robustness of the cell-loaded ABVs in maintaining 
cell integrity and supporting potential tissue regeneration 
(Figure 4F). Further, mechanical properties of the vascular 
grafts such as burst pressure, compliance, and suture 
retention were evaluated.25 In this study, ABVs made from 
alginate exhibited higher burst pressure values compared 
with those made solely from atelocollagen. However, due to 
the absence of cell adhesion ligands,73 an ABV combining 
collagen and alginate was created to address the respective 
drawbacks of both materials (Figure 4G). Subsequently, 
burst pressure measurements were conducted to assess 
the burst pressure of cell-laden or cell-free ABVs, which 
were cultured for 7 days. The groups with cell-laden ABVs 
(i.e., EPC@NPS@BV, EPC@NPC@BV, EPC@NPSC@
BV) exhibited an improvement in burst pressure of more 
than threefold compared to the cell-free ABV group (i.e., 
NP@BV) (Figure 4H). Next, to confirm continuous cell 
growth within the ABVs, fluorescence immunostaining 
was employed to assess the expression of essential EPC 
markers, such as CD31 and VE-cadherin (Figure 4I). 
Additionally, the protein-level expression of CD31 and Ki-
67 was compared to that of two-dimensional (2D)-cultured 
EPCs. It is noteworthy that when transitioning from a 2D 
culture to a 3D culture environment, we observed a notable 
increase in the expression of endothelial cell-related 
markers (Figure 4J). This expression increase of these 
markers underscores the capacity of 3D culture systems 
in establishing a more physiologically relevant cellular 
environment. Unlike traditional 2D cultures, 3D cultures 
better mimic the natural microenvironment of cells 
within tissues and organs, allowing for improved cell–cell 
interactions and the formation of complex cell structures. 
In this context, the enhanced expression of endothelial 
cell-related markers suggests that our 3D culture model 
provides a more suitable platform for studying endothelial 
cell behavior and function.

3.4. In vivo transplantation of artificial blood vessels 
incorporating drugs-loaded nanoparticles in animal 
model
Based upon the aforementioned results, we conducted 
in vivo experiments to validate the effects of drugs 
encapsulated in nanoparticles. Furthermore, the stability of 

the 3D-printed ABVs incorporating cells and drug-loaded 
nanoparticles was assessed.  The animal model of hindlimb 
ischemia created in this study was subjected to ABVs 
transplantation, and functional evaluation was performed 
(Figure 5A). When only PBS without cells or ABVs were 
transplanted, all hindlimbs of the treated animals were 
found to be necrotic. On the 14th day after transplantation, 
the group transplanted with ABVs without EPC or drug-
loaded nanoparticles showed significant limb recovery 
(Figure 5B). During the follow-up period of up to 28 days, 
we found that the treatment effect was sustained, similar to 
that observed on the 14th day. Although the NP@BV group 
manifested excellent effect, the laser Doppler perfusion 
imaging results confirmed that the EPC@NPSC@BV group 
on day 14 showed more profound effect. Most importantly, 
the group transplanted with ABVs, together with cells and 
nanoparticles, showed the most pronounced effect from 
the 7th day after transplantation (Figure 5C). This strong 
therapeutic effect on the hindlimb was attributed to both 
the cells and ABVs. The efficacy of vascular endothelial 
cells is an important factor contributing to the recovery 
of hindlimb over time; however, EPC@NPSC@BV 
outperformed other counterparts in terms of the speed of 
recovery and the amount of blood flow during the recovery 
period. We also analyzed foot necrosis after transplantation 
(Figure 5D). Similar to the findings mentioned earlier, 
the highest incidence of necrosis was observed in the 
PBS and EPC groups. Notably, however, the EPC@NP@
BV and EPC@NPSC@BV groups exhibited the most 
promising therapeutic outcomes, promoting limb recovery 
significantly faster than other groups (Figure 5E). This 
result is supported by the highest expression of α-SMA and 
CD31, which are vascular-related markers, observed in the 
EPC@NPSC@BV group (Figure 5F–I). In the final part 
of the experiment, we determined the presence of ROS 
generation within the tissue through DHE staining. We 
observed a significant reduction in DHE-positive staining 
in the EPC@NPSC@BV group, consistent with the staining 
results for markers associated with blood vessels (Figure 
S2A and S2B in Supplementary File). Taken together, these 
results collectively suggest the potential utility of ABVs 
incorporating drug-loaded nanoparticles and EPCs in 
mitigating the severity of ischemic diseases.

4. Discussion
Despite the advancements in drug therapy and surgical 
procedures for the treatment of vascular diseases, several 
notable disadvantages inherent in these approaches 
limit their long-term effectiveness. Drug therapy, while 
offering preventive benefits, often requires continuous 
administration, which may lead to side effects or drug 
resistance over time. Moreover, drug therapies may not 
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Figure 5. In vivo evaluation of 3D-bioprinted artificial blood vessels (ABVs) incorporating nanoparticles loaded with statin and curcumin (NPSC) in 
mouse model of hindlimb ischemia. (A) Schematic illustration of hindlimb ischemia model construction and ABV implantation. (B) The ratio of blood 
perfusion by laser Doppler imaging after phosphate-buffered saline (PBS), endothelial progenitor cells (EPC), NP@BV, EPC@NP@BV, and EPC@NPSC@
BV transplantation in hindlimb ischemic model, created with BALB/c nude mice, at 0, 3, 7, 14, and 28 days post-transplantation. (C) Quantification 
of ratio of blood perfusion. (D) Necrosis at day 14 after ABV transplantation in a mouse model of hindlimb ischemia. (E) Quantification of necrosis. 
(F) Immunostaining with anti-α-smooth muscle actin (SMA) antibody (green) on ischemic limbs subjected to different treatments at 28 days post-
transplantation. Scale bars = 200 µm. (G) Quantification of density of α-SMA-positive cells and DAPI-positive cells. (H) Immunostaining with anti-CD31 
antibody (red) on ischemic limbs subjected to different treatments at 28 days post-plantation. Scale bars = 200 µm. (I) Quantification of density of CD31-
positive cells and DAPI-positive cells. Values are expressed as mean ± standard deviation. *p < 0.05; **p < 0.01 versus PBS. #p < 0.05, ##p < 0.01, ###p < 0.001 
versus NP.
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be able to comprehensively address the underlying causes 
of vascular diseases, and their efficacy can vary among 
individuals.74-76 Contrarily, surgical interventions such as 
the use of stents or catheters can provide immediate relief 
by improving blood flow. However, they can be associated 
with complications, including restenosis or blood clot 
formation, which may necessitate additional procedures. 
Additionally, some patients may not be suitable candidates 
for invasive surgery because of their underlying health 
conditions or anatomical complexities.77-79 To overcome 
the limitations of traditional drug therapy and surgical 
procedures, this study was designed to leverage innovative 
approaches combining the strengths of nanotechnology, 
3D printing, and cell therapies. 

A key aspect addressed in these in vivo studies is 
the microenvironment of the implantation site, which 
plays a crucial role in determining the success of ABV 
transplantation. The ROS or hypoxic environment at 
the transplant site poses a challenge for the transplanted 
cells to adapt effectively.54-56 To surmount this limitation, 
the use of curcumin, known for its antioxidant and anti-
inflammatory properties, has been employed to aid cell 
adaptation to the microenvironment.57-59 Additionally, the 
incorporation of statins, renowned for their cardiovascular 
protective effects, has been explored to enhance cell 
function and improve treatment efficacy. Nanotechnology 
plays a pivotal role in optimizing drug delivery.60-62 
Encapsulating statins and curcumin within nanoparticles 
exhibit several advantages, including enhanced 
bioavailability, controlled release, and targeted delivery to 
specific sites.65-67 This study aimed to improve the efficacy 
in vascular disease treatment by employing ABVs loaded 
with nanoparticles and cells. The use of nanoparticles 
encapsulating therapeutic substances such as statin and 
curcumin enables controlled and targeted drug delivery, 
minimizes potential side effects, and ensures sustained 
drug release over time. The incorporation of stem cells into 
ABVs promotes angiogenesis and offers a promising avenue 
to repair damaged blood vessels more effectively. The 3D 
printing technology allows for precise fabrication of ABVs 
tailored to individual patient needs, thereby improving 
the success rate and adaptability of the intervention. By 
combining these advanced techniques, the experiment 
sought to optimize treatment delivery and efficacy with the 
ultimate goal of addressing the fundamental challenges of 
vascular diseases and enhancing patient outcomes in the 
long run.

This study demonstrated the successful fabrication 
and characterization of statin- and curcumin-loaded 
nanoparticles (NPS and NPC, respectively) and their 
potential applications in vascular regeneration. These 

results highlight several important aspects, including the 
properties of the nanoparticles, their biocompatibility, 
and their therapeutic effects both in vitro and in vivo. The 
fabrication process yielded nanoparticles with consistent 
spherical shapes and sizes, indicating the reproducibility 
and stability of the manufacturing method. The sustained 
release profiles of the loaded drugs from the nanoparticles 
suggest their potential for use in controlled and prolonged 
drug delivery, which is crucial for therapeutic interventions 
(Figure 2). A biocompatibility assessment revealed that 
the nanoparticles exhibited no cytotoxic effects, even at 
high concentrations, over an extended period (Figure 3B 
and C). This finding is crucial for their safe application in 
biomedical settings. While nanoparticle release is gradual, 
the resulting biological responses exhibit significant 
variability, primarily depending on nanoparticle 
properties and the specific target tissue. We have 
consistently observed that when cells are directly treated 
with nanoparticles, cell proliferation, migration, and tube 
formation are significantly improved due to cellular uptake 
(Figure 3D–I). However, our study extended beyond this 
initial timeframe, meticulously examining the sustained 
and gradual release kinetics of these nanoparticles (Figure 
2F). It accomplishes this by ensuring a continuous and 
steady supply of bioactive agents, which, in turn, supports 
various aspects of tissue healing and recovery processes 
over an extended duration. These results suggest that 
nanoparticles can enhance the regenerative potential of 
EPCs, which is vital for vascular repair and angiogenesis. 
The co-administration of NPS and NPC (NPSC) further 
augmented the therapeutic effects of the nanoparticles 
(Figure 3J and K). Curcumin, known for its antioxidant 
properties, reduces the levels of intracellular ROS induced 
by H2O2, thereby providing additional protection against 
oxidative stress. We have substantiated these effects 
through additional in vivo experiments (Figure S2A 
and S2B in Supplementary File). This finding highlights 
the potential of combining multiple therapeutic agents 
within a single nanoparticle delivery system to achieve 
synergistic effects. The controlled release of therapeutic 
agents, along with the demonstrated biocompatibility, 
enhanced cell proliferation, and angiogenic properties of 
the nanoparticles, highlights that combining them with 
nanoparticles is a compelling approach for applications 
in tissue engineering and regenerative medicine. 
Furthermore, this study reveals the plausibility of utilizing 
dual drugs to enhance the efficacy of vascular regeneration 
as compared to a single drug, as demonstrated in our 
previous study.68 This study showcases the synergistic 
effect of both statin and curcumin, with the former 
wielding a prominent influence in regeneration and the 
latter regulating the microenvironment. This suggests 
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that the simultaneous administration of multiple drugs, 
as opposed to the introduction of a single agent, may 
contribute to a synergistic effect, thereby facilitating 
the treatment of ischemic diseases. Further research 
and optimization of nanoparticle delivery systems are 
warranted to fully understand their mechanisms of action 
and explore their clinical potential.

The successful fabrication of nanoparticle-laden ABVs 
using 3D printing technology is a significant advancement 
in the field of tissue engineering. The ability to create 
ABVs with customizable sizes and integrated nanoparticles 
opens new possibilities for targeted drug delivery and 
localized therapy (Figure 4). The preserved viability and 
proliferative capacity of cells within ABVs indicate their 
potential for supporting vascular regeneration. In the in 
vivo transplantation experiment, necrosis was observed 
in the control group that received ABVs without cells or 
nanoparticles, highlighting the importance of utilizing 
combination therapy encompassing cells and drugs. 
However, the groups that received ABVs loaded with cells 
and nanoparticles exhibited remarkable recovery from 
hindlimb ischemia. At 28 days, the EPC@NP@BV group 
exhibited significantly pronounced vascular recovery 
ability, whereas the EPC@NPSC@BV group attained the 
fastest recovery, marked by almost complete recovery 
within 14 days. The EPC@NPSC@BV group demonstrated 
the most significant improvements in terms of recovery 
speed and blood flow, attesting to the synergistic effects 
of statin and curcumin in cell-based therapy (Figure 
5B–E). These findings suggest that EPCs enhance their 
functionality and proliferative capacity through the 
uptake of therapeutic agents, thus assuming a critical 
role in facilitating vascular recovery subsequent to ABV 
transplantation (Figure 3). Histological analysis revealing 
enhanced expression of vascular-related markers, such as 
α-SMA and CD31, in the EPC@NPSC@BV group further 
supported these outcomes (Figure 5F–I). These findings 
point to the capability of the combination therapy in 
facilitating the regeneration of functional blood vessels, 
which leads to improved angiogenesis. 

5. Conclusion
In this study, we successfully prepared NPS and NPC, 
which were in consistent spherical shape and demonstrate 
sustained release profiles. The nanoparticles exhibited 
excellent biocompatibility and promoted the proliferative 
capacity and functionality of EPC. The integration of these 
nanoparticles within ABVs using 3D printing technology 
allows for customizable and functional constructs capable 
of promoting vascular regeneration. In in vivo models, the 
transplantation of nanoparticle-loaded ABVs resulted in 

significant improvements in hindlimb ischemia, marked 
by enhanced recovery speed and blood flow. These findings 
highlight the potential of statin- and curcumin-loaded 
nanoparticles as a promising approach for controlled drug 
delivery and regeneration of functional blood vessels. 
Further research and optimization are required to fully 
explore their clinical potential and pave the way for future 
therapeutic applications.
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Abstract
Vascular diseases, including ischemic conditions and restenosis, pose significant 
challenges in clinical practice. Restenosis, the re-narrowing of blood vessels after 
interventions such as stent placement, remains a major concern despite advances in 
medical interventions. Addressing these challenges requires innovative approaches 
that promote vascular regeneration and prevent restenosis. By leveraging the 
capabilities of three-dimensional (3D) printing technology, artificial blood vessels with 
lumen can be precisely constructed in customizable sizes, closely mimicking the natural 
vascular architecture. This approach allows for the incorporation of therapeutic agents 
and cells to enhance the functionality of the fabricated vessels. In the present study, 
we investigated the fabrication and characterization of artificial blood vessels using 
3D printing technology, with the focus on achieving precise control over the vessel 
dimensions and architecture to ensure optimal functionality. The use of 3D printing 
enabled the creation of patient-specific blood vessels with tailored sizes and geometries, 
providing a personalized solution for vascular treatment. Furthermore, we explored 
the integration of nanoparticles loaded with therapeutic drugs within the 3D-printed 
blood vessels. Specifically, rapamycin, a potent drug for preventing restenosis, was 
encapsulated within the nanoparticles to enable controlled drug release. This approach 
aimed to address the challenge of restenosis by delivering the drug directly to the 
affected site and maintaining its therapeutic concentration over an extended period. 
Additionally, the study investigated the incorporation of endothelial progenitor cells 
(EPCs), which promote re-endothelialization essential for vascular regeneration and 
long-term vessel functionality, within the artificial blood vessels. The 3D-printed blood 
vessels provide an ideal environment for the integration and growth of these cells, 
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1. Introduction
The human circulatory system heavily relies on an intricate 
network of blood vessels to ensure the transportation of 
oxygen, nutrients, and crucial molecules to all organs 
and tissues.1,2 However, vascular pathologies, such as 
atherosclerosis, vascular occlusions, and congenital 
malformations, present significant challenges to the 
integrity and functionality of these essential conduits. 
Consequently, the development of innovative strategies to 
replace or regenerate damaged blood vessels has become a 
pivotal area of investigation within the field of regenerative 
medicine.3-6

Recent advances in stem cell research have shown 
great promise in tissue engineering and regenerative 
therapies.5,7,8 Vascular endothelial stem cells, in particular, 
have emerged as a compelling candidate due to their 
unique ability to differentiate into mature endothelial 
cells—the fundamental building blocks of blood vessels.9-11 
Leveraging the regenerative potential of these cells presents 
a remarkable opportunity to create artificial blood vessels 
that closely mimic their natural counterparts.

One critical aspect of tissue engineering is the 
establishment of a functional vascular network within 
artificial constructs.12,13 The presence of proper endothelial 
cells is crucial to maintaining vessel integrity, preventing 
thrombosis, and facilitating appropriate blood flow. This 
underscores the significance of vascular endothelial stem 
cells, as their potential to differentiate into functional 
endothelial cells offers a viable solution to this challenge.13-16 
By incorporating these stem cells, it becomes feasible to 
engineer blood vessels with a well-established endothelial 
lining, thereby enhancing the overall performance and 
durability of artificial constructs. Furthermore, to ensure 
the long-term success of artificial blood vessels, it is essential 
to address issues such as restenosis and thrombosis.17-19 

Tissue-engineered artificial blood vessels can closely 
mimic human vascular structures. Recent research efforts 
have been extensive in replicating complex vascular 
networks, akin to human blood vessels, using various three-
dimensional (3D) bioprinting techniques. Among these, 
extrusion-based bioprinting, jetting-based bioprinting, 
and vat photopolymerization-based bioprinting are 
prominent methods. Extrusion-based bioprinting is the 

most commonly used method. It typically involves the 
continuous or layered deposition of bioink composed of 
living cells and support materials through a nozzle. This 
technique enables the tissue-specific 3D bioprinting of 
intricate organ structures. It offers versatility, high speed, 
and excellent cell viability, making it advantageous for tissue 
engineering applications.20-22 Jetting-based bioprinting, on 
the other hand, employs precise nozzle-based ejection of 
small droplets of bioink-containing cells and biomaterials. 
This method boasts high precision and resolution, allowing 
for the creation of detailed tissue structures. It excels in 
its ability to deposit droplets with precision, making it 
suitable for mimicking complex vascular networks and 
other intricate tissues.23-25 Vat photopolymerization-based 
bioprinting relies on selectively curing liquid photopolymer 
materials layer by layer using ultraviolet light. This 
technique is capable of achieving high-resolution, intricate 
tissue structures and offers flexibility in using various 
biocompatible photopolymer materials.26-28 These 3D 
bioprinting techniques hold promise in replicating highly 
detailed and complex organ structures, similar to those 
found in the human body. They offer advantages such as 
precision, high resolution, and material versatility, making 
them valuable tools in the field of tissue engineering.

In this regard, nanoparticles (NPs) carrying 
therapeutic agents have emerged as a powerful tool. The 
NPs utilized in this study are composed of mesoporous 
silica, characterized by their extremely small size and 
porous nature, with an average pore diameter of ~5 nm. 
This porosity allows for efficient drug release in proportion 
to its size.29,30 Furthermore, it is feasible to produce these 
nanoparticles at such a small size in large quantities. When 
employed within a drug delivery system, the NPs gradually 
release their contents when introduced into the biological 
system, highlighting their potential in imposing long-
term effects. However, a comprehensive understanding of 
the biocompatibility of NPs has yet to be established. To 
address this concern, the study investigated the effects of 
the NPs through in vitro and in vivo experiments.

Every drug possesses distinctive molecular structures 
and characteristics. However, when encapsulated within 
NPs, these drugs can be transformed into materials 
with precisely engineered properties. In this study, we 
engineered NPs with the specific aim of tailoring their 

further enhancing their regenerative potential. By combining 3D printing technology, drug-loaded nanoparticles, and 
EPCs, this study demonstrated the potential of this approach in fabricating functional artificial blood vessels.

Keywords: 3D bioprinting; Tissue engineering; Nanoparticles; Artificial blood vessel; Restenosis; Endothelial progeni-
tor cells
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characteristics for 3D printing applications. It is our 
hypothesis that these specially designed NPs offer distinct 
advantages, primarily through their unique capability 
in controlled and sustained drug release. Rapamycin, 
a potent immunosuppressant and mTOR inhibitor, 
exhibits immense potential for preventing restenosis.31-34 
By encapsulating rapamycin within NPs, it is possible to 
precisely deliver the therapeutic agent to targeted areas, 
facilitating controlled release and sustained effects. This 
approach offers a unique advantage in maintaining the 
patency and functionality of engineered blood vessels, 
further enhancing their therapeutic potential.

2. Materials and methods
2.1. Preparation of nanoparticles and rapamycin-
nanoparticles
The NPs were prepared using the previously reported 
method with a few modifications.35 First, 0.5 g of 
cetyltrimethylammonium bromide (CTAB) in 1 L of 
deionized water was mixed with 2 mL NaOH (1 M) while 
stirring continuously; 1 mL tetraethyl orthosilicate and 0.1 
g N-(2-aminoethyl)-3-aminopropyltrimethoxy silane were 
then added after separately dissolving them in ethanol 
at a 1:5 volume ratio and 1:5 weight ratio, respectively. 
A white precipitate was formed, which was filtered out, 
washed, and dried at 80°C for 48 h. The CTAB from the 
precipitate was removed by dispersing the dried precipitate 
in 100 mL of ethanol solvent; 0.3 g of NH4NO3 was added 
to the solution and stirred at 60°C for several hours, after 
which the precipitate was collected by filtration, followed 
by drying at 60°C for 12 h. Thereafter, 0.2 g ZnCl2 was 
added to deionized water, and the precipitate was added 
to the zinc solution. The solution was dried using a rotary 
evaporator; the obtained powder was further centrifuged, 
washed with water and ethanol several times, dried at 80°C 
for 12 h, and calcinated at 55°C for >5 h. The resultant 
products were referred to as NPs. After dissolving 80 mg 
of NPs in 80 mL ethanol, they were dispersed by ultrasonic 
waves for 3 min; simultaneously, 20 mg of rapamycin was 
dissolved in 20 mL ethanol and mixed for 3 min at a speed 
of 300 rpm. The above solutions were depressurized for 1 h 
and maintained at 100 BAR in a vacuum state. The pressure 
was then lowered to 60 BAR, maintained for 30 min, and 
then dried in a vacuum condition at room temperature for 
6 h; this product was termed NP-rapamycin (NP-R).

2.2. Characterization of nanoparticles and 
rapamycin-nanoparticles
The zeta potential of the NPs and rapamycin-loaded NPs 
were measured using a Zetasizer Nano ZSP (Malvern 
Panalytical, Malvern, UK) according to the manufacturer’s 
instructions. Transmission electron microscopy (TEM) 

imaging analyses of NPs were performed using a Bio-TEM 
(Talos L120C TEM, Thermo Fisher Scientific, Waltham, 
USA) operating at 200 kV, and the size distribution was 
investigated. A diluted NP suspension was dropped onto 
a carbon-coated mesh transmission electron microscopy 
(TEM) grid, and the solvent was left to evaporate at room 
temperature. The NP size distributions were analyzed from 
the TEM images using ImageJ software (National Institutes 
of Health, USA).

2.3. Rapamycin release profiling from rapamycin-
nanoparticles
The drug release amount of rapamycin in NPs was 
measured using a liquid chromatography-mass 
spectrometry system (QTRAP 6500 plus; SCIEX, USA) 
according to the previously described method.36,37 NP-R 
was diluted in distilled water and harvested on indicated 
days. Rapamycin released from the NPs was centrifuged at 
10,000 × g for 10 min, and supernatants were analyzed. The 
quantification of the data was performed by setting the 5 
days as the 100% reference point and relatively quantifying 
the data for the 1 and 3 days.

2.4. Drug loading efficiency of rapamycin-
nanoparticles
Drug loading efficiency of rapamycin in NPs was measured 
using an ultraviolet-visible spectrometer (Evolution 300, 
Thermo Fisher Scientific, USA). Rapamycin was dissolved 
in methanol and added to the NPs at various ratios: 1:2, 
1:5, and 1:10. Subsequently, the supernatant was collected, 
diluted 1/100 in methanol, and placed in a cuvette before 
measuring its absorbance.

2.5. Preparation of 3D-bioprinted artificial blood 
vessel
To prepare the bioink, sodium alginate (viscosity, >2,000 cP 
at 25°C; Sigma-Aldrich; St. Louis, MO, USA) was stirred into 
Dulbecco’s phosphate-buffered saline (DPBS; Gibco, USA) 
for 6 h at 37°C. Subsequently, an atelocollagen solution (pH 
4.0; Baobab Healthcare, Republic of Korea) was combined 
with reconstituted buffer (132 mM Na2HPO4) at a 1:1 volume 
ratio for neuralization. The 3D bioprinter (Root 1; Baobab 
Healthcare, Republic of Korea) equipped with a coaxial 
nozzle (inner needle: 28 G, outer needle: 20 G; Ramé-hart, 
USA) was used for vascular printing. For the shell material, 
a mixture of 3% w/v neutralized atelocollagen and 3% w/v 
alginate was prepared at a 4:1 ratio for the bioink. NP-R 
or NP only was then incorporated into the shell bioinks to 
achieve a final concentration of 2 mg/mL. Regarding the 
core material, a sacrificial material was prepared using 
40% w/v Pluronic F-12 (Sigma-Aldrich) with 100 mM 
calcium chloride. Vascular cell printing was performed by 
blending the shell material with endothelial progenitor cells  
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(EPCs; 1 × 106 cells/mL). The core and shell bioinks were 
bioprinted at 80 kPa (core) and 60 kPa (shell) with a 200 mM 
CaCl2 solution to enable in situ crosslinking of the alginate 
solution. Subsequently, the printed vessel was rinsed 
with DPBS and incubated at 37°C for 1 h. The sacrificial 
material (core bioink) was then removed using ice-cold 
DPBS. Printed artificial blood vessels were incubated in 
EGM-2 MV SingleQuot kit Supplement & Growth Factors 
(CC-4147; Lonza, Basel, Switzerland) with 200 mM of 
10% CaCl2 solution. After incubation, the cell viabilities 
of the artificial blood vessels were analyzed using a Live/
Dead Cell Viability/Cytotoxicity Kit (L3224, Invitrogen, 
USA) according to the manufacturer’s instructions. Images 
were analyzed using a Lionheart FX automated microscope 
(BioTek).

2.6. Cell cultures
Human EPCs were isolated from human umbilical 
cord blood as previously reported.38 Mononuclear 
cells were isolated via gradient density centrifugation 
of human umbilical cord blood using Ficoll (Thermo 
Fisher Scientific, Waltham, USA). Isolated mononuclear 
cells were cultured in EGM-2 MV SingleQuot kit 
Supplement & Growth Factors (Lonza) with 1% penicillin/
streptomycin (15240062; Thermo Fisher Scientific) at 
37°C in a humidified atmosphere containing 5% CO2. 
After 4 days in culture, nonadherent cells were aspirated, 
and culture growth media were added. Subsequently, cells 
were cultured until spindle-shaped colonies formed and 
were then replaced with culture media for 14 to 21 days. 
Human coronary artery smooth muscle cells (HCASMCs) 
were purchased from ATCC and cultured in vascular cell 
basal medium (PCS-100-030; ATCC, USA) supplemented 
with a vascular smooth muscle cell growth kit (PCS-100-
042; ATCC) and 1% penicillin/streptomycin at 37°C in a 
humidified atmosphere containing 5% CO2. 

2.7. Cell proliferation assay
HCASMCs were detached and seeded into an 8-well 
chamber slide at a density of 1 × 104 cells/well. Rapamycin, 
NPs, NP-R (low, 10 μg/mL), and NP-R (high, 100 μg/
mL) were added to each well. After 24 h, HCASMC 
proliferation was assessed using the Click-iT™ Plus EdU 
Cell Proliferation Kit (C10637; Invitrogen) according to 
the manufacturer’s instructions. EdU-positive HCASMCs 
were analyzed using a Lionheart FX automated microscope 
(BioTek, VT, USA). 

2.8. Immunofluorescent staining
HCASMCs were fixed in their wells using 4% 
paraformaldehyde in phosphate-buffered saline (PBS) 
for 10 min.  After the fixative was aspirated, cells were 
permeabilized with 0.25% Triton X-100 in PBS. Cells 
were then blocked with a solution containing 5% normal 

goat serum and 1% bovine serum albumin in PBS for 1 h. 
Next, the cells were incubated overnight at 4°C with Ki-
67 antibody (14-5698-82; Invitrogen). Secondary antibody 
was added to the cells and incubated for 2 h at room 
temperature. Nuclei were stained with 4’,6-diamidino-
2-phenylindole (DAPI) using ProLong Diamond 
Antifade Mountant with DAPI (Invitrogen). The stained 
samples were observed using a Lionheart FX-automated 
microscope (BioTek).

2.9. Scratch wound-healing assay
HCASMCs were detached and seeded into 6-well plates 
at a density of 5 × 105 cells/well. When the cells had 
reached 100% confluence, they were scratched using a 
sterile pipette tip. Rapamycin, NP, and NP-R were treated 
in each well, and the plates were incubated at 37°C in a 
humidified atmosphere containing 5% CO2. After 9 h 
of incubation, HCASMCs were observed under light 
microscopy, and the wound-healing size was measured 
using ImageJ software.

2.10. Western blot analysis
Whole cell lysates were extracted from HCASMCs 
using PRO-PERP Protein extraction buffer (Intron 
Biotechnology, South Korea). The protein concentration 
was determined using Pierce BCA assay kit (Thermo Fisher 
Scientific, USA). Protein samples were separated by sodium 
dodecyl-sulfate polyacrylamide gel electrophoresis (SDS-
PAGE) and transferred onto PVDF membranes (Millipore, 
USA). Membranes were blocked with 5% skim milk for 1 
h and incubated overnight at 4°C with primary antibodies, 
p-mTOR (5536S, Cell Signaling, USA), mTOR (2983S, 
Cell Signaling), p-S6K1 (9234S, Cell Signaling), S6K1 
(2708S, Cell Signaling), p-AKT (4060S, Cell Signaling), 
AKT (4691S, Cell Signaling), and GAPDH (SC-47724, 
Santa Cruz, USA). Horseradish peroxidase-conjugated 
secondary antibodies were added to the membranes and 
allowed to stand at room temperature for 2 h. Protein 
bands were visualized using enhanced chemiluminescence 
reagents (Millipore, USA).

2.11. Cell viability assay
HCASMC viability was analyzed using a CCK-8 kit 
(DI1701-01; Dongin, South Korea) according to the 
manufacturer’s instructions. To analyze HCASMC 
viability, cells were seeded into a 96-well plate at a density 
of 5 × 103 cells/well and incubated overnight; thereafter, 
NP and NP-R were added to each well, and the plate was 
incubated for 24 h. After incubation, the cell viability was 
determined using the CCK-8 kit. CCK-8 absorbance was 
measured at 450 nm using a spectrophotometer (Tecan, 
Mannedorf, Switzerland). 

2.12. Murine hind limb ischemia model
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Experiments were performed on 8-week-old male 
BALB/c nude mice (Biogenomics, Seoul, South Korea) 
maintained under a 12-h light/dark cycle in accordance 
with the regulations of the Pusan National University. All 
procedures were performed in accordance with the policies 
of the Institutional Animal Care and Use Committee of the 
Pusan National University of Korea. In the murine hind 
limb ischemia model, ischemia was induced by the ligation 
of the proximal femoral artery and boundary vessels of 
the mice. No later than 1 h following surgery, PBS (PBS 
injection), EPC (EPC injection), NP-R/V (artificial blood 
vessel loaded with NP-R), EPC@NP/V (artificial blood 
vessel loaded with NP and EPC), and EPC@NP-R/V 
(artificial blood vessel loaded with NP-R and EPC) were 
intramuscularly transplanted into the ischemic thigh area 
of the experimental group. Blood perfusion was assessed 
by comparing the ratio of blood flow in the ischemic limb 
(left) to that in the nonischemic limb (right) using laser 
Doppler perfusion imaging (LDPI; Moor Instruments Ltd, 
Devon, UK).

2.13. Measurement of blood flow and tissue necrosis
Blood flow of the ischemic and nonischemic limbs was 
measured using an LDPI analyzer on days 0, 3, 7, 14, 21, 
and 28 after the induction of hind limb ischemia. Perfusion 
of the ischemic and nonischemic limbs was calculated 
based on colored histogram pixels; red and blue colors 
indicated high and low perfusion, respectively. Blood 
perfusion was expressed as the LDPI index, representing 
the ratio of ischemic to nonischemic limb blood flow. The 
extent of necrosis in the ischemic hind limb was recorded 
28 days postsurgery. 

2.14. Histological and immunofluorescence analysis
The ischemic thigh tissues were harvested and fixed with 
4% paraformaldehyde (Biosesang, South Korea) 7 and 28 
days postsurgery. Each tissue sample was embedded in 
paraffin. Immunofluorescence staining was performed 
using primary antibodies against CD31 (ab56299, Abcam, 
UK), alpha-smooth muscle actin (ab5694, Abcam), CD86 
(19589S, Abcam), and CD206 (ab64693, Abcam), as well 
as secondary antibodies against Alexa-488 and Alexa-594 
(Invitrogen; USA). Nuclei were stained with DAPI using 
ProLong Diamond Antifade Mountant with DAPI 
(Invitrogen), and stained samples were observed using the 
Lionheart FX automated microscope.

2.15. Flow cytometry analysis
Raw 264.7 cells were pre-treated with 10 μg/mL of NP-R 
for 24 h, followed by induction of polarization into M1 
and M2 macrophages by treating with lipopolysaccharide 
(LPS; 100 ng/mL) and interleukin-4 (IL-4; 20 ng/mL) for 
24 h. Cells were harvested and centrifuged at 1,500 rpm 
for 5 min at 4°C. The pellet was re-suspended in 2% fetal 

bovine serum in PBS and stained with Pacific Blue anti-
mouse CD86 (105022, BioLegend, USA), APC anti-mouse 
CD206 (141408, BioLegend), and FITC anti-mouse F4/80 
(130-117-509, Miltenyi Biotec, USA) antibodies for 30 
min at 4°C. Cells were analyzed with FACS Canto II (BD 
Biosciences, USA). Data were analyzed by FlowJo software 
(BD Biosciences, USA).

2.16. Statistical analysis
Statistical analyses were performed using the GraphPad 
Prism software (La Jolla, CA, USA). To assess significance, 
we performed unpaired two-sided Student’s t-tests. P-values 
<0.05 were considered statistically significant. Experimental 
data were presented as the mean ± standard deviation. 

3. Results
3.1. Characterization of nanoparticles and 
rapamycin-nanoparticles
Before the fabrication of artificial blood vessels, NPs were 
prepared to increase the stability, solubility, and slow 
down release of drugs to prevent stenosis. To safely load 
rapamycin into NPs in a manner that was harmless to the 
human body, the experiment was conducted as follows 
(Figure 1A): first, the fabricated NPs were prepared as a 
control without capturing any drug, followed by loading 
of NPs with rapamycin selected for restenosis prevention 
(Figure 1A). The fabricated NPs were examined using 
Bio-TEM, revealing similar sizes (Figure 1B and C). 
Additionally, the stability of the NPs was determined by 
measuring the zeta potential, confirming their stability 
(Figure 1D), and their slow release was verified (Figure 
1E). Furthermore, when setting the ratio of rapamycin to 
NPs at 1:2, 1:5, and 1:10, the measurement of drug loading 
efficiency yielded results ranging from approximately 10% 
to 35% (Figure 1F).

3.2. Enhancing drug delivery with nanoparticles: 
evaluating stability and efficacy for inhibiting 
smooth muscle cell proliferation and migration
The CCK8 experiment was conducted to evaluate the 
in vitro stability and effect of the fabricated NPs (Figure 
2A). It was confirmed that the NPs containing rapamycin 
were able to inhibit the proliferation of smooth muscle 
cells (Figure S1A in Supplementary File). Furthermore, 
compared with conventional drugs, the rapamycin 
contained in NPs demonstrated a higher inhibition of 
cell proliferation (Figure 2B and C; Figure S1B and C in 
Supplementary File). In the case of smooth muscle cells, 
when a stent or artificial blood vessel was transplanted, 
they migrated to the graft and induced stenosis. To evaluate 
the prevention of this migration, the migration ability of 
smooth muscle cells was evaluated. Rapamycin contained 
in NPs was found to induce a greater inhibition effect on 
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Figure 1. Characterization of nanoparticles and rapamycin-nanoparticles. (A) Schematic illustration of rapamycin-nanoparticles fabrication process. (B) 
Transmission electron microscopy images of nanoparticles and rapamycin-nanoparticles. Scale bars = 200 μm. (C) The sizes of each nanoparticle are 
analyzed and expressed as a distribution graph. (D) The zeta potential of the nanoparticles and rapamycin-nanoparticles in phosphate-buffered saline (pH 
= 7.4). (E) The cumulative release of rapamycin in nanoparticles is analyzed using liquid chromatography-mass spectrometry analysis. (F) Drug loading 
efficiency of rapamycin in nanoparticles. Abbreviations: CTAB, cetyltrimethylammonium bromide; NP, nanoparticle; Zn, zinc.
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Figure 2. Rapamycin-nanoparticles inhibit smooth muscle cell proliferation and migration. (A) Schematic illustration of the in vitro experimental process. 
(B) EdU cell proliferation assay. Scale bars = 500 μm. (C) Quantification of EdU-positive cells. ***P < 0.001; n.s. (not significant), P > 0.05 versus control. 
The values represent the mean ± standard deviation (SD) (n = 5). (D) The migration capacity of human coronary artery smooth muscle cells treated with 
rapamycin and rapamycin-nanoparticles is investigated using a scratched wound healing assay. (E) Quantification of migrated area. *P < 0.05; ***P < 
0.001; n.s., P > 0.05 versus control. The values represent mean ± SD (n = 5). (F) Protein expression of p-mTOR, mTOR, p-S6K1, S6K1, p-AKT, and AKT 
as evaluated by Western blotting. Abbreviation: NP, nanoparticle.
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migration ability compared with rapamycin alone, and 
similar efficacy was observed in NP-R (low) compared 
with conventional drugs (Figure 2D and E). 

In addition to functional evaluation, rapamycin is 
known to be an mTOR inhibitor; rapamycin contained 
in NPs exhibited a similar level of inhibitory ability, even 

in low concentration group, and higher inhibitory ability 

than the existing concentration in the high concentration 

group (Figure 2F). These data suggested that NPs 

produced in this study can prevent restenosis in artificial 

blood vessel grafts.

Figure 3. Characterization of 3D-bioprinted artificial blood vessels loaded with rapamycin-nanoparticles and endothelial progenitor cells. (A) Schematic 
visualization of the nanoparticle and cell-loaded 3D bioprinting process. (B) General image of a 3D-bioprinted artificial blood vessel. Scale bars = 5 mm. 
(C) Microscopic images of artificial blood vessels with different thicknesses, which were obtained with the adjustment of nozzle size. Scale bars = 200 μm. 
(D) Inner and outer diameter of artificial blood vessels with different thicknesses, which were obtained with the adjustment of nozzle size. (E) Assessment 
of flow in the artificial blood vessels. Scale bars = 1 cm. (F) Representative image of live/dead cells in the artificial blood vessels with different thicknesses, 
which were obtained with the adjustment of nozzle size. Scale bars = 100 μm. (G) Representative image of live/dead cells in the control (NP/V), EPC@
NP/V, and EPC@NP-R/V using Live/Dead cell staining assay. Scale bars = 1,000 μm. (H) Cell viability obtained from the Live/Dead cell staining assay. 
Abbreviations: EPC, endothelial progenitor cell; NP, nanoparticle.
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Figure 4. Regenerative effect of 3D-bioprinted artificial blood vessels loaded with rapamycin-nanoparticles and endothelial progenitor cells in a murine 
hind limb ischemia model. (A) Schematic illustration of the transplantation process of 3D-bioprinted artificial blood vessel in a murine hind limb ischemia 
model. (B) A murine hind limb ischemia model is established using Balb/c nude mice. The ratio of blood perfusion is evaluated by laser Doppler perfusion 
imaging analysis in the ischemic limbs of the mice transplanted with phosphate-buffered saline (PBS), endothelial progenitor cells (EPCs), NP-R/V, EPC@
NP/V, and EPC@NP-R/V at 0, 7, and 28 days posttransplantation. (C) The ratio of blood perfusion is measured. *P < 0.05; **P < 0.01; ***P < 0.001 versus 
PBS; #P < 0.05 versus EPC, and $$P < 0.01; $$$P < 0.001 versus NP-R/V. The values represent mean ± SEM (n = 5). (D) Representative images of ischemic 
limbs transplanted with PBS, EPC, NP-R/V, EPC@NP/V, and EPC@NP-R/V at 28 days posttransplantation. Scale bars = 5 mm. (E) Proportions of four 
states for each group (limb salvage, toe loss, foot necrosis, and limb loss) on postoperative day 28 (n = 7). Abbreviations: EPC, endothelial progenitor cell; 
HLI, hind limb ischemia; NP, nanoparticle; PBS, phosphate-buffered saline.
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3.3. Printing nanoparticle-embedded artificial 
blood vessels for ischemic disease: assessment of 
structure, functionality, and drug release
Artificial blood vessels containing NPs and cells were 
3D-printed for transplantation into an ischemic disease 
model, which was the target disease (Figure 3A). The 
artificial blood vessels with lumen were printed in various 
sizes (Figure 3B–D). Due to these structural characteristics, 
it was confirmed that blood flow could successfully flow 
into the lumen, and the EPCs were properly printed and 
alive (Figure 3E–G). In addition, the size of the blood 
vessels can be altered by adjusting the nozzle size and 
the pressure on the print (Figure 3F). Live/dead cell 
images confirmed that NP-R did not affect the viability 
of EPCs (Figure 3G and H). Based on these results, it was 
confirmed that rapamycin did not affect the proliferation 

of EPCs, but exhibited strong toxicity in smooth muscle 
cells. Additionally, the artificial blood vessels exhibited 
capability to prevent stenosis. The preservation of cellular 
viability and functionality in response to rapamycin is 
notably influenced by the distinct cellular morphologies 
and properties of vascular endothelial stem cells and 
smooth muscle cells. This study reveals that at an optimal 
concentration, rapamycin exhibited a dual effect: it did not 
induce proliferation or cytotoxicity in vascular endothelial 
stem cells, while inhibiting the proliferation and function 
of smooth muscle cells (Figures 2 and 3). These findings 
underscore the potential of rapamycin in preventing 
restenosis while preserving the vitality and function 
of vascular endothelial cells, marking it as a promising 
therapeutic candidate.

Figure 5. 3D-bioprinted artificial blood vessels with rapamycin-nanoparticles and endothelial progenitor cells improved capillary and arterial blood vessel 
formation in a murine hind limb ischemia model. (A) Immunostaining with anti-CD31 antibodies (red) for capillary density assessment (white arrows) on 
postoperative day 28. Scale bar = 200 µm. (B) CD31-positive cell/DAPI density is quantified. *P < 0.05; **P < 0.01; n.s., P > 0.05 versus phosphate-buffered 
saline (PBS). The values represent mean ± standard deviation (SD) (n = 3). (C) Immunostaining with anti-α-SMA antibody (green) for arteriole density 
assessment (white arrows) on postoperative day 28. Scale bar = 200 µm. (D) Arteriole density is quantified as the number of α-SMA-positive cells. **P < 
0.01; n.s., P > 0.05 versus PBS. The values represent mean ± SD (n = 3). Abbreviations: EPC, endothelial progenitor cell; NP, nanoparticle; PBS, phosphate-
buffered saline.
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3.4. Enhancing the therapeutic efficacy of artificial 
blood vessels in lower extremity ischemia: 
evaluation of blood flow and recovery ability
To confirm the efficacy of the artificial blood vessels in the 
lower extremity ischemia model, the following experiment 
was conducted (Figure 4A): EPC@NP/V or EPC@NP-R/V 
artificial blood vessels containing EPCs exhibited higher 
blood flow and recovery ability, demonstrating improved 
therapeutic efficacy in the group treated with EPC@NP/V 
or EPC@NP-R/V than the EPC implantation group alone 
(Figure 4B). The group treated with NP-R/V, which was 
not loaded with EPCs, demonstrated higher therapeutic 
efficacy than that treated with PBS; however, its therapeutic 
efficacy was lower when compared with the group treated 
with EPCs, and the artificial blood vessel loaded with EPCs. 

Possibly, this is due to rapid vascular repair using artificial 
blood vessels as a supportive structure. Ultimately, EPC@
NP-R/V manifested efficacy equivalent to that of EPC@
NP/V without rapamycin (Figure 4B and C). Additionally, 
the transplantation of EPC@NP/V and EPC@NP-R/V 
significantly reduced limb loss, foot necrosis, and toe loss 
compared with the other groups (Figure 4D and E). 

3.5. Comparative histological analysis of efficacy in 
EPC@NP/V and EPC@NP-R/V
In this animal experiment, it was difficult to compare the 
efficacy of EPC@NP/V and EPC@NP-R/V; therefore, 
histological staining was performed. Both groups 
demonstrated a high efficacy in promoting blood vessel 
formation, as indicated by the increased expression of CD31 
and α-smooth muscle actin (α-SMA), and similar expression 

Figure 6. 3D-bioprinted artificial blood vessels with rapamycin-nanoparticles and endothelial progenitor cells reduced M1 and improved M2 macrophage 
polarization in a murine hind limb ischemia model. (A) Immunostaining with anti-CD86 antibodies (red) for M1 macrophage assessment (white arrows) 
on postoperative day 7. Scale bar = 100 µm. (B) CD86-positive cell/DAPI density is quantified. *P < 0.05; n.s., P > 0.05 versus phosphate-buffered saline 
(PBS). The values represent mean ± standard deviation (SD) (n = 3). (C) Immunostaining with CD206 antibody (red) for M2 macrophage assessment 
(white arrows) at postoperative day 7. Scale bar = 100 µm. (D) M2 macrophages are quantified as the number of CD206-positive cells. *P < 0.05; **P < 
0.01; n.s., P > 0.05 versus PBS. The values represent mean ± SD (n = 3). Abbreviations: EPC, endothelial progenitor cell; NP, nanoparticle; PBS, phosphate-
buffered saline.
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levels were observed in these two groups (Figure 5A–D). 
Surprisingly, the expression of pro-inflammatory markers 
was significantly lower in EPC@NP-R/V group compared 
with that in the EPC@NP/V group (Figure 6A–D). This data 
was similar to the significant reduction in pro-inflammatory 
markers observed when treating immune cells with NP-R 
in in vitro experiments (Figure S2 in Supplementary File). 
These results suggested that the transplantation of EPC@
NP-R/V improves neovascularization and macrophage 
polarization in ischemic-injured sites. 

4. Discussion
Vascular diseases, particularly those related to 
atherosclerosis and peripheral artery disease, pose 
significant challenges in current medical treatments.39,40 
Conventional therapies, such as angioplasty and stent 
implantation, often face limitations, including restenosis, 
thrombosis, and the lack of endothelialization, leading 
to recurrent blockages and reduced long-term efficacy. 
Furthermore, systemic drug administration may 
result in undesirable side effects and insufficient drug 
concentrations at the target site.41-43 These limitations 
necessitate the exploration of innovative approaches to 
improve the therapeutic outcomes of vascular diseases 
given their complex pathophysiology. In addition to the 
evaluation of NP-R efficacy, the integration of NPs and 
3D printing holds immense promise for advancing the 
field of tissue engineering and regenerative medicine. The 
combined use of NPs and 3D printing technology offers 
a myriad of benefits, further enhancing the fabrication 
and functionality of artificial blood vessels for therapeutic 
applications.44-47 First, NPs serve as an efficient drug 
delivery system by encapsulating therapeutic agents, such 
as rapamycin. The controlled release of drugs from NPs 
ensures a sustained and localized delivery, optimizing 
the therapeutic effect while minimizing systemic side 
effects.48-50 This approach allows for precise dosage control 
and maintains a consistent concentration of the drug 
within the target site, which is crucial for promoting 
effective tissue regeneration and preventing restenosis. 
Second, the careful selection of biocompatible materials for 
3D printing and NP formulation ensures minimal adverse 
reactions when implanted in the human body. By using 
compatible materials, the risk of inflammation, rejection, 
or cytotoxicity is significantly reduced, enhancing the 
overall safety and functionality of the artificial blood 
vessels.18,51 To confirm this hypothesis, 3D-printed blood 
vessels with NP-R were designed, and their effects on anti-
restenosis and angiogenesis were tested in vitro and in vivo.

The artificial blood vessels, each equipped with a lumen, 
were fabricated in various sizes, mimicking the natural 
architecture of blood vessels (Figure 3B and C). This 

structural design enabled the proper flow of blood within 
the lumen, simulating the functionality of native blood 
vessels. The successful printing of artificial blood vessels 
with such complexity and intricacy highlights the potential 
of 3D printing as a valuable tool for creating tissue-
engineered constructs.18,52,53 Moreover, the incorporation of 
EPCs within the printed artificial blood vessels facilitated 
re-endothelialization and promoted vascularization. Live/
dead cell imaging confirmed that the viability of EPCs was 
not compromised by the co-loading of rapamycin within 
the NPs (Figure 3G and H). This indicated that the printing 
process and inclusion of NP-R did not adversely affect the 
survival and functionality of the incorporated cells, further 
validating the compatibility of this approach for tissue 
engineering applications. Surprisingly, it was confirmed 
that NP-R, which did not reduce the cell viability of EPCs 
(Figure 3G and H), inhibited the migration ability and cell 
proliferation of smooth muscle cells involved in restenosis 
(Figure 2); this could potentially prevent restenosis that 
occurs during artificial blood vessel transplantation.54-56 

Furthermore, the controlled release of rapamycin from 
the NPs was assessed. The continuous and slow release 
of rapamycin over time suggests that the 3D-printed 
constructs can serve as a sustained drug delivery system, 
providing prolonged therapeutic effects. This controlled 
release mechanism ensures a consistent concentration of 
rapamycin within the local microenvironment, potentially 
minimizing systemic side effects and improving the efficacy 
of the treatment.57-59 To confirm this, animal experiments 
were performed, and EPC-loaded blood vessels with/
without NP-R exhibited excellent recovery ability in the 
animal models. Precise analysis through histological 
staining confirmed that the expression of immune-related 
markers significantly lowers in NP-R-embedded artificial 
blood vessels than in blood vessels without NP-R.

The combination of 3D printing technology with 
the integration of NPs and cells in artificial blood vessel 
fabrication holds significant promise for treating ischemic 
diseases and preventing restenosis.58,60-62 The precise 
control over the structure and composition of the printed 
constructs, along with the sustained release of rapamycin, 
contributes to their potential as advanced therapeutic 
tools.63-65 Overall, the fabrication and characterization 
of artificial blood vessels using 3D printing, along with 
the incorporation of NP-R and EPCs, represent an 
innovative approach for tissue engineering applications. 
This study provides valuable insights into the potential of 
integrating NPs into 3D printing technology and the NPs 
formulation for improving the efficacy and functionality 
of artificial blood vessels used in the treatment of ischemic 
diseases. Furthermore, the use of 3D printing enables the 
incorporation of various cell types within the artificial blood 
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vessels, such as EPCs and endothelial cells. This cellular 
integration could promote re-endothelialization and 
vascularization, thereby enhancing the overall functionality 
and biocompatibility of the implanted constructs.

Taken together, the combination of NPs and 3D 
printing represents a cutting-edge approach for fabricating 
functional artificial blood vessels. The utilization of NPs 
for drug delivery and 3D printing for precise fabrication 
addresses critical challenges in different aspects of tissue 
engineering, such as drug release control, personalized 
design, and complex tissue architecture. The continued 
advancements in 3D printing technology have led to 
reduced manufacturing costs, making it a more cost-
effective approach for producing complex tissue-
engineered constructs, such as artificial blood vessels. This 
affordability increases the accessibility of such treatments, 
potentially benefiting a larger patient population. With 
the potential to improve patient outcomes, minimize 
complications, and revolutionize ischemic disease 
treatment, this integrated approach paves the way for a new 
era in regenerative medicine. Further research and clinical 
validation are required to fully unleash the transformative 
potential of this innovative technology.

5. Conclusion
This study highlighted the potential of 3D printing 
technology in the fabrication of artificial blood vessels for 
tissue engineering applications. The NP-R integrated within 
the printed constructs demonstrated controlled drug 
release capabilities, while the inclusion of EPCs promoted 
re-endothelialization. The 3D-printed artificial blood 
vessels exhibited a few desirable structural characteristics, 
including the availability of various sizes and the appearance 
of lumen, that enable proper blood flow.

 The viability of EPCs was maintained within the 
constructs, even with the inclusion of NP-R. Histological 
analysis revealed reduced expression of pro-inflammatory 
markers associated with macrophages in the EPC@NP-
R/V group. These findings corroborate the potential of 
3D printing technology in the fabrication of functional 
artificial blood vessels and its compatibility with drug 
delivery systems. The integration of NPs, rapamycin, 
and EPCs holds promise for improving the therapeutic 
outcomes in ischemic diseases. 
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Abstract
Powder bed fusion (PBF) technology has become a popular manufacturing method 
to fabricate custom metallic implants. This trend has generated some regulatory 
concerns because traditional developing guidelines are not suitable for three-
dimensional (3D)-printed implants. This is due to the layered microstructure of 
additive manufactured parts that produces mechanical properties different than 
those of traditionally manufactured parts. The inappropriate choice of the process 
parameters and postprocessing methods can lead to fabrication errors that could 
negatively affect mechanical properties and dimensional accuracy. The objective of 
the study was to perform a preliminary evaluation of the quality of manufacturing 
provided by the medical device industry and identify the best 3D printing practices. 
We designed a pelvic bone reconstructing implant and asked seven companies to 
manufacture it in Ti6Al4V with PBF technology. We inspected some important aspects 
of the manufacturing quality of the prototypes received by evaluating geometrical 
precision and microstructural integrity in the surface and in the matrix, including a 
qualitative assessment of voids and grain morphology. Results demonstrated a great 
difference among the implant prototypes. Two companies proved to be superior and 
provided defect-free implants. The other five produced evidence of some defects 
including: geometrical deviations (maximum values of up to 5 mm); heterogeneous 
acicular grain morphologies; broken sections of lattice structures; and internal and 
superficial voids and cracks that could potentially compromise functional and clinical 
performance. To our knowledge, this is the first study analyzing the production 
of several custom implant additive manufacturers based on a geometrical and 
microstructural evaluation of the same pelvic implant fabrication. The imperfections 
found in some prototypes produced by companies certified to commercialize 
personalized implants highlight the urgent need for technical standards that 
regulate the safe development of 3D-printed implants. Further analyses are required 
to determine the actual clinical and mechanical consequences of such imperfections. 
The results also show that when additive manufacturing is adequately managed, it 
can be a valid manufacturing method to fabricate defect-free implants.
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1. Introduction
In recent years, additive manufacturing (AM) has become 
a common method to create custom metallic implants with 
complex shapes and biomimetic features.1 Its increasing 
popularity has generated some regulatory concerns 
because traditional developing guidelines are not suitable 
for three-dimensional (3D) printing technology.2 This is 
due to the layered microstructure of additive manufactured 
parts that produces mechanical properties different than 
those of traditionally manufactured parts.3 The newly 
released Medical Device Regulation (MDR)4 based on 
the EU regulation 2017/745 requires medical device 
manufacturers to have a quality management system with 
relevant requirements included in the ISO 13485,5 which 
is a formal document that specifies requirements for good 
management practices. However, its compliance does 
not guarantee the production of high-quality implants6 
because it does not give explicit requirements to which 
the medical device should conform. The lack of specific 
technical requirements7 and regulatory pathways for 
3D-printed implants can lead to manufacturing errors that 
may possibly affect device performance.3,8 This is the case 
when developing bone reconstructing implants that are 
additively manufactured in Ti6Al4V by powder bed fusion 
(PBF) technology,7 including selective laser melting (SLM) 
or electron beam melting (EBM). The inappropriate choice 
of postprocesses and printing parameters such as laser 
diameter and temperature, cooling cycle, or layer thickness 
(among others) can lead to invisible fabrication errors 
compromising material properties, dimensional accuracy, 
and biological function.9

The challenges involved in producing defect-free AM 
implants motivated us to perform a preliminary evaluation 
of the quality of manufacturing provided by the medical 
device industry, with a particular focus on companies 
using Ti6Al4V to develop custom implants. Our study 
was carried out as a quality control step to select the 
best companies to co-produce custom implants with and 
guarantee high quality and safety to patients. 

2. Materials and methods
We designed a pelvic bone reconstructing implant (see 
Figure 1) to be manufactured by as many companies as 
possible. The objective was to simulate the collaborative 
process of co-producing a pelvic implant with several 
manufacturers to achieve the best possible performance 
and quality. Participation in this study was voluntary. The 
resulting information is presented anonymously to respect 
the confidentiality of the participating companies. 

2.1. Selection of companies
The companies selected for this study adhered to the 
criteria as follows: (i) a medical device manufacturer of 
titanium custom orthopedic implants using AM; (ii) a 
medical device manufacturer that provides services to 
Spain (being located in Spain was not required); (iii) a 
medical device manufacturer that is willing to collaborate 
for the co-development of custom orthopedic implants for 
clinical use; and (iv) a medical device manufacturer that is 
willing to collaborate for the purpose of this study.

A total of 13 companies based in several locations 
around Europe were identified as potential participants. 

Figure 1. 3D CAD design of the pelvic implant designed to evaluate several manufacturing features including four different surfaces of lattice structures (L), 
three extracortical plates, some screw holes as well as a threaded hole marked in red. 

Keywords: Custom implants; Ti6Al4V; Powder bed fusion; Implant quality; Defects; Quality control
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A first meeting was held individually with all of them. Six 
companies did not meet the above-mentioned criteria; 
therefore, they were disqualified for participating in the 
study. The other seven companies were evaluated.

2.2. Implant test design
The pelvic implant was modeled with Unigraphics NX 
(Siemens, Texas, US), Geomagic Freeform Plus 2021 
(3D Systems, Rock Hill, US), and nTopology software 
(nTopology, New York, US) simulating a reconstruction 
to remove a pelvic tumor. A variety of design features 
were added with the purpose of testing the manufacturing 
capacity of the companies and not for clinical reasons. 
These included several screw holes, flanges, and four 
surfaces of porous structures with different architectures. 
Several diamond and gyroid structures were chosen with a 
minimum beam thickness of 0.6 mm for lattices 1, 3, and 4 
(L1, L3, and L4) and 0.5 mm for lattice 2 (L2). 

2.3. Design transfer for fabrication

2.3.1. Manufacturing specifications proposed
There are no standardized manufacturing requirements 
for the optimal AM of pelvic custom implants. Therefore, 
the following general specifications were prepared 
based on the literature and authors’ experience, and 
communicated to the companies prior to manufacturing. 
These specifications were defined as general requirements 
to be discussed with the companies so their manufacturing 
processes and standards could be identified and noted. 

•	 Material: Ti6Al4V, the gold-standard material to 
produce pelvic reconstructions and other load-
bearing hard tissue due to its biocompatibility, 
mechanical properties, and corrosion 
resistance.10,11 

•	 AM technology: either SLM or EBM, the most 
commonly used techniques to fabricate metallic 
custom implants.7

•	 Maximum density to achieve, 100% if possible, 
preventing voids as porosity is known to 
negatively impact the mechanical properties of 
SLM and EBM parts.3

•	 Avoid residual stresses from non-uniform heat. 
The cooling rate during additive manufacturing 
alters the microstructure of the part, affecting 
mechanical performance.7

•	 Hot isostatic pressing (HIP) to eliminate residual 
porosity and improve fatigue strength.2,12

•	 Manufacturing of a standard metric thread  
(M12 x 1.75) in a specific hole (see Figure 1) as 
per drawings provided.

•	 Surface finish as per drawings provided, showing 
several ranges of rugosity from polished surfaces 
to “as built” surfaces in various areas of the 
implant. The purpose was to discuss with each 
manufacturer what different types of surface 
finishes they were able to perform and apply them 
to the prototype as a sample. This was requested to 
account for the variability of surfaces required on 
metallic implants in different areas and different 
functions. Surface roughness and controlled 
topography can facilitate cell attachment and 
improve osseointegration and bone healing.13 
However, there are areas in implants that are 
preferred to be smoothly polished to increase 
soft tissue-to-surface contact, reduce wear debris, 
and improve dynamic contact for articulating 
devices.14

•	 General tolerance ranging from 0.1 to 0.2 mm.

•	 Prototype not for clinical use.

•	 Maximum quality to achieve: prototype to be 
evaluated in terms of quality of manufacture.

2.3.2. Manufacturing specifications agreed
A second round of meetings was held with six out of 
seven companies that requested a discussion about 
the manufacturing specifications. We will refer to the 
companies as “Company N” (CN) in the remaining 
paragraphs. Only company 7 (C7) gave no feedback and 
sent the manufactured part directly without consultations. 
For the other six companies, the manufacturing 
specifications were adapted to each company’s capabilities, 
resources, and standards, after discussion and agreement. 
The agreed requirements are given in Table 1. 

The feedback from companies about the 
manufacturing specifications was very diverse. C4 
and C6 produced with EBM technology, while the rest 
manufactured with SLM. Most companies were able 
to offer hybrid manufacturing combining AM with 
CNC machining except for C7. This company refused 
to manufacture the thread as they had to subcontract 
the operation. Only two companies, C5 and C6, agreed 
to perform the HIP treatment, and both of them had 
to outsource the process. C5 always perform HIP 
for orthopedic implants to improve their fatigue 
performance. C6 did not consider it necessary, but they 
performed it to follow our indications. The rest of the 
companies never perform HIP and had no experience 
about the process. With regard to surface finish, we asked 
the companies for their preferred surface finish for the 
pelvic implant. Consequently, the prototypes received 
present different matte, satin, and mirror finishes.  
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C2 had no preferences and decided to manufacture two 
prototypes, each one with a different surface finish. Some 
companies were able to achieve a tolerance of 0.1 mm, 
whereas others could not manufacture with this level of 
precision. However, all the companies confirmed they 
could achieve a manufacturing tolerance of 0.2 mm.

C5 provided feedback about the implant design and 
requested a modification of L2 to optimize manufacturing, 
predicting that this area would need support material 
that, when removed, would break the lattice. Therefore, 
the architecture for that L2 was thickened to improve 
manufacturing quality results following their feedback. 
This was agreed upon and assessed to have no effects 
on performance. C4 expressed their concerns about the 
orientation of L2 and mentioned the need to design the 
lattice in accordance with the orientation of the part in the 
build. The rest of companies C1, C2, C3, C6, and C7 did 
not comment on any aspects of the implant design prior to 
fabrication. 

2.3.3. Data preparation
The companies showed a great variety of methods to prepare 
the CAD data for manufacture. Most of them required only 
the STL file of the entire implant. Some companies asked for 
separate STL files of the solid part and the lattice structures. 
One asked for separate files of the solid and the lattice areas 
in STEP format. All the data was prepared and provided to 
each company as requested.

2.4. Prototypes’ analyses and criteria for  
quality assessment
Companies and their respective prototypes were evaluated 
according to the following criteria: visual inspection, 
geometrical precision analysis, and microstructural study. 

A visual inspection is the first qualitative assessment that 
helps identify macro defects, important inconsistencies, and 
large geometrical deviations.

Geometrical precision is crucial to reconstruct a 
bone defect. An accurate fit between the implant and the 
remaining bone is required for good performance and to 
facilitate osseointegration.13 Dimensional accuracy in lattice 
structures is also mandatory as they allow for soft tissue 
adherence and vascularization within the implant and affect 
the scaffold mechanical properties.15 Geometrical deviations 
outside the agreed-upon manufacturing tolerances cannot 
be allowed because non-compliance could possibly cause 
some risks to patients.

The internal integrity of the parts was also critical in the 
evaluation due to the biomechanical functionality of a pelvic 
implant, considering that microstructural defects could lead 
to early failure.16 Ti6Al4V is a dual-phase material composed 
of α phase and β phase, and the different crystal structures 
determine the mechanical properties of the parts.17,18 Pelvic 
implants are subjected to high patient loading; therefore, 
the fatigue strength should be optimized. Fatigue strength 
is extremely sensitive to localized and non-uniform heat, 
porosity, surface defects, and uncontrolled cooling cycles 
during fabrication.19,20 Therefore, we qualitatively inspected 
the microstructure of each sample by analyzing: (i) integrity 
of the surface, as irregularities in the surface can lead to 
crack initiations;8 (ii) porosity in the periphery of the part 
as well as internally in the matrix, as the fatigue strength 
significantly degrades when pores are developed;3 and (iii) 
morphology of the grains which will determine the tenacity, 
elasticity, and mechanical properties of the components.3

Communication between designer and manufacturer 
was also a factor to consider in the assessment. This 
communication needs to be optimal to guarantee that 
manufacturing capacities can meet product requirements, 
so design results are appropriate for the fabrication resources 
of each company. Furthermore, the Design for Additive 
Manufacturing (DfAM) discipline should be practiced to 
improve product performance in all lifecycle stages.21 

Table 1. Manufacturing specifications agreed by each company

Company
Manufacturing specifications Design feedback 

for AMAM technique Stress relief HIP Thread AM + machining Main surface finish

C1 SLM Yes No Yes Yes Mirror finish No

C2 SLM Yes No Yes Yes Matte and mirror 
finish  (2 prototypes) No

C3 SLM Yes No Yes Yes Matte finish No

C4 EBM No No Yes Yes Satin finish Yes

C5 SLM Yes Yes Yes Yes Mirror finish Yes

C6 EBM No Yes Yes Yes Matte finish No

C7 SLM Yes No No No Matte finish No

Abbreviations: AM, additive manufacturing; C, company, EBM, electron beam melting; HIP, hot isostatic pressing; SLM, selective laser melting.
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For a complete quality assessment of a pelvic implant 
production, further analyses should be included, such as 
porous structures, biocompatibility, adequate cleaning, 
and mechanical testing. In the current study, as a first step, 
we focused on geometrical accuracy and microstructural 
integrity of the parts to identify the best 3D printing 
practices in the industry. 

2.4.1. Visual inspection 
The main aspects evaluated were: (i) macro geometrical 
deviations: the prototypes were assembled to a polylactic 
anatomical model of the pelvic bone manufactured 
by fused deposition modeling, assessing their fit; this 
included an evaluation of the integrity of the lattice 
structures. Furthermore, a “pass” or “not pass” check 
was performed for the screw holes in the prototypes with 
real cortical screws of various sizes; (ii) the prototypes 
were produced following the specifications agreed before 
manufacturing; and (iii) the presence of residues from 
support material or powder that could reveal improper 
postprocessing and cleaning. 

2.4.2. Geometrical precision analysis
The prototypes manufactured were CT scanned with a 
Nikon XT H 225 scanner (Nikon, Tokyo, Japan) to obtain 
their digital geometry. The following parameters were used: 
150 kVp, 350 µA, 2.5 mm Cu filtration, and 40 µm voxel 
size. An automatic registration was performed between 
the scanned digital geometries and the CAD design files 
for each implant for comparison. Geometrical deviations 
were mapped and quantified with our own metrical 
module developed with 3D Slicer software, identifying 
nonconformities over the 0.2 mm permitted tolerance. The 
potential consequences these variations could have caused 
in surgery were explored. 

2.4.3. Microstructural analysis 
Eight samples were extracted from the longest extracortical 
plate (flange) of the eight implant prototypes so that the 
surfaces for analysis were parallel to the building platform 
for each sample. The specimens were cut with an abrasive 
wheel, mechanically ground, polished with colloidal 
suspension, and etched with Kroll’s reagent. Microstructures 
were analyzed using a Zeiss Axio Scope A1 multi-faceted 
polarized light microscope (Zeiss Industrial Metrology, 
Oberkochen, Germany) at different stages: after polishing, 
to study the presence of defects at the periphery as well 
as in the central area of the samples; and after etching, to 
identify the material phases of this alpha-beta alloy and the 
microstructural grain morphology. 

Voids were analyzed by micrographic observation. 
For each sample, one of the side surfaces was ground 
and polished, but not etched. Then, the metallographic 

microscope was used to observe the polished surface of 
each sample with several magnifications. These images 
were obtained in similar light conditions and were 
binarized with the same threshold. 

2.4.4. Communication
A fluent communication between the implant designer 
and the manufacturer is crucial to develop defect-free AM 
parts. This communication was encouraged during all 
the stages of the study. The feedback from manufacturers 
assessing the feasibility of fabricating the proposed pelvic 
design with their manufacturing capacities was expected. 
When companies proposed modifications to optimize the 
design, to adapt it to their AM machines and processes, 
their feedback was considered if such amendments would 
not compromise implant function. 

3. Results
3.1. Prototypes manufactured
The eight prototypes manufactured by the seven companies 
are displayed in Figure 2. C2 manufactured two prototypes, 
P2 with mirror finish and P6 with matte finish.

The correspondence between the companies (C) that 
manufacture each of the prototypes (P) is presented in 
Table 2.

3.2. Prototypes analysis and quality assessment

3.2.1. Visual inspection
The visual inspection showed important irregularities in 
five out of the eight prototypes received. The main defects 
identified are described in Table 3 and displayed in Figure 3. 

3.2.2. Geometrical precision analysis
All the prototypes showed values of geometrical deviations 
over the 0.2 mm of tolerance permitted. However, some 
deviations were critical, and others could be ignored. The 
maximum deviation for P4, P5, and P6 was presented in 
very small and localized areas of lattice structures, and 
therefore, such deviations could be neglected with no 
clinical consequences. The mean deviations for these 
prototypes P4, P5, and P6 were 0.14 mm, 0.15 mm, 
and 0.14 mm, respectively, therefore within the 0.2 mm 
allowed. On the other hand, the rest of prototypes P1, 
P2, P3, P7, and P8 presented large maximum deviations 
of 3.00, 2.53, 4.94, 4.88, and 3.60 mm, respectively, 
that could have potentially compromised implant 
performance.15,22,23 The most recurrent issue was the 
inadequate fabrication of large areas of L2. Furthermore, 
for P2, P3, and P7, the mean deviation was also over 0.2 
mm, and these prototypes also presented some deviations 
in the extracortical plates. The qualitative and quantitative 
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results of the geometrical precision analysis are presented 
in Table 4.

3.2.3. Microstructural analysis
A summary of the results of the microstructural analysis 
including the morphology of the grains and the observation 

of porosity (in the periphery and in the center of each 
sample) are presented in Table 5.

The prototypes demonstrated differences in the 
microstructural morphology of the grains, and some 
defects that affected the integrity of the parts were found. 
The most critical one is P7, which showed a crack that 

Figure 2. The eight prototypes manufactured by the seven companies that participated in the study. Each company manufactured one prototype (P) except 
for C2, which manufactured P4 and P6.

Table 2. Correspondence between the seven companies that manufactured the eight prototypes 

Prototypes P1 P2 P3 P4 P5 P6 P7 P8

Manufactured by C1 C2 C3 C4 C5 C2 C6 C7

Each company manufactured one prototype except for C2, which manufactured P4 and P6. Abbreviations: C, company; P, prototype.

Table 3. Defects identified in each prototype during visual inspection

Prototype (company) Visual inspection defects

P1 (C1) •	 Partially broken L2 (Figure 3a); the issue was communicated before sending the part

P2 (C2) •	 Out of tolerance hole’s dimensions, wrong diameter and location (Figure 3b)

P3 (C3) •	 Partially broken L2
•	 Visible residues of support material (Figure 3c)

P4 (C4) •	 None

P5 (C5) •	 None

P6 (C2) •	 None

P7 (C6)

•	 Entire L2 missing (Figure 2)
•	 Mirror surface finish agreed, however matte finish delivered
•	 Sharp edge residue in the thread (Figure 3d)
•	 Cracks in the surface (Figure 3e)

P8 (C7)

•	 No thread performed and not communicated
•	 Missing corner of the plate (Figure 3f)
•	 Partially broken L2
•	 Visible residues of support material
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Figure 3. Superficial macrodefects identified during the visual inspection. (A) Lattice structure L2 partially broken in P1. (B) Hole manufactured in the 
wrong location and with the wrong diameter in P2. The red mark shows what the hole dimension and location should have been. (C) Residues of support 
material in P3. (D) Sharp edge from incomplete postprocessing in P7. (E) Cracks in the surface in P7. (F) Corner of the extra cortical plate broken in P8.

Table 4. Results of the quantitative geometrical precision analysis and an assessment of the clinical consequences that some 
deviations could have possibly caused in patients

Comparison of CAD design 
(green) and manufactured 
implant (red)

Numerical deviation color map between 
the CAD implant design and the scanned 
manufactured prototypes

Potential clinical consequences of  
geometrical deviations

P1 (C1)

Max: 3.00 mm
Mean: 0.16 mm
Std: 0.19 mm

•  Most of L2 missing
• � Potential compromised implant fixation, 

3 mm of deviation at tumor resection 
level, reduced biological and mechanical  
performance including osseointegra-
tion15,22,23 

P2 (C2)

Max: 2.53 mm
Mean: 0.22 mm
Std: 0.22 mm

• � 2.5 mm deviation in the plate,  
compromised fit15

• � 2 mm deviation of a hole’s diameter in 
plate, compromised screw fixation at the 
planned site15

• � 2.3 mm deviation located in only a  
few cells of L2, no clinical relevance

P3 (C3)

Max: 4.94 mm
Mean: 0.37 mm
Std: 0.53 mm

• � Most of L2 missing and partially L1 
broken, compromised implant fixation, 
reduced biological and mechanical  
performance including  
osseointegration15,22,23

• � 4.9 mm of deviation at tumor  
resection level

• � 3 mm deviation of plate geometry,  
compromised implant fitting on bone15

Continued...
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initiates on the surface and continued toward the center 
of the component, presenting a potential risk for early 
failure.24 P8 showed several discontinuities, such as cracks 
and large pores, in the surface. P2 and P6 showed the 
largest voids on the surface and in the center of the part. 

The morphology and typology of the pores were also 
varied. Pores with sharp edges (such as the ones in P8) 
and aligned pores (like in P2) were more damaging than 
homogeneously dispersed spherical pores (like the ones 
presented in P3).25 Pores in the periphery of the part were 

Table 4. Continued...

P4 (C4)

Max: 2.33 mm
Mean: 0.14 mm
Std: 0.14 mm

• � None; the maximum deviation (2.3 mm) 
is located in only a few cells of L2 and 
could be neglected

P5 (C5)

Max: 1.46 mm
Mean: 0.15 mm
Std: 0.63 mm

• � None; the maximum deviation (1.5 mm) 
is located in only a few cells of L3 and 
could be neglected

P6 (C2)
Max: 2.29 mm
Mean: 0.14 mm
Std: 0.13 mm

 

• � None; the maximum deviation (2.3 mm) 
is located in only a few cells of L1 and L2 
and could be neglected

P7 (C6)

Max: 4.88 mm
Mean: 0.37 mm
Std: 0.53 mm

• � Entire L2 missing; compromised implant 
fixation, 4.9 mm of deviation at tumor  
resection level, reduced biological and 
mechanical performance including 
osseointegration15,22,23

• � 1.7 mm deviation of extracortical plates’ 
geometry, compromised implant fitting 
on bone15

P8 (C7)
Max: 3.60 mm
Mean: 0.14 mm
Std: 0.28 mm

• � Most of L2 missing; compromised 
implant fixation, 3.6 mm of deviation at 
tumor resection level, reduced biological 
and mechanical performance including 
osseointegration15,22,23
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Table 5. Summary of the micrographs analysis from the eight samples evaluating porosity in the periphery and the center of the 
parts as well as grain morphology and phases

 Microstructure

Porosity in the periphery Porosity in the center Grain morphology and phases

P1
(C1)

Discontinuities in the surface that also 
penetrate toward the center of the part 
originating cracks. Small voids of spherical 
morphology around the matrix.

Several discontinuities of small size. Heterogeneous acicular morphology, dendritic 
distribution. Columnar grains, α phase  
alternated with β phase. 

P2
(C2)

Voluminous discontinuities at the edge of 
the part with rounded globular shape. 

A few discontinuities of small size. Very heterogeneous acicular morphology, 
dendritic distribution. Thinner columnar 
grains, α phase alternated with β phase. 

P3
(C3)

Gas porosity, small voids of spherical 
morphology.

Homogeneous distribution of numerous 
small discontinuities of globular shape. 

Heterogeneous thinner grain morphology, 
dendritic distribution. Columnar grains.  
More homogeneous structure. 

P4
(C4)

No defects in the surface, spherical discon-
tinuities of small size toward the center.

Low content of porosity. Heterogeneous acicular morphology, dendritic 
distribution. Columnar grains, α phase alter-
nated with β phase. 

Continued...
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Table 5. Continued...
P5
(C5)

No defects in the surface detected. Low content of porosity. Globular structure. Identifiable and homoge-
neous α and β phases. Equiaxed and small grains. 

P6
(C2)

Large inclusions and voids of spherical 
morphology toward the center of the part.

Many small discontinuities and some very 
large inclusions of spherical morphology.

Very heterogeneous acicular morphology, 
dendritic distribution. Columnar grains, α 
phase alternated with β phase.  

P7
(C6)

Thin cracks that originate in the surface 
and expand toward the center of the ma-
trix and less voids than previous samples.

Thin large cracks originated from the 
surface.

Heterogeneous acicular morphology, dendritic 
distribution, larger grains. Columnar grains, 
α phase alternated with β phase. 

P8
(C7)

Large voids of irregular morphology that 
grow toward the center and create some 
thin cracks. Indications of α case layer.

Several small discontinuities of globular 
shape and a few very large irregular ones.

Heterogeneous acicular morphology, dendritic 
distribution. Columnar grain structure. Thin-
ner grains and heterogeneity
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more likely to initiate a crack than those presented in the 
center of the component.20 P4 and P5 had no defects on 
the surface and low presence of voids.

P8 presented a visible layer of alpha-case which showed 
oxidation and corrosion. This layer could cause a negative 
effect on mechanical properties, such as ductility, fracture 
toughness, and fatigue life, of the part especially under 
dynamic loading.26

All the prototypes in this study, except for P5, 
demonstrated an acicular morphology with a dendritic 
distribution. The presence of columnar grains implies that 
the relationship between grain orientation and mechanical 
anisotropy must be considered, especially for a pelvic implant, 
subjected to high fatigue loading. In particular, P2, P6, and 
P8 showed more heterogeneity and thinner grains, which 
are indicators of an inadequate thermal management during 
production and least favorable mechanical responses.26

Only P5 presented a homogeneous and globular 
structure with equiaxed and small grains, displaying 
the best microstructure in this study that theoretically 
leads to the longest fatigue life.27 This is highly likely the 
consequence of applying the optimal thermal processes 
that achieved appropriate recrystallization from the typical 
acicular microstructure of PBF technology.18

3.2.4. Communication
The way companies managed communication during 
manufacturing was diverse. Most companies did not 
provide any feedback about the design of the part, not 
promoting DfAM practices and manufactured the STL 
file like a “service bureau” without adapting production 
process to the design or function of the component. C4 
and C5 adapted the production process to the function of 
the part, providing feedback about the design to optimize 
manufacturing and results. These two companies were the 
ones that provided P4 and P5, the best prototypes in terms 
of geometry and microstructural integrity.

4. Discussion
This study has provided the insights and trends on how 
some metal additive manufacturers produce custom 
medical devices in Europe. The analysis has been performed 
from a neutral perspective as none of the authors have any 
conflicts of interest with the companies, ensuring that the 
results are objective and reliable. 

Our results show that the current lack of standardization 
in the AM of metallic implants presents several challenges 
for the development of consistent and high-quality devices. 
It has also illustrated the variability among the companies 
when managing the fabrication of the same implant design. 
Each company had a tendency toward a preferred 3D 

printing technology (SLM or EBM), different machines, 
printing parameters, approaches to orientate the parts in the 
printing built, postprocessing strategies, communication 
approaches, etc. We even found variability in the regulatory 
pathway of the same implant. C3, C4, and C6 commercialize 
this type of pelvic implant as a class III medical device, while 
the remaining companies classified it as a class IIB device. 
Therefore, manufacturers demonstrated different workflows 
to produce the same implant. Due to these variables, the 
same implant design implied fabrication problems to some 
companies and no issues to others. Furthermore, these 
variations also produced parts with different microstructures 
and therefore, mechanical properties. Additionally, this 
study has proved that when the machine settings, process 
parameters, and postprocesses are not properly chosen, the 
resulting parts can show imperfections that could affect the 
integrity of the components.

The manufacturing specifications were defined as 
general requirements to be discussed with the companies, 
and they generated a variety of opinions. Firstly, there was 
a debate about which AM technology, SLM or EBM, is best 
for implant manufacture. These alternative technologies 
create distinct microstructures with different mechanical 
properties.28 Secondly, the need to perform thermal 
postprocesses such as HIP was controversial, potentially 
because adding an HIP procedure considerably increases 
the cost and time for development. Only two companies, 
C5 and C6, performed HIP. C5 always incorporates an HIP 
process to manufacture orthopedic implants. This company 
provided a complete metallurgy analysis that demonstrated 
how the HIP process enhanced the microstructure of the part 
and improved its fatigue strength. The literature supports 
this opinion for the development of parts that are subject 
to high fatigue loading.20 C6, on the other hand, does not 
apply HIP to their implants but performed it for this study. 
C4 applies HIP processes to some implants, but not usually 
to pelvic implants; therefore, they did not perform it for this 
prototype. The rest of companies believed HIP process is not 
required for the purpose of this pelvic component. 

All the manufacturers knew that the parts were going 
to be evaluated. However, several imperfections were 
identified in five out of the eight prototypes received. Further 
analyses are required to determine the actual clinical and 
mechanical consequences of such imperfections. In the 
visual inspection analysis, only three prototypes P4, P5, 
and P6 did not show any inconsistencies. In the geometrical 
precision evaluation, the same P4, P5, and P6 showed the 
lowest values of geometrical deviations with the maximum 
values located in small areas of lattice structures, which 
could be neglected. The other five prototypes, P1, P2, P3, 
P7, and P8, presented large maximum deviations of 3.00, 
2.53, 4.94, 4.88, and 3.60 mm, respectively, that could have 



AM evaluation of medical device companies

376Volume 10 Issue 2 (2024) doi: 10.36922/ijb.0140

International Journal of Bioprinting

potentially risked implant performance.14 It is important to 
highlight that all the companies participating in the study 
are already manufacturing implants that have been used in 
clinical practice. Most of these companies are ISO 13485 
certified, demonstrating that this compliance does not 
guarantee the high quality of the manufacturing. 

P3 and P7 showed maximum deviations of 5 mm. 
P7 was delivered without the entire L2 and without a 
warning or feedback about the issue. P1, P3, P7, and P8 
were provided with broken lattice structures, and only C1 
communicated the issue when shipping the part. Only 
P4, P5, and P6 produced L2 correctly. This demonstrates 
that the production workflow and printing parameters 
can determine whether a design feature is feasible to 
be manufactured or not. Manufacturers should assess 
whether they are capable of manufacturing a design with 
their resources and expertise, and identify potential design 
issues for optimal printing, applying DfAM practices. 
In this study, only two companies, C4 and C5, provided 
feedback about the design before fabrication to optimize 
it for AM. This highlights the need for improvement 
in DfAM habits among manufacturers. It is unknown 
whether the production issue for L2 was caused during 
printing or postprocessing, but the L2 architecture with 
a minimum beam thickness of 0.5 mm was confirmed to 
be achievable by all the companies prior to production. 
Another nonconformity was found in P2, which had a 
hole 2 mm bigger in diameter and 2 mm out of the correct 
location. Interestingly, P6 was manufactured by the same 
company, but did not present any geometrical deviations, 
showing the inconsistency of the same company in the 
quality delivered. 

The microstructural analysis also showed some 
deficiencies such as large pores and cracks in the surfaces, 
mainly in P8 but also in P1 and P2, that could potentially 
trigger early fractures. Different grain morphologies 
were also found between the prototypes. We estimated a 
potential ranking of microstructures, from the best to the 
worst, as follows: P5, P3, P4, P1, P6, P2, P8, and P7. 

P5 demonstrated to be the most superior prototype for the 
particular function of the pelvic reconstruction. This is revealed 
in the accuracy of the geometry, the homogeneity of the implant 
surfaces, the low content of porosity in the sample analyzed, 
and the globular morphology of the grain and homogeneous 
alpha and beta phases. Metal AM parts, especially in PBF, 
usually show columnar-oriented microstructures.3 The 
production of P5 achieved recrystallization and transformed 
the columnar microstructure to equiaxed microstructure 
with homogeneous and globular small equiaxed grains. This 
microstructure has been demonstrated to provide better 

fatigue strength than heterogeneous morphologies20 and 
could have been a consequence of correctly applying thermal 
methods such as HIP.12 

The rest of the prototypes present heterogeneous grain 
morphology with dendritic distributions. P3 could be 
next in the ranking as it shows the most homogeneous 
microstructure after P5 and the porosity is of spherical 
morphology.29 P4 could be third as it exhibits no defects in 
the surface and low content of porosity.30 P1 demonstrated 
some discontinuities in the surface and in the matrix, but 
the grain morphology was more favorable than P6, P2, and 
P8, that showed very heterogeneous grain morphology and 
thinner grains than the rest of prototypes, indicating the 
least favorable mechanical responses.26 P6 and P2 (similarly 
manufactured by C2) presented similarities with some 
very large inclusions.31 The latter was more favorable as it 
presented less inclusions in the matrix. P8 could be next 
as it showed a visible layer of alpha-case, which indicates 
oxidation and corrosion. This layer can cause a negative 
effect on the mechanical properties of the part such as 
ductility, fracture toughness, and fatigue life, especially 
under dynamic loading.25

P7 presented the most harmful defect for the integrity 
of the part. Although the microstructure had favorably 
large grains, the part showed an internal crack originating 
in the surface that extended toward the center of the 
matrix, potentially leading to early failure. Furthermore, 
the component was delivered with the entire surface of 
lattice L2 missing, registering deviations of up to 5 mm. It 
was also sent with a matte finish, although a mirror finish 
had been agreed before production. Yet, C6, the company 
that produced P7, is legally certified to commercialize class 
III custom implants and complies with the ISO 13485.

It is important to find a balance between postprocessing, 
costs, and functionality during the production of a 
specific implant. Thermal postprocesses can improve 
mechanical performance but also have an effect on 
manufacturing costs. The optimal microstructure required 
for a maxillofacial cranial plate may be different than for 
a pelvic reconstruction as the former is not subjected to 
high fatigue loading, as opposed to the latter. Therefore, 
they may need different production steps. With the lack 
of regulatory and standardization guidelines to develop 
specific implants with AM, engineers must think critically 
about what production process is required according 
to the biomechanical requirements of the patient. The 
different implant requirements are going to determine the 
characterization of the material and manufacturing steps 
to achieve a balance between microstructure, mechanical 
properties, and cost for each individual application. 
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There also exists a high variability of custom implant 
prices stipulated by different manufacturers that we must 
critically analyze. More postprocesses will lead to higher 
costs. However, high costs are not always a guarantee for 
good quality but a consequence of several factors, such as 
process subcontracting, machines barely being used (low 
volume of production), or marketing decisions. On the 
other hand, quick and cheap manufacturing may be an 
indication for an inappropriate production, especially for 
complex high load-bearing implants, which potentially 
could require better microstructures. This is an important 
consideration in a time where we are proving the benefits 
of AM custom implants,32-34 but their prices constitute a 
barrier for a wider clinical application, especially in public 
healthcare administrations.

Surgeons are usually the decision makers that choose 
which implants and companies to use for each specific 
surgery. Their decisions are generally based on company 
availability and costs rather than quality inspections. When 
an implant is received for surgery, surgeons assume that it is 
going to comply with its purposes; therefore, no inspection 
is carried out. Even if a visual check is performed, the most 
detrimental defects could be the invisible ones, as shown in 
this study. Therefore, while regulatory bodies work on creating 
validation strategies and standards to characterize what a 
high-quality implant is according to specific functionalities, 
surgeons should work closely with implant developers 
to understand the current limitations of AM. Moreover, 
surgeons and hospitals should choose the companies to 
collaborate with based on a proven characterization of 
the manufacturing quality, not only relying on ISO13485 
compliance. This paper could be used as a guideline to 
quickly inspect received parts from manufacturers.

Other decisive aspects to control during the development 
of 3D-printed implantable devices not included in this 
study are: the analysis of porous structures; the evaluation 
of biocompatibility; the performance of fatigue testing; the 
cleaning of the prototypes after postprocessing, especially 
in the areas of the porous structures; and the quality of 
the raw material, which is key to achieving the highest 
performance in the final part. Parameters of the powder, 
such as composition, size, surface morphology, shape, 
and quantity of internal porosity, could influence part 
performance.35 Companies usually recycle powder a few 
times, so controlling that the chemical composition of 
the powder remains within alloy-specific specifications is 
vital. Recycled powder could present contamination from 
powder recovery and reaction with oxygen, nitrogen, or 
other gases.36 

There are some limitations in this study. Firstly, the 
participating companies assumed the manufacturing cost of 
the part which could have limited the resources dedicated to 
the implant production. Secondly, the implants were going 
to be a test and not to be used in clinical practice. However, 
as companies were fully aware of the objective of this 
study, they applied their usual production workflows to the 
manufacturing of the evaluated prototypes. Consequently, 
the parts were representative of the companies’ production 
standards. Thirdly, the micrographs in our study were 
taken from a sample of the flange extracted from each 
prototype, and therefore, the microstructural analysis 
could not be extrapolated to the entire component. A 
computed tomography (CT) analysis of each prototype 
should be performed for an accurate characterization of 
the prototypes’ porosity.

5. Conclusion
To our knowledge, this is the first study evaluating the 
production process of several custom implant additive 
manufacturers based on a geometrical and a microstructural 
inspection of the same pelvic implant fabrication.

The results confirm the lack of standardization in the 
medical device industry and highlight the urgent need for 
standards that regulate the safe and consistent development 
of 3D-printed implants. It has also demonstrated the 
evidence of geometrical and structural defects in some of 
the implants analyzed that could potentially compromise 
implant function and safety. However, further analyses are 
required to determine the actual clinical and mechanical 
consequences of such imperfections. Therefore, this study 
could be used by: (i) regulatory bodies to help control the 
production and certification of AM implants; and by (ii) 
surgeons and engineers as a guideline to inspect received 
parts from manufacturers. The data presented have also 
revealed that there are some manufacturers developing 
defect-free titanium components. These results provide 
evidence that AM can be a valid manufacturing method to 
fabricate implants when it is adequately operated.
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Abstract
The bioink mixing process is highly relevant to the bioink quality, which is the 
basis for reproducible extrusion-based three-dimensional (3D) bioprinting (EBB). 
Currently, most bioinks mixed by skilled human operators show variations in terms 
of cell homogeneity and biological properties as well as other properties. For 
preparation of many types of bioinks, striking the balance between homogeneity 
and cell viability remains a major challenge. This study investigates the relationship 
between bioink homogeneity and mixing parameters, particularly mixing speed and 
number of exchanges, utilizing a customized automated device. We found that up to 
a certain point, increasing the rate of mixing led to a better distribution of cells within 
the bioink, but beyond that point, there was a detrimental effect on cell viability. In 
contrast, the mixing number had less impact on the physiological properties of the 
cells in the bioink. Furthermore, a comparison between skilled human and machine 
bioink mixing revealed that the machine consistently provided better outcomes 
in terms of bioink homogeneity, cell distribution, and cell viability, highlighting 
the advantages and importance of standardizing the bioink mixing process. The 
methodology and approaches in this study can improve the reproducibility and 
reliability of EBB bioink and may thereby advance the field of 3D bioprinting in 
various applications.

Keywords: Bioink; Hydrogel mixing; Mixing device; Bioprinting; Homogeneity;  
Cell viability

1. Introduction
Bioprinting has become a widely used technology in various fields of biomedical 
research.1-3 Among the different methodologies, extrusion-based bioprinting (EBB) has 
become the most widely used approach.4,5 This is primarily attributed to its affordability 
and maneuverability, which allow for the creation of intricate three-dimensional (3D) 
structures that closely resemble the architecture and microenvironment of native tissues. 
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By enabling the direct spatial deposition of living cells and 
biomaterials, EBB offers great potential for advancing 
tissue engineering and regenerative medicine.6,7 A critical 
component of the EBB process is the bioink, which is 
extruded as a continuous strand and can be stacked to 
fabricate 3D objects. Consequently, the properties of 
the bioink significantly influence printability, structural 
stability, cell growth, and differentiation by acting as 
essential physical support. However, current bioinks still 
face numerous limitations, with one of the major challenges 
being the preparation of the bioinks in a reproducible and 
cell-friendly manner. Achieving consistency would ensure 
a precise and consistent bioprinting process that maintains 
high cell biocompatibility.8

The preparation of bioinks dictates the success of EBB 
technology, as it directly impacts the quality of the printed 
constructs and the biological properties of the encapsulated 
cells.9 Inhomogeneous bioink can lead to nozzle clogging, 
structural collapse, uneven cell distribution, and variations 
at different stages of bioprinting.10 The inconsistency of the 
matrix components can cause an unstable viscosity of the 
bioink, while the uneven distribution of cells can result in 
cell aggregation and cell vacancy. This can negatively affect 
the printability and resolution of the bioprinted constructs 
and hamper the accuracy of the experimental outcomes.

For the sake of clarity, we define homogeneity as the 
uniformity of the bioink mixture, which significantly 
influences the printability, structural integrity, and cell 
distribution of the printed constructs. Conversely, cell 
viability refers to the ability of the encapsulated cells to 
survive and maintain their biological function during and 
after the printing process. However, these two factors, 
homogeneity and cell viability, often pose a challenge 
during bioink preparation, and one factor generally works 
against the other. Thorough and unstinted mixing is a 
common approach to obtain a homogeneous mixture, but 
it can potentially harm the encapsulated cells. A high rate 
of mixing and/or too long a duration may even irreversibly 
disrupt the interactions among hydrogel molecules, such 
as entangled structures, as well as covalent or non-covalent 
bonds.11 Compared to other bioprinting methods such 
as stereolithography and inkjet bioprinting, this issue is 
particularly pronounced in EBB, which requires a higher 
viscosity bioink than the other techniques.

To achieve a homogeneous bioink for EBB, several 
techniques have been developed for blending the 
components. The pipetting method and spatula mixing 
are simple approaches that involve placing the materials 
in a container and either pipetting them up and down 
or stirring them manually. However, both methods 
introduce air bubbles during the mixing process. Many 
companies provide two-in-one-out mixing kits, which 

enable rapid bioink mixing.12 These kits, however, have 
design limitations such as constraining the volume ratio 
between the cell suspension and bioink. Additionally, 
these devices suffer from an inherently big loss of material 
due to the dead volume of the mixing chamber. In some 
laboratories, a planetary mixer is utilized to prepare viscous 
mixtures.13,14 This method is good for reproducibility, but 
it still presents difficulties in cartridge loading for EBB 
purposes. One widely used approach is the syringe coupler 
method, which involves mixing the materials using two 
syringes by repeatedly pushing the plungers back and 
forth. This method has gained significant popularity 
in EBB bioink preparation due to its cost-effectiveness, 
reduced waste, avoidance of air entrapment, and low 
risk of contamination.15-19 When using a syringe coupler 
to mix bioinks, two crucial parameters are the speed at 
which the plungers are pushed and the number of pushes 
performed, referred to as mixing speed and mixing 
exchanges, respectively.

Like other mixing methods, the syringe coupler 
method also faces the challenge of balancing between 
bioink homogeneity and cell viability, particularly when 
dealing with viscous bioinks. To address this issue, Dani et 
al. made improvements by exploring customized couplers 
with different inner geometries.20 They discovered that a 
screw-like mixing coupler yielded a homogeneous bioink 
with high cell viability after a lower number of exchanges. 
However, the relationship between mixing parameters 
(such as mixing speed and mixing exchanges) and bioink 
homogeneity/cell viability remains unclear. Further 
research is needed to better understand this relationship 
and achieve a balance between bioink homogeneity and 
cell viability, for ultimately improving the physical and 
biological quality of the fabricated constructs. This is 
crucial for enhancing the reliability of the bioprinting 
process. Additionally, it is worth noting that in most 
of the current studies, the researchers’ handling and 
experience in the bioink mixing process can lead to 
significant differences between individuals. This factor 
decreases the reproducibility of the bioprinting process, 
thereby influencing the subsequent experimental results. 
Thus, standardized protocols in bioink mixing to ensure 
consistent and reproducible outcomes in bioprinting are 
highly desirable.

In light of these challenges, the primary objective of 
this study is to establish a standardized approach for the 
bioink mixing process, thereby enabling precise control 
over bioink properties for EBB (Figure 1). This research 
comprehensively investigated the influence of various 
mixing parameters on bioink homogeneity and cell 
viability. A dedicated mixing device was developed to 
ensure reliable and reproducible operations of the desired 
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mixing parameters. By evaluating bioink homogeneity 
and cell viability under different mixing conditions, we 
sought to identify the optimal combination of parameters. 
Furthermore, a comparison was conducted between human 
mixing and machine mixing to assess the effects on cell 
distribution, cell viability, and rheological properties. This 
study demonstrates the critical importance of standardizing 
the bioink mixing process for bioprinting applications. The 
developed methodology provides valuable guidance for 
future research on bioink preparation, ultimately enhancing 
the quality and reliability of bioprinted constructs.

2. Materials and methods
2.1. Design and use of the mixing device
To ensure a controlled and consistent bioink mixing process, 
we developed an electronic mixing device, as depicted in 

Figure 2A and B. This device consists of a linear sliding table 
(Oumefarnfc9v7rz8m, Oumefar, Shenzhen, China), four 
endstops (JY-3DP-084, Jopto, Shenzhen, China), a stepper 
motor (42BYGH48, Oubang Transmission, Jiangsu, China), 
a stepper driver (TMC2100, Trinamic, Hamburg, Germany), 
a microcontroller unit (MCU; UNO R3, Arduino, Ivrea, 
Italy), and a touchscreen interface (starbun-776, Starbun, 
Shenzhen, China). In addition, all other plastic parts were 
designed on Creo Parametric (Parametric Technology 
Corporation, MA, USA) software and produced by fused 
deposition modeling (FDM; Monoprice Select Mini, Boston, 
CA, USA) and liquid crystal display (LCD; Original Prusa 
SL1S SPEED, Prague, Czech Republic) 3D printers, with 
white polylactic acid (PLA; PLA175bk1000, Amazon Basics, 
Munich, Germany) and transparent resin (tough clear 
VALUE resin; PrimaCreator, Malmö, Sweden), respectively. 

Figure 1. Schematic diagram of the experiment design in this study. Two syringes were loaded with a hydrogel and a cell suspension, respectively, before 
connecting with a coupler. The bioink mixing process was then performed manually by human operators or automatically by the machine. The mixed 
bioinks were evaluated and bioprinted.
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The components were optimized and assembled prior to 
program design, structural modeling, motion validation, 
and stability test. Parameters such as mixing speed, number 
of exchanges, and delay time can be set directly via the 
control unit on the mixing machine. These settings regulate 
the stepper motor, thereby controlling the movement of 
the sliding table. For hydrogel mixing, the loaded syringes 
(Omnifix Luer-Lock Solo 3 mL, B. Braun Melsungen AG, 
Melsungen, Germany) were introduced into the mixing 
unit, and the mixing process was carried out according to 
the settings.

2.2. Preliminary hydrogel mixing test
Sodium alginate solutions of varying concentrations (2%, 
4%, 6%, 8%, 10% (w/v)) were prepared by dissolving 
sodium alginate powder (W201502-1KG, Sigma, Shanghai, 

China) in deionized water with magnetic stirring at 37°C 
overnight. To mimic the cell suspension and determine 
the blending state, an aqueous solution with 0.001% (w/v) 
methylene blue (M9140, Sigma, Munich, Germany) was 
used. For hydrogel mixing, the alginate solution and the 
methylene blue solution were loaded into separate syringes, 
which were then coupled and subjected to mixing process 
on the developed automated mixing device. Throughout 
the process, the mixing effect was observed and recorded 
using a digital camera (EOS 700D, Canon, Tokyo, Japan). 
The photos were subsequently evaluated by examining the 
distribution of the blue color and scored from 0 to 10 points.

2.3. Cell culture
HEK293-GFP cells (human embryonic kidney cells that 
express green fluorescence protein [GFP]) were purchased 

Figure 2. Design of the bioink mixing device and hydrogel mixing at different conditions. (A) The user determines the input parameters through the 
human–machine interface (HMI), which is connected to a microcontroller unit (MCU) that transmits the settings to the stepper motor. The motor finally 
drives the sliding table and thereby mediates mixing of the bioink. (B) A picture of the automated bioink mixing device. (C) Schematic of the working 
principle of the automated mixing device and hydrogel mixing in connected syringes.
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from GenTarget (GenTarget Inc., San Diego, CA, USA). 
These cells were cultured in low-glucose Dulbecco’s 
Modified Eagle Medium (DMEM; Biowest, Nuaillé, 
France) containing 10% fetal calf serum (FCS; c.c.pro, 
Oberdorla, Germany), 4.5 mg/mL glucose (Sigma), 2 mM 
L-glutamine (Biowest), and 1× non-essential amino acid 
(NEAA; Biowest). The HepaRG cell line was purchased 
from Biopredic International (Saint Gregoiré, France) 
and cultured in William’s E medium (Gibco, Paisley, UK) 
supplemented with 10% FCS, 2 mM L-glutamine, 5 µg/
mL Insulin (Sigma), and 50 µM Hydrocortisone (Sigma). 
The human non-small lung cancer cell line A549 (ACC 
107; DSMZ, Braunschweig, Germany) was cultured in 
high-glucose DMEM (Biowest) with 10% FCS and 2 
mM L-glutamine (Biowest). All cell lines were cultured 
in a 37°C incubator with 5% CO2. Upon reaching 75% 
confluence, the cells were washed with phosphate-buffered 
saline (PBS; Biowest) prior to harvesting using trypsin-
EDTA (Biowest) for either passaging or bioink mixing.

2.4. Bioink mixing process
Three different hydrogels were prepared according to the 
specifications outlined in Table 1: Alginate and the blend 
of gelatin/alginate are widely used natural hydrogels for 
bioink preparation. Gelatin (G2500-500G) used in this 
experiment was obtained from Sigma (St. Louis, MO, 
USA). Poly(acrylic acid) (PAA; Carbopol 940, Acros 
Organics, Belgium) is a synthetic component with high 
biocompatibility. The respective powder components 
were dissolved in complete medium and stirred overnight 
at 37°C. Subsequently, 1 mL of the resulting hydrogel 
was loaded into a syringe, while 0.9 mL cell suspension 
(2 × 107 cells) and 0.1 mL 1 M CaSO4 suspension were 
combined in a separate syringe. In the case of PAA bioink 
mixing, 0.1 mL CaSO4 suspension was replaced by 0.1 mL 
complete medium.

For mixing of the bioink, two syringes were loaded 
with materials and carefully connected using a female Luer 
thread style coupler (Masterflex, Gelsenkirchen, Germany) 
without introducing air bubbles. The connected syringes 
were then placed on the sliding platform with the syringe 
barrels secured, while the thumb rests were appropriately 
positioned at both ends. Once the parameters were set, 

the program executed the predetermined settings, causing 
the sliding platform to move the syringe barrels back and 
forth in a highly controllable manner. The mixing process 
was terminated according to the specified parameters. 
For comparison, the mixing process was also carried out 
manually by human operators.

2.5. Bioink characterization
Following the mixing process, the bioink was transferred 
into a cartridge for further evaluation of cell distribution 
and viability. A sample of 0.5 mL bioink was taken from 
three different positions (start, middle, and end) within 
the cartridge and placed onto a glass slide. As illustrated in 
Figure S1A (Supplementary File), the bioink sample was 
compressed into a thin layer by a cover slide held up by 
two 100-µm-thick spacers. The resulting bioink layer was 
observed under a fluorescence microscope (Observer Z1, 
Zeiss, Jena, Germany) to assess the distribution of cells 
within the bioink.

Metabolic activity of the cells was also quantified 
after bioprinting using the tetrazolium hydroxide salt 
(XTT, (2,3-Bis-(2-Methoxy-4-Nitro-5-Sulfophenyl)-
2H-Tetrazolium-5-Carboxanilide) assay according to 
the manufacturer’s instructions (Thermo Fisher, Kandel, 
Germany). The mixed bioink from the aforementioned 
positions was printed as single-layer disc constructs 
into a 48-well plate using an extrusion-based printhead 
equipped with a 22G nozzle on a regenHU bioprinter (3D 
discovery, regenHU, Switzerland). After printing, 300 µL 
of complete medium supplemented with 20 mM CaCl2 
(Roth, Karlsruhe, Germany) were added to each well. 
The XTT assay was performed 1 day after bioprinting by 
adding 150 µL of XTT working solution, which is a mixture 
of 1 mg/mL XTT solution and 3.83 mg/mL phenazine 
methosulfate (PMS, AppliChem, Darmstadt, Germany) 
at a volume ratio of 500:1. Following a 4-h incubation 
period, 100 µL supernatant from each well was transferred 
to a 96-well plate for absorbance measurement at 450 nm 
(with 620 nm as the reference wavelength) in a microplate 
reader (Sunrise, Tecan, Männedorf, Switzerland). Cell-
free constructs were included as background control, and 
all absorbance values were corrected by subtracting the 
corresponding background value.

Table 1. Formula of hydrogels for bioink mixing in this study

Hydrogel Solute Solvent Note

6% alginate 3 g sodium alginate 50 mL complete medium N/A

6% gelatin + 4% alginate 3 g gelatin
2 g sodium alginate

50 mL complete medium N/A

2% PAA 1 g PAA 50 mL complete medium pH neutralized using 10 M NaOH 
solution after dissolving
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Cell viability assays were also performed using a 
viability/cytotoxicity kit (Thermo Fisher Scientific, 
Waltham, MA, USA). After 1 day in culture, the bioprinted 
constructs were incubated with phenol red-free RPMI 
(Biowest) containing 2 µM calcein acetoxymethyl ester 
(calcein AM) and 2 µM ethidium homodimer-1 for 30 min 
after supernatant removal and PBS washing. The green 
(live) and red (dead) signals were then analyzed by the 
fluorescence microscopy. For the constructs with HEK293-
GFP cells, calcein AM was not used due to the existing 
green fluorescence signal from the cells.

To examine the entire content of the cartridge, the 
bioink was printed in a zigzag pattern on a petri dish 
(Standard tissue culture dish 100; Sarstedt, Nümbrecht, 
Germany) and visualized using a universal imaging system 
(ChemiDoc™ MP, Bio-Rad, Hercules, CA, USA). The Alexa 
488 mode with an exposure time of 0.5 s was utilized to 
excite GFP in stably transfected HEK293 cells and to 
capture the images. The images were further processed 
using ImageJ software (ImageJ 1.53e, National Institutes of 
Health, Bethesda, MD, USA).

2.6. Rheological measurement
The rheological properties of the bioink were characterized 
using a rotational rheometer (Anton Paar, Physics MCR 
301, Graz, Austria) equipped with a steel parallel plate 
(25 mm diameter) at a temperature of 25°C. A frequency 
sweep test was conducted over a range of 0.1 to 100 Hz at a 
constant shear strain of 0.1%. This test provided information 
on the viscoelastic behavior of the bioink over a range 
of frequencies. In addition, a shear rate sweep mode was 
performed to assess the flow behavior of the bioink between 
0.01 s-1 and 300 s-1. To evaluate the thixotropic behavior 
of the bioinks, a three-step shear amplitude switching test 
(0.01%, 200%, and 0.01%) was employed at 1 Hz. This 
testing allowed characterizing the bioink’s ability to recover 
its viscosity and structural properties after shearing and thus 
distinguished between permanent and reversible damage.

2.7. Printability evaluation
To assess the printability of the bioinks, different 
evaluation methods have been reported.21,22 Similarly, 
various constructs were printed on a glass slide using a 
syringe pump printhead equipped with a 22G nozzle on 
a regenHU 3D discovery bioprinter. After printing, the 
constructs were imaged by a digital camera to evaluate 
the uniformity of the bioinks deposition and assess the 
quality of the printed structures, providing insights into 
the homogeneity and printability of the bioinks.

2.8. Statistical analysis
All experiments were performed in triplicate, and the data 
are presented as mean ± standard deviation (SD), unless 

otherwise stated. One-way ANOVA in Prism 9 (GraphPad, 
Boston, MA, USA) was used to analyze the results, which 
were considered to be statistically significant at levels of *p 
< 0.05, **p < 0.01, ***p < 0.001, and ****p < 0.0001.

3. Results
3.1. Bioink mixing by human operators
Generally, bioinks can be mixed manually using two 
connected syringes. To assess the inter-individual 
variability of manual mixing, three human operators with 
different levels of experience were selected to perform 
bioink mixing to compare their bioink preparation. The test 
operators mixed an ink of two components, a 6% alginate 
hydrogel and a HEK293-GFP cell suspension. The obtained 
mixture contained 3% alginate and 107 HEK293-GFP cells/
mL, the alginate concentration and cell density of which 
were reported to be suitable for bioprinting.23-26 The GFP 
expressed by HEK293-GFP cells allows easy observation of 
cell distribution under a fluorescence microscope.

We found substantial differences in both cell 
distribution and cell viability between the bioinks mixed 
by different operators(Figure 3). When operator 1 mixed 
the bioink, the cells were distributed relatively evenly in 
different positions within the cartridge, but some small cell 
aggregates were present, and the cell viability was extremely 
low (Figure 3A and B). Although the viability was higher 
after mixing by operator 2, cells aggregated in numerous 
clusters, indicating a high level of inhomogeneity in the 
bioink. Bioink preparation by operator 3 resulted in even 
higher cell viability and a better cell distribution, but 
variations were found to be high among different positions. 
Interestingly, the variation caused by mixing by different 
operators was much more pronounced than that caused by 
different mixing by a certain operator.

To improve the bioink quality and reduce experience-
dependent variability, all operators were introduced 
to use conditions which were identified to give good 
mixing results in our preliminary experiments, i.e., initial 
mixing at an intermediate speed of approximately 2 s/
repetition for 80 repetitions, followed by slow mixing for 
4 repetitions every 3 min, so that the total incubation time 
was approximately 15 min. These guidelines improved 
the bioink quality somewhat with respect to homogeneity 
and cell viability. However, substantial differences in 
bioink quality still remained, even though all operators 
were tasked with using the same criteria. This is probably 
attributed to the inherent limitations of human operators 
in consistently and precisely implementing predetermined 
conditions. These initial experiments demonstrate 
that bioinks prepared by different individuals exhibit 
considerable differences. We therefore sought to improve 
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the bioink quality and the reproducibility of cell printing 
by using an automated, adjustable mixing device.

3.2. Hydrogel preparation by an automated machine
For the first optimization steps of the mixing device, 
sodium alginate was used to prepare a hydrogel, and an 
aqueous solution of 0.001% methylene blue represented 
the cell suspension with generally low viscosity. The 
mixing effect was evaluated by assessing the distribution of 
the blue color. Various concentrations of alginate hydrogels 
were prepared to obtain different viscosities. The alginate 
hydrogel and the methylene blue solution were filled into 
separate syringes. Mixing was performed using a fixed 
coupling of the syringes on the mixing device, where the 
components were extruded from one syringe into another 
by moving the syringe barrels (Figure 2C). Initially, alginate 
hydrogels of different concentrations were supplemented 
with methylene blue and mixed at a rate of 10 mm/s. As 
depicted in Figure 4A, homogeneity of the mixture was 
achieved in approximately 40–50 mixing exchanges at 
alginate concentrations of 4% or less. In contrast, for 
alginate concentrations of 6% and more, the required 
number of mixing exchanges increased substantially. At 

very high alginate concentrations exceeding 8%, even 
100 exchanges were insufficient to obtain a homogeneous 
hydrogel at 10 mm/s.

The mixing speed is a critical factor influencing the 
mixing process and the quality of the bioink, including 
its viscoelastic properties and biological performance. 
The higher flow rates can induce turbulence with eddies 
and swirls, facilitating homogeneous mixing,27,28 but can 
also be detrimental to the hydrogel components and 
cells. Therefore, we investigated the minimum number of 
exchanges required to obtain a homogeneous mixture of 
6% alginate and methylene blue solution at different mixing 
speeds. The results (Figure 4B) reveal that an extremely 
slow mixing speed of 1 mm/s did not yield a homogeneous 
bioink even after 100 exchanges, as the components were 
transferred between the two syringes in a steady manner 
of laminar flow (Figure S2 in Supplementary File). Mixing 
speeds above 5 mm/s proved to be more efficient, as 
more turbulent flow occurred and gradually dominated 
the flow behavior at higher exchange rates, requiring less 
than 100 exchanges to reach homogeneity. At a speed of 
50 mm/s, only 50 exchanges were required to obtain a 
homogenous solution.

Figure 3. Bioink mixing by human operators. The operators mixed the bioink manually based on their experience (A, B) or following given criteria (C, D). 
A hydrogel of 6% alginate and a suspension of HEK293-GFP were used for the mixing experiment. After bioink mixing, the cell distribution was analyzed 
under a fluorescence microscope, and the cell viability was evaluated using the XTT method. n = 3; data are expressed as mean ± SD; ****p < 0.0001 by 
one-way ANOVA.
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The volumes of the different components are also likely 
to make a difference for the mixing behavior. Therefore, 
the mixing process was further examined using different 
total volumes ranging from 1 mL to 3 mL at a speed of 
10 mm/s. As illustrated in Figure 4C, the number of 
exchanges required to achieve homogeneity increased 
with the volume of the mixed components due to their 
increased longitudinal dimensions.

Additionally, experiments were conducted with 
different volume ratios (methylene blue volume to alginate 
hydrogel volume) with a final alginate concentration of 
3% at 10 mm/s. As shown in Figure 4D, ratios of 1:3 and 
1:1 required the fewest number of exchanges to obtain 
homogeneous mixtures. For the case of 1:3 ratio, a lower 
initial alginate concentration of 4% was required to obtain 
a final value of 3%. This is lower than other ratios, with 
initial concentrations ranging from 4.5% to 12%, and 
therefore, the initial viscosity of the hydrogel component 
was the lowest. When methylene blue solution and 
hydrogel were mixed in equal volumes, both components 
had the maximum probability of overall distribution in 

the system before mixing. Both of them can facilitate the 
mixing effect.

3.3. Impact of mixing conditions on cell distribution 
and viability
Cell distribution and viability are greatly influenced by the 
mixing process, in addition to the bioprinting conditions. 
To investigate how the mixing process impacts bioink 
homogeneity and cell status, a systematic exploration 
was carried out with different mixing parameters. The 
two fundamental parameters for mixing bioink using a 
syringe coupler are the mixing speed and the number 
of exchanges. As described for the manual mixing 
experiments outlined above, a hydrogel consisting of 
6% alginate and a suspension of HEK293-GFP cells 
were used.

Initially, the components were mixed for 100 
exchanges at different speeds ranging from 5 mm/s to 
50 mm/s. As can be seen in the fluorescence microscopy 
images shown in Figure 5A, no substantial differences 
of cell distribution in samples from different positions 
were observed after 100 exchanges for any of the tested 

Figure 4. Hydrogel mixing at different conditions using the automated device. Hydrogel mixing was preliminarily explored for different alginate 
concentrations (A), mixing speeds (B), mixture volume (C), and volume ratios (methylene blue (MB) solution volume : alginate hydrogel volume) (D). 
Alginate concentration of 6% was tested (B, C), while various concentrations were used (D; Table S1 in Supplementary File). The mixing effect was assessed 
at regular intervals of exchanges during the process. The larger numbers indicate the better blending effect, and the black thick lines mark the critical point 
where the hydrogel reached a homogeneous state under the given conditions.
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speeds. In contrast, considerable formation of cell 
clusters was observed when using a lower mixing speed 
of 5 mm/s, indicating uneven mixing in microscale level. 
This observation was further conformed by the zigzag 
extrusion of the bioink, which contained numerous cell 
aggregates (Figure S1B in Supplementary File, white dots 
indicate a strong signal reflecting high local cell density, 
which is much greater than other areas displayed in dark 
purple). Cell distribution was substantially improved 
when the mixing speed increased to 10 mm/s, and the 

clustering was completely gone at speeds of 30 and 50 
mm/s. However, data from XTT assay revealed that 
the cell viability was significantly lower at speeds of 30 
and 50 mm/s (Figure 5B). In particular, a 50% decrease 
in viability was detected in cells subjected to a mixing 
speed of 50 mm/s, which caused severe shearing during 
the process. This strong shearing can be attributed to 
the extremely high flow rate (calculated to be around 
16 times the mixing speed) in the coupler area within a 
constrained shape (Figure 2C).

Figure 5. Influence of mixing condition on cell distribution and viability. A 6% alginate hydrogel and a HEK293-GFP cell suspension were mixed by the 
automated mixing device. The final bioink contained 3% alginate and had a cell density of 107 cells/mL. Fluorescence microscopy images show the cell 
distribution after mixing (A, C, E), and the absorbance in the XTT assays represents the metabolic activity of the cells 1 day after mixing and bioprinting 
(B, D, F). Influence of mixing speed (fixed exchange number of 100 times, referring to how many times the mixture was transferred from one syringe to 
another) (A, B), number of exchanges (fixed mixing speed of 10 mm/s) (C, D), and various combinations of mixing speed/mixing number (E, F). n = 3; 
data are expressed as mean ± SD; *p < 0.05, **p < 0.01, and ****p < 0.0001 by one-way ANOVA.
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The mixing process was further evaluated by varying 
the number of exchanges between 25 and 200 times at 
mixing speed of 10 mm/s. Again, cell distribution and 
viability were assessed following the mixing process 
(Figure 5C and D). Predictably, the analysis indicated that 
the homogeneity of the bioinks improved with increasing 
numbers of exchanges. Unexpectedly, however, the 
metabolic activity was almost unaffected by the number 
of exchanges, and even after 200 exchanges, only a slight 
decrease in metabolic activity was observed. Furthermore, 
the standard deviation between different experiments 
decreased at higher numbers of exchanges. Staining of 
dead cells with ethidium homodimer-1 did not indicate 
a substantially higher number of dead cells after 200 
exchanges compared to fewer exchanges (Figure S3 in 
Supplementary File).

Next, we tested various combinations of mixing speed 
and numbers of exchanges, as higher speeds tend to achieve 
homogenous bioinks at lower numbers of exchanges. As 
can be seen in Figure 5E and F, the combination of a low 
speed of 5 mm/s with a high number of exchanges (100 
times) failed to achieve homogeneity, consistent with the 
above-described results of the mixing speed test (Figure 
5A). The high-speed combinations of 30 mm/s and 70 
exchanges and of 50 mm/s with 50 exchanges resulted in 
homogeneous bioink mixtures with well-dispersed cells. 
However, cell viability was substantially reduced, with 
the difference for 50 mm/s with 50 exchanges reaching 
statistical significance. In contrast, the combination of 
a mixing speed of 10 mm/s and a mixing number of 80 
exchanges achieved comparatively good cell homogeneity, 
while maintaining high cell viability. To further improve 
the cell distribution in the bioink, the mixing speed 
was slightly increased to 15 mm/s at a mixing number 
of 80 exchanges. Compared to the speed of 10 mm/s, 
homogeneity was improved further without a decrease in 
cell viability (Figure S4 in Supplementary File). Thus, a 
speed of 15 mm/s and a mixing number of 80 exchanges 
gave the best overall performance, and the parameter 
combination was used for all subsequent experiments. The 
mixing process of an alginate hydrogel (6%) and methylene 
blue solution (0.001%) under these conditions is shown in 
Video S1 (Supplementary File).

3.4. Reproducibility of bioink mixing by machine
As described above, we found that bioinks produced by 
different human operators had inconsistent properties. 
We therefore assessed the bioink mixing by the automated 
device and compared its reproducibility to that of a 
relatively experienced human operator (No. 3 in the 
experiments above). Both man and machine mixed the 6% 
alginate hydrogel with the HEK293-GFP cell suspension. 

Subsequently, the cell distribution and viability were 
examined. As depicted in Figure 6A and B, the cell 
distribution and cell viability were considered generally 
satisfactory after mixing by the human operator. The cells 
were well-dispersed in the bioink, and the average cell 
viability was relatively high. However, cell viability had 
comparatively high variability in cells taken from either 
adjacent sites or different positions within the cartridge 
(Figure 6B). This can be attributed to insufficient mixing 
in the local regions and the longitudinal distribution of 
the cells by a poorly controllable mixing process. As a 
result, the average cell viability varied by more than 40% in 
some experiments.

In comparison, the machine had a substantially 
superior mixing performance in terms of both the cell 
homogeneity and cell viability (Figure 6C and 6D). 
The cells were distributed more evenly across different 
positions within the cartridge. The average cell viability 
was found to be slightly higher than that of human 
mixing. Importantly, the deviations of cell viability were 
lower for different positions in the cartridge and between 
independent experiments. Similar results were also found 
and confirmed in zigzag bioprinting of the bioinks (Figure 
6E and F). The favorable capability of the automated device 
was also validated using another cell line without GFP 
expression (HepaRG) immediately after bioink mixing and 
bioprinting process (Figure S5 in Supplementary File). 
The automated device thus produced bioinks with higher 
homogeneity, comparable cell viability, and superior 
reproducibility between multiple experiments compared 
to bioinks produced by a skilled human operator, who has 
rich experience in bioink mixing in the long-term practice. 
To investigate the influence on cell functions, the albumin 
secretion and cytochrome P450 3A4 (CYP3A4) activity 
were evaluated using HepaRG cell line, both of which are 
important liver function markers. The results indicate that 
HepaRG cells maintained the secretion level of albumin for 
both mixing groups from day 1 to day 7, while the values 
for CYP3A4 activity increased substantially (Figure S6 in 
Supplementary File). No significant difference was detected 
for the two mixing groups during the testing period. 
Therefore, bioink mixing executed by automated machine 
did not negatively impact cell functions compared to that 
by experienced human operator.

In addition, to evaluate cell distribution and viability, 
we also measured the rheological properties of the bioinks 
produced by the human operator or the automated mixing 
device. The rheological properties are of utmost importance 
for extrusion-based 3D bioprinting. The analysis revealed 
that all the bioinks after either human or machine mixing 
exhibited stability under the testing frequency ranging 
from 0.1 to 100 Hz (Figure 7A and B) and demonstrated 
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Figure 6. Reproducibility of bioink mixing performed by man or the automated mixing device. The alginate hydrogel of 6% and HEK293-GFP cells were 
mixed by a skilled operator or the machine. Cell distribution was observed right after mixing under the fluorescence microscope (A, C), and cell viability 
was measured 1 day after printing by XTT assays (B, D). The zigzag shapes were also extruded on the petri dishes to evaluate the homogeneity of the whole 
bioink in the cartridge (E, F). n = 3; data are expressed as mean ± SD; **p < 0.01 by one-way ANOVA.

shear-thinning behaviors (Figure 7C and D). Similarly, 
both bioinks transitioned into the liquid-like state (G’ < 
G’’) under shearing and recovered quickly into the solid-
like state (G’ > G’’) when shearing stopped (Figure 7E 
and F). However, the bioinks produced by the automated 

mixing device showed smaller deviations in modulus 
and viscosity compared to those mixed by the human 
operators. Furthermore, the recovery rate of the storage 
modulus reached a higher level in machine-mixed bioinks 
than human-mixed ones. These rheological findings 
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further support the results obtained by fluorescence 
microscopy and XTT assessment, indicating that machine 
mixing offers advantages with respect to properties and 
reproducibility of bioinks prepared for extrusion-based 3D 
bioprinting applications.

3.5. Bioink preparation by mixing device with 
different cell types and different hydrogels
For the experiments described so far, the optimized 
hydrogel was mixed with 6% alginate and HEK293-
GFP cells. To investigate whether the mixing device has 
a general applicability, different cell types from various 
organs and different hydrogels were used for further 
experiments. In addition to the HEK293-GFP (kidney) 
cells, HepaRG (liver) and A549 (lung) cells were used for 
further experiments. Following mixing with the automated 
device, cell viability, as determined by XTT assays, was 
high and had very small deviations for all cell types used 
(Figure 8A). The result of live/dead staining as shown in 
Figure 8B confirmed the favorable mixing effect regarding 

both cell distribution and physiological properties. Note 
that for HEK293-GFP cells, only dead cells were stained to 
fluoresce red with ethidium homodimer-1, as the inherent 
green fluorescence of GFP outshone green fluorescence 
from calcein AM after conversion by viable cells.

In the next step, extra hydrogels such as a blend of 
gelatin/alginate and the synthetic polymer PAA were 
also used in addition to the alginate hydrogel. Again, the 
automated mixing device produced bioinks with highly 
viable cells and low deviations (Figure 8C). Importantly, 
the cells were homogeneously distributed in the bioinks 
(Figure 8D). It is therefore reasonable to assume that 
the mixing device works with high reproducibility and 
performance for many cell types and hydrogels.

3.6. Printability of bioinks after mixing with the 
automated device
In addition to the previously discussed properties, 
printability is another crucial feature of bioinks, as it 
directly impacts the physiological properties of printed 

Figure 7. Rheological properties of bioinks after mixing by a human operator or the automated mixing device. The rheological behaviors of the bioinks 
after manual or machine mixing were measured by modes of frequency sweep (A, B), shear rate sweep (C, D), and 3-step shear strain switching test (E, F).
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constructs. To assess this aspect, we tested three different 
hydrogels: alginate, gelatin/alginate, and PAA, using the 
regenHU 3DDiscovery bioprinter to print various models 
on glass slides. As shown in Figure S7 (Supplementary 
File), all three bioinks can be extruded into continuous 
hydrogel filaments during printing, which is the 
fundamental requirement for extrusion-based bioprinting. 
We specifically tested the production of a waffle structure, 
as it is a popular model in 3D bioprinting research due to its 
simple and stable architecture, as well as its porosity which 
ensures a desirable level of cell survival.29-33 All bioinks 
mixed with the automated device were found to be suitable 
for printing the waffle model. Furthermore, the bioinks 
were also successfully used to print a pyramid model, 

which requires both high homogeneity and stiffness of the 
bioink. These results highlight the good printability of the 
bioinks after machine mixing.

4. Discussion
Hydrogels have been demonstrated to be highly effective 
matrices for 3D cell culture.34-36 Viscous hydrogels, in 
particular, have been extensively utilized as bioinks in 
EBB.37,38 These hydrogels not only create a suitable aqueous 
3D environment for cells, but also enable the fabrication 
of complex architectures with excellent printability and 
fidelity by preventing deformation driven by gravity or 
surface tension.7,39 The preparation of viscous bioinks, 
however, presents challenges. While vigorous methods 

Figure 8. Machine mixing of bioinks using different cell types and hydrogels. (A) Metabolic activity of different cell types after automated mixing with 6% 
alginate as evaluated by XTT assays 1 day after bioprinting. The values were normalized to the respective average for each cell type. Cell viability determined 
by live/dead staining. Cells were treated with calcein AM and ethidium homodimer-1 to stain living cells green and dead cells red. (C) Metabolic activity 
of HEK293-GFP cells in different hydrogels (alginate, alginate/gelatin, and PAA). The values were normalized to the respective average for each cell type. 
(D) Cell distribution as determined by fluorescence microscopy directly after mixing. n = 3; data are expressed as mean ± SD.
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ensure homogeneity of the bioinks, the shear force 
generated during the process may damage living cells.40

The syringe coupler method has been extensively used to 
prepare the EBB bioinks, which is a favorable technique for 
handling viscous hydrogels and components.15,20,41-44 After 
filling the material and expelling the air, the syringes were 
connected with a coupling piece (Luer coupler) to isolate 
the mixing components from the environment so that air 
bubbles and contamination risks can be largely avoided 
during the mixing process. Mixing speed and mixing 
exchanges are crucial parameters when using a syringe 
coupler to mix bioinks. We noticed that researchers in the 
field of 3D bioprinting rely on their individual experiences 
when preparing bioinks. These experiences can vary 
significantly between beginners and experienced operators. 
Typically, researchers acquire relevant knowledge through 
daily practice, education, and training.45,46 While not given 
sufficient attention in the past, bioink mixing is clearly an 
important parameter which, going forward, needs to be 
carefully documented and controlled. In this study, we 
simulated this scenario and found that different human 
operators produce bioink mixes that vary quite a little in 
quality, even when all other conditions remained the same.

This inconsistency can result in variations in research 
outcomes across different researchers and laboratories, and 
severely jeopardize the reproducibility of the experiments. 
The variability in manual movements can also result in 
cell damage or prevent the generation of a homogeneous 
bioink mixture. An appropriate approach to improve 
the experimental quality is to provide clear and detailed 
information for the bioink mixing procedure, based on 
which the experimenter might improve the performance 
and the experimental outcomes. However, this might still 
be insufficient to ensure the reproducibility of bioinks. Our 
findings indicate that bioinks can still exhibit significant 
variations depending on the mixing operator, even though 
the same instructions were followed. This can be attributed 
to factors such as physical strength, manual dexterity, prior 
experience, and attention to detail, which are difficult to 
change or control.47

To overcome the problem of inconsistent bioink 
preparation, we propose replacing human actions 
with machine motions of automated technology. This 
methodology can achieve a higher level of control and 
reproducibility. In our study, we developed a customized 
automated device for bioink mixing, which has a compact 
structure, convenient operation features, high compatibility, 
and a reliable control program. The machine can provide 
precise and repeatable movements during the mixing 
process, enabling exact setting of different parameters for 
bioink mixing in a highly controllable and effective manner.

When the mixing speed was very low, the system 
inside the syringes and the coupler exhibited laminar flow. 
Under these conditions, the components were transported 
along the longitudinal direction within the individual 
flow layer, and mixing of the layers of different density 
was almost entirely absent. Conversely, a high mixing 
speed induced turbulent flow, where the components 
were randomly moved across different layers by eddies.48 
Consequently, the cell suspension can be effectively spread 
out and dispersed into the hydrogel phase, resulting in a 
homogeneous bioink. However, speeds above a certain 
threshold caused substantial shear stress, which negatively 
affected the cells and even the hydrogel molecules. 
According to our systematic evaluation, a mixing speed at 
15 mm/s is sufficient for effectively blending the mixture of 
6% alginate and cell suspension without causing significant 
cell damage. In contrast to mixing speed, the mixing 
number was found to be a minor factor, exerting a minor 
influence on homogeneity and cell viability. Thus, the 
harsh shear stress induced by rapid and jerky movements 
of plungers is more detrimental to living cells than the 
cumulative impact of a higher mixing number.

In the next step, we compared the performance of 
the bioink mixing machine to that of a human operator. 
This assessment demonstrated a clear advantage of the 
automated system, which mixed bioinks with higher 
homogeneity and reproducibility than the human operator. 
To assess the general applicability of the standardized 
bioink mixing process by the automated device, we 
conducted experiments using different cell lines and 
hydrogel formulations. These experiments confirmed that 
the machine mixing approach could consistently produce 
homogeneous bioinks with high cell viability using various 
common bioink compositions, regardless of the specific 
cell line or hydrogel formulation used.

Although overall outcomes were positive, it is important 
to acknowledge that the applied parameters might be not 
optimal for all scenarios. Different cell lines have distinct 
features in terms of cell dimensions and tolerance to shear 
force, which lead to variations in both homogeneity and cell 
viability. Additionally, hydrogels exhibit diverse density, 
viscosity, and rheological behaviors, causing different flow 
state within the system and subsequently affecting the 
uniformity of the bioinks.

Overall, we found that the developed automated bioink 
mixing device results in bioinks with better homogeneity 
and favorable cell viability compared to human operators, 
which can further contribute to more reliable and 
reproducible outcomes for 3D bioprinting research. 
Generally, these kinds of automated devices are highly 
parameter-sensitive such as time, speed, and distance, and 
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it is possible to make adjustments according to the prior 
experiment result. Conversely, more precise and accurate 
control of these parameters can bring more reproducible 
results and greatly simplify the optimization process. 
Finally, a positive feedback loop, which is very effective for 
the optimization of experimental conditions, is formed. 
Once the parameters have been determined, the conditions 
can be precisely reproduced in subsequent experiments. 
Hence, this is considered an effective step to enhance the 
consistency and repeatability of the 3D bioprinting results.

Importantly, the strategy and methodology of this study 
is readily scalable and popularized for relevant applications 
in this field. Li et al.49 built an automated active mixing 
platform adapted from syringe pumps that can prepare 
homogeneous hydrogel bioinks automatically, yielding 
results consistent with ours. Nonetheless, the developed 
platform still exhibits some limitations, especially 
regarding the different syringe compatibility, convenience 
on changing mixture volume, and large-space occupation. 
Here, we provide a rational design of the automated 
device, which is more compatible, maneuverable, reliable, 
and compact in size. Various volumes/volume ratios and 
standard/customized couplers can be easily handled due 
to the readily adjustable rack structure and barrel-moving 
design. Syringes from different manufacturers can also 
be used by simply switching the endstop adaptors. The 
involved hardware is easily accessible and ordinary in 
common automation equipment, such as 3D printers, 
automatic loading devices, and robotics.50-53 Therefore, we 
believe that this strategy can not only effectively improve 
the cell status and bioink homogeneity, but also contribute 
to the situations of mixing spheroids,54 growth factors,55 
drugs,56 pigment,57 nanoparticles,58,59 etc. This could 
facilitate the 3D bioprinting research and also benefit the 
related areas.

Future research should focus on exploring additional 
mixing parameters to further optimize the bioink mixing 
process. These parameters may include temperature 
control, motion acceleration and deceleration control, 
and more complex mixing programs with varying mixing 
periods. Exploring various cell densities, additional 
hydrogel candidates, and different bioink forms (e.g., 
microgels, cell aggregates) is also of interest. This 
comprehensive approach would contribute to enhancing 
the reproducibility and quality of bioink preparation in 
various applications of 3D bioprinting.

5. Conclusion
In conclusion, this study systematically investigated 
the effects of various mixing parameters, particularly 
the mixing speed and the mixing number, on bioink 

homogeneity and cell viability. The results reveal that the 
mixing speed has a more pronounced impact on these 
parameters than the mixing number. The study also 
highlighted the importance of standardizing the bioink 
mixing process for 3D bioprinting. By using a machine 
for bioink mixing, notable improvements were observed 
in bioink homogeneity, cell distribution, cell viability, and 
rheological properties compared to human mixing, which 
was characterized by strong inter-individual variations, 
as well as variability among independent experiments 
carried out by the same operator. These findings strongly 
suggest that the standardization of bioink mixing process 
using an automated device is instrumental for substantially 
enhancing the reproducibility and reliability of 3D 
bioprinting experiments. Furthermore, automated mixing 
of hydrogels will also contribute to improvements of the 
experimental outcome in related areas such as 3D cell 
culture, organoid research, and stem cell cultivation. The 
American folk hero John Henry won the contest against 
the steam-powered rock drilling machine with his hammer 
but died doing so. Just a few years later, no one called into 
question whether machines were faster. Nowadays, it is 
obvious that automatization is necessary to improve the 
quality of precision research.
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Abstract
The field of drug discovery has seen the rise of three-dimensional (3D) bioprinting as a 
promising tool for disease modeling. The focus to date has been on tissue engineering 
and cancer modeling, although the application of 3D-bioprinted models for the 
study of inflammation using macrophages is still in its infancy. This study explores the 
potential of bioprinting technology in the development of a 3D macrophage model 
and macrophage response to inflammatory stimuli using this platform. To this end, 
we established a 3D-bioprinted macrophage model and assessed the inflammatory 
and anti-inflammatory response to bacterial endotoxin (lipopolysaccharide, LPS) 
and the drug ibuprofen (Ibu), respectively. Optimal conditions for macrophage 
differentiation of the human monocytic cell line, THP-1, in the 3D environment were 
studied, as well as the effect of the 3D microenvironment on macrophage polarization. 
Viability of THP-1 cells following the 3D bioprinting process was demonstrated 
and maintained, allowing successful macrophage differentiation of the cells. The 
developed 3D-bioprinted macrophage model exhibited elevated expression of 
selected pro-inflammatory gene and protein markers following exposure to LPS, 
consistent with polarization from M0 to M1 phenotype. Additionally, the model was 
responsive to the anti-inflammatory properties of Ibu, demonstrating its potential 
in drug screening and discovery. The current study highlights the potential of 
bioprinting in the investigation of inflammatory cell response and behavior in a 3D 
environment ex vivo, opening new avenues for research in modeling inflammatory 
responses to various stimuli.

Keywords: Macrophages; 3D culture; 3D bioprinting; Drug discovery

1. Introduction
The macrophage is an important immune cell that plays a key role in host defense. Elie 
Metchnikoff, awarded the Nobel Prize in 1908 for his work on phagocytosis, proposed 
that the key to immunity was to “stimulate the phagocytes.”1,2 Since then, immunologists 
have been studying macrophages and their role in the immune system. Inflammatory 
and immune complications are an indicator of an impaired immune system. Researchers 
can use models of inflammatory response to study disease progression and the efficacy 
of anti-inflammatory drugs and other interventions. 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/
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There are currently several techniques available for in 
vitro disease modeling, including three-dimensional (2D) 
and three-dimensional (3D) culture models. 2D culture is 
the most utilized model, although poor cell differentiation, 
unrealistic cell proliferation, decreased drug resistance, 
and inaccurate response to stimuli remain the significant 
challenges.3-5 2D culture also limits the number of cell types 
that can be co-cultured and cannot accurately represent the 
complex microenvironment of human tissues.6 3D culture 
is a more complex model that facilitates better cell-to-cell 
contact and intercellular signaling. 3D culture provides a 
more native cell environment and is becoming increasingly 
important in drug development and preclinical testing. 
Protein expression patterns and intracellular junctions 
more closely resemble in vivo conditions compared to 2D 
monolayer cultures. Moreover, 3D models play a valuable 
role in the clinical development process, allowing for better 
characterization of cells and their microenvironments, as 
well as drug response, efficacy, and toxicity. Comparatively, 
2D culture is a less complex and less expensive option, 
but 3D models provide more robust and relevant 
results, gradually becoming essential for advancing our 
understanding of cellular and molecular mechanisms in 
health and disease. 

In the field of drug testing, there exist three distinct 
3D models: scaffold-based cultures, non-scaffold-based 
cultures such as organoids and cellular spheroids, 
and tissue-engineered models utilizing bioprinting 
technology.7-9 Tissue-engineered models present several 
benefits compared to their scaffold-based and non-
scaffold-based counterparts. First, tissue-engineered 
models more accurately replicate the natural organization 
(cellular niche) and function of human tissues through 
cell culture techniques, providing a more physiologically 
relevant representation of human anatomy.10,11 Second, 
these models facilitate the formation of complex and 
functional cell–cell interactions, which play a critical 
role in proper tissue function and may not be attainable 
in scaffold-based or non-scaffold-based cultures.11 
Third, tissue-engineered models afford a more realistic 
representation of drug response in human tissues, leading 
to improved predictions of drug efficacy and toxicity.12,13 
Finally, tissue-engineered models can be tailored to 
specific disease states or therapeutic targets, enabling 
more targeted drug testing.14 Thus, tissue-engineered 
models offer a more accurate representation of human 
tissues and are a valuable tool for drug discovery and 
testing as they enable tissue-like structures to be created 
in vitro.15,16 The pre-eminence of 3D bioprinting as a tissue 
engineering method for disease modeling is underscored 
by its aptitude for accurate reproduction of intricate 
tissue structures, enabling precise customization and the 

integration of diverse cell types within a unified model. 
The capability to generate patient-specific tissues enhances 
its applicability in comprehensively investigating disease 
mechanisms and devising personalized therapeutic 
strategies. Furthermore, 3D bioprinting plays a pivotal 
role in diminishing dependence on animal testing 
and furnishes a realistic platform for drug evaluation, 
thereby positioning itself as a forefront technology in 
the progression of disease research and therapeutic 
advancement.9 Several human cell types are currently 
being researched using 3D-bioprinted models.17,18

Recent studies have established the feasibility of 
3D-bioprinted constructs of anti-inflammatory (M2) 
macrophages as a novel approach for disease modeling19 
and tissue engineering applications.20 There is, however, 
a paucity of data related to modeling pro-inflammatory 
(M1) macrophages. Recently, a bioprinted lung tissue 
model was developed to study inflammation and the 
use of viral inhibitors.21 At the time of writing, this 
is the only study that incorporated M1 macrophage 
polarization and investigated pathogenic biology while 
shedding light on the development of new therapeutic 
anti-inflammatory drugs. The objective of the present 
study was to establish a 3D-bioprinted inflammation 
model using the macrophage cell line THP-1, and within 
this model, evaluate the efficacy of ibuprofen (Ibu) as 
an anti-inflammatory agent. The outcomes of this study 
will contribute to the advancement of knowledge in the 
field of 3D-bioprinted macrophage models and their 
application in the study of inflammation.

2. Materials and methods
2.1. Cell culture
The human leukemia monocytic cell line THP-1 
(courtesy of Prof. K. Schroder, Institute for Molecular 
Biosciences, University of Queensland, Australia) was 
cultured in basal medium (BM) made of RPMI 1640 
Medium (Life Technologies, Australia) supplemented 
with 10% (v/v) heat-inactivated fetal bovine serum (FBS; 
Gibco®, Australia) and 1% (v/v) antibiotic-antimycotic 
(Gibco®, Australia) at 37°C under 5% CO2. The cells were 
differentiated into macrophages (M0) using phorbol 
12-myristate 13-acetate (PMA; Sigma-Aldrich, USA). M0 
were polarized into classically activated macrophages (M1) 
with lipopolysaccharides produced from Escherichia coli 
(LPS; Sigma-Aldrich, USA).

2.2. Optimization of 3D bioprinting of THP-1 and 
evaluation of printability (Pr)
The optimal concentration of gelatin methacryloyl 
(GelMA; Gelomics Pty Ltd., Australia) was determined 
with a 55 ± 3% degree of functionalization for 3D 
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bioprinting. Different concentrations of GelMA (2.5, 
5, 7.5, 10, 12.5, 15% (w/v)) containing 0.15% (w/v) 
photoinitiator lithium phenyl (2,4,6-trimethyl benzoyl) 
phosphinate (LAP; Sigma-Aldrich, USA) were mixed 
at 37°C, loaded in sterile 3D bioprinting cartridges and 
incubated at 23°C for 20 min for thermal crosslinking. 
25 G (inner diameter of 260 µm) sterile tapered 
dispensing tips were connected to the cartridges and 
loaded in a BIOX 3D bioprinter (CELLINK, Sweden) 
to optimize 3D bioprinting parameters (printing 
pressure and speed). The 3D-bioprinted constructs 
were photo-crosslinked using a custom-made 15 × 12 
cm2 LED panel (wavelength 405 nm and total power 
20 W) at 1 cm curing offset for 1 min. The constructs 
were immediately transferred to Dulbecco’s phosphate-
buffered saline (DPBS) for imaging to calculate the 
printability (Pr) as described below.

The 3D-bioprinted constructs with 0–90° alignment 
were imaged using a stereomicroscope (Leica EZ4E), and 
the square grids’ geometry (area A and perimeter L) was 
measured with ImageJ software. The printability (Pr) of 
the constructs was quantified using Equation I. A Pr value 
between 0.9 and 1.1 is considered to be an acceptable 
printability range.22

	 � (I)

Based on the printability evaluation, 7.5% and 10% 
(w/v) GelMA was used for THP-1 3D bioprinting. THP-
1 (2 × 106) were pelleted from the suspension culture by 
centrifugation at 200 × g for 3 min, washed twice with 
DPBS, and redispersed in 7.5% and 10% (w/v) GelMA 
containing 0.15% (w/v) LAP. The prepared bioinks 
were loaded into a BIOX 3D bioprinter (CELLINK, 
Sweden) and bioprinted using the optimized printing  
conditions (Figure 1).

2.3. Assessment of 3D-bioprinted THP-1 viability 
through live/dead staining
The viability of THP-1 immediately (day 0) and 1 and 3 
days post-printing was assessed using fluorescent live/dead 
staining (n = 3) as previously reported.23 The 3D-bioprinted 
constructs were stained using 5 µg/mL fluorescein diacetate 
(FDA; Sigma-Aldrich, Australia) and 2 μg/mL propidium 
iodide (PI; Sigma-Aldrich, Australia) for 30 min, then 
imaged using Nikon Eclipse Ti confocal microscope for 
FDA-bound live (green) THP-1 (excitation [Exc] 488 nm/
emission [Ems] 500–550 nm), and PI-bound dead (red) 
THP-1 (Exc 561 nm / Ems 570–1000 nm). The number of 
green and red THP-1 cells was determined using ImageJ 
software, and the viability was calculated as the percentage 

of FDA-bound cells within the total cell population (both 
FDA and PI-strained cells).

	 Cellviability
Total number of FDA bound live cells green

Tota
(%)

( )
�

ll number of cells with green and red signals
�100 �

2.4. Optimization of macrophage (M0) 
differentiation in 3D-bioprinted THP-1
The 3D-bioprinted THP-1 constructs were treated with 
different doses of PMA, and evaluation of macrophage 
differentiation was carried out by quantifying the number 
of cells expressing the known M0 marker, CD11b.24-26 
The bioprinted and photo-crosslinked constructs  
(10 × 10 × 0.8 mm3) were transferred to 12-well plates and 
equilibrated overnight in BM. A comparative 2D culture 
for macrophage differentiation was prepared by seeding  
5 × 105 THP-1 cells into the wells of 12-well culture plates 
in 1 mL of BM. After equilibration, the 3D-bioprinted 
constructs and the 2D controls were incubated with 0, 10, 
25, 50, 100, and 200 ng/mL PMA in BM for 2 days and 
then equilibrated again in BM (no PMA) for another day 
(n = 3). The PMA-treated cells in 2D were harvested for 
flow cytometry by treating with TrypLE™ Express Enzyme 
(Gibco®, Australia) for 10 min at 37°C. The macrophages 
were retrieved from the 3D-bioprinted constructs by 
completely digesting the GelMA constructs (10 × 10 × 
0.8 mm3) 200 µL of 1 mg/mL (285 U/mL) collagenase 
(Thermo Fisher Scientific, Australia) for 10 min at 37°C. 
The optimization of collagenase digestion parameters 
(concentration/treatment time) is described in Figure S1 
(Supplementary File).

The harvested cells were washed with DPBS and 
stained with Fixable Viability Stain 510 (BD Biosciences, 
USA) for 20 min at room temperature (23°C). Cells were 
incubated with Human BD Fc Block™ (BD Biosciences, 
USA) for 10 min and stained with a panel of surface 
markers. CD90, CD11b, and CD80 were used as negative 
marker, macrophage (M0 and M1) marker, and M1 
marker, respectively. Data were acquired using a BD 
LSRFortessa™ Cell Analyzer supported by BD FACS Diva 
software. Cell populations were identified on FlowJo (Tree 
Star, Ashland, OR).

2.5. Role of 3D microenvironment in  
macrophage polarization 
The polarization of M0 in 3D-bioprinted constructs in the 
absence of stimulatory factors such as LPS was assessed by 
investigating gene expression. Bioprinted THP-1 within 
the 3D constructs (n = 3) were differentiated to M0 using 
PMA and equilibrated in BM. Cells were harvested at 6 h, 
and 1, 2, and 4 days after collagenase digestion and stored 
at -80°C for future assay. Total RNA from was isolated 
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Figure 1. (a) Confocal microscopy images of live/dead staining of 3D-bioprinted THP-1 using 7.5% and 10% GelMA on days 0, 1, and 3; (b) optimized 
3D-bioprinted parameters for different concentrations of GelMA; * bioink extruded as droplets and was not printable; (c) percentage of THP-1 viability 
calculated from the live/dead images; (d) flow cytometry dot plots for CD11b expression in 3D-bioprinted THP-1 cells treated with different concentrations 
of PMA; quantified (%) CD11b+ (e) and CD11b+ CD80+ cells (f) in the presence of increasing concentrations of PMA.
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from harvested cells using ISOLATE II RNA Mini Kit 
(Meridian Life Science, Australia) and quantified using 
Thermo Fisher Scientific NanoDrop ONEc (Australia). 
Complementary DNA (cDNA) for the isolated RNA was 
prepared using SuperScript III First-Strand Synthesis kit 
(Invitrogen) in SimpliAmp™ Thermal Cycler (Applied 
Biosystems by Thermo Fisher Scientific, Australia). Real-
time quantitative polymerase chain reaction (RT-qPCR) 
for M1 (IL-1β, IL-6, iNOS, and TNF-α) and M2a (CD206 
and DC-SIGN) markers was performed with StepOnePlus™ 
Real-Time PCR System (Applied Biosystems) using SYBR® 
Green master mix (Invitrogen). The forward and reverse 
primers used for the RT-qPCR are listed in Table S1 
(Supplementary File). The recorded cycle threshold (Ct) 
values were used to calculate the fold change using the 
Livak method (ΔΔCt method).27 The fold change (2−ΔΔCt) 
is the relative gene expression (2−ΔCt) in the 3D-bioprinted 
constructs divided by the 2−ΔCt of the 2D-cultured M0. 

2.6. Optimization of LPS dose  
Activation of M1 macrophages within the 3D-bioprinted 
constructs in the presence of increasing doses of Ec-LPS 
was investigated. Bioprinted THP-1 were differentiated to 
M0 using the optimized PMA dose of 25 ng/mL for 2 days. 
After 1 day of rest, the culture media (1 mL/construct) were 
replaced with BM in the presence of increasing doses of Ec-
LPS (0, 50, 100, 200, 500, 1000, 5000, and 10,000 ng/mL;  
n = 3) and incubated for 3 days. The conditioned media were 
collected and replenished with fresh media and respective 
Ec-LPS doses at 1, 2, and 3 days. The release of M1-specific 
cytokine (IL-6) in the conditioned media was quantified 
using ELISA (Thermo Fisher Scientific, Australia) as per 
the manufacturer’s instructions and normalized to the wet 
weight of each construct measured at day 3. Cells retrieved 
from collagenase-digested constructs were assessed for 
expression of the M1-specific surface marker CD80 by flow 
cytometry (section 2.4).  

2.7. iNOS expression 
The expression of iNOS in M1-polarized cells within 
3D bioprinted constructs was visualized using 
immunofluorescence. At day 3, non-polarized M0 
constructs and M1-polarized (using optimal Ec-LPS dose 
1000 ng/mL) constructs were fixed in 4% (w/v) PFA for 
20 min and permeabilized using 0.2% (v/v) Triton X-100 
for 30 min. Afterward, the constructs were incubated in 
blocking buffer (1% (w/v) bovine serum albumin and 
10% (v/v) normal goat serum in DPBS) for 2 h at room 
temperature, then 200 ng/µL of anti-iNOS primary 
antibody (Abcam, UK) in blocking buffer for 24 h at 
4°C. Thereafter, the constructs were incubated with 5 ng/
µL secondary antibody Alexa Fluor® 488-conjugated-
anti mouse antibody (Abcam, UK), 5 µg/mL DAPI (4’, 

6-diamidino-2-phenylindole; Sigma-Aldrich, Australia), 
and 0.8 U/mL TRITC-Ph (tetramethylrhodamine-
conjugated phalloidin; Sigma-Aldrich, Australia) in PBS 
for 1 h at room temperature. The final constructs were 
imaged using Nikon Eclipse Ti confocal microscope. 
Excitation/emission wavelengths used for the secondary 
antibody (for iNOS in green color), DAPI (for nucleus 
in blue color), and TRITC-Ph (for actin filaments in red 
color) were 488 nm/500–550 nm, 405 nm/417–477 nm, 
and 561 nm/570–1000 nm, respectively. 

2.8. Action of Ibu in the 3D-bioprinted 
inflammation model
THP-1 were 3D-bioprinted, differentiated to M0 (PMA, 
25 ng/mL for 2 days and resting for 1 day), and polarized 
to M1 (LPS, 1000 ng/mL for 2 days). The concentrations 
of 10 and 15 µg/mL Ibu (Sigma-Aldrich, Australia) were 
selected for the study based on Ibu pharmacokinetics.28 The 
M1-polarized constructs were incubated with 10 µg/mL 
(Ibu1) and 15 µg/mL Ibu (Ibu2) in BM for 3 days, with M1-
polarized constructs without Ibu and M0-differentiated 
constructs as negative and positive control, respectively.  

Test, negative control, and positive control constructs 
(n = 3) were collected on days 1 and 3 for gene expression 
analysis (described in section 2.5). Relative gene expression 
was normalized to the relative gene expression of positive 
control (M0) to calculate fold change. Phenotypic 
characterization of M1 macrophages after 3 days of Ibu 
treatment was performed via flow cytometry (n = 3) for 
M0 markers (CD11b and CD33) and M1 marker (CD80). 
Conditioned media from each group were collected 
on days 1, 2, and 3 of culture, and ELISA was used to 
measure levels of secreted IL-6, IL-1β, TNF-α (Thermo 
Fisher Scientific, Australia), and prostaglandin E2 (PGE2; 
Cayman Chemical, USA). The cumulative quantity of 
released protein was normalized with the wet weight of the 
constructs. The effect of Ibu on the polarized 3D-bioprinted 
M1 cells was also evaluated by measuring the secretion of 
TNF-α and IL-1β using ELISA. 

2.9. Statistical analysis
All the data are presented as mean ± SD and were analyzed 
using GraphPad Prism Version 8. One-way and two-
way analyses of variance (ANOVA) with a Tukey post-
hoc analysis were used to test for differences between 
experimental and control groups. Statistical significance 
was set at p ≤ 0.05.

3. Results and discussion
3D bioprinting is an innovative additive manufacturing 
technology that enables the construction of tissue- 
or organ-like structures through a layer-by-layer 
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assembly of cells, growth factors, and/or other bioactive 
components.29 This groundbreaking technology has 
found application in cancer modeling and served as 
a robust and reproducible approach for investigating 
novel anticancer drugs.9,30,31 However, the exploration of 
3D-bioprinted macrophages for simulating inflammatory 
conditions and responses is still in its infancy.32  
Recent research has demonstrated the practicality of 
3D-bioprinted structures consisting of polarized (M2) 
macrophages as a fresh approach for disease modeling19 
and various applications in tissue engineering.20 However, 
there is a significant scarcity of data when it comes 
to modeling inflammation using pro-inflammatory 
(M1) macrophages. Recent advancements include the 
development of a bioprinted lung tissue model aimed at 
studying inflammation and assessing the effectiveness of 
viral inhibitors.21 The researchers integrated THP-1 cells 
into a multicellular model and measured the release of 
pro-inflammatory cytokines, specifically IL-1β and IL-
8, following LPS stimulation. Nevertheless, the study 
falls short of providing a comprehensive exploration 
of macrophage polarization and does not address the 
model’s capability to respond to external stimuli, such as 
anti-inflammatory drugs. The current study developed 
a 3D-bioprinted macrophage model and assessed its 
inflammatory response to bacterial endotoxin (LPS). 
Additionally, the effectiveness of an anti-inflammatory 
drug (Ibu) in inhibiting the inflammatory response of the 
3D-bioprinted macrophages was investigated.

3.1. Viability of 3D-bioprinted THP-1 
The printing pressure and speed for different 
concentrations of GelMA are presented in Figure 1b. 
Macrophages are tissue resident cells, and most 
inflammatory conditions impact connective tissues 
and resident organs, and as such, it is relevant that 
macrophages are tested for their ability to model 
inflammatory responses in an environment that 
resembles the native extracellular matrix, as is the case 
with GelMA. Based on the optimal printability of the 
constructs (Pr = 0.9 to 1.1; Figure 1b), 7.5% and 10% 
(w/v) GelMA was used for cell printing. The viability of 
THP-1 cells was quantified using live/dead imaging, as 
shown in Figure 1a and c. Immediately after bioprinting 
with 7.5% (w/v) GelMA, THP-1 viability remained 
comparable with the viability of cells before mixing 
with the GelMA bioink (82 ± 5%). However, the higher 
concentration of bioink resulted in increased printing 
pressure and a significant decrease in THP-1 viability, 
as observed in the bioprinting of other cell types.23,33 
Cell viability at day 3 could not be quantified as the 

proliferating cells formed aggregates, and individual 
cells could not be identified. 

3.2. Optimization of macrophage (M0) 
differentiation in 3D-bioprinted THP-1
PMA is commonly used to differentiate THP-1 cells into 
cells that mimic human monocyte-derived macrophages, 
with characteristics of decreased proliferation and 
increased cell attachment, phagocytosis, and expression 
of multiple macrophage markers and cytokines.25,34-36 
Since small differences in culture conditions, including 
PMA concentration, can affect the differentiation and 
polarization of THP-1 cells,37-39 it is essential to determine 
the most appropriate conditions for differentiation when 
using these cells as a model. 

The PMA dose response toward the M0 differentiation 
of THP-1 cells cultured in a 2D environment has been 
extensively investigated.38-40 However, the PMA dose 
response of THP-1 cells in a 3D environment is not well 
explored, as most of the research has focused on using a 
fixed PMA concentration between 100 and 300 nM.41-46 A 
previous research—the only study on the M1 polarization 
of 3D-bioprinted THP-1 cells—also used a fixed 
concentration of PMA (200 ng/mL= 324.2 nM).21 

Here, M0 differentiation of THP-1 cells in 2D 
culture and 3D construct was quantified using different 
concentrations of PMA using flow cytometry (Figure 1d). 
The expression level of M0 marker, CD11b, and M1 
marker and CD80 was determined from live single cells 
retrieved from 3D or 2D culture (Figure 1e and f). All 
PMA concentrations tested stimulated similar levels 
of CD11b expression in 2D culture. The 3D-bioprinted 
cells also responded to all PMA concentrations tested 
with similar CD11b expression to that observed in 
2D culture (Figure 1e). Maeß et al. showed that PMA 
concentrations higher than 25 ng/mL resulted in higher 
expression of M1-related genes (IL-1β, TNF-α, and IL-8) 
in 2D-cultured THP-1 cells and might mask the effect of 
subsequent stimuli.38,39 Therefore, the influence of PMA 
on M1 polarization of 3D-bioprinted THP-1 cells was 
tested by quantifying the expression of the M1 surface 
marker CD80 (Figure 1f). The exposure of THP-1 cells 
with the higher dose of PMA resulted in increased 
expression of CD80, and as such, 25 ng/mL PMA was 
used for M0 differentiation of 3D-bioprinted THP-1 cells. 

3.3. Role of 3D microenvironment in macrophage 
polarization 
Macrophages (M0) are equipped with a wide range of 
surface receptors that detect their environment and undergo 
polarization.47 Studies have shown that different properties 
of biomaterials and hydrogels, such as surface chemistry,48 
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Figure 2. (a) Relative gene expression of IL-1β, IL-6, iNOS, TNF-α, CD206, and DC-SIGN in the M0 cells embedded in the 3D-bioprinted constructs 
presented as fold change, normalized with the respective gene expression in 2D culture; (b) the amount of IL-6 protein released by the M0 macrophages 
upon the exposure to different concentrations of LPS; (c) immunofluorescence imaging for iNOS in the 3D-bioprinted macrophages with and without 
LPS treatment. 
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stiffness,44 mechanical force,49 pore size,50 availability of 
oxygen51 (related to the diffusion coefficient of hydrogel), 
and cell-binding motifs,52 can stimulate M1 or M2 
polarization. Therefore, the influence of the 3D-bioprinted 
microenvironment toward the M1/M2 polarization of 
M0 macrophages was examined. Gene expression of 
M1 markers (IL-1β, IL-6, iNOS, and TNF-α) and M2 
markers (CD206 and DC-SIGN) in M0 cells present in the 
3D-bioprinted constructs at 6 h, and days 1, 2, and 4 post-
printing was compared with the gene expression of M0 
cells in 2D culture (Figure 2a). The expression of IL-1β and 
iNOS in 3D-bioprinted macrophages was downregulated 
compared to 2D culture, while IL-6, TNF-α, CD206, and 
DC-SIGN expression remained comparable to that in 2D 
cultures, indicating that neither the bioprinting process 
nor the 3D construct microenvironment stimulates 
macrophage polarization. As such, the findings show that 
M0 macrophage retains this phenotype, and the model is 
suitable for activation studies. 

3.4. Optimization of LPS dose for M1 polarization
LPS has been shown to stimulate M1 polarization of THP-
1 cells in 2D and 3D environments.35,38,42 However, data 
on the influence of LPS on 3D-bioprinted macrophages 
are limited.21 Here, polarization of M0 cells to the M1 
phenotype within 3D-bioprinted constructs was assessed 
by measuring secreted levels of the pro-inflammatory 
marker IL-6 in the presence of increasing concentrations 
of LPS over 3 days in culture (Figure 2b). The increase 
in LPS dose resulted in an increased IL-6 release. LPS 
(1000 ng/mL) treatment resulted in a sharp increase in 
the release of IL-6 compared to the lower concentrations 
(0–500 ng/mL). Secreted IL-6 levels in constructs 
exposed to LPS concentrations over 1000 ng/mL were not 
significantly different statistically compared to constructs 
in the presence of 1000 ng/mL. The expression of iNOS 
by polarized cells was visualized using immunostaining, 
with constructs treated with 1000 ng/mL comprising 
more iNOS-expressing cells (green color in Figure 2c), 
confirming the successful polarization of cells toward the 
M1 phenotype at this LPS dose, within the 3D construct.

The expression of M1 surface marker CD80 was 
quantified using flow cytometry (Figure 3). An increase in 
LPS dose saw an associated increase in the percentage of 
CD80+ cells (Figure 3a and b). The highest concentrations 
of 5 µg/mL and 10 µg/mL showed a similar CD80 
expression as that of 1000 ng/mL; therefore, the lower dose 
was selected for M1 polarization in the subsequent 3D 
construct study. 

The effect of the selected LPS dose (1000 ng/mL) on the 
expression of M1 phenotype-associated genes at selected 
time points is shown in Figure 3c–g. Expression of M1-

specific genes, namely IL-1β, IL-6, TNF-α, iNOS, and IL10, 
was significantly increased compared to that of untreated 
M0 cells. Based on gene expression, cytokine and surface 
marker profile, and an optimized LPS dose of 1000 ng/mL, a 
3D-bioprinted model for the activation and polarization of 
THP-1 cells toward the M1 phenotype was demonstrated, 
with potential application to the study of pro-inflammatory 
systems and anti-inflammatory interventions. 

3.5. Anti-inflammatory properties of Ibu on 
3D-bioprinted model
Ibu is a non-steroidal anti-inflammatory drug that 
decreases cyclooxygenase activity and inhibits 
prostaglandins, such as PGE2, and other pro-
inflammatory cytokines.53-55 The efficacy of Ibu in 
reducing inflammation in the optimized 3D-bioprinted 
“inflammatory M1” model was evaluated using qPCR, 
cytokine, and surface marker analyses described above. 
The M1-polarized constructs were incubated with 10 µg/
mL (Ibu1) and 15 µg/mL Ibu (Ibu2) (Figure 4). While no 
significant change in IL-1β and TNF-α gene expression 
was observed in the first 24 h, both concentrations of Ibu 
significantly reduced iNOS, IL-6, IL-1β, and TNF-α gene 
expression by day 3 of culture (Figure 4a–d). Notably, 
downregulated gene expression of iNOS at this time 
point was comparable to iNOS expression in M0 controls 
(Figure 4c). The anti-inflammatory action of Ibu on 
bioprinted M1 cells was further demonstrated by flow 
cytometry targeting the cell surface marker CD80, with 
the percentage of CD80+ cells in the CD11b+CD33+CD80+ 
(M1) population reduced approximately 2-fold 
in the presence of Ibu, compared to M1 controls  
(Figure 4e and f).  

Conditioned media from 3D-bioprinted constructs 
cultured in the presence or absence of Ibu were 
assayed by ELISA to determine the concentration of 
PGE2 and cytokines (IL-6, IL-1β, and TNF-α) released 
by 3D-bioprinted M0/M1 cells (Figure 5b–d). The 
presence of Ibu in the culture medium significantly 
reduced PGE2 expression to levels lower than the M0 
control at all three time points (Figure 5a). A similar 
effect of both Ibu concentrations was observed for 
TNF-α and IL-6 release, although levels of these 
cytokines remained above that of M0 controls (Figure 
5b and d). Levels of IL-1β in conditioned media from 
M1 constructs exposed to Ibu after 2 and 3 days were 
significantly lower than M1 without Ibu, although IL-
1β release remained markedly higher than M0 control 
constructs (Figure 5c).

The efficacy of Ibu against inflammation stimulated 
by the LPS produced by a different pathogenic bacterium 
was also evaluated. P. gingivalis, an anaerobic gram-
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Figure 3. (a) The flow cytometry dot plot for CD80 expression in the 3D-bioprinted macrophages after different LPS dose treatments; (b) quantified CD80 
expression from the flow cytometry results; (c–g) gene expression of different M1 markers after the LPS treatment (1 µg/mL): (c) IL-6, (d) IL-1β, (e) TNF-α, 
(f) iNOS, and (g) IL-12. 
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Figure 4. (a–d) Gene expression of different M1 markers: (a) IL-1β, (b) IL-6, (c) iNOS, and (d) TNF-α after the Ibu treatment; (e) quantified CD80 
expression from the flow cytometry results; (f) flow cytometry dot plot for macrophage markers CD11b and CD33 and M1 marker CD80 expression in the 
M1-polarized (LPS) 3D-bioprinted macrophages after Ibu treatment. Notes: Ibu1, 10 µg/mL; Ibu2, 15 µg/mL.

negative bacterium, is recognized as a key causative agent 
in the widely prevalent chronic inflammatory disease 
periodontitis.56 The LPS produced by P. gingivalis is 
commonly employed to evaluate chronic inflammatory 
disease.57,58 Treatment of P. gingivalis LPS-stimulated 
M1 cells in the 3D bioprint model with Ibu resulted in 
a significant decrease in the release of TNF-α and IL-

1β (Figure 5e and f). These data showed that the model 
was responsive to different inductive environments, and 
hence may be useful in modeling different inflammatory 
disease states.

The present study establishes an in vitro 
3D-bioprinted construct comprising viable THP-1-
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derived LPS-stimulated (inflammatory) macrophages 
that are responsive to the anti-inflammatory action of 
Ibu, validated by protein production, gene expression, 
and phenotypic marker endpoint assessments.  Future 
investigations hold the potential to broaden the scope 
by integrating diverse cell types within a multicellular 
framework, thus creating an environment more 
representative of in vivo conditions. Exploring the intricate 
interplay between macrophages and other relevant cell 
types in the context of inflammatory responses and 
tissue remodeling is a promising avenue. The spatial 
configuration of cells within the model can unveil critical 
insights, paving the way for the development of targeted 

and efficacious treatments across a spectrum of acute and 
chronic inflammatory conditions.

The successful demonstration of Ibu efficacy within 
our model serves as a stepping stone for extending the 
applicability to evaluate the effectiveness of various 
therapeutic molecules and drugs. This knowledge is 
instrumental in refining treatment strategies, without 
the need to use costly and ethically challenging animal 
models. Further, there are important implications for 
developing precise interventions tailored to individual 
patient needs. The advent of patient-specific models 
offers a groundbreaking opportunity to tailor treatment 
approaches and assess unique patient responses to 

Figure 5. The amount of (a) PGE2, (b) TNF-α, (c) IL-1β, and (d) IL-6 released was quantified using ELISA after the Ibu treatment of LPS (E. coli)-polarized 
M1 cells in the 3D-bioprinted construct, and the amount of (e) TNF-α and (f) IL-1β released after the Ibu treatment of LPS (P. gingivalis)-polarized M1 
cells in the 3D-bioprinted construct.
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therapeutic interventions, marking a significant stride 
toward personalized medicine.

The established model can be further expanded and 
modified, allowing for exploration of the multifaceted, 
dynamic processes of wound healing and regeneration, 
including tissue mimicry, macrophage behavior, and 
intricate cell–cell interactions. This opens avenues for 
a more comprehensive understanding of physiological 
processes and pathophysiological conditions, providing 
a robust foundation for advancements in regenerative 
medicine, drug development, and personalized healthcare. 
The versatility of the developed model positions it as a 
valuable tool for unraveling the complexities of biological 
systems and holds promise for diverse applications in 
biomedical research and clinical practice.

In terms of future directions, a comprehensive study of 
all cells contributing to the inflammatory milieu would be 
important to model the entire inflammatory process. To 
this end, the current model requires further optimization 
to accurately mimic the in vivo tissue inflammatory process 
by characterization of a 3D construct carrying the myriad 
of different cells found in native tissues. 

4. Conclusion
This study aimed to optimize the 3D bioprinting method 
for THP-1 cells and evaluate macrophage differentiation 
and polarization within the bioprinted construct under 
culture conditions. Optimal concentration of PMA and 
LPS for M0 differentiation and M1 polarization within 
the 3D-bioprinted model were determined, and the anti-
inflammatory action of Ibu against these cells within the 
construct was demonstrated. However, further model 
validation is required using different pro-inflammatory 
stimuli and anti-inflammatory drugs. The 3D constructs 
developed in this study are limited in their ability to 
replicate human tissues or organs due to the sole inclusion 
of only a single cell type (macrophages). As such, this 
research serves as an important step toward establishing 
clinically relevant inflamed tissue models, and there is a 
need for future studies to incorporate diverse cell types in 
multicellular constructs to achieve more comprehensive 
replication of target tissues. 
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Abstract
Melt-electrowriting (MEW) belongs to the group of advanced additive manufacturing 
techniques and consists of computer-aided design (CAD)-assisted polymer extrusion 
combined with a high-voltage supply to achieve deposition of polymeric fibers 
with diameters in the micrometric range (1 to 20 µm) similar to the size of natural 
extracellular matrix fibers. In this work, we exploit MEW to design and fabricate a 
three-dimensional (3D) model that resembles the morphology of the exocrine 
pancreatic functional unit without the need of supports, mandrels, or sacrificial 
materials. Optimized process parameters resulted in a MEW scaffold having regular 
fibers (19 ± 5 µm size) and an acinar cavity showing high shape fidelity. Then, human 
foreskin fibroblasts (HFF1) and human pancreatic ductal epithelial cells (HPDE), wild-
type HPDE, and HPDE overexpressing KRAS oncogene were allowed to colonize the 
entire 3D structure and the acinar cavity. Thus, a physiologically relevant 3D model 
was created in vitro after 24 days using a co-culture protocol (14 days of HFF1 alone 
plus 10 days of HPDE and HFF1 co-culture). The effect of cell crosstalk within the 
MEW scaffolds was also assessed by monitoring HFF1 secretion of interleukin (IL)-6, 
a pro-inflammatory cytokine responsible for the inflammatory cascade occurring in 
pancreatic cancer. High levels of IL-6 were detected only when fibroblasts were co-
cultured with the HPDE overexpressing KRAS. These findings confirmed that the MEW 
3D in vitro model is able to recreate the characteristic hallmark of the pathological 
condition where cancer oncogenes mediate fibroblast activities. 

Keywords: Melt-electrowriting; Exocrine pancreas; In vitro models; 3D scaffolds; 
Pancreatic ductal adenocarcinoma

1. Introduction
Pancreatic adenomeres secreting the digestive enzymes are the functional units of exocrine 
pancreas and are the sites where the first lesions of pancreatic ductal adenocarcinoma 
(PDAC) develop. In pancreas, an adenomere is constituted by acinar and ductal 

https://creativecommons.org/licenses/by/4.0/
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epithelial cells surrounded by a thin basal lamina, stromal 
tissue, and pancreatic stellate cells (PSCs).1,2 The PSCs 
are stromal cells responsible for the intense desmoplastic 
reaction occurring during the PDAC development.3,4 
Indeed, in healthy tissue, PSCs are characterized by high 
expression of both ectodermal and mesenchymal markers 
and significant amount of retinoids such as vitamin A in 
lipid droplets.5 

Under the influence of inflammatory cues and cancer 
cells-derived factors, PSCs become active and assume 
a myofibroblast-like phenotype capable of deregulating 
extracellular matrix (ECM) homeostasis.6 Typically, activated 
PSCs surround the cancer cells and communicate with them 
via different cytokines and factors (i.e., interleukin [IL]-
6, IL-1β, and transforming growth factor beta [TGF-β]), 
through complex autocrine and paracrine signaling 
pathways.7-9 Therefore, the interplay between cancer and 
stromal cells plays a key role in tumor evolution, promoting 
the pancreatic cancer progression by significantly affecting 
gene expression patterns, metabolic activities, invasion/
metastasis phenomena, and resistance mechanisms.10 
However, the mechanisms implicated in the early stages 
of PDAC evolution, as well as the complex and dynamic 
phenomena involved in the crosstalk between cancer 
epithelial and stromal cells, still remain unclear.11 This lack of 
knowledge limits the possibilities of early PDAC diagnosis, 
thereby resulting in a poor clinical prognosis. Indeed, the 
number of patients undergoing surgical resection is below 
10%, as most of clinical cases have spread metastases 
at diagnosis.12,13 Furthermore, the extremely complex 
bioarchitecture of the pancreatic tumor microenvironment 
(TME) affects the efficacy of drugs and causes the failure of 
current therapeutic strategies that are inadequate to treat this 
extremely aggressive cancer.12,14 To improve the knowledge 
of the disease with the ultimate goal of performing early 
diagnoses and designing effective therapies for enhancing 
patients’ prognosis, functional and reliable in vitro models 
need to be designed and fabricated.15-20 

For many years, cancer research has been conducted 
using two-dimensional cell cultures and animal models, 
which poorly recapitulate the biological complexity of 
the disease in humans. Recent efforts in creating more 
representative preclinical in vitro models have led to the 
development of experimental replica of human tissues in 
a 3D environment or inside a microfluidic chip (organ-
on-chip). PDAC-on-chip permits the recapitulation of the 
physiological crosstalk between different cell phenotypes 
and the high-throughput analysis,21 but it is unable to mimic 
the 3D complex gland morphology of the functional unit 
of exocrine pancreas. Nevertheless, it remains a challenge 
to reproduce the microanatomy of the exocrine pancreas 
(intended as 3D architecture and cellular composition) in 

3D biomimetic platforms, which fail to fully recapitulate 
the native compartmentalized architecture of tumor 
microenvironment, which is known to affect cell activity 
and cancer-cell response to drugs.5,22,23 Specifically, the 
glandular morphology has been mimicked by using different 
techniques,24-27 which however have limitations such as low 
reproducibility, throughput, and shape fidelity. 

The present work focuses on the development of a 
3D in vitro model that resembles the functional unit of 
exocrine pancreas through melt-electrowriting (MEW). 
MEW technology combines principles of conventional 
electrospinning (solution electrospinning) with melt 
extrusion-based methods,28,29 and it can be defined as 
a contactless 3D printing technique due to the longer 
distance between needle and print bed. Indeed, like solution 
electrospinning, a high voltage (HV) is applied between the 
nozzle and the collector to exert an electrostatic attraction 
on the molten material, and a so-called Taylor cone forms 
at the nozzle tip. The electrical field forces the formation of 
a microscale polymer filament from the Taylor cone, which 
is deposited into a micrometer fiber on the collector.28,29 Due 
to the distance between nozzle and platform and the fiber 
stretching induced by the electric field, the size of the extruded 
filament in MEW is about ten times lower than the filament 
diameter obtained by fused deposition modeling (FDM) 
where the distance between nozzle and collector is minimal 
(i.e., a few hundreds of microns),30 thus resulting in a better 
resolution of the printed structures.31 Compared to other 
extrusion-based techniques, such as 3D bioprinting, MEW 
allows to achieve better resolutions, in terms of minimum 
feature width, and higher geometrical accuracy due to the use 
of thermoplastic polymers instead of cell-laden hydrogels.32,33

For these reasons, MEW was adopted in this work 
to obtain microscale polycaprolactone (PCL) scaffolds 
mimicking the half structure of the pancreatic acinus 
(Figure 1a and b) having a resolution and size not 
achievable with the 3D printing technologies available so 
far. The use of this synthetic thermoplastic polymer (PCL) 
has been widely adopted in the fabrication of scaffolds as 
it is highly processable by electrospinning34-36 and additive 
manufacturing,37-40 and it is recognized to support cell 
attachment, migration, growth, and long-term cultures. 
Then, MEW scaffolds were seeded with stromal cells 
(human fibroblasts) (Figure 1ci) and HPDE (both healthy 
HPDE and HPDE overexpressing KRAS oncogene) to 
develop the 3D models (Figure 1cii) having a biomimetic 
geometry and cell distribution.

2. Materials and methods
2.1. Cell culture
Human pancreatic ductal epithelial cells (HPDE)—both 
wild-type HPDE (HPDE-WT) and HPDE stably expressing 
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activated KRAS (HPDE-KRAS)—were kindly provided 
by Prof. F. Bussolino (Candiolo Cancer Institute-IRCCS-
FPO, Candiolo, Italy). The cells were cultured in RPMI-
1640 medium (Gibco, Jenks, USA) supplemented with 1% 
penicillin–streptomycin (Gibco), 1% L-glutamine (Gibco), 
and 10% fetal bovine serum (FBS; Gibco). Human foreskin 
fibroblasts (HFF1) cells were obtained from ATCC® and 
cultured in Dulbecco’s Modified Eagle’s Medium (DMEM) 
supplemented with 1% penicillin–streptomycin (Gibco), 

2% L-glutamine (Gibco), and 15% FBS (Gibco). Cell lines 
were maintained in a humidified CO2 incubator at 37°C 
and 5% CO2.

2.2. Scaffold design and fabrication by MEW 
The 3D MEW models were designed through SolidWorks® 
CAD software. The CAD models consist of a square-
based 3D structure with a central cavity (Figure 1c). The 
cuboid had a final dimension of 10 mm (length) × 10 mm 

Figure 1. 3D layer-by-layer in vitro model. (a) Illustration of the functional unit of exocrine pancreas, composed by epithelial cells surrounded by stromal 
cells. (b) Melt-electrowriting (MEW) was employed: CAD drawings, processing of polycaprolactone (PCL), and production of a microscopic in vitro 
model. (c) The MEW scaffolds were then cellularized by seeding human fibroblasts (i) and epithelial cells (ii). Figure drawn using Biorender.com.
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(width) × 2.5 mm (thickness), while the central cavity 
was designed with a diameter of 1.4 mm. CAD models 
were discretized into triangles, and .stl files were thus 
generated. Then, the g-codes were obtained using the 
Ultimaker Cura 4.8.0 software by setting the parameters 
needed to perform the slicing and later optimized using 
the Repetier-Host and NC Viewer v1.1.3 software. 
Specifically, the automated g-codes, generated by the .stl 
files slicing, were further edited to (i) prevent the needle 
from passing over the scaffold between one layer and 
the next, so as to avoid depositing undesired fibers; and 
(ii) implement an additional extrusion step at the initial 
phase of the printing process, in order to stabilize the 
jet. Then, NovaSpider v5 instrument (CIC nanoGUNE) 
was employed to fabricate PCL (Mw ~ 43,000 Da; 19561-
500, Polysciences Inc., Warrington, USA) scaffolds 
by MEW. To achieve a printed structure with proper 
filament diameter, pore size, and shape fidelity, several 
process parameters were tested, by varying their values 
in the ranges shown in Table 1. Ambient parameters 
(i.e., chamber temperature and humidity) were set at 
27.5°C ± 3°C and 44% ± 2%, respectively. In detail, the 
humidity was monitored and controlled by an external 
humidifier (miniClima Humidity Control, miniClima 
Schönbauer GmbH, Wien, Austria) connected to the 
NovaSpider apparatus.

2.3. Dimensional analyses
The effect of parameters on printed scaffold resolution 
was evaluated by scanning electron microscopy (SEM; 
Tescan Vega, Brno-Kohoutovice, Czech Republic) of MEW 
scaffolds. Before analysis, all the samples were coated with a 
thin platinum layer. SEM images were then analyzed using 
ImageJ41 to quantify the average size of fibers. In detail, two 
scaffolds per condition were examined, and 40 values for 
each scaffold were measured.

2.4. Seeding of stromal cells in MEW constructs
At first, the MEW constructs were incubated in a solution 
containing 70% ethanol and 30% water overnight and then 

irradiated with ultraviolet light for 1 h (30 min on each 
side) for sterilization purposes before cell seeding.

Human fibroblasts were seeded in sterile MEW 
scaffolds placed in a 48-well plate. In particular, HFF1 were 
seeded on MEW constructs by pipetting 40 μL of a 1.6 × 
106 cells/mL cell suspension on the top of the scaffolds. The 
constructs were maintained at 37°C and 5% CO2 for 1 h 
before 600 μL of medium was added to each well.

2.5. Viability assay
The viability of human fibroblasts (HFF1) cultured in 
MEW constructs was evaluated through the fluorimetric 
resazurin reduction method (CellTiter-Blue, G8080, 
Promega, Milano, Italy) 3, 7, 14, 21, and 28 days after 
seeding. The assay was carried out according to the 
manufacturers’ protocols. Briefly, culture medium was 
removed, and constructs were washed with 1× phosphate-
buffered saline (PBS; Gibco). A solution of 16% CellTiter-
Blue in complete cell culture medium was prepared and 
added to the constructs. After an incubation period of 
3–4 h at 37°C, 100 μL of the medium was pipetted into 
different wells of a 96-well plate, and fluorescence was 
measured using a plate reader (Synergy HTX Multi-Mode 
Reader, BioTek) at 530 nm excitation wavelength and 590 
nm emission wavelength. All the obtained data were then 
exported and elaborated using GraphPad Prism 9.3.1.

2.6. Stromal cells distribution within MEW scaffolds: 
confocal microscopy and scanning electron 
microscopy analyses
Fluorescence imaging was performed to monitor the 
distribution of stromal cells (HFF1) seeded within the 
3D scaffolds. The constructs were washed once with 1× 
PBS and fixed with 4% paraformaldehyde (PFA; Sigma 
Aldrich) for 30 min at room temperature, after 72 h 
of culture. They were then washed twice with 1× PBS, 
permeabilized in 0.5% Triton X-100 (Sigma Aldrich) in 
1× PBS for 10 min, and incubated with 1% bovine serum 
albumin (BSA; Invitrogen, Carlsbad, CA, USA) for 30 min 
to enhance the quality of the staining. The cytoskeletons 
of fibroblasts in MEW scaffolds were stained with Alexa 
FluorTM 488 Phalloidin (A12379, Invitrogen) at 1:60 
concentration in a solution of 1× PBS with 1% BSA. 
Nuclei were stained with DAPI reagent (4’,6-diamidino-
2-phenylindole, Dihydrochloride; D1306, Invitrogen) at 
1:1000 concentration in 1× PBS solution. All samples were 
then imaged by confocal microscopy (Eclipse Ti2, Nikon, 
Konan Minato-ku, Japan). The resulting images were post-
processed with ImageJ software.

Furthermore, SEM analyses were performed upon 
dehydration of fixed fibroblasts within the scaffolds 
to observe both HFF1 cells and the MEW filaments. 
Samples were dehydrated by soaking them into ethanol/

Table 1. Process parameters used to fabricate the MEW 
scaffolds

Scaffold type i ii iii iv

Nozzle size (mm) 0.5 0.5 0.5 0.3

Flow (%) 20 40 40 20

Infill line distance (µm) 80 110 110 80

Infill rotate angle (°) 45 45 90 90

Speed (mm/s) 70 60 60 40

Distance (mm) 7 6 6 12

Printing temperature (°C) 130 100 100 90

Voltage (kV) 5 7 5 5
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water solutions starting from 30/70 up to 100/0. 
Before analysis, all the samples were coated with a thin 
platinum layer.

2.7. Epithelization of the cavity
HPDE-KRAS and HPDE-WT cells were detached from the 
culture flask, counted, and resuspended to a 10 μL volume 
to obtain a 2.1 × 106 cells/mL concentration. Then, cells 
were seeded into the cavity of cellularized MEW scaffold, 
where HFF1 were allowed to grow for 2 weeks. The co-
cultured constructs were placed in a 48-well plate.

The HPDE cells/HFF1 cell ratio was set at 1:3, according 
to studies demonstrating the relevancy that ratios of 1:1 to 
1:3 have in vivo.42-44 Cells were co-cultured in DMEM/F-12 
supplemented with 15% FBS (Gibco), 1% penicillin–
streptomycin (Gibco), and 2% L-glutamine (Gibco) since 
previous experiments had proven the efficacy of this culture 
medium composition in promoting cell viability.21 The 
constructs were then fully covered with 600 μL of medium 
after 60 min. The cellularized structures were maintained 
in a humidified CO2 incubator at 37°C and 5% CO2.

2.8. Immunocytochemistry and confocal microscopy
The co-cultured MEW constructs were fixed with 4% 
paraformaldehyde (PFA; Sigma Aldrich) for 30 min 
at room temperature, after 3, 7, 10, and 14 days of co-
culture.  They were then rinsed with PBS twice and kept 
at 4°C. Each sample was then permeabilized with 0.2% 
Triton X-100 in PBS for 10 min at room temperature and 
successively washed 3 times for 5 minutes with PBS + 0.1% 
Tween 20 (PBST) at room temperature. Then, samples 
were blocked with 2% BSA in PBST for 60 min and rinsed 
three times with PBST. The samples were incubated 
with primary antibodies—alpha-smooth muscle actin 
recombinant rabbit monoclonal antibody (1:200; 701457 
100 µg, Invitrogen) and E-cadherin monoclonal antibody 
(HECD-1; 1:2000; 13-1700, Invitrogen)—in PBST + 1% 
BSA for 24 h at 4°C. Samples were then rinsed 3 times 
with PBST at room temperature for 5 min. Then, the 
samples were incubated with secondary antibodies—
Cyanine5-conjugated goat anti-mouse secondary 
antibody (1:200; A10524, Invitrogen) and Alexa FluorTM 
555-conjugated goat anti-rabbit secondary antibody 
(1:500; A27017, Invitrogen)—in PBST + 1% BSA for 2 
h at room temperature. Samples were rinsed with PBST 
for 5 min at room temperature thrice. The cytoskeletons 
of HFF1 and HPDE cells seeded in MEW scaffolds were 
then stained with Alexa FluorTM 488 Phalloidin (A12379, 
Invitrogen) at 1:60 concentration in a solution of 1× PBS 
with 1% BSA. Samples were rinsed with PBS for 5 min at 
room temperature thrice, before the staining with DAPI 
(D1306, Invitrogen) in PBS (1:1000) for 5 min at room 
temperature. They were then washed once with PBS, and 

finally mounted on glass coverslips using Fluoromount™ 
Aqueous Mounting Medium (00-4958-02, Invitrogen) 
for imaging. All samples were then imaged by confocal 
microscopy (Eclipse Ti2, Nikon). The resulting images 
were post-processed and analyzed with ImageJ software. 
In particular, the fluorescence intensity (mean gray 
values along the z-axis) corresponding to the E-cadherin 
signal was analyzed in z-stack acquisitions and plotted to 
compare the epithelial cell distributions within the cavity 
of the MEW scaffold at different time points of culture 
period. The fluorescence intensity values were normalized 
to the minimum value measured by the software for 
each sample.

2.9. Interleukin-6 cytokines release
The concentration of cytokines was determined in cell 
supernatants collected, after 2, 3, 10, and 14 days from 
HPDE cells seeding, from the wells containing the MEW 
scaffolds co-cultured with HFF1, HFF1 + HPDE-KRAS, 
and HFF1 + HPDE-WT cells. IL-6 cytokines were 
quantified with the IL-6 Human ELISA Kit (BMS213-2, 
Invitrogen). The concentrations were calculated using the 
standard curve generated by plotting the absorbance values 
of each standard sample on the ordinate and the human 
IL-6 standard concentrations on the abscissa.

2.10. Statistical analysis
All bar graph data are presented as the mean ± standard 
deviation (SD) from at least three independent experiments 
per condition or time point. Significance was measured 
as indicated for each experiment, with two-way or one-
way analysis of variance (ANOVA) followed by pairwise 
comparison with Tukey’s multiple comparisons test using 
GraphPad Prism 9.3.1; *p < 0.05, **p < 0.01, ***p < 0.001, 
****p < 0.0001.

3. Results
3.1. Fabrication of acinar structures
The effect of the process parameters on the resulted MEW 
scaffolds was evaluated qualitatively by observing the 
print shape fidelity with respect to the CAD design at the 
macroscopic and microscopic levels, and quantitatively by 
measuring the diameter of fibers. The SEM images in Figure 
2a show representative images of MEW scaffolds produced 
by varying the process parameters in the ranges reported 
in Table 1. Specifically, the structures were obtained with: 
0.5 mm (i–iii) and 0.3 mm (iv) nozzle size; 20% (i, iv) and 
40% (ii, iii) flow; 80 µm (i, iv) and 110 µm (ii, iii) infill line 
distance; 45° (i, ii) and 90° (iii, iv) infill rotate angle; 70 
mm/s (i), 60 mm/s (ii, iii), and 40 mm/s (iv) speed; 7 mm 
(i), 6 mm (ii, iii), and 12 mm (iv) distance; 130°C (i), 100°C 
(ii, iii), and 90°C (iv) printing temperature; and 5 kV (i, iii, 
iv) and 7 kV (ii) voltage.
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Figure 2. Fabrication of acinar structures by melt-electrowriting (MEW). (a) Scanning electron microscopy (SEM) images of scaffolds obtained by setting 
different process parameters, according to Table 1. Scale bars: 500 µm (first row) and 100 µm (second row). (b) Bar plots reporting the dimensional analysis 
(filament size) on the different scaffold types (n = 2; 40 images per scaffold). Tukey’s multiple comparisons test: *p < 0.05, **p < 0.01, ***p < 0.001, ****p < 
0.0001. (c) CAD drawing and photographs of the printed structures corresponding to scaffold type iv. (d) Photographs showing the relationship between 
geometrical accuracy and humidity, which varies between 44% and 54%.
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The differences in terms of precision in filament 
deposition, pore interconnectivity, and fiber size in 
MEW scaffolds were observed. In general, the constructs 
obtained with the highest printing temperature (130°C) 
had randomly deposited fibers (Figure 2ai), while the 
pores of scaffolds produced with an infill deposition 
angle of 45° were poorly interconnected (Figure 2aii). 
Decreasing the flow and the nozzle diameter and 
increasing the distance between needle and platform 
improve the accuracy of filament deposition and the 
structure resolution as the filament size also decreases 
(Figure 2aiii–iv and b). The scaffolds with the best resolution 
and pore interconnectivity (scaffold type iv) were chosen 
as optimal constructs for cell culture. Several replicas 
as shown in Figure 2c show high reproducibility of the 
manufacturing process.

Geometrical accuracy and shape fidelity were found 
to be affected by ambient parameters rather than the 
process parameters as shown in Figure 2d. Specifically, by 
decreasing the humidity from 54% to 44%, the geometry 
accuracy of printed constructs visibly improves.

3.2. Viability and distribution of stromal cells in 
MEW model
Figure 3a shows the viability of stromal cells, measured by 
a fluorometric/colorimetric assay, in which the metabolic 
capacity of live cells is quantified. The results demonstrate 
the ability of MEW constructs in supporting the growth 
of human fibroblasts for a period of up to 28 days. In 
particular, a statistically significant (p < 0.0001) increment 
in cell viability occurred from 3 days, 7 days, and 14 days 
to 28 days. On the contrary, the increment from 21 days to 
28 days was minimal.

The distribution of cells inside the 3D scaffolds was 
evaluated by fluorescence microscopy and SEM analyses 
on the cellularized structures. Representative confocal 
and SEM images of MEW scaffolds seeded with HFF1 are 
depicted in Figures 3b and 4. An increment in stromal 
cells proliferation within the 3D MEW structures can be 
qualitatively observed from 14 days to 21 days and 28 days 
(Figure 4). Starting from 3 weeks of culture, the formation 
of a stromal matrix occurred, and the developed new 
tissue covered much of the scaffold surface after 28 days 
in culture. Indeed, the presence of granular corpuscles 
on the fibers at 21 days and 28 days after seeding could 
be ascribed to the ECM deposited by HFF1. The fiber 
dimension comparable to the cell size allowed an optimal 
colonization by fibroblasts that were able to adhere to 
different fibers, creating bridges across the pores, and to 
grow with support by the polymeric grid, indicating that 
a biomimetic process is in progress.

3.3. Crosstalk between epithelial and stromal cells in 
MEW model
The ability of the developed MEW model in reproducing 
the natural compartmentalization typical of the exocrine 
pancreatic microenvironment was analyzed (Figure 5). In 
particular, the interactions between epithelial and stromal 
cells were evaluated by quantifying the release of pro-
inflammatory cues through the ELISA test and by observing 
the cell distribution (Figure 5a). Interleukin-6 release was 
measured in serum collected by MEW models seeded 
with HFF1 (monoculture), HFF1 + HPDE-KRAS cells or 
HFF1 + HPDE-WT cells at different time points of the 
culture period. As shown in Figure 5b, the level of IL-6 was 
higher for fibroblasts co-cultured with HPDE-KRAS cells 
at 2 days and 3 days, as compared with other conditions 
(HFF1 and HFF1 + HPDE-WT). This finding points to the 
augmented inflammation caused by the presence of HPDE-
KRAS cells in co-culture with stromal cells. However, at 
later time points (10 days and 14 days), the IL-6 release 
decreased, suggesting that inflammation mediated by pro-
inflammatory cytokines such as IL-6 mainly occurred 
in the initial phase of tumor–stroma crosstalk. Figure 5c 
shows the plots relative to E-cadherin signal from epithelial 
cells measured in the z-stack acquisitions from the top 
of the model to the bottom of the cavity (Figure 5d). The 
z-stack videos (Videos S1–S3 in Supplementary File) and 
the confocal images in Figure 6 demonstrate the presence 
of HPDE-KRAS cells predominantly inside the cavity of the 
MEW scaffolds, thus confirming the success of the seeding 
procedure. The epithelial cells remained collimated in the 
biomimetic cavity for 10 days, while they were also visible in 
the portion around the cavity 14 days after seeding. Indeed, 
the plots of the signal corresponding to 7 and 10 days 
after seeding are characterized by a peak of fluorescence 
intensity in correspondence to the cavity’s bottom (z ≈ 700 
µm), while the fluorescence intensity of epithelial cells co-
cultured for 14 days with HFF1 resulted highest for the 
focal planes proximal to the upper surface of the model (z = 
0 µm).  Moreover, the intensity values measured in models 
after 10 days from HPDE-KRAS cells seeding are two-
fold higher than those quantified after 7 days. Therefore, a 
culture period of 10 days seems to be optimal to guarantee 
the collimation of epithelial cells inside the cavity while 
maintaining a good level of proliferation.

The interactions between stromal and HPDE-KRAS 
cells within the cavity have been also qualitatively analyzed 
in confocal images at higher magnifications (Figure 7). 
Interestingly, the images relative to 3 and 7 days of co-
culture show the tendency of epithelial cells to form 3D 
clusters between fibroblasts interconnections, reassembling 
the cell organization similar to the physiological exocrine 
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pancreatic unit (epithelial cells surrounded by stromal 
cells). After 7, 10, and 14 days in co-culture, HPDE-KRAS 
cells visibly proliferated within the MEW model, growing 
on fibers and on the stromal tissue and colonizing most of 
the cavity’s bottom.

4. Discussion
Two-dimensional models are valuable low-cost systems 
that can be easily applied in in vitro experiments,45 but they 
are unable to recapitulate the biological and biophysical 
complexity of human tumor microenvironment.46 
Indeed, several studies have largely proved that pancreatic 
cancer and stromal cells grown in a 3D bioengineered 

environment respond to drugs differently than cells 
in two-dimensional models and show features more 
similar to the ones typical of PDAC components (e.g., 
chemoresistance, biochemical gradients, tumor–stroma 
cytoarchitecture).47-51 For this reason, pancreatic cancer 
research has been oriented in recent years toward the 
development of novel in vitro models such as organ-on-
chip and 3D models that better mimic the human tumor 
for in vivo conditions, for addressing ethical concerns in 
animal experiments, and to deepen our understanding 
of PDAC physiopathology.52,53 So far, only few studies 
focused on replicating the 3D gland geometry of the 
functional unit of exocrine pancreas,23-25,54,55 but they 

Figure 3. Viability and distribution of stromal cells in 3D MEW scaffolds. (a) Metabolic activity of fibroblasts seeded on MEW scaffolds as a function 
of time, measured from the reduction of resazurin (n = 3). Tukey’s multiple comparisons test: *p < 0.05, **p < 0.01, ***p < 0.001, ****p < 0.0001. (b) 
Representative confocal images at 10× (i, iii, v) and 20× (ii, iv, vi) magnifications of HFF1 at 14, 21, and 28 days after seeding. Scale bars: 100 µm (i) and 
50 µm (ii). (c) Scanning electron microscopy (SEM) images at different magnifications showing the HFF1 colonization within the MEW constructs. Scale 
bars: 500 µm (i, iv, vii), 100 µm (ii, v, viii), and 20 µm (iii, vi, ix).
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failed to reproduce the acino-ductal morphology24,54 or 
incorporate the stromal components.25,56 In this work, 
we designed and fabricated a 3D model, a layer-by-
layer PCL scaffold, that recapitulates the morphology 
and composition of the exocrine pancreatic functional 
unit. In particular, we used MEW to obtain microscale 
constructs, which support cells’ growth and provide 
physiological stimuli, since the MEW fibers are similar 
in size to natural ECM fibers that have diameters ranging 
from 1 to 20 µm57 (Figure 2).

Although the accuracy in obtaining 3D complex 
geometries is lower in MEW compared with other layer-by-

layer techniques (e.g., fused deposition modeling), where 
the polymer extrusion is discontinuous and the ambient 
parameters (e.g., humidity and ambient temperature) poorly 
affect the jet stability and the filament deposition,30,58,59 the 
work described in this paper goes beyond the state of the 
art in the MEW field28,31 and can be considered a pioneer 
study creating such a complex geometry of the gland (at a 
millimeter scale) without the need of any supports and/or 
cylindrical rotary mandrels. Thus, our approach bypasses 
the technical difficulties in separating the printed scaffolds 
from the supports and permits to fabricate morphologies 
other than mandrels shape and dimensions.60-65 It has 
recently been shown that complex tubular structures can 

Figure 4. Distribution of stromal cells in 3D MEW scaffolds. Scanning electron microscopy (SEM) images at different magnifications showing the HFF1 
colonization within the MEW constructs. Scale bars: 500 µm (i, iv, vii), 100 µm (ii, v, viii), and 20 µm (iii, vi, ix).
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Figure 5. Epithelization of the cavity in the fibroblast-laden MEW scaffold. (a) Schematic illustration of the experiments pipeline. (b) Bar plots of the data 
obtained from ELISA test  for IL-6 level for each culture condition (HFF1, HFF1 + HPDE-WT, and HFF1 + HPDE-KRAS) grouped per time step (n = 3). 
Each condition has been assayed in duplicate following the manufacturer’s instructions. Tukey’s multiple comparisons test: *p < 0.05, **p < 0.01, ***p < 
0.001, ****p < 0.0001. (c) Plots reporting the intensity values of E-cadherin signal along the z-axis in constructs co-cultured with HFF1 and HPDE-KRAS 
cells for 7, 10, and 14 days. (d) Drawing showing the region where the z-stack images were acquired.
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Figure 6. Distribution of epithelial cells co-cultured with fibroblasts in 3D MEW scaffolds. Representative confocal images at 4× magnification showing 
constructs slices at different depths, after 3 days, 7 days, 10 days, and 14 days from HPDE-KRAS cells seeding. Scale bars: 500 µm.
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Figure 7. Interactions between stromal and HPDE-KRAS cells within the cavity of MEW model. Representative confocal images at 10× and 20× 
magnifications showing HFF1 and HPDE-KRAS cells co-cultured within the cavity, after 3 days, 7 days, 10 days, and 14 days from HPDE-KRAS cells 
seeding. Scale bars: 200 µm (left column) and 100 µm (right column).
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be obtained by incorporating the method of layer shifting 
in the programmed toolpath, using planar collectors.66,67 
However, these scaffolds were poorly interconnected as 
fibers tend to adhere to each other. In contrast, we showed 
that the printing of complex biomimetic structures have 
high shape fidelity and interconnected porosity, which are 
key features for biological studies as confirmed by adhesion 
and proliferation assays using stromal cells (HFF1) that 
remained viable and active for at least 4 weeks in MEW 
constructs (Figure 3). These results are supported by other 
studies in literature, showing the culture of cells on PCL 
scaffolds obtained by MEW for several weeks.61,68 Therefore, 
our results confirm the ability of these biomimetic scaffolds in 
promoting cell growth and tissue formation, in line with the 
numerous studies reporting the large use of PCL in additive 
manufacturing approaches for biomedical applications.37-40

The model developed in this study was able to maintain 
long-term culture of human fibroblasts, which adhered to 
different fibers to create bridges across the pores and grew 
with the  support of polymeric grid, imitating the natural 
process. The surface of MEW scaffolds was almost covered 
by a thin layer of stromal matrix after 28 days in culture 
(Figure 4).

Moreover, we detected the presence of granular 
corpuscles on fibers of MEW models, at 21 days and 28 days 
after HFF1 seeding. Evidence in literature seems to confirm 
our hypothesis that correlates the presence of such corpuscles 
with the deposition of ECM by fibroblasts.69,70 However, 
further analyses are needed to confirm this statement. 

Human pancreatic ductal epithelial cells were seeded 
in the cavity of the structures, where HFF1 were allowed 
to grow for 2 weeks (Figure 5). The epithelial–stromal cells 
crosstalk occurring in the MEW model was studied in terms 
of fibroblasts inflammation mediated by IL-6 (Figure 5b). 
Indeed, the release of IL-6 by inflamed tumor-associated 
fibroblasts plays a key role in PDAC–stroma interplay 
and regulates a wide range of mechanisms involved in 
pancreatic cancer, such as angiogenesis, epithelial-to-
mesenchymal transition, and immunosuppression.71-73 It 
has been demonstrated previously that the release of IL-6 
by HPDE-KRAS cells under monoculture on artificial 
substrates was minimal and negligible compared to HFF1.21 
Our results indicate a higher IL-6 release by fibroblasts in 
co-culture with HPDE-KRAS cells for 2 days and 3 days, 
in comparison with HFF1 alone or HFF1 under co-culture 
with healthy HPDE cells (HPDE-WT). This is in line with 
studies in literature reporting the role of the KRAS oncogene 
as a driver for the IL-6 production by stromal cells.74,75

The MEW model developed in this study recapitulates 
the in vivo pathological condition, accompanied by 
IL-6 secretion by fibroblasts during the inflammation of 

cancer cells.76 The ability of this model in reproducing the 
inflammatory cascade occurring in pancreatic cancer is 
further confirmed by numerous studies showing notable 
differences in serum IL-6 levels between PDAC patients 
and healthy individuals.77-83

However, the differences in IL-6 levels of fibroblasts 
co-cultured with either healthy epithelial cells or epithelial 
cells overexpressing KRAS were statistically significant only 
at early stages of the experiment, suggesting that the IL-6-
mediated inflammation occurred mainly during the first 
few hours (up to 72 h). At later phases of the experiment, 
inflammation might be mediated by other proteins.84

The ability of the human MEW model in reproducing 
the natural compartmentalization typical of the exocrine 
pancreatic microenvironment was demonstrated, as the 
epithelial cells were localized within the cavity while 
fibroblasts colonized the 3D structure. Indeed, HPDE-
KRAS cells colonized the acino-like structure and remained 
collimated in the cavity up to 10 days of co-culture period 
and then started to migrate within the scaffold and on 
the scaffold upper surface (Figure 5c and d, and Figure 
6; and Videos S1–S3 in Supplementary File). Therefore, 
the optimal protocol for co-culture implementation 
within the MEW structure was set: 14 days of fibroblasts 
culture alone plus 10 days of fibroblasts and epithelial 
cells co-culture. Indeed, these time points permit the 
creation of a cellularized MEW model that mimics the 
native compartmentalized 3D tumor architecture, which 
is widely recognized to significantly influence behavior of 
cancer cells.22,85,86 Moreover, the crosstalk between stromal 
and epithelial cells can also be easily monitored in this 
model, as the open structure allows the observation of 
the epithelial cell organization within the cavity, between 
the fibroblast interconnections (Figure 7). Although these 
results demonstrate the possibility to model the functional 
unit of the exocrine pancreas in vitro and to study the 
interactions between PDAC and stromal cells occurring 
at different stages of pancreatic cancer progression in a 
very controlled and biomimetic way, additional works are 
warranted to improve this model. For instance, advanced 
bioprinting systems can be employed in combination with 
MEW87 to print the epithelial cells into a monolayer on the 
previously obtained MEW model, within the acinar-like 
cavity in a precise and software-guided way.

5. Conclusion
This work describes the engineering approach adopted 
to fabricate a layer-by-layer microscale model resembling 
the half structure of the functional unit of the exocrine 
pancreas, for the study of pancreatic cancer. MEW was 
employed to obtain the complex 3D structure without the 
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need for supports, mandrels, or sacrificial materials. The 
constructed PCL scaffold represents, at the microscale, a 
biomimetic porous network able to support the growth 
and proliferation of stromal cells over several weeks. In 
particular, human fibroblasts and HPDE overexpressing 
the KRAS oncogene were used to replicate the stromal 
and cancer epithelial components, respectively. The ability 
of this model in promoting the formation of a stromal 
tissue after 28 days of culture, as well as the capability in 
replicating the compartmentalized architecture typical of 
the pancreatic cancer microenvironment by hosting both 
stromal cells and epithelial cells, was assessed. Indeed, 
the specific localization of the epithelial cells within the 
acinar cavity was achieved and maintained up to 10 days. 
Moreover, the MEW model features the crosstalk between 
stromal and PDAC cells on IL-6 release, mirroring the 
pathological condition in vivo.

Therefore, the successful realization of the biomimetic 
construct described in this paper provides an important step 
toward a fully human 3D in vitro model of the pancreatic 
gland capable of recapitulating acinar morphology, allowing 
long-term analyses of pancreatic cancer progression from 
the very early stages and facilitating the design of effective 
treatments against this cancer.
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Abstract
In this study, our goal was to assess the suitability of a polyether-ether-ketone (PEEK) 
and silicon nitride (Si3N4) polymer composite for antimicrobial three-dimensional 
(3D)-printed cervical cages. Generic cage designs (PEEK and 15 vol.% Si3N4-PEEK) 
were 3D-printed, including solid and porous cage designs. Cages were tested in 
static compression, compression shear, and torsion per ASTM F2077. For antibacterial 
testing, virgin and composite filament samples were inoculated with Staphylococcus 
epidermidis and Escherichia coli. In vitro cell testing was conducted using MC3T3-E1 
mouse preosteoblasts, where cell proliferation, cumulative mineralization, and 
osteogenic activity were measured. The 3D-printed PEEK and Si3N4-PEEK cages 
exhibited adequate mechanical strength for all designs, exceeding 14.7 kN in 
compression and 6.9 kN in compression shear. Si3N4-PEEK exhibited significantly 
lower bacterial adhesion levels, with a 93.9% reduction (1.21 log), and enhanced cell 
proliferation when compared to PEEK. Si3N4-PEEK would allow for custom fabrication 
of 3D-printed spinal implants that reduce the risk of infection compared to unfilled 
PEEK or metallic alloys. 

Keywords: Cervical fusion cage; Anti-infection; Polyether-ether-ketone;  
Silicon nitride; 3D printing; ASTM F2077

1. Introduction 
Spinal fusion is the gold-standard treatment1 when back pain becomes intractable,  
but up to 35% of patients experience failed fusions.2-4 These failures can result from 
poor osseointegration that critically depends on surface and mechanical properties 
of the spinal cage5-7 and biological factors. Among these factors, low level of bacterial 
contamination localized to the bone–implant interface may inhibit bone growth.8,9 
Currently, traditionally molded or machined polyether-ether-ketone (PEEK) cages are 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/


3D-printed silicon nitride-PEEK implants

432Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2124

International Journal of Bioprinting

the most common cages, which are endowed with PEEK’s 
strength, elastic modulus comparable to that of the bone, 
biocompatibility, and radiolucency.10,11 

Earlier investigations have affirmed the robust 
mechanical strength of three-dimensional (3D)-printed 
PEEK in different implant applications.12 Subsequent 
studies have explored ways to enhance PEEK’s bioactivity 
by adding bioactive fillers into PEEK to allow the 
utilization of novel materials in 3D printing technology 
without compromising inherent strengths of PEEK.13 This 
pragmatic approach seeks to optimize PEEK for implants, 
aiming for a balanced performance that integrates strong 
mechanical properties with improved bioactivity.14 These 
efforts contribute to the material’s adaptability across 
diverse medical applications.15

However, enhancing cellular attraction on implant 
surfaces inherently increases the susceptibility to 
bacterial adhesion. Consequently, the imperative 
consideration of incorporating antimicrobial features 
into implant surfaces is crucial, especially when fostering 
osseointegration.1,16 Improved osteoblast adhesion 
and maturation have been achieved with additively 
manufactured solid and mesoporous PEEK materials for 
spinal cage applications17,18—currently, there are no cages 
that exhibit antibacterial properties. Moreover, there is a 
continuing unmet clinical need for biomaterials employed 
in spinal cages that promote osseointegration, prevent 
bacterial growth, withstand in vivo loading, and facilitate 
efficient medical imaging—factors that are crucial for the 
performance of the implant.

Among spinal cages, the ceramic silicon nitride (Si3N4), 
also known as as-fired-silicon-nitride (AFSN), has shown 
very few infections in the clinical arena.19 In vitro, Si3N4 
shows decreased bacterial colonization compared to 
other commonly used materials and supports osteoblast 
maturation and mineralization.20 Si3N4 is radiolucent 
and exhibits longevity, but like all ceramic materials, it 
exhibits high elastic modulus, raising concerns about 
possible stress shielding and brittle fracture in cases 
where the device experiences significant non-compressive 
loading.21 To overcome these concerns, we explored the 
use of PEEK/Si3N4 composites. We hypothesize that this 
composite material will possess the osseointegrative and 
antimicrobial properties of Si3N4 while maintaining the 
mechanical properties and ductility of PEEK. Accordingly, 
we assessed the potential suitability of composite Si3N4-
PEEK materials for fabricating 3D-printed cervical cages. 
Specifically, we sought to address the following questions: (i)  
Will 3D-printed Si3N4-PEEK cervical cages have the 
strength of conventional cages? (ii) Will 3D-printed Si3N4-
PEEK composites exhibit antimicrobial properties? (3) 

How 3D-printed Si3N4-PEEK composites affect the in vitro 
cell response for osseointegration?

2. Methods
2.1. Si3N4-PEEK cages and 3D printing 
Cervical spinal cages utilized in this study were 
initially designed using Solidworks (2021, Dassault 
Systèmes, France) (see Figure S1 in Supplementary 
File). Subsequently, porous sections were designed 
and incorporated using nTopology (2021, Dassault 
Systèmes, France) with pore size ranging between 700 
and 800 microns. Cages were created using fused filament 
fabrication (FFF) technology by a third-generation medical 
3D printer (Kumovis R1, Munich, Germany) (Figure 1; 
Table S1 in Supplementary File). The PEEK and Si3N4-
PEEK filaments (1.75 mm) used in 3D printing of cervical 
cages were produced by Orthoplastics (Lancashire, UK). 
PEEK resin was provided by Solvay (Zeniva®, Brussels, 
Belgium), and 15% volume submicron sintered β-Si3N4 
powder (Flex-SN, SINTX Technologies, Salt Lake City, UT, 
USA) was compounded (Foster Corp., Putnam, CT, USA) 
with the PEEK resin to produce the composite resin used 
for the Si3N4-PEEK filament. The cages were printed in 
the upright position (Figure 1) to demonstrate the worst-
case scenario, emphasizing the weakest layer adhesion for 
mechanical testing.

2.2. Mechanical testing 

2.2.1. Compression and compression shear 
Tests were conducted on an Instron 5567 system (Instron, 
Norwood, MA) equipped with calibrated load and 
displacement sensors, with a load cell capacity of 30 kN 
for both compression and compression shear tests. A strain 
rate of 25 mm/min was chosen as per ASTM F2077,22 
and load–displacement curves were plotted using the 
data (Figure S2 in Supplementary File). Stiffness values 
were calculated from the curves using a custom script in 
MATLAB 2021b, using the recommendations in ASTM 
F207722 as a guide.

2.2.2. Torsion 
Prior to and after mechanical testing, each cage underwent 
imaging using a digital microscope (VHX-7000, Keyence). 
The experiments were performed utilizing an Instron 8874 
system (Instron, Norwood, MA) fitted with calibrated load 
and displacement sensors, with a load cell capacity of 100 
N∙m for torque tests. Torsion tests were carried out at 60º/
min, as per the ASTM 207722 recommendations, with a 
preloading force of 500 N applied to the cages (Figure S3 
in Supplementary File).

Torque–angle curves were plotted from the data. 
Stiffness, yield moment, and ultimate moment values 
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were calculated from the curves using a custom script in 
MATLAB 2021b, using the recommendations in ASTM 
F207722 as a guide. To calculate the yield moment, offset 
angular displacement (OAD) was calculated as “3.02°” 

in Equation I, defined by the standard. The offset on the 
angular displacement axis is calculated as 10% of the 
intradiscal height ( Hintradiscal ) divided by the implant height 
( Himplant ), multiplied by a constant.

Figure 1. Design of 3D-printed cervical cages: solid (A), porous where top and bottom sections have porous structures (B), and porous window design 
with an additional window on the sides (C). Front views are shown on the left and isometric views on the right.
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The normality of the data distributions was assessed by 
applying the Shapiro–Wilk test. Groups were compared 
via analysis of variance (ANOVA), followed by a post-hoc 
Tukey Honest Significant Difference Test. Furthermore, 
a 2 × 3 factorial ANOVA was conducted to evaluate the 
primary effects of material (PEEK vs. Si3N4-PEEK) and 
design (Solid, Porous, and Porous Window). All statistical 
analyses were performed with a commercially available 
software program (SPSS version 28), using an alpha level 
of 0.05.

2.3. Antibacterial testing 

2.3.1. Antibacterial adhesion
PEEK, Si3N4-PEEK, and AFSN rods (1.75 × 12 mm) were 
prepared, with AFSN acting as a positive control due to 
its demonstrated antimicrobial effect in vivo and it being 
the pure form of the antimicrobial component of the 
Si3N4-PEEK composite material.21 Rods were placed in 
10% human serum, 1 × phosphate-buffered saline (PBS), 
and 7 mg/mL dextrose (48-well plate, n = 6/condition) and 
inoculated with 103, 104, or 105 colony-forming units per 
milliliter (CFU/mL) of Staphylococcus epidermidis (ATCC 
14990). Samples were incubated at 37°C and 95 rpm for 24 
h, aseptically removed, gently rinsed 3 times in PBS, and 
placed in 10% trypsin23 to release adherent bacteria from 
the material surface. Serial dilutions were plated on 3M™ 
Petrifilms™, and colonies were then counted (countable 
range 20–300 CFU). Each antimicrobial experiment was 
independently performed 3 times and also repeated under 
the same conditions for Escherichia coli (ATCC 25922). 
Statistical significance was tested using a Kruskal–Wallis 
test (Prism v9, GraphPad, 2020). 

2.3.2. Scanning electron microscopy
Scanning electron microscopy (SEM) samples were 
prepared by aseptic removal of samples, gentle rinsing in 
PBS, fixing with 4% paraformaldehyde for 20 min, followed 
by serial dehydrations (10 min in PBS, 20% ethanol, 40% 
ethanol, 60% ethanol, 80% ethanol, and 100% ethanol). 
Samples were dried overnight, sputter-coated in 80/20 Pt/
Pd, and imaged by SEM (Zeiss Supra 50VP). 

2.4. Cell culture 
PEEK, Si3N4-PEEK, AFSN, and Ti6Al4V samples (10 × 10 
× 1 mm3) were prepared, with Ti6Al4V acting as a positive 
control due to its interaction with osteoblast-like cells being 
well-studied, and it is known to support osseointegration in 
vivo.24 Samples were sterilized by sonicating in 70% ethanol 
for 30 min, transferred to a sterile environment, soaked 3 

times in 70% ethanol for 30 min, and dried overnight in 
the biological safety cabinet. Samples were pre-incubated 
for 24 h in Minimum Essential Medium α (MEM α, 
Gibco) supplemented with 10% fetal bovine serum (FBS; 
Gibco) and 1% penicillin–streptomycin (Gibco) in ultra-
low attachment plates (Corning) followed by seeding with 
30,000 MC3T3-E1 mouse preosteoblasts (ATCC CRL-
2593); tissue culture plastic (Corning) served as a positive 
control. Mouse preosteoblasts were chosen because they 
faithfully recapitulate the molecular events that occur 
during osteoblast maturation and can be compared to 
existing work due to their immortalized nature.25,26 After 7 
days of incubation, cell culture media were supplemented 
with 5 mM β-glycerophosphate (Sigma-Aldrich) and 
50 µg/mL L-ascorbic acid (Sigma-Aldrich) to promote 
mineralization. To evaluate short-term cell attachment and 
proliferation, BioVision’s MTT Cell Proliferation Assay Kit 
was used after 24 and 72 h. To evaluate osteogenic activity, a 
combined approach described by Wilkesmann, Westhauser, 
and Fellenberg was used to simultaneously determine cell 
number with fluorescein-diacetate (FDA) and alkaline 
phosphatase activity with 4-methylumbelliferone-
phosphate (4-MUP) after 7, 14, and 21 days.27 Mineralization 
was measured by staining with 2% alizarin red stain after 21 
and 28 days and visualized, and then the stain was dissolved 
in 20% methanol and 10% acetic acid in deionized water, 
followed by spectrophotometric quantitation (λ = 405 nm, 
TECAN Infinite M200). 

Statistical significances for each set of results were 
evaluated by ANOVA, followed by a post-hoc Tukey’s 
multiple comparisons test (n = 6, α = 0.05, Prism v9, 
GraphPad, 2020). 

3. Results 
3.1. Si3N4-PEEK cages and 3D printing 
A total of five cages per group of solid, porous, and 
porous window designs for PEEK and Si3N4-PEEK were 
3D-printed and examined for structural integrity (Figure 
2). Furthermore, weight measurements were conducted 
for each group of cages to identify outliers, addressing 
the possibility of any infill/extrusion issues (Table S2 in 
Supplementary File).

3.2. Mechanical testing 

3.2.1. Compression and compression shear 
For compression, force–displacement curves of the cages 
that were tested above the 5th percentile ultimate force 
(6236 N)28 were plotted. For each group, the first linear 
regions were defined separately, and the stiffness (Table 
1) was computed by determining the slope of the linear 
region for each sample. 
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The data demonstrated a normal distribution for the 
majority of the groups (four out of six). According to  
2 × 3 factorial ANOVA, design was significantly affecting 
the stiffness under compression (p < 0.001). The stiffness 
of the porous design was significantly higher than the 
solid design (mean difference = 6185 N/mm, p < 0.001) 
and the porous window design (mean difference = 1606 
N/mm, p  = 0.01). The stiffness of the porous window 
design was also significantly higher than the solid design 
(mean difference = 4579 N/mm, p < 0.001). When stiffness 
was examined as a function of material, the main effect 
was not significant in stiffness of the cages as well as the 
interaction between material and design.

In addition to the main effects, the group comparisons 
between PEEK and Si3N4-PEEK and the designs were 
analyzed (Figure 3). 

There was no significant difference in stiffness 
between PEEK and Si3N4-PEEK per design (Figure 3A). 
The compression stiffness of PEEK porous and porous 
window designs was significantly higher than that of 
the solid design (mean difference = 5622 and 4277 N/
mm respectively, p < 0.001 for both). Similarly, for Si3N4-
PEEK, porous and porous window designs achieved higher 
compression stiffness than solid design (mean difference 
= 6748 and 4881 N/mm respectively, p < 0.001 for both) 
(Figure 3B). In addition to surpassing the 5th percentile 
of ultimate strength loading,28 porous window designs for 
both PEEK and Si3N4-PEEK materials were tested above 
50th percentile of ultimate compression strength defined 
by Peck et al.28 (10,800 N) (Table S3 in Supplementary 
File). Furthermore, solid and porous designs for both 
PEEK and Si3N4-PEEK materials were tested above 75th 

Figure 2. Sample cages that were 3D-printed for mechanical testing. Solid (A, D), porous (B, E), and porous window (front and side views) (C, F) designs 
for PEEK (A, B, C) and Si3N4-PEEK (D, E, F) materials.

Table 1. Mechanical testing metrics calculated for cages

PEEK solid PEEK porous PEEK porous 
window

Si3N4-PEEK solid Si3N4-PEEK 
porous

Si3N4-PEEK porous 
window

Compression stiffness 
(N/mm)

7886 ± 1771 13508 ± 918 12163 ± 388 6911 ± 1053 13659 ± 997 11791 ± 2032

Shear stiffness  
(N/mm)

3171 ± 580 4052 ± 1291 3793 ± 1011 4482 ± 235 5501 ± 517 4587 ± 816

Torsional stiffness 
(Nm/deg)

0.48 ± 0.08 0.36 ± 0.05 0.36 ± 0.04 0.60 ± 0.11 0.47 ± 0.09 0.45 ± 0.07

Yield moment (N∙m) 8.27 ± 0.45 5.29 ± 0.52 4.77 ± 0.26 10.5 ± 0.60 6.90 ± 0.65 5.49 ± 1.07

Ultimate moment 
(N∙m)

8.86 ± 0.60 5.82 ± 0.28 5.45 ± 0.13 11.4 ± 0.37 7.76 ± 0.21 6.49 ± 1.05
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percentile of ultimate compression strength defined by 
Peck et al.28 (14,728 N) (Table S3 in Supplementary File). 

For compression shear tests, the cages were tested 
above the 5th percentile ultimate shear force (1515 N).28 
The force–displacement curves were plotted for each 
sample. Data were normally distributed for all groups. 
According to 2 × 3 factorial ANOVA, the main effect 
of material was significantly affecting the shear stiffness 
(p < 0.001). Si3N4-PEEK cages had significantly higher 
stiffness than PEEK cages (mean difference = 1185 
N/mm, p < 0.001). The main effect of the design was 
observed within the borderline significance level (p = 
0.049). The porous design’s shear stiffness was slightly 
higher than the solid design’s stiffness (mean difference 
= 950 N/mm, p = 0.04). Finally, the interaction between 
the main effects (material and design) was not significant. 

In addition to the main effects, the group comparisons 
between PEEK and Si3N4-PEEK and the designs were 
analyzed (Figure 3). There was no significant difference 
in shear stiffness between PEEK and Si3N4-PEEK per 
design (Figure 3C). Similarly, the shear stiffness between 
the designs for both PEEK and Si3N4-PEEK was not 
significantly different (Figure 3D). In addition to 5th 
percentile of ultimate shear strength loading,28 porous 
window designs for PEEK were tested above 50th percentile 

of ultimate shear strength defined by Peck et al.28 (4626 N) 
(Table S3 in Supplementary File). Furthermore, solid and 
porous designs for both PEEK and Si3N4-PEEK materials 
and porous window design of Si3N4-PEEK were tested 
above 75th percentile of ultimate shear strength defined by 
Peck et al. (6868 N) (Table S3 in Supplementary File). 

3.2.2. Torsion 
For torsion tests, the cages were tested until failure 
according to ASTM F207722 (Figure 4). 

The torque–angle curves were plotted for each sample. 
For each sample, ultimate moment, yield moment, and 
stiffness values were calculated from the graphs (Table 1).

Torsional stiffness data were normally distributed for 
all the groups. According to 2 × 3 factorial ANOVA, both 
main effects (material and design) significantly affected 
the torsional stiffness of cages (p = 0.001 and p < 0.001, 
respectively). Si3N4-PEEK cages had significantly higher 
torsional stiffness than PEEK cages (mean difference = 0.10 
Nm/deg, p = 0.001). Cages with the solid design achieved 
the highest torsional stiffness and that was significantly 
higher than the cages with the porous and porous window 
design (mean difference = 0.13 and 0.14 Nm/deg, p = 0.004 
and p = 0.002, respectively). Finally, the interaction between 
the main effects (material and design) was not significant. 

Figure 3. Comparison in stiffness between PEEK and Si3N4-PEEK per solid, porous, and porous window designs: compression (A, B) and compression 
shear (C, D). Dotted line indicates the 5th percentile stiffness as per Peck et al.28 without shear in the beginning. 
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In addition to the main effects, the group comparisons 
between PEEK and Si3N4-PEEK and the designs were 
analyzed. The difference between PEEK and Si3N4-PEEK 
cages’ stiffness was not significant per design (Figure 5A). 
In the comparison of designs, it was observed that the 
stiffness of Si3N4-PEEK solid cages was slightly greater than 
that of Si3N4-PEEK porous window cages (mean difference 
= 0.16 Nm/deg and p = 0.04) (Figure 5B).

Yield moment data were normally distributed for all the 
groups. According to 2 × 3 factorial ANOVA, both main 
effects (material and design) significantly affected the yield 
moment of cages (p = 0.001 and p < 0.001, respectively). 
Si3N4-PEEK cages had significantly higher yield moment 
than PEEK cages (mean difference = 1.52 N·m, p < 0.001). 
Cages with the solid design achieved the highest yield 
moment and that was significantly higher than that of 
the cages with porous and porous window design (mean 
difference = 3.29 and 4.26 N·m, respectively, p < 0.001 
for both). In addition, porous design’s yield torque was 
significantly higher than the porous window design (mean 
difference = 0.97 N·m, p = 0.002). Finally, the interaction 
between the main effects (material and design) was small 
but significant (p = 0.04). 

In addition to the main effects, the group comparisons 
between PEEK and Si3N4-PEEK and their designs 
were analyzed (Figure 5C and D). Si3N4-PEEK cages 
demonstrated higher yield moment than PEEK cages both 
for solid and porous designs (mean difference = 2.24 and 
1.61, p < 0.001 and p = 0.007, respectively) (Figure 5C). 
For PEEK, solid cages, yield moment was higher than 
both porous and porous window cages (mean difference 
= 2.97 and 3.49 N·m, respectively, p < 0.001). Similarly, 
Si3N4-PEEK solid cages demonstrated higher yield torque 

than both Si3N4-PEEK porous and porous window cages 
(mean difference = 3.60 and 5.02, respectively, p < 0.001). 
Additionally, porous window design had lower yield torque 
compared to porous design of Si3N4-PEEK cages (mean 
difference = 1.42 N·m, p = 0.02) (Figure 5D).

Ultimate moment data were normally distributed for 
the majority of the groups (five out of six). According to 
2 × 3 factorial ANOVA, both main effects (material and 
design) significantly affected the ultimate moment of cages 
(p < 0.001). Si3N4-PEEK cages had significantly higher 
ultimate moment than PEEK cages (mean difference = 1.83 
N·m, p < 0.001). Cages with the solid design achieved the 
highest ultimate torque and that was significantly higher 
than that of the cages with the porous and porous window 
design (mean difference = 3.32 and 4.14 N·m respectively, 
p < 0.001 for both). In addition, porous design’s ultimate 
torque was significantly higher than that of the porous 
window design (mean difference = 0.82 N·m, p = 0.002). 
Finally, the interaction between the main effects (material 
and design) was small but significant (p = 0.02).

In addition to the main effects, the group comparisons 
between PEEK and Si3N4-PEEK and the designs were 
analyzed (Figure 5E and F). Si3N4-PEEK cages of both solid 
and porous designs showed significantly higher ultimate 
moment than PEEK cages (mean difference = 2.49 and 
1.95 N·m, p < 0.001) (Figure 5E). For PEEK, solid cages’ 
ultimate moment was higher than both porous and porous 
window design cages (mean difference = 3.05 and 3.41, 
respectively, p < 0.001 for both). Similarly, Si3N4-PEEK 
solid cages demonstrated higher ultimate torque than 
both Si3N4-PEEK porous and porous window cages (mean 
difference = 3.59 and 4.87, respectively, p < 0.001 for both). 
Additionally, porous window design caused lower ultimate 

Figure 4. Samples after torsion testing: PEEK solid (A), porous (B, C), and porous window (D) designs, Si3N4-PEEK solid (E), porous (F, G), and porous 
window (H) designs. Close-up views of porous sections are shown in (C) and (G).
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torque compared to porous design for Si3N4-PEEK cages 
(mean difference = 1.26 Nm, p = 0.01) (Figure 5F).

3.3. Antibacterial testing 
Because Si3N4 has been reported to possess antibacterial 
activity, we tested the ability of the different materials to 
inhibit bacterial adhesion, expressed as colony-forming units 
per milliliter (CFU/mL). For each level of inoculum and for 
both S. epidermidis and E. coli, AFSN samples consistently 
had the lowest numbers of adherent bacteria, indicating the 
greatest overall antimicrobial effect (Figure 6). Si3N4-PEEK 
consistently showed greater antibacterial activity than pure 
PEEK samples (p < 0.05), but less antibacterial activity when 
compared to pure Si3N4 (p < 0.05). 

When incubated with S. epidermidis, Si3N4-PEEK 
samples showed a 1.02, 1.21, and 1.22 log reduction for 

starting inocula of 103, 104, and 105 CFU/mL, respectively, 
as compared to PEEK samples. For E. coli, mean log 
reductions were 1.10, 1.45, and 1.66. When all groups 
were pooled, the average mean log reduction for Si3N4-
PEEK compared to PEEK was 1.28. Representative SEM 
micrographs of S. epidermidis and E. coli on Si3N4-PEEK 
samples are shown in Figure 6C and D. 

3.4. Osteogenic activity of cells cultured on 
different substrates
MTT assay was used to quantify short-term cell 
proliferation of the mouse preosteoblasts on each surface 
(Figure 7). Absorbance results for each group were 
normalized to a known number of cells to determine 
the approximate number of cells on each surface. The 
number of cells for each group was significantly different 

Figure 5. Comparison between PEEK and Si3N4-PEEK designs: torsional stiffness (A, B), yield moment (C, D), and ultimate torque (E, F).  (A, C, E) 
Comparison based on the material. (B, D, F) Comparison based on the designs across the same material. Dotted line indicates the 5th percentile as per 
Peck et al.28
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from each other at both 24 h (p < 0.01) and 72 h (p < 
0.05). At both time points, Si3N4-PEEK surfaces showed 
higher cell proliferation when compared to PEEK and 
AFSN (Figure 7A and B). Ti6Al4V (control group), a 
titanium alloy commonly used in orthopedic implants, 
had the highest average number of cells overall at both 
time points.

Normalized osteogenic activity was determined by 
dividing the alkaline phosphatase activity determined 
with 4-MUP, by cell number determined by an FDA stain 
assay. After 7 days, there was no significant difference in 
osteogenic activity between any surfaces; however, this 
result was expected due to the mineralization media not 
being introduced until after this time point. On day 14, the 
PEEK group had significantly less osteogenic activity when 

compared to all other groups at this time point, and Si3N4-
PEEK performed similarly to AFSN. The Ti group had the 
highest overall average osteogenic activity at this time point. 
On day 21, PEEK was not significantly different from tissue 
culture plastic (TCP), the group with the lowest average 
normalized osteogenic activity. Normalized osteogenic 
activity was significantly increased for Si3N4-PEEK when 
compared to PEEK, and significantly increased for AFSN 
when compared to Si3N4-PEEK. The Ti had significantly 
more osteogenic activity than all other groups at this time 
point (Figure 7C). 

Alizarin Red binds to calcium and can be used to 
quantify cumulative mineralization of cell culture samples. 
After 21 days, Si3N4-PEEK had significantly more Alizarin 
Red stain than all other groups (p < 0.05), indicating the 

Figure 6. Effects of inoculum and material on bacterial colonization. Number of colony-forming units per milliliter for S. epidermidis (A) and E. coli (B) 
for PEEK, Si3N4-PEEK, and AFSN materials. Scanning electron micrographs of S. epidermidis (a gram-positive bacterium that grows in grape-like clusters) 
(C) and E. coli (a gram-negative bacterium with a rod-like structure) (D) on Si3N4-PEEK samples after 24 h.
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highest amount of cumulative mineralization. After 28 
days, there was no significant difference between the Si3N4-
PEEK and AFSN groups, but both of these groups had 
significantly more Alizarin Red stain than the PEEK and 
Ti groups (p < 0.05) (Figure 7D).   

4. Discussion 
Infection represents a significant risk factor contributing 
to spinal implant failures, underscoring the critical need 
for biomedical materials possessing not only excellent 
mechanical and pro-osteogenic characteristics but also 
robust antimicrobial properties. A composite material 
comprising Si3N4-PEEK holds the potential to allow 
fabrication of customized 3D-printed spinal implants, 
with the additional benefit of being mildly antimicrobial, a 
property that contemporary implant materials like unfilled 
PEEK and metal alloys do not possess. Mechanically, 
the 3D-printed PEEK and Si3N4-PEEK cages exhibited a 
gradual yielding behavior across all designs. Notably, the 
mean strength of the generic 3D-printed cage designs 
exceeded the 75th percentile benchmarks established by 
Peck et al.,28 registering at 14.7 kN in compression and 6.9 

kN in compression shear. In terms of biological activity, 
the Si3N4-PEEK material demonstrated a 93.9% reduction 
(~1.2 log or 12-fold) in bacterial adhesion when compared 
to PEEK (p < 0.01). Significantly higher cell proliferation 
was observed on Si3N4-PEEK as compared with PEEK, 
indicating its bio- and osteocompatibility of Si3N4-PEEK. 
In keeping with osteocompatibility, the cumulative 
mineralization of cell culture samples was higher on Si3N4-
PEEK samples than on PEEK.

Several limitations to the current study should be 
recognized. The mechanical results obtained in this 
study are linked to the specific setup of the printer and 
the consistent temperature conditions utilized during the 
research. It is reasonable to anticipate that alterations in 
the printer’s setup or adjustments in its configurations, as 
well as variations in temperature conditions, could lead to 
different effects on the mechanical properties and porosity 
of 3D-printed PEEK cages, which might differ from 
those observed in this study. The incorporation of Si3N4 
into PEEK was constrained by the extrusion capabilities 
and filament condition required for successful fused 
filament fabrication of the cages and specimens utilized 

Figure 7.  Comparison of cell number via MTT assay at 24 h (A) and 72 h (B) on PEEK, Si3N4-PEEK (SN-PEEK), as-fired silicon nitride (AFSN), and 
Titanium (Ti) alloy (Ti6Al4V). (C) Comparison of normalized osteogenic activity between control group, PEEK, Si3N4-PEEK, AFSN, and Ti for each time 
point; groups sharing the same letter are not significantly different from each other (p < 0.05). (D) Cumulative mineralization on PEEK, Si3N4-PEEK, 
AFSN, and Ti surfaces at days 21 and 28.
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in this study. Another limitation was that our antibacterial 
testing concentrated on S. epidermidis and E. coli, which 
might not encompass the full spectrum of potentially 
relevant pathogens. Furthermore, although we assessed 
cell proliferation and osteogenic activity using mouse 
preosteoblasts, these cells show only weak osteoblastic cell 
activity, and the interactions will best be determined in 
studies that place the implants into bone defects. 

Previously, Peck et al.28 investigated the mechanical 
performance of cervical cages that were submitted to the 
Food and Drug Administration (FDA), and they included 
unique materials other than metal and PEEK. Using these 
data as benchmarks, our results showed that all the designs 
with both materials (Si3N4-PEEK and PEEK) achieved 
more than 5th percentile stiffness under all three forces. In 
addition, cages were tested above 50th percentile of ultimate 
compression and compression shear strength defined by 
Peck et al.28 Furthermore, the cervical cages examined in 
this study surpassed 104% of the ultimate load capacity in 
compression and exhibited over 3 times the shear strength 
compared to machined cages previously reported in the 
literature.17 While the primary goal of incorporating Si3N4 
into PEEK was to enhance its antibacterial properties, it 
was notable that this process resulted in an increased 
torsional strength of the cages. 

Contrastingly, the stiffness of solid cages was found to 
be lower than that of porous designs under compression 
and shear. This unexpected result may be attributed to 
varying loading mechanisms, which necessitate testing in 
compression, shear, and torsion, as mandated by ASTM 
standards for cages.22 The current study focused on the 
worst-case scenario, emphasizing the critical role of layer 
bonding in interpreting results. The lower stiffness observed 
in solid cages under compression and shear forces was 
unforeseen. The 3D printer used in the study employed an 
additional cooling setting, partially activated to facilitate 
inter-layer cooling for subsequent layers. Excessive 
cooling, however, could compromise layer adhesion. The 
porous sections, having less material and shorter cooling 
times, may have exhibited better adherence under similar 
cooling conditions than their solid counterparts. This 
phenomenon is less pronounced in torsion testing, where 
the unique loading conditions involve layer compression up 
to 500 N, followed by layer twisting, favoring solid layers. 
This underscores the significance of carefully controlling 
printing conditions when working with PEEK implants.

There exist differing opinions regarding the incorporation 
of ceramics into PEEK. Some studies suggest an increase29,30 
while others have demonstrated a decrease in strength.31,32 
Research indicating increased strength implies the ability of 
polymer–ceramic matrix to endure higher loads, effectively 

transferring some stress from polymer to ceramic and 
leveraging on the ceramic’s higher strength.33 Conversely, 
discussions on strength reduction highlight concerns about 
the limited interfacial interaction between the polymer and 
ceramic.34 It is crucial to acknowledge that factors such as 
volume content, microstructure, chemical composition, 
ceramic properties, and the bonding between PEEK and 
ceramic play pivotal roles in simultaneously enhancing 
mechanical strength.29 In our study, Si3N4-PEEK cages showed 
higher torsional strength than PEEK cages. Regarding the 
designs, solid cages achieved the highest torsional strength, 
and porous cages were stronger than porous cages with 
windows. In a similar manner, Fogel et al.35 investigated the 
design influence on mechanical performance of spinal cages 
and indicated higher stiffness for solid design. 

Previous studies investigated Si3N4
19,20,36 and Si3N4-

PEEK37-39 for their ability to enhance the biological activities 
of PEEK-based implants—including maturation of 
osteoblasts and antimicrobial activity.20,39 Gorth et al. found 
decreased biofilm formation as well as fewer live bacteria on 
both the as-fired (AFSN) and polished Si3N4 compared with 
PEEK and titanium surfaces.20 In a companion in vivo study, 
Webster et al.19 observed improved osseointegration for 
Si3N4 samples relative to PEEK and Ti6Al4V implanted into 
rat calvaria wound sites contaminated with S. epidermidis. 
Bock et al.36 showed similar results in vitro using a human 
plasma-based inoculum with S. epidermidis and E. coli 
exposed to a range of surface-modified Si3N4 materials. 
Pezzotti et al.37 found that incorporating 15 vol.% coarse 
(approx. 50–250 µm) Si3N4 into PEEK led to improved 
proliferation and mineralization of SaOS2 cells in addition 
to a 1-log10 reduction in adherent S. epidermidis relative 
to monolithic PEEK following a 24-h exposure in vitro. 
Marin et al.38 observed increased alkaline phosphatase 
activity and mineralization of KUSA-A1 mesenchymal 
stem cells exposed to the same coarse, 15 vol.% Si3N4-
PEEK composite relative to monolithic PEEK, but cell 
proliferation was not improved. It was hypothesized that 
the large regions of PEEK between the coarse silicon nitride 
particles were responsible for this lack of improvement 
since Si3N4 is thought to act at short distances, very near 
its surface, through the products of hydrolysis reactions. 
This observation, along with 3D printing requirements, 
led to the modification of the powder feedstock used for 
the composite in this study to obtain a submicron size 
distribution. Hu et al.39 demonstrated the potential of Si3N4-
PEEK in biomedical applications as it exhibited osteogenic 
and antibacterial activities. Our findings clearly showed that 
a 3D-printed Si3N4-PEEK composite was able to achieve a 
significant reduction in numbers of adherent bacteria, with 
slightly greater activity against gram-negative bacteria. This 
latter finding is of importance as these microorganisms are 
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the most common causes of deep infections.40 It is probable 
that increased antimicrobial properties could be achieved 
with higher concentrations of Si3N4, but these increases 
will need to be balanced with the composite material’s 
ability to be 3D-printed and the effects on mechanical 
properties as the Si3N4 concentration probes or exceeds the 
percolation threshold.

In addition to reduced bacteria activity, Si3N4 coating 
onto PEEK surfaces was shown to promote cell responses 
in vitro and improve osseointegration in vivo.41,42 The 
application of Si3N4 coating led to increased adhesion, 
proliferation, differentiation, and osteoblast gene 
expression using MC3T3-E1 cells in vitro. Moreover, 
the bioactive Si3N4 coating on PEEK facilitated bone 
regeneration and enhanced osseointegration in vivo.41 Hu et 
al.42 found that Si3N4-coated PEEK significantly enhanced 
the adhesion, proliferation, differentiation, and expression 
of osteogenesis-related genes in rat bone marrow stromal 
cells (rBMSCs) when compared to PEEK. In our research, 
Si3N4-PEEK enhanced cell proliferation and also increased 
the normalized osteogenic activity in comparison to 
PEEK; AFSN showed greater proliferation and osteogenic 
maturation than either Si3N4-PEEK or PEEK itself. 
Importantly, cumulative mineralization at 28 days showed 
no differences between the Si3N4-PEEK and AFSN groups, 
and perhaps more importantly, both were greater than that 
measured for the PEEK and Ti6Al4V groups.

5. Conclusion 
Various designs of Si3N4-PEEK spinal cages fabricated 
using fused filament fabrication were assessed for 
mechanical strength. The findings revealed that Si3N4-
PEEK cages exhibited satisfactory mechanical strength 
across all designs tested in this study. Further, the Si3N4 
additive concentration was sufficiently low to maintain 
the plastic properties of the PEEK matrix. Antimicrobial 
activity and osseocompatibility were compared on Si3N4-
PEEK with virgin PEEK, AFSN, and titanium surfaces. 
Compared to PEEK, Si3N4-PEEK surfaces demonstrated 
reduced bacterial adhesion, and increased osteoblast-like 
cell proliferation and mineralization. These results suggest 
that Si3N4-PEEK holds promise as a viable biomaterial for 
spinal implant applications.
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Abstract
In the reconstruction of bone defects close to soft tissue, preventing the invasion 
of fibrous tissue into the bone defect is key to successful bone reconstruction. In 
this study, we clarified the effects of the pore architecture of artificial bone grafts 
on the penetration of bone and fibrous tissue, and the orientation of regenerated 
bone. Carbonate apatite grafts with uniaxial pores along the long- (L-graft) or short-
axis (S-graft) direction of the graft and biaxial pores along the long- and short-axes 
(LS-graft) were used. These grafts were implanted in bone defects created by rabbit 
ulnae amputation. The pores of the L-, S-, and LS-grafts opened into the bone stumps, 
muscles, and bone stumps and muscles together, respectively. In the L-graft, the graft 
pores developed bone from the bone stump to the graft center, while preventing 
excessive invasion of fibrous tissue. In S- and LS-grafts, the graft pores along the short 
axis allowed the invasion of fibrous tissue into the grafts. Consequently, although the 
bone grew to the edge regions in these grafts, further bone ingrowth was inhibited 
by the fibrous tissue. Furthermore, the pore architecture of the grafts affected the 
orientation of the regenerated bone. The degree of orientation of the bone formed 
in the L- and S-grafts was 1.6-fold higher than that formed in the LS-grafts. Thus, 
controlling the pore architecture allowed the growth of bone to predominate over 
that of fibrous tissue and induced the formation of bone with an ordered orientation.

Keywords: Pore architecture; Bone; Apatite; Tissue regeneration; Graft

1. Introduction
Owing to the aging global population, the incidence of non-union bone fractures is 
increasing.1-4 Non-union bone fractures reduce quality of life and impose an economic 
burden on patients.3,4 In terms of the pathology of non-unions, fibrous tissue is always 
present in the defective region and prevents bone regeneration.5,6 Notably, in bone defects 
close to the soft tissue, such as fractures of long bones with segmental bone loss, fibrous 
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tissue easily invades the bone defect and forms scars, 
resulting in an increased risk of non-union fractures.5-7 

Thus, the risk of non-union can be reduced by preventing 
the invasion of excess fibrous tissue into the bone defects, 
during bone regeneration.5,6

Remarkably, fibrous tissue grows faster than bone and 
occupies more space than newly formed bone.8 Therefore, 
although several researchers have attempted to reconstruct 
bone after segmental bone loss using artificial bone 
grafts,9-13 the pores of the grafts were occupied by fibrous 
tissue prior to new bone formation, resulting in the failure 
of bone regeneration. In implant dentistry, to avoid the 
rapid invasion of fibrous tissue into the graft, the bone is 
augmented by reserving space for bone formation using a 
barrier membrane to prevent the invasion of fibrous tissue. 
This process is known as guided bone regeneration.14 
However, barrier membranes are difficult to handle; when 
not handled properly, they do not prevent soft tissue 
penetration and can cause infection.15 Ideally, an artificial 
bone graft alone should realize both bone ingrowth and 
prevention of fibrous tissue invasion into bone defects.

Therefore, bone grafts should allow enhanced bone 
ingrowth to predominate over soft tissue penetration. 
Furthermore, when a bone graft is resorbed before bone 
formation, soft tissue invades the space created by bone graft 
resorption. Therefore, the bone graft should be maintained 
until bone formation, and then gradually resorbed. Bone 
ingrowth, osteoconductivity, and bioresorption are 
affected by the chemical components of bone grafts.16-20 
Calcium sulfate and beta-tricalcium phosphate (β-TCP) 
are resorbed spontaneously, leading to the excessive 
formation of fibrous tissue in the resorbed region.16,17 
In contrast, sintered hydroxyapatite (HAp) is resorbed 
and remains intact in the human body,18 and carbonate 
apatite (CAp), an analog of bone minerals, is resorbed by 
osteoclasts and subsequently forms bone in the resorption 
region.19,20 Furthermore, the osteoconductivity of CAp is 
higher than that of β-TCP and HAp.19,20 Therefore, CAp is a 
potential candidate for bone regeneration, as it can inhibit 
fibrous tissue invasion.

Furthermore, pore architecture is known to have a 
crucial impact on both bone formation and inhibition 
of fibrous tissue invasion. Based on previous findings 
obtained using rabbit calvaria models, CAp grafts with 
uniaxial pores can promote bone ingrowth within the pores 
while preventing the invasion of fibrous tissue.21-23 The 
direction of graft pores also affects bone regeneration.24,25 

Using a rabbit radius segmental bone defect model Feng et 
al. revealed that tubular β-TCP grafts were more favorable 
for bone ingrowth and vascularization than those with 
multidirectional pores, in a rabbit radius segmental bone 
defect model.24 Petersen et al. reported that in a rat femoral 

segmental bone defect model, the pore orientations 
in porcine collagen grafts affected cell migration and 
alignment of collagen fibers in the defect.25 Porcine 
collagen grafts with pores parallel to the bone axis formed 
bones faster than those with pores oriented perpendicular 
to the bone axis or in random directions.25 Furthermore, 
the collagen fibers in the bone matrix were parallel to the 
bone axis, similar to those in the original long bone.25

Thus, CAp grafts with unidirectional pores, whose 
orientations are parallel to the bone axis and whose 
apertures open only onto the bone stumps, are expected 
to preferentially allow bone ingrowth and prevent the 
invasion of fibrous tissue for bone regeneration in the 
case of segmental bone loss in long bones. Based on this 
hypothesis, we clarified the effects of pore direction on 
the amount and orientation of newly formed bone and 
the prevention of fibrous tissue invasion in a rabbit ulnar 
segmental bone loss model using rectangular CAp grafts 
with different pore directions. The pores were oriented 
along the long, short, or both long and short axes of the 
grafts, which were oriented parallel, perpendicular, or both 
parallel and perpendicular to the bone axis, respectively.

2. Methods
2.1. Fabrication of L-, S-, and LS-grafts using 
3D-printing techniques
Three types of L-, S-, and LS-grafts were fabricated as 
described previously.26 Briefly, the graft structures were 
designed using Fusion 360 (Autodesk, San Rafael, CA, 
USA), resulting in a stereolithography (STL) file. A mixture 
of calcium carbonate powder (50% volume; Sakai Chemical, 
Sakai, Japan) and a photosensitive resin (50% volume; 
SPR302, SK Fine, Kusatsu, Japan) was prepared using a 
planetary centrifugal mixer (SK-350TV; Shashin Kagaku, 
Kyoto, Japan) to form a precursor slurry. An SLA-based 
3D printer (SZ-1100, SK Fine) was used to polymerize and 
crosslink the precursor slurry based on STL files. The laser 
of the printer had a diameter of 12 μm, power of 6 mW, 
scan speed of 1000 mm/s, and a wavelength of 355 nm. The 
printed green bodies were subjected to ultrasonic cleaning 
in ethanol for 60 s to remove uncured resin. Subsequently, 
the green bodies were debound following the heating 
process, which began at 232°C for 0.25°C/min, followed 
by an increase to 412°C at 0.21°C/min, another increase 
to 600°C at 2.3°C/min, and finally an increase to 650°C at 
0.4°C/min, before being maintained at 650°C for 24 h. At 
550°C, the atmosphere in the heating box changed from 
air to carbon dioxide. Pure CaCO3 grafts were obtained via 
heating. After heating, the CaCO3 grafts were immersed in 
a 1 mol/L Na2HPO4 solution at 80°C for 7 days to convert 
the chemical composition from CaCO3 to CAp.
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2.2. Characterization of L-, S-, and LS-grafts
The X-ray diffraction (XRD) patterns of L-, S-, and LS-
grafts were recorded to observe the apatite crystalline phase 
using a diffractometer (D8 Advance, Bruker AXS GmbH, 
Karlsruhe, Germany). Fourier-transform infrared (FTIR) 
spectra of the L-, S-, and LS-grafts were recorded to evaluate 
the compositions using an FT/IR-6200 spectrometer 
(JASCO, Tokyo, Japan). The morphologies of the L-, S-, 
and LS-grafts were confirmed using micro-computed 
tomography (µ-CT; ScanXmate-L080T/L090T, Comscan 
Techno Co., Ltd., Kanagawa, Japan) and scanning electron 
microscopy (SEM; S3400N, Hitachi High-Technologies 
Corporation, Tokyo, Japan). The lengths on the side of the 
pore aperture and the strut thickness for each graft were 
estimated from the SEM images. At least ten pores and 
struts in each graft were used to estimate the pore aperture 
size and strut thickness, respectively. The porosities of the 
macro-pores, in other words, macro-porosities, in L-, S-, 
and LS-grafts were analyzed using µ-CT software (TRI/3D-
BON-FCS64, RATOC System Engineering Co., Ltd, Tokyo, 
Japan). The total porosities of the L-, S-, and LS-grafts were 
measured using the theoretical density of HAp (3.16 g/cm3, 
five samples in each graft). The compressive strengths of 
the L-, S-, and LS-grafts were measured using a universal 
testing machine (Autograph AGS-J; Shimadzu, Kyoto, 
Japan) by loading parallel to the long (10-mm length 
direction) and short (6-mm length direction) axes of the 
graft at a crosshead speed of 1 mm/min until fracture. One 
sample of each graft was used to measure the compressive 
strength in each direction.

2.3. Surgery
The animal experiments were approved by the Animal Care 
and Use Committee of Kyushu University (Approval No. 
A23-007-0). We used 12 Japanese white rabbits (18-week-
old, male, 2.9–3.4 kg, Japan SLC, Co., Ltd., Shizuoka, Japan) 
in this study. A critical-sized (10 mm length) rabbit ulnar 
segmental bone defect model was used to evaluate the 
effect of pore architecture on tissue ingrowth (Figure S1 
in Supplementary File).27 To achieve analgesic and sedative 
effects, ketamine (30 mg/kg) and xylazine (5.0 mg/kg) 
were administered intramuscularly to the thighs of rabbits 
to achieve analgesic and sedative effects. Prior to skin 
incision, lidocaine (6 mg/kg) was injected subcutaneously. 
Gentamicin (4 mg/kg) was intraperitoneally administered 
to prevent infection. The diaphyseal ulna was exposed by 
separating the intermuscular space between the extensor 
digitorum communis and extensor digitorum lateralis. The 
muscles were treated carefully to minimize damage because 
excessive damage to the muscles can induce abnormal 
accumulation of fibrotic tissue within the new bone.28 The 
ulna was amputated along both sides of a 10-mm width 

guide block using a sagittal blade bone saw (Zimmer 
Biomet Co., Ltd., Tokyo, Japan). The graft was implanted 
into the defect and fixed with a stainless steel plate and 
four screws. A polyethylene terephthalate (PET) sheet was 
placed between the graft and the radius. Finally, the graft 
was fixed to the plate using a single loop–4-0 nylon suture 
loop (MANI Co., Ltd., Tochigi, Japan). After irrigation 
with saline, the muscles and skin were repaired using 4-0 
nylon suture. The aforementioned surgery was performed 
on both forearms. The forearms were not immobilized 
after surgery. At 4 and 12 weeks postoperative (PO), the 
rabbits were sacrificed using an overdose of ketamine and 
xylazine (n = 4 per group). After sacrifice, both forearms 
were harvested and immersed in 10% formalin solution to 
fix the tissues. 

2.4. Gross and radiographical analyses
The images of the specimens were obtained by photography, 
a radiographic system (HA-60, HITEX Co., Ltd, Osaka, 
Japan), and a µ-CT system (ScanXmate-L080T/L090T). 
Photographs were captured immediately after the surgery 
to demonstrate the orientation of the uniaxial pores in the 
defects and the types of tissue in contact with the pore 
apertures. Radiographs were obtained to observe temporal 
changes in the exterior of the grafts. The µ-CT images were 
taken to observe temporal changes in the graft interior. 
The µ-CT images were reconstructed using µ-CT software 
(TRI/3D-BON-FCS64). The new bone volume-to-total 
volume (BV/TV) and material volume-to-total volume 
(MV/TV) ratios were measured according to previously 
published methods.29 The total volume is defined as the 
volume enclosed by the graft perimeter.

2.5. Histological analyses
The hematoxylin–eosin (HE)-stained images were 
prepared after scanning the photographs, radiographs, and 
µ-CT images. The new bone area-to-total area (BA/TA) 
and material area-to-total area (MA/TA) were measured 
using a BZ-X digital analyzer (Keyence Co., Ltd., Osaka, 
Japan). The total area was defined as the area enclosed 
by the graft perimeter. To clarify the effects of graft pore 
direction on vascularization, the thicknesses and angles 
of the blood vessels formed in each graft were analyzed 
using HE-stained sections. The angles of the blood vessels 
were estimated using an ImageJ plug-in, called FibrilTool.30 
The directions parallel and perpendicular to the bone axis 
were defined as 0° and 90°, respectively. Twenty regions of 
interest (ROIs) per section were used for the analysis. The 
orientation of the new bone was analyzed from the HE-
stained images using the ImageJ plug-in FibrilTool.30 The 
orientation of new bone was determined from that of the 
collagen fibers in the new bone. Acidic eosin stains the 
collagen fibers light pink and accentuates their structures.31 
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Therefore, HE-stained images are suitable for evaluating 
the orientation of collagen fibers in tissues. A 10-fold 
magnified HE-stained image was obtained for evaluation 
using a BZ-X digital analyzer. At least three areas were 
selected for the analysis. ROIs which were squares of 
approximately 100 µm side were manually created. At 
least 50 ROIs were analyzed in each group during each 
observation period. FibrilTool provided the orientation 
angles and anisotropy scores of the new bone within the 
ROI. The reference angles were determined using the 
same method employed for measuring the blood vessel 
angles. The degree of anisotropy was represented by the 
length of the lines, quantified using values ranging from 
0 (indicating no order) to 1 (indicating perfect order), and 
calculated using FibrilTool.

2.6. Statistical analyses
All analyses were conducted using EZR, version 1.61 
(Saitama Medical Center, Jichi Medical University, 
Saitama, Japan), which is a graphical user interface for R 
version 4.2.0.32 One-way analyses of variance (ANOVA) 
and Tukey’s test were used for statistical analyses, and a 
significance level of p < 0.05 was employed to determine 
the statistical significance.

3. Results and discussion
3.1. Fabrication and characterization of L-, S-, and 
LS-grafts
The L-, S-, and LS-grafts were 10 mm long, 6 mm wide, and 
3 mm thick (Figure 1A–C). The uniaxial pores in the L-, 
S-, and LS-grafts run along the long, short, and along both 
the long and short axial directions of the graft, respectively 
(Figure 1D–F). The pore apertures were square, and the 

lengths were ~538 ± 39 µm from the side (Table S1 in 
Supplementary File). The thickness of the struts was ~325 
± 17 µm (Table S1 in Supplementary File). Pores of less 
than 2 µm in diameter in the short direction were observed 
between the crystals in the high-magnification SEM images 
of the struts (Figure 1G–I).

The XRD patterns revealed that the diffraction patterns 
of the L-, S-, and LS-grafts coincided with those of CAp 
(Figure 2A).33,34 In the FTIR spectra of the L-, S-, and LS-
grafts and CAp, phosphate absorption bands were observed 
at 566–605 and 959–1128 cm–1 (Figure 2B). The doublet 
carbonate absorption bands were observed at 1477 and 
1416 cm–1 in the carbonate ν3 region and were due to the 
presence of carbonates of A- and B-type, respectively.33,34 
The XRD and FTIR results indicate that the L-, S-, and LS-
grafts were composed of AB-type CAp.

The macro-porosities of the L-, S-, and LS-grafts 
were 30.7, 31.8, and 36.6%, respectively (Table S1 in 
Supplementary File). The total porosities of the L-, S-, and 
LS-grafts were 53.6, 53.9, and 59.1%, respectively (Table S1 
in Supplementary File). The average compressive strengths 
of L- and S-grafts parallel and perpendicular to the pore 
direction were 26 and 13 MPa, respectively (Figure S2 and 
Table S1 in Supplementary File). The average compressive 
strength of the LS-graft was 8 MPa (Figure S2 and Table 
S1 in Supplementary File). Thus, the total porosity and 
compressive strength of L-grafts were similar to those of 
the S-grafts. Furthermore, LS-grafts possessed higher total 
porosity and lower compressive strength than the L- and 
S-grafts. The correlation between the porosity and strength 
coincided with that of typical ceramics.35

3.2. Gross and radiographical evaluations
Photographs taken immediately after surgery revealed 
that the pore apertures in the L-, S-, and LS-grafts opened 
onto the bone stumps, muscles, and both bone stumps 
and muscles (Figure 3A–C). The pore apertures in the L- 
and S-grafts did not open into the muscle or bone stumps 
(Figure 3A and B). On radiographs of the L-graft at 4 weeks 
PO, both edges of the graft were filled with new bone, and 
gaps between the bone stumps and grafts were not observed 
(Figure 3D). In contrast, gaps were observed between the 
graft and the bone stumps on the radiographs of the S- 
(Figure 3E) and LS-grafts (Figure 3F). At 12 weeks PO, 
the radiographic density within the uniaxial pore spaces 
of the L-graft was similar to that of the struts (Figure 3G). 
Furthermore, the boundaries between the uniaxial pores 
and struts were unclear. These findings were attributed to 
bone ingrowth and graft resorption. In the radiographs of 
the S- (Figure 3H) and LS-grafts (Figure 3I) at 12 weeks PO, 
the gaps between the bone stumps and grafts disappeared 
and were filled with new bone. Although the pore sizes in 

Figure 1. (A–C) Three-dimensional µ-CT images, (D–F) cross-sectional 
µ-CT images, and (G–I) high-magnified SEM images of outer surfaces of 
L-, S-, and LS-grafts. Red arrows indicate micropores. Scale bars: 1 mm 
(A–F), and 2 µm (G–I).
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the edge regions were larger than those at 4 weeks PO, they 
changed little in the central regions. These findings suggest 
that bone ingrowth did not reach the central regions of 
these grafts even at 12 weeks PO.

The µ-CT images reveal that new bone penetrated the 
L-graft through the pores and grew parallel to the bone 
axis at 4 weeks PO (Figure 4A). In contrast, only a small 
quantity of bone penetrated the S-graft because of the lack 
of pore apertures in contact with the host bone (Figure 
4B). In the LS graft, although the new bone penetrated the 
graft edge regions, it grew in different directions (Figure 
4C). At 12 weeks PO, new bone grew into the center of 
the L-graft, and a portion of the L-graft was replaced with 
new bone (Figure 4D). In contrast, a small quantity of bone 
penetrated the S-graft (Figure 4E). The S-graft partially 
resorbed without bone ingrowth (Figure 4E). In the LS 
graft, the bone stagnated at the graft edge regions and 
obstructed the bone marrow cavities (Figure 4F), marking 
the beginning of non-union.35 Although the BV/TVs at 4 
weeks PO revealed no significant difference between the L- 
(3.9 ± 1.9%), S- (1.0 ± 1.1%), and LS-grafts (2.7 ± 1.7%), a 
significant difference was detected at 12 weeks PO between 
the L- (17.1 ± 1.5%), LS- (12.9 ± 2.0%), and S-grafts (6.5 
± 0.7%) (Figure 4G). No significant difference in MV/TV 
was observed between the L- and S-grafts at 4 and 12 weeks 
PO (L-graft: 74.8 ± 1.4% at 4 weeks and 49.3 ± 3.7% at 12 
weeks, S-graft: 71.7 ± 2.8% at 4 weeks and 51.8 ± 4.3% at 
12 weeks). The MV/TV of LS-graft was the lowest by far at 
4 (61.2 ± 2.0%) and 12 weeks PO (40.1 ± 4.3%) due to the 
higher total porosity than those of L- and S-grafts (Figure 

4H). The average resorption rate of L-grafts from 4 to 12 
weeks (25.5%) was higher than that of S- (19.9%) and LS-
grafts (21.1%). Thus, the L-graft was extensively replaced 
with new bone during the 12-week period. In contrast, 
bone formation in the S- and LS-grafts was limited to the 
graft edge regions.

3.3. Histological analyses for bone amount 
and orientation
Abundant bone formed in the pores of the L-graft at 4 
weeks PO, and a portion of the struts was replaced with 
new bone (Figure 5A). Although thin bone was formed 
on the strut surface of the S-graft, fibrous tissue occupied 
the pore center (Figure 5B). The fibrous tissue invaded 
the pores from the muscle side of the LS-graft, preventing 
bone ingrowth (Figure 5C). At 12 weeks PO, abundant 
bone still dominated the pores of the L-graft, and a portion 
of the graft struts was replaced with new bone (Figure 5D). 
In the S-graft, although bone formed on the strut surface, 
fibrous tissue occupied the pore center (Figure 5E). In the 
LS graft, fibrous tissue invaded the pores from the muscle 
side, preventing bone ingrowth in the direction of the bone 
axis (Figure 5F). Furthermore, blood vessels formed along 
the pore directions of the L- and S-grafts (Figure S3A, B, 
D, and E in Supplementary File) at 4 and 12 weeks PO, 
whereas blood vessels ran in multiple directions within the 
LS-grafts (Figure S3C and F in Supplementary File). The 
orientation of the tissue formed in the L-, S-, and LS-grafts 
was analyzed using histological images. At 4 weeks PO, 
new bone was oriented in the pore direction of the L- and 
S-grafts (Figure 5G and H). Thus, the orientation of new 

Figure 2. (A) XRD patterns and (B) FTIR spectra of L-, S-, LS-grafts, and carbonate apatite.
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bone in the L- and S-grafts was parallel and perpendicular 
to the bone axis, respectively. The new bone in the LS-graft 
did not exhibit consistent orientation (Figure 5I). In the 
L- and S-grafts at 12 weeks PO, the bone was still oriented 
in the pore direction for each graft (Figure 5J and K). In 
the LS-graft at 12 weeks PO, the new bone showed no 
orientation (Figure 5L). 

The results for BA/TA (Figure 6A) and MA/TA (Figure 
6B) coincide with those for BV/TV (Figure 4G) and MV/
TV (Figure 4H), respectively. The blood vessel thicknesses 
at 4 and 12 weeks PO in the L-graft (59.7 ± 6.0 µm at 4 weeks 
PO and 56.1 ± 8.9 µm at 12 weeks PO) were significantly 
greater than those of S- (34.7 ± 6.3 µm at 4 weeks PO and 
33.8 ± 7.3 µm at 12 weeks PO) and LS-grafts (38.6 ± 3.4 µm 
at 4 weeks PO and 38.3 ± 4.2 µm at 12 weeks PO, p > 0.001, 
Figure 6C). No significant difference was observed between 
the S- and LS-grafts in terms of blood vessel thickness. The 
angles of the blood vessels in the L-graft were 8.4 ± 8.7° and 

9.4 ± 7.0° at 4 and 12 weeks PO, respectively (Figure 6D). 
The angles of the blood vessels in the S-graft were 82.0 ± 
8.1° and 74.7 ± 11.4° at 4 and 12 weeks PO, respectively. 
Therefore, the blood vessels within the uniaxial pores of 
the L- and S-grafts ran along each pore direction. The 
angles of the blood vessels in the LS-grafts were 46.8 ± 
28.6° and 38.2 ± 29.1° at 4 and 12 weeks PO, respectively 
(Figure 6D). Thus, the blood vessel angles in the LS-grafts 
coincided with the intermediate values of the blood vessel 
angles in the L- and S- grafts, and the standard deviation 
was large, indicating that the blood vessels in the LS-graft 
ran in multiple directions. These findings demonstrate that 
the uniaxial pore openings onto only the bone stumps were 
necessary to form well-developed blood vessels oriented in 
the direction of the bone axis. The orientation angle of new 
bone in the L-graft was 10.4 ± 8.3° and 15.3 ± 15.8° at 4 
and 12 weeks PO, respectively (Figure 6E). The orientation 
angle of new bone in the S-graft was 84.0 ± 6.5° and 75.1 

Figure 3. Photographs immediately after implantation of (A) L-, (B) S-, and (C) LS-grafts. Radiographs of the grafts at (D–F) 4 weeks and (G–I) 12 weeks 
PO. The channel apertures (long-axis channel apertures) in the regions surrounded by cyan lines make contact with the bone edge. The channel apertures 
(short-axis channel apertures) in the regions surrounded by green lines make contact with the skeletal muscles. The PET sheets are highlighted in blue. 
Black arrows indicate the single-looped nylon thread. Asterisks (*) indicate stainless-steel plates. White arrows indicate gaps regions without abundant 
new bones. Scale bars: 10 mm.
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± 14.8° at 4 and 12 weeks PO, respectively. Therefore, new 
bones within the uniaxial pores of the L- and S-grafts were 
oriented along each pore direction. Meanwhile, the angles 
in the LS-grafts were 48.4 ± 29.0° and 61.1 ± 23.5° at 4 and 
12 weeks PO, respectively; these values fell in between 
those of the L- and S-grafts. Although the bone formed in 
the L-graft revealed no statistically significant difference in 
the orientation angle between 4 and 12 weeks PO, those in 
the S- and LS-grafts revealed significant differences. For the 
anisotropic degree of new bone, no significant difference 
was detected among the L-, S-, and LS-grafts at 4 weeks PO 
(L-graft: 0.14 ± 0.07, S-graft: 0.15 ± 0.04, LS-graft: 0.13 ± 
0.07) (Figure 6F). At 12 weeks PO, however, the anisotropic 
degree of new bone in the LS-graft was 30–36% lower 
than those of L- and S-grafts (L-graft: 0.11 ± 0.08, S-graft: 
0.10 ± 0.06, LS-graft: 0.07 ± 0.05). In all grafts, the degree 

of anisotropy of the new bone significantly decreased 
from 4 to 12 weeks PO. The significant differences in 
orientation angles and anisotropic degrees between 4 and 
12 weeks PO were attributed to the maturation of bone 
within the grafts, which changed from spindle to lamellar 
structures with maturation between 4 (Figure S4A and 
B in Supplementary File) and 12 weeks PO (Figure S4C 
and D in Supplementary File). The lamellar lines were not 
as straight as the spindle-shaped collagen fibers, which 
decreased the degree of bone orientation.

Thus, the hypothesis that grafts with uniaxial pores 
whose directions are parallel to the bone axis and apertures 
open onto only the bone stumps preferentially promotes 
bone ingrowth and prevents the invasion of fibrous tissue 
has been validated. Furthermore, the uniaxial pores 
restored bone orientation earlier than the biaxial pores. 

Figure 4. Cross sectional µ-CT images at (A–C) 4 weeks and (D–F) 12 weeks PO, respectively. Purple, yellow, and brown arrowheads indicate new bone 
at the edge of the graft, new bone in the center of the graft, and the obstruction of the bone marrow cavity, respectively. Scale bars: 1 mm. (G) BV/TV, and 
(H) MV/TV; significant differences are indicated by different letters (p  < 0.05).
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To the best of our knowledge, this is the first study to 
demonstrate that the pore direction and type of tissue in 
contact with the pore aperture affect the tissue invasion 
behavior and bone orientation. 

Cipitria et al. attempted to reconstruct critical-sized 
ovine tibial defects using 3D porous grafts composed 
of polycaprolactone (PCL) and TCP, which had a total 
porosity of 70%, pore size of 1200 µm, strut diameter of 
300 µm, and inter-strut gap of about 100 µm.10 The pores 
and inter-strut gaps opened onto the bone stumps and soft 

tissues, respectively. Three months after implantation, a 
fibrous network was formed throughout the graft via the 
pores and gaps, and subsequent mineralization occurred 
along the fibrous network. Therefore, a portion of the 
new bone formed across the struts, and eventually, the 
graft alone was unable to form a bone that bridged the 
defect, even after 12 months of implantation. Hara et al. 
compared bone formation in rat femoral segmental bone 
defects between two types of 3D porous poly (L-lactide-
co-ε-caprolactone) grafts with 300−500 μm pores: one was 

Figure 5. HE-stained images in the new bone area at (A–C) 4 weeks and (D–F) 12 weeks PO. Analyzed images of bone orientations within pores at (G–I) 
4 weeks and (J–L) 12 weeks PO. Asterisks (*) indicate material. NB, FT, and AT denote new bone, fibrous tissue, and adipose tissue, respectively. The right 
and left sides of images are the bone stump sides. The top and bottom sides of the images show the muscle sides. The highlighted red, green, and blue lines 
indicate the orientations of new bones, fibrous tissues, and adipose tissue, respectively. Scale bars: 100 µm. 
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tubular grafts with pores on the wall (66.3% of porosity), 
and the other was cylindrical grafts with 0/90 lay-down 
pattern (53.1% of porosity).36 Although implantation of 
these grafts promoted bone formation better compared to 
non-implantation of grafts, these grafts did not form bone 
to bridge the defects even at 15 weeks PO. Conversely, Feng 
et al. reported that one-dimensional porous β-TCP grafts 
with a tubular pore opening only onto the bone stamps 
promoted bone ingrowth in rabbit radius segmental 
bone defects.24 Furthermore, Pan et al. implanted one-
dimensional porous β-TCP graft with single tubular pore 
and multi-tubular pores, which were parallel to the bone 

axis, into rabbit tibial segmental bone defects. The β-TCP 
graft with multi-tubular pores promoted bone formation 
and restored bone bending strength faster than that with 
single-tubular pore.37 These previous findings support our 
finding that uniaxial pores should open only onto the bone 
stumps to effectively reconstruct segmental bone defects. 

Conventionally, the high porosity of the graft contributes 
to bone formation while reducing the mechanical 
strength.38 Thus, merely adjusting porosity is not sufficient 
to achieve graft strength and bone formation. However, 
in this study, we overcame this challenge: Although the 
total porosity of the L-graft was lower than that of the 

Figure 6. (A) BA/TA, (B) MA/TA, (C) blood vessel thickness, (D) angles of blood vessels relative to the pore direction, (E) orientation angles of new bones, 
and (D) anisotropic degrees of new bones. Significant differences are indicated by different letters (p  < 0.05).
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LS-graft, the L-graft formed a larger quantity of bone and 
demonstrated higher mechanical strength than the LS-
graft. These findings demonstrate that porosity can be 
reduced without sacrificing bone formation by controlling 
the pore structure based on the bone defect morphology, 
thereby avoiding a reduction in graft strength. Moreover, 
we found that the L-graft formed a bone oriented in the 
direction of the bone axis, whereas the LS-graft formed 
bone that was not oriented in an orderly fashion, resulting 
in obstruction of the bone marrow. Thus, the formation 
of oriented bone and the avoidance of bone marrow 
obstruction are other benefits of pore structure control 
based on the consideration of bone defect morphology.

In clinical practice, grafts should be used differently, 
depending on the site and morphology of the bone defect.39 
When bone should be formed along one axis, for example, 
bone reconstruction in segmental bone defects as in this 
study and vertical bone augmentation in dentistry, grafts 
with a uniaxial porous structure, such as a honeycomb and 
tube, including the L-graft, are considered suitable.21-24,27,37,40 
In bone defects where surrounding bone is present, 3D 
porous grafts and grafts with biaxial pores, such as the 
LS-graft, may be useful.41,42 However, despite this type of 
bone defect, when the host bone is oriented, grafts with 
a uniaxial porous structure seem more suitable than 3D 
porous grafts for regenerating bone along the bone axis. 

In future studies, optimization of the pore size and shape 
is required because previous studies have demonstrated 
that these characteristics affect tissue invasion and bone 
formation.43,44 Zhao et al. reported that calcium phosphate 
cement graft with 200–300 µm pores promoted bone 
formation compared to those with 300–450 µm and 450–
600 µm pores in radius segmental bone defects in rabbits.43 
Van Bael et al. reported the effects of pore size (500 and 
1000 µm) and pore shape (triangular, hexagonal, and 
rectangular) on the in vitro proliferation and differentiation 
of 3D human periosteum-derived cell cultures using 
Ti6Al4V bone grafts.44 They reported that the smaller pore 
(500 μm) was more beneficial for cell growth than larger 
pores (1000 µm), and the triangular pore exhibited higher 
alkaline phosphatase activity of cells than hexagonal and 
rectangular pores. In this study, the graft possessed square 
pores of ~500 µm on a side; however, changing the pores 
to 200–300-µm pores in triangular shape may improve the 
bone formation. 

This study showed that soft tissues occupied the graft 
when the pores were oriented toward the soft tissues, 
whereas bone was preferentially formed in the graft when 
the pores were oriented only toward the bone. However, 
this study did not elucidate the underlying mechanism 
in detail. In vitro studies are useful for elucidating the 

mechanism by which this system can be made simpler. 
However, the simple two-dimensional cell culture was 
quite different from the dynamic and complex system of 
segmental bone defects in this study, and it seems inefficient 
for elucidating the mechanism of pore orientation effects. 
Although the 3D dynamic culture of several types of cells 
may mimic segmental bone defects and be effective for the 
elucidation of the mechanism, the establishment of a 3D 
culture system requires considerable time and effort, and 
that alone is one research project. We intend to elucidate 
this mechanism in future studies.

Longer-term observations may reveal more pronounced 
effects of the graft pore structure on bone regeneration 
because obstruction of the bone marrow is the beginning 
of non-union.45 Therefore, we plan to conduct long-term 
animal experiments in future.

4. Conclusion
CAp grafts with uniaxial pores parallel, perpendicular, 
or both parallel and perpendicular to the bone axis were 
fabricated. The pores of these grafts opened onto the bone 
stumps, muscles, and both bone stumps and muscles. These 
grafts were implanted into segmental bone defects of rabbit 
ulnae to evaluate the effects of pore architecture on bone 
ingrowth and orientation. In CAp grafts with uniaxial pores 
perpendicular and both parallel and perpendicular to the 
bone axis, fibrous tissue invaded the pores faster than the 
new bone, preventing bone formation and resulting in 
disordered bone ingrowth orientation. In contrast, in CAp 
grafts with uniaxial pores parallel to the bone axis, the pores 
preferentially allow the invasion of new bone. Consequently, 
the bone oriented along the direction of the bone axis was 
abundantly formed. The findings of this study provide an 
understanding of the effect of graft pore structure on the 
amount and orientation of formed bone and contribute to 
the development of grafts with optimal pore structures for 
the reconstruction of segmental bone defects.
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Abstract
Bioprinting research is focused on utilizing growth factors and multiple cell types 
to create clinically relevant three-dimensional (3D) tissue models using hydrogels. 
Rheological and biological challenges are two main factors that limit the creation 
of extrudable bioactive hydrogels. In this study, we investigate incorporation of fast 
dissolving and bioactive borate glass in different weight to volume percentages 
(0.075 to 0.6%) to alginate-gelatin (1:1) hydrogel to improve rheological properties 
and enable bioprinting with bioactive glass. The addition of glass improved the 
stiffness of the hydrogel. Human adipose-derived mesenchymal stem cells (ASCs) 
were uniformly mixed in this bioink at 1 × 106 cells/mL concentration, and spheroid 
specimens were cultured in both static and dynamic culture conditions. Grid-
shaped scaffolds measuring ~18 × 18 × 1 mm3 were fabricated with the viable glass 
concentrations, and ASC viability was evaluated using Live/Dead assay. Despite 
immediate toxicity, an increased viability after 7 days with 0.15 w/v % or less borate 
glass content demonstrated the potential in utilizing highly resorbable calcium-
releasing biomaterials such as bioactive glasses to modify hydrogels suitable for 
bioprinting cellularized 3D structures.

Keywords: Bioink; Bioactive glass; Ceramics; Adipose stem cells; Alginate; Gelatin

1. Introduction
Extrusion-based bioprinting is gaining in popularity because its versatility enables 
the fabrication of materials over a wide range of viscosities.1 A majority of the current 
generation commercial bioprinters are all based on extrusion three-dimensional (3D) 
printing techniques.2 The success of extrusion-based bioprinting depends largely on 
the proper selection of an extrudable hydrogel precursor and the proper selection of 
cell type. Hydrogels such as alginate, chitosan, hyaluronic acid, gelatin, collagen, fibrin, 
Matrigel, Pluronic® F127, and polyethylene glycol are commonly used to encapsulate 

https://creativecommons.org/licenses/by/4.0/
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cells for extrusion-based bioprinting techniques.3 No one 
material offers both the required rheological and biological 
properties, and therefore, it is a common practice to create a 
composite hydrogel to suit specific bioprinting application.

Alginate has been extensively used as synthetic 
extracellular matrix (ECM) that mimics native human 
tissues for more than three decades.4,5 Alginate is derived 
from algae that crosslinks in the presence of divalent 
cations such as Ca2+ and Mg2+ and is suitable for bioprinting 
applications.6 As alginate exhibits poor cell adhesion and 
proliferation due to the lack of arginine-glycine-aspartate 
(RGD) tripeptide sequences, it is functionalized to include 
RGD peptide sequence in its molecular structure.7,8 An 
alternative approach is to add gelatin to alginate to prepare 
a composite hydrogel to enhance the hydrogel’s ability 
to support cell adhesion and rheological properties for 
extrusion-based bioprinting techniques.9-14 Despite being 
unstable at physiological temperatures, gelatin improves 
the printability of the composite alginate+gelatin (AG) 
hydrogel at room temperature due to the thermoreversible 
gel–sol transition behavior of gelatin.9 AG hydrogels have 
been evaluated by researchers in different weight ratios to 
improve rheological properties at room temperature to 
facilitate printability without affecting the cell viability.10,14 
Researchers have also pursued media ionic strength 
modification and deposition at ~10°C, instead of room 
temperature, to improve printability.13 Despite good 
viability (~90%) with epidermal stem cells, sheep stem 
cells, and aortic smooth muscle cells in the above studies, 
the main challenges that remain for AG hydrogel are to 
achieve: (i) printability at room temperature, (ii) controlled 
degradation of alginate, and (iii) slower dissolution of 
gelatin for improved viability over time. 

Until the late 2000s, a material was considered 
bioactive upon formation of a hydroxyapatite-like layer 
on its surface to bond with hard tissue (bone) upon 
implantation.15,16 Recently, the definition of “bioactive” 
has expanded, and the bioactive glass dissolution products 
have been increasingly investigated for vascularization, 
wound healing, cardiac, lung, and nerve tissue engineering 
applications in addition to traditional bone repair and 
teeth applications.17 The research on bioactive glasses has 
evolved to produce glass compositions that are highly 
resorbable based on borate (B2O3) network instead of 
traditional silicate (SiO2) network.18-20 The dissolution of 
bioactive glasses depends not only on the durability of the 
main glass-forming network (e.g., SiO2 or B2O3) and the 
overall glass composition, but it also depends on several 
other factors such as residual stresses during heat treatment 
and surface roughness.21 It is known that borate glass 
dissolves at a faster rate compared to Bioglass®, and the 
calcium (Ca2+) ions released during glass dissolution could 

initiate the crosslinking of alginate-based hydrogels.22 
Recently, investigators added copper or niobium to 
bioactive glass and then printed with hydrogel in order 
to fabricate a fast-recovering and printable construct.23,24 
Other researchers used borate-based bioactive glass to 
improve the printability of AG hydrogels by increasing the 
stiffness of the printed construct.25 

Previously, we investigated cell viability in a 
3D-bioprinted AG-glass composite hydrogel, using a 
recently FDA-approved borate-based bioactive glass (13-
93B3 glass, referred to as B3) and human adipose stem 
cells (ASCs).26 The B3 glass is particularly attractive due 
to its high dissolution rate and angiogenic ability.27-29 This 
specific glass composition has demonstrated an ability to 
heal difficult-to-treat diabetic wounds, a capability thought 
to stem from their angiogenic properties. However, the 
exact reasons for their effectiveness and the underlying 
mechanisms involved are still not entirely clear. One recent 
study showed that an increased collagen III/collagen I 
ratio for ASCs with B3 glass exposure could establish one 
possible mechanism for wound-healing behavior with B3 
glass.30 

ASCs are extracted from the stromal vascular fraction 
of subcutaneous fat, which is more accessible and 
involving a less invasive procedure than acquiring their 
bone marrow counterpart, the more commonly studied 
bone-derived mesenchymal stem cells.31-33 Additionally, 
they yield a greater number of cells after isolation than 
bone-derived mesenchymal stem cells and have a higher 
proliferative capacity. For these reasons, in addition to 
their differentiation, angiogenic, and therapeutic abilities, 
they are increasingly used in tissue engineering strategies.   

In this study, we: (i) examined how the rheological 
characteristics of AG hydrogel are enhanced by adding B3 
microparticles, (ii) identified the optimal range of B3 glass 
in bioprinting AG hydrogels and ASC viability, and (iii) 
evaluated the stability of AG hydrogel and the dissolution 
of gelatin under these conditions. 

2. Materials and methods
2.1. Cell culture
Frozen vials of human ASCs were thawed and plated in 
complete cell culture media (CCM) and incubated at 37°C 
with 5% humidified CO2. To ensure that the findings were 
universal and not unique to a single donor, ASCs from 
three different unrelated donors (LaCell, New Orleans, LA, 
USA) were tested in all experiments. More details about 
the ASC culture conditions and media requirements can 
be found in our previous work.34,35 CCM was prepared 
with alpha minimum essential media (α-MEM) by adding 
10% fetal bovine serum, 1% 100× L-glutamine, and 
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1% 100× antibiotic/antimycotic. On the second day of 
culture, ASCs were washed with phosphate-buffered saline 
(PBS), viable ASCs were harvested with 0.25% trypsin/1 
mM ethylenediaminetetraacetic acid (EDTA), and re-
plated at a concentration of no more than 15,000 ASCs 
per dish. ASCs that reached ≤70% confluency were lifted 
between the second and sixth passages for suspension in 
AG hydrogels for all experiments. ASCs from subsequent 
passages were not utilized for experiments as they could 
affect pluripotent properties of ASCs. 

2.2. Bioink preparation
Gelatin (Type B, Sigma-Aldrich, St. Louis, MO, USA) 
in 3 w/v % (0.3 g in 10 mL) was dissolved in Dulbecco’s 
Modified Eagle Medium (DMEM; Gibco, Thermo Fisher 
Scientific, MA, USA) in a glass beaker at ~40°C while being 
magnetically stirred at 150 rpm. After gelatin dissolution, 
sodium alginate (Sigma-Aldrich, St. Louis, MO, USA) in 3 
w/v % (0.3 g in 10 mL) was added to the gelatin solution 
and mixed overnight to obtain the AG hydrogel. B3 glass 
powder particles (less than 20 µm with ~3 µm d50 particle 
size; chemical composition in wt.%: 53% B2O3, 20% CaO, 
12% K2O, 6% Na2O, 5% MgO, 4% P2O5) were added to the 
solution in four different weight ratios (0.075, 0.15, 0.3, and 
0.6 w/v %) after gelatin dissolution and allowed to dissolve 
for ~10 min before the addition of alginate powder. For 
example, 0.075 w/v % B3 glass corresponds to 1.25% 
of total combined weight of alginate and gelatin in the 
solution. Therefore, AG hydrogels made with 0.075, 0.15, 
0.3, and 0.6 w/v % B3 glass are referred as 1.25G, 2.5G, 5G, 
and 10G, respectively, in this paper. All powders including 
gelatin, sodium alginate, and B3 glass powder particles were 
ultraviolet-sterilized before being added to the DMEM 
solution. ASCs pellet (4 × 106) was re-suspended in 0.2 
mL CCM and pipetted into AG hydrogel and magnetically 
stirred for no more than 3 min to obtain a uniform cell 
distribution and a final ASC concentration of 1.0 × 106 cells 
per 1 mL of bioink. The bioink was transferred to 3 mL 
Loctite® Henkel syringe barrel, centrifuged to remove air 
bubbles, and attached with 22G (410 µm) or 25G (250 µm) 
tips (SmoothFlow Tapered, Nordson EFD, Westlake, OH, 
USA) for 3D bioprinting.

2.3. Rheological characterization
For rheological characterization, hydrogels were prepared 
in deionized (DI) water with gelatin (3 w/v %), alginate 
(3 w/v %), and AG (6 w/v %), and with the addition of 
B3 glass in different weight concentrations. AG hydrogels 
with and without B3 glass were tested for viscosity using 
a Kinexus rheometer (Malvern Panalytical, Westborough, 
MA, USA) with a parallel plate set-up. A gap of 0.5 mm was 
set between plates, and the measurements were conducted 
at room temperature. A fresh scoop of gel was loaded each 

time to test viscosity, recovery, yield strength, etc. Three 
different tests were conducted on the gels: (i) viscosity 
vs. shear rate (to measure viscosity with increasing shear 
rate from 0.1 to 100 s-1), (ii) oscillation amplitude sweep, 
and (iii) recovery tests (changing shear rate from steady 
state to a predetermined rate for a certain amount of 
time). In oscillation amplitude sweeps, percentage strain 
was considered input, and machine output data of loss vs. 
storage modulus components were plotted. Data points 
below 0.1 s-1 shear rate were not reported because of the 
instability at low shear rates. Although one set of data was 
reported for each gel type, measurements were repeated 
to confirm the validity of the data. Statistical analysis of 
the rheological data was not performed because of the 
significant differences between the samples prepared with 
several orders of magnitudes difference in results.

2.4. Scaffold fabrication
A custom-modified tabletop cartesian 3D printer to 
include syringes connected through digital syringe 
dispenser (Loctite®, Rocky Hill, CT, USA) was used to 
fabricate scaffolds. The 3D printer and printing schema 
are illustrated in Figure 1a and b, and the 3D printer is 
shown in Figure 1c. Scaffold dimensions were set to 15 
mm length, 15 mm width, and ~ 1 mm thickness (6 layers) 
and printed with 0–90° filament orientation in alternate 
layers. A customized software was written for G-code 
generation and syringe dispenser control. Sterile practices 
were followed for scaffold fabrication with ASCs, bioink 
syringes were maintained at room temperature, and the 
scaffolds were bioprinted in less than an hour inside the 
laminar flow hood.

2.5. Physical assessment
Test specimens with overall dimensions of 40 × 20 × 5 
mm3 were fabricated to have a 20 mm gauge length and 
10 mm section width for tensile tests. Dense specimens 
without any designed pores were used for these tests, and 
specimens were crosslinked with 0.1 M CaCl2 solution 
for 10 min before tensile tests. Specimens were tested on 
Instron machine (Instron 5969, Norwood, MA, USA) at a 
crosshead speed of 5 mm/min. The swelling properties of 
the hydrogel were assessed on scaffolds with dimensions 
of 15 × 15 × 1 mm3. Swelling percentage (S) was calculated 
using the formula, S = [(St – Sc)/S] × 100, where St is scaffold 
weight after 24 h soak in DI water, and Sc is scaffold weight 
immediately after crosslinking. 

2.6. Scanning electron microscopy
Hydrogel in bulk (~2–3 mL in a centrifuge tube) was freeze-
dried to porous foam-like pellets. The pellets were coated 
with Au-Pd for about ~60 s by mounting the samples on 
a rotating platform using a Hummer Sputter Coater. The 
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samples were observed under a field emission scanning 
electron microscope (FE-SEM, S-4700, Hitachi, Japan) to 
analyze the microstructure by capturing the images at 5 kV 
accelerating voltage at various magnifications. 

2.7. X-ray diffraction analysis
X-ray diffraction (XRD) analysis (Philips X-Pert, 
Westborough, MA, USA) was performed on the 
powdered freeze-dried sample to test for any crystalline 
hydroxyapatite-like formations in the material. Scans were 
run from 2θ values ranging from 10° to 80° using Cu Kα 
radiation (λ = 0.154056 nm).

2.8. 1H-NMR spectroscopy analysis
In this work, gelatin was physically blended with alginate to 
form a composite gel and not chemically crosslinked. It was 
expected that with time as bioprinted scaffold is incubated 
at 37°C, gelatin present in the scaffold could potentially be 
separated and leached into the media. In order to study the 

release of gelatin from the AG hydrogel used in this study, 
AG, 1.25G, and 2.5G scaffolds measuring 15 × 15 × 1 mm3 
were fabricated without cells, crosslinked with 0.1 M CaCl2 
solution for 10 min, and washed twice with DI water. The 
samples were soaked in DI water in airtight containers 
under standard culture conditions for up to 7 days. The 
surrounding DI water collected after 1 day and 7 days 
including the CaCl2 solution used for crosslinking were 
all analyzed for presence of gelatin using proton nuclear 
magnetic resonance (1H-NMR) spectroscopy (Bruker 400 
MHz Avance™ III HD, Billerica, MA, USA). First, known 
quantities of gelatin were dissolved in DI water, and 0.2 mL 
of gelatin solution was mixed with 0.6 mL of deuterium 
oxide (99.9 atom %, Sigma Aldrich, St. Louis, MO, USA), 
and the solution was transferred to NMR tube (Colorspec®, 
Sigma Aldrich, St. Louis, MO, USA) and analyzed for 10 
min. The area under a unique characteristic gelatin peak at 
~1.9 ppm (Figure 2a) on the horizontal axis was calculated 

Figure 1. Extrusion-based 3D printing. (a) Schematic of printer used in this study; (b) the printing process and scaffold dimensions; (c) bioprinter in the 
laminar flow hood with a syringe dispenser.

Figure 2. (a) NMR spectra of gelatin with characteristic peak at ~1.9 ppm (indicated by *) that was considered for area; (b) gelatin standard curve plotted 
based on the area corresponding to the gelatin concentration.
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and averaged for known quantity of gelatin concentration 
to obtain a gelatin standard curve as shown in Figure 2b. 

2.9. Cell viability
The ASC viability was evaluated using a Live/Dead 
viability kit (ref. L3224, Carlsbad, CA, USA). Briefly, 20 
µL of ethidium homodimer-1 and 5 µL of calcein were 
pipetted into 10 mL of PBS to create the Live/Dead 
reagent. At specific time points, scaffolds were washed 
twice with PBS and soaked in 1 mL of reagent solution for 
at least 30 min under dark conditions at room temperature 
before imaging under a confocal microscope (Nikon 
A1R-HD Eclipse Ti2, Melville, NY, USA). A random 5 × 
5 mm2 area was imaged with a 40 µm step for each of the 
three scaffolds at different time points. To quantify the 
viability results, a maximum intensity projection image 
was created with red, green, and blue channels using 
ImageJ software. The red and green channels of the image 
provided the dead cell and live cell counts. ASC viability 
in percentage was calculated using this formula: [live 
cells/(live cells + dead cells)] × 100%.

2.10. Statistical analysis
Six samples in each set were used for tensile tests, and 
three samples in each set were used for cell viability 
quantification. The results were reported as average ± 
standard deviation. Minitab® software was used to analyze 
the difference in means of different groups using one-way 
analysis of variance (ANOVA). The means were considered 
significantly different if the P-value is less than 0.05.

3. Results and discussion
3.1. Rheological assessment of hydrogels
One of the objectives of the study was to evaluate the 
extent of rheological modification of the AG hydrogel 
with the addition of B3 glass. Hydrogel viscosity and its 
shear-thinning behavior are crucial in extrusion-based 3D 
printing processes as such behavior allows the material to 
flow through the nozzle at low air pressure without causing 
severe damage to cells. DI water was used to investigate 
the rheological behavior of B3 glass-mixed gels instead of 
complete culture media. The reason for this choice is to 
analyze the true nature of the effect of the dissolved glass 
and released ions (Ca2+, Mg2+, and others from the glass) 
without having any interactions with other salts present 
in the culture media. It was hypothesized that the effect 
of B3 glass amount on rheological behavior would serve 
as a realistic indicator while using gels made with culture 
media. Despite the evidence in literature demonstrating a 
significant difference in the swelling of gels made with DI 
water compared to that of gels made with culture media, 
the difference is insignificant for viscosity of gels made 
with DI water or culture media with highly resorbable 
B3 glass.36 It was noticed in our experiments that B3 glass 
dissolves in a few minutes during the gel mixing process to 
significantly affect gel viscosity irrespective of the media 
(DI water or culture media). Figure 3 shows the change 
in viscosity of all hydrogels considered in this study with 
increasing shear rate. The viscosity of alginate (Alg), 

Figure 3. Hydrogel viscosity as a function of shear rate at room temperature before crosslinking with CaCl2. (a) Alginate, gelatin, and alginate+gelatin (AG) 
without glass; (b) effect of B3 glass addition on AG hydrogels in different weight concentrations.
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gelatin (Gel), and alginate+gelatin (Alg+Gel or AG) is 
shown in Figure 3a, and the viscosity of B3 glass-modified 
AG hydrogels with 1.25 wt.% (1.25G), 2.5 wt.% (2.5G), 5 
wt.% (5G), and 10 wt.% (10G) glass content is shown in 
Figure 3b. The viscosity for all hydrogels was measured 
at room temperature and before crosslinking with 0.1 M 
CaCl2 solution. At higher shear rates, modified hydrogels 
with B3 glass slipped out of the plates (especially, 5G and 
10G) of the rheometer, and the test was stopped before the 
programmed shear rate of 100 s-1. Overall, all AG hydrogels 
irrespective of B3 glass addition showed a shear-thinning 
behavior with decreased viscosity at increasing shear rates. 

As B3 glass is a fast-dissolving bioactive glass, it quickly 
starts to release Ca2+ and Mg2+ ions, which are divalent, 
and other ions including K+, PO4

3-, Na+, and B3+ to the 
surrounding aqueous media. As the divalent ions initiate 
the crosslinking with alginate in the hydrogel, the viscosity 
of hydrogels with B3 glass was significantly increased by 
several orders of magnitude (Figure 3b). The addition of 2.5 
wt.% B3 glass resulted in a significant and sharp increase 
in hydrogel viscosity from 1.25 wt.% B3 glass addition 
(from ~350 Pa·s to ~7000 Pa·s at 100 s-1). The differences in 
viscosity at t = 0 s observed for 2.5G, 5G, and 10G hydrogels 
(~7000 Pa·s, ~10,000 Pa·s, and ~11,000 Pa·s at 100 s-1, 
respectively) were not as significant as viscosity differences 
between 1.25G and 2.5G hydrogels. These findings suggest 
the likelihood of an optimal B3 glass concentration, ranging 
between 1.25 and 2.5 wt.%, for AG hydrogels composed of 3 
w/v % alginate and 3 w/v % gelatin. 

Amplitude sweep oscillatory tests were conducted 
on all samples to determine the viscoelastic behavior 
of AG hydrogels modified with B3 glass. Figure 4 shows 
the variation of G’ and G’’ with strain percentage and 
the linear viscoelastic region for each hydrogel. At low 
concentrations of glass (1.25%), there is no significant 
difference in the storage modulus (G’) in comparison to 
AG hydrogel (Figure 4b), whereas with the increase in 
glass concentration to 2.5% made a significant difference. 
Figure 4c shows the variation in loss modulus (G’’) for all 
gels investigated in this study. The transition from G’’>G’ 
to G’>G’’ was more prominent in 2.5G, 5G (shown in 
Figure 4d and e), and 10G hydrogels clearly showing a 
viscoelastic solid-like behavior with a consistent behavior 
of G’>G’’, indicating the increased stiffness of the modified 
AG hydrogels with B3 glass. This is observed with a clearly 
defined yield point (cross-over point of G’ and G’’). The 
shear stress values around the yield point for gels were 
recorded as ~3400 Pa for 2.5G, ~3000 Pa for 5G, and ~1300 
Pa for 10G. It is also observed that the yield point occurs 
at lower strain for gels made with higher glass percentage. 
This seems to be consistent with the lower shear stress 
values. This could be because of the non-uniformity of the 

composite AG gels made with higher glass percentages. 
Figure 4a shows the physical behavior of gels prepared 
with increasing glass content. It can be clearly seen that 
gel made with the most glass content behaves like a large 
piece of crosslinked gel. For example, extruding or manual 
separation of 10G gel resulted in pockets of crosslinked 
gel (pockets of gel chunks) being extruded or separated 
from the hydrogel rather than a single continuous filament 
extrusion. This non-uniformity is believed to arise during 
the gel preparation process as pockets of alginate could 
be crosslinked in a localized manner even before the 
complete uniform mixing of hydrogel. As a result, during 
the oscillatory sweep tests, chunks of gels were noticed to 
break apart and come out of the plates at higher strain. 

In addition to shear-thinning and solid-like behavior 
of hydrogels, the viscosity recovery of the hydrogel after 
removal of shear force is crucial in extrusion-based 3D 
bioprinting applications. As hydrogel is extruded through 
the nozzle, it suffers from higher shear stress and flows 
through the tip because of a shear-thinning behavior. After 
deposition of a filament, the hydrogel should recover its 
molecular structure and viscosity to avoid spreading on the 
substrate and withstand the weight of successive filaments 
that would be deposited on top of the current filament. 
To determine the recovery behavior of B3 glass-modified 
AG hydrogels in a rheometer, hydrogels were initially 
maintained under a steady-state shear rate of 0.1 s-1 to 
obtain a stabilized viscosity value. After reaching a steady-
state viscosity, the shear rate was increased to higher shear 
rates (10 s-1 and 100 s-1) in two separate tests for a specific 
amount of time (30 s and 10 s, respectively), immediately 
followed by a cooling period of 0.1 s-1 shear rate. Viscosity 
of hydrogels recorded at different shear rates with time is 
shown in Figure 5. The recovery data of two tests (at 10 s-1 

and at 100 s-1 shear rates) were combined, and the time scale 
was adjusted for a simplified representation. A significant 
drop in viscosity for all hydrogels at increased shear rates 
can be clearly observed in Figure 5. Recovery time is defined 
as the time taken for a hydrogel to attain its original steady-
state viscosity value from the reduced values at higher 
shear rates. The shear rate of 100 s-1 was used to mimic 
the behavior of the hydrogel passing through the nozzle 
tip during extrusion. The results indicated a “near-zero” 
recovery time for 2.5G and 5G hydrogels after application 
of 100 s-1 shear rate, which was evident from their step-
function-like recovery to attain a constant viscosity at 
160 s, as shown in Figure 5. 1.25G and AG hydrogels 
required 60 s and 90 s, respectively, to recover and attain a 
constant viscosity, as can be observed from the curvature 
indicated by arrows in Figure 5. It was also observed that 
hydrogels never truly recovered to 100% of their original 
steady-state viscosity values (at t = 0 s) after the removal 
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of 100 s-1 shear rate. For example, steady-state viscosity of 
2.5G hydrogel at t = 0 s was ~7000 Pa·s, and its recovered 
viscosity value between 160 and 220 s was at ~2000 Pa·s. 
This behavior was noticed in hydrogels with high B3 glass 
content (>2.5 wt.%) and believed to have occurred due to 
the loss of material between plates during tests at shear rate 
of 100 s-1. The recovery time results provided a satisfactory 
representation of the recovery behavior as they confirmed 
the printability of all hydrogels with and without B3 glass 
addition. The recovery behavior of 10G hydrogel is not 
shown in Figure 5 because of its inhomogeneity and high 
material loss during recovery tests even at low shear rates.

3.2. Fabrication, swelling, and mechanical 
property assessment
The determination of viscosity and material recovery 
times enabled scaffold fabrication with AG, 1.25G, and 

2.5G hydrogels. Six-layered scaffolds measuring 15 × 15 × 
1 mm3 were fabricated. The printing parameters used to 
fabricate scaffolds along with the printability matrix for 
different hydrogels are shown in Table 1. Hydrogels were 
first tested for their extrudability through a syringe at 
different air pressures with different nozzle tips. Although 
all hydrogel types were extrudable using different tip sizes 
ranging from internal diameter of 250 µm to 580 µm, 
the extrusion of highly viscous 5G and 10G hydrogels 
required high air pressures, extrudate was uneven, and 
consistent filament formation was not feasible. In part, this 
could be due to inhomogeneous mixture of alginate and 
gelatin components in 5G and 10G hydrogels. Addition of 
more glass meant availability of more Ca2+ ions to initiate 
alginate crosslinking before achieving a homogeneous 
composite hydrogel. Moreover, utilizing higher air 
pressures would damage the cells in the hydrogel, and large 

Figure 4. Viscoelastic behavior of AG hydrogels. (a) The physical behavior of hydrogels immediately after overnight stirring in a beaker kept on a 40°C 
hot plate. Flowability of hydrogels stopped with increased B3 glass content (at 2.5G). 2.5G, 5G, and 10G hydrogels exhibit a solid-like behavior. (b) Storage 
modulus (G’) and (c) loss modulus (G’’) as a function of Strain percentage at room temperature before crosslinking with CaCl2 for alginate-gelatin gels 
without glass and with different B3 glass weight percentages. (d) G’ and G’’ for 2.5G, and (e) G’ and G’’ for 5G.
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tip sizes would compromise the resolution of the fabricated 
parts. Therefore, by considering the above, scaffolds were 
fabricated only with AG, 1.25G, and 2.5G hydrogels. Both 
22G (410 µm inner diameter) and 25G (250 µm inner 
diameter) conical-shaped nozzle tips were considered for 
printing the AG, 1.25G, and 2.5G hydrogels. Specifically, 
25G tips were used for AG and 1.25G gels, whereas 22G tip 
was used for 2.5G gels due to viscosity differences (orders 
of magnitude different). Despite using a larger tip, the 
air pressure required to extrude 2.5G gel was four times 
that of 1.25G, and the extrudate was thinner than that of 
1.25G gel. Therefore, the layer height had to be reduced 
to 0.12 mm from 0.14 mm for AG and 1.25G gels. For AG 
and 1.25 gels, the extrudate requires time to recover, and 
therefore despite using a smaller nozzle tip (25G–250 µm), 
the extrudate spreads immediately after printing and a ~1 

mm extrudate was obtained. This spreading behavior is 
expected based on the viscosity and poor recovery of the 
AG and 1.25 gels as discussed in our rheological study. A 
similar sized extrudate (~1 mm) width was obtained for 
2.5G gel printed with a larger tip (22G–410 µm) and a 
much higher air pressure. The recovery time determined 
by recovery tests was implemented as dwell (wait) time 
between successive layers during scaffold fabrication. 
Figure 6 shows scaffolds fabricated before and after dwell 
time implementation. Before dwell time implementation, 
fabrication of a designed porous scaffold resulted in solid 
part formation after six layers of deposition as shown in 
Figure 6. This happened as the initially deposited layers 
merged on the substrate unable to recover and carry the 
weight of successive layers that were deposited during part 
fabrication. However, dwell time implementation allowed 

Figure 5. Effect of B3 glass addition on the recovery behavior of hydrogels. AG hydrogel and 1.25G required 90 s and 60 s, respectively, to recover to their 
original viscosity values, whereas 2.5G and 5G show immediate recovery.

Table 1. Scaffold fabrication parameters and printability matrix

Fabrication parameters Printability matrix

Hydrogel AG 1.25G 2.5G Hydrogel 3D part printability Filament formation

P (psi) 4 5 20 AG  

S (mm/s) 15 15 15 1.25G  

h (mm) 0.14 0.14 0.12 2.5G  

t (s) 90 60 0 5G  ~

φ (µm) 250 250 410 10G  ~

Abbreviations: P—air pressure; S—table speed; h—layer height; t—wait time between layers; φ—nozzle tip internal diameter; —feasible; —not 
feasible; ~—irregular and inconsistent filament formation.
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the filament recovery and thus enabled the designed 
scaffold fabrication. This was further tested in a complex 
3D structure with internal channels mimicking a vascular 
network (Figure 7).   

Scaffolds were crosslinked with 0.1 M CaCl2 solution 
for 10 min immediately after fabrication, washed, and 

soaked in DI water for 24 h to measure the swelling 
percentage. Swelling of hydrogels indirectly represents 
the capacity of the material to absorb media and allow 
cell growth and proliferation. Swelling of AG hydrogel 
was increased after 24 h with the addition of B3 glass. The 
swelling of AG scaffolds was ~36%, whereas it increased 
to ~44% for 1.25G scaffolds and further to ~51% for 2.5G 
scaffolds. The release of Ca2+ and Mg2+ ions with B3 glass 
dissolution initiates alginate crosslinking during hydrogel 
preparation (overnight stirring), and the molecular 
structure was further condensed after crosslinking with 
CaCl2 solution. Therefore, 2.5G scaffolds have a highly 
defined and consolidated molecular structure among the 
three scaffolds, and this was evident from the shrinkage 
of 2.5G scaffolds (~18%) after crosslinking. After scaffolds 
were soaked in DI water, they relaxed and absorbed DI 
water driven by the ionic concentration gradient with 
high number of ions present inside the scaffold structure 
(because of glass dissolution), and no ions present in the 
soaked media (DI water). Hydrogel swelling depends on 
the ionic concentration of the soaking solution and the 
number of ionic groups present in the hydrogel. It was 
reported that increased ionic groups in hydrogel increased 
its swelling ratio because of the osmotic pressure created 
by the increased counterions in the hydrogel.37 This could 
be the reason for the high swelling percentage observed 
for 2.5G scaffolds. Higher swelling ratio for AG hydrogels 
prepared with high ionic strength PBS was also reported in 
a recent work and was consistent with our results.13 

In this study, small amounts of B3 glass (7.5 mg/10 
mL of DI water for 1.25G and 15 mg/10 mL of DI water 

Figure 6. Scaffold fabrication with (a) AG, (b) 1.25G, (c) 2.5G, and (d) 5G hydrogels. Implementation of dwell time (t) between successive layer depositions 
aided in hydrogel recovery and made it feasible to fabricate AG and 1.25G scaffolds. Increasing the B3 glass content reduced the dwell time from 90 s to 
0 s as 2.5G hydrogel scaffold could be fabricated with no dwell time. Failure to fabricate parts (dog-bone like specimen) with 5G hydrogel is also shown.

Figure 7. A superior (top picture) and anterior (bottom picture) view of a 
complex structure fabricated by 3D extrusion printing of AG hydrogel-B3 
glass composite. A second nozzle was used to extrude red dye to view 
the internal channel. This construct demonstrates our technique of 3D 
printing with two different inks. 
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for 2.5G) were added to modify the AG hydrogel. The 
dissolution rate of borate-based glasses including B3 
glass in different forms such as glass microspheres, large 
particles (>200 µm), and scaffolds in DI water, PBS, and 
simulated body fluid (SBF) have been investigated in the 
past.38-41 These studies reported that the majority of B3 
glass dissolution occurred during the first 24-h soak period 
after which the dissolution rate slowed due to the ionic 
concentration gradient and other factors. In comparison, 
the glass particles used in the current study are significantly 
smaller with an average particle size of 3 µm (20 µm mesh 
sieved) that could have dissolved within 24 h. Therefore, 
it could be safely assumed that the rheological, swelling, 
and mechanical properties of the modified AG hydrogels 
are mostly dependent on the ionic dissolution products of 
B3 glass and not the physical presence of glass particulates. 
Figure 8a shows the microstructure of the 2.5G hydrogel, 
indicating a highly porous and honeycomb-like structure 
with interconnected porosity. B3 glass particles were not 
detected in the microstructure, and the characteristic 
amorphous peaks of the glasses were also absent in the 
XRD analysis of the 2.5G hydrogel.

Figure 8b shows the dog-bone-shaped specimens 
utilized for evaluating the tensile strength of hydrogels 
immediately after crosslinking. A typical load vs. deflection 
curve for all three specimens is shown in Figure 8c, which 
indicates the increase in scaffold stiffness with the addition 
of B3 glass. The elastic modulus of AG, 1.25G, and 2.5G 
specimens was 33 ± 17 kPa, 62 ± 7 kPa, and 73 ± 13 kPa, 
respectively, and the ultimate tensile strength of specimens 
was 26 ± 5 kPa, 21 ± 4 kPa, and 34 ± 9 kPa. 2.5G specimens 
had highest ultimate tensile strength and were significantly 
stiffer (p < 0.05) in comparison to AG specimens. The 
increased stiffness was in agreement with the rheological 
data that showed increased viscosity, decreased recovery 
time, and a viscoelastic solid-like behavior for 2.5G 
hydrogels. As the added B3 glass dissolves, the dissolution 

ions crosslink more alginate polymer chains in the AG 
hydrogel that causes increased stiffness. Researchers have 
previously reported that human mesenchymal stem cells 
(MSCs) encapsulated in ionically crosslinked alginate 
hydrogels show adipogenic differentiation at moduli of 
<10 kPa and show osteogenic differentiation at moduli 
of 11–30 kPa.42,43 The authors also suggest that osteogenic 
differentiation of MSCs could be enhanced in hydrogels 
with faster stress relaxation. AG hydrogels modified with 
B3 glass (2.5G and 1.25G) have elastic moduli in similar 
range, and the stress relaxation occurs through breakage 
and subsequent forming of ionic crosslinks. In addition, 
stress relaxation could also occur because of the fast 
swelling of B3 glass modified AG hydrogels (especially, 
2.5G). Therefore, the addition of B3 glass to modify AG 
hydrogels could be useful to tune the human stem cells 
activity. 

An important factor to consider is the retention of 
scaffold mechanical properties (or scaffold integrity and 
structure) in culture conditions with time. AG hydrogel 
strength greatly depends on the w/v % of the alginate and 
gelatin used in the preparation and the ionic strength of 
the crosslinking solution. For example, Duan et al. used 6 
w/v % of alginate and gelatin (compared to 3 w/v % used 
in our study), and the crosslinked samples with 0.3 M 
CaCl2 (compared to 0.1 M CaCl2 in our study) reported 
improved mechanical properties that were able to sustain 
for up to 7 days in culture conditions.14 Our attempts to 
test specimens after soaking them in DMEM for 7 days 
at culture conditions were not successful as specimens 
were broken in the grips of the Instron machine, and 
insignificant elastic modulus and strength values were 
recorded. Our results indicated a rapid loss of modulus 
and strength to a point where they were not suitable for 
any load-bearing applications, which is in agreement with 
results reported by Giuseppe et al.10 However, it must be 
noted that 1.25G and 2.5G scaffolds had sufficient integrity 

Figure 8. (a) SEM image of 2.5G hydrogel with ~100 µm interconnected pores shown in the magnified inlet picture; b) dog-bone specimens used for tensile 
tests; (c) typical load vs. extension graphs of AG, 1.25G, and 2.5G specimens.
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after 14 days in culture to handle and perform biological 
assays. In general, hydrogel degradation depends on the 
soaking media composition and enzymes present in it. In 
our study, DI water was utilized to prepare all hydrogels and 
to investigate the scaffold swelling characteristics, which 
are different from other studies where PBS or DMEM was 
utilized. Nevertheless, samples used for mechanical tests 
were stored in DMEM to mimic the in vitro environment. 
In addition, we also investigated the structural integrity of 
2.5G scaffolds in the CCM at culture conditions without 
crosslinking with CaCl2 solution. This test was performed 
to examine if the divalent cations (Ca2+ and Mg2+) that are 
released from B3 glass into the hydrogel, which helps initiate 
the hydrogel crosslinking, would be sufficient to sustain the 
scaffold structural integrity in culture conditions. Figure 9 
shows a collapsed 2.5G scaffold that was not crosslinked 
after a 2-h incubation in CCM at 37°C, whereas a scaffold 
crosslinked with 0.1 M CaCl2 retained its structural fidelity 
after 7 days in culture. This result demonstrates that despite 
the improvement achieved with B3 glass addition in terms 
of printability of AG hydrogel, rheological characteristics, 
and initial mechanical properties, addition of glass alone 
would not be sufficient to fabricate a 3D scaffold without 
the chemical crosslinking using CaCl2 solution.

3.3. Effect of B3 glass on ASCs viability
One important objective of this study was to evaluate the 
amount of B3 glass that is acceptable to add to the AG 
hydrogel to provide viable human ASCs. As B3 glass dissolves 
much faster than traditional silicate-based bioactive glasses 
and faster than 45S5 glass, it was important to establish that 
the resultant concentration of ionic dissolution products 
has no toxic effects on ASCs in vitro. The toxicity could 
be resulted due to pH increase as alkali ions are released 
to CCM with B3 glass dissolution. Recently, B3 glass was 
added to ASCs in two different approaches: directly being 
added as particles during cell culture, and indirectly (glass 
dissolution products) exposing cells to two-dimensional 
(2D) cell culture environment at a B3 glass concentrations 
that are less than 10 mg/mL.30,35 These studies reported 
that a high concentration of B3 glass exposure (>10 mg/

mL) could be toxic to ASCs, whereas low concentrations 
alter ASC protein secretions that may regulate wound 
healing. Several studies have investigated the toxicity of 
silicate-based bioactive glasses toward stem cells in a 2D 
environment, reporting that an optimum concentration 
of ionic dissolution products could exist upon which the 
treatment that could be toxic to cells was administered.44-46 
To establish a baseline, we first investigated the B3 glass 
toxicity to ASCs in 3D environment by adding glass in 
different weight percentages to AG hydrogel. First, ASCs 
were encapsulated in AG, 1.25G, 2.5G, 5G, and 10G 
hydrogels, and 3D-bioprinted as spheroids. To investigate 
the cell viability, spheroids were cultured in both static 
(6-well plates under standard culture conditions) and 
dynamic (6-well plates kept on a rocker) conditions. Figure 
10 shows the live/dead assay images of the spheroids on 
day 0 (2 to 4 h after extrusion and crosslinking), day 1, 
and day 4 after culture. Spheroids made with 5G and 10G 
spheroids were irregular in shape because of the high 
viscosity, and difficulties were encountered to uniformly 
mix ASCs in these hydrogels. Patches of the hydrogel with 
empty pockets (without cells) and irregular shapes could be 
observed in the live/dead images of 5G and 10G hydrogels 
(Figure 10d, e, i, and n). Also, significant number of dead 
cells (red spots) can be observed in the live/dead images of 
5G and 10G spheroids at all time points which was not the 
case with other spheroids, whereas more viable ASCs than 
dead cells were noticed in AG, 1.25G, and 2.5G spheroids.

Figure 11 shows the quantification of the live/dead 
assay results. The results clearly indicate that increasing 
the percentage of B3 glass could be toxic to ASCs in the 
hydrogel. The viability of ASCs in AG spheroids without 
B3 glass was significantly higher than ASC viability in 
10G, 5G, and 2.5G spheroids immediately after extrusion 
and crosslinking with CaCl2. ASC viability in spheroids 
cultured under dynamic conditions was also higher in 
comparison to viability in spheroids cultured under static 
conditions after 24 h. This could be due to efficient nutrient 
transfer to ASCs under dynamic conditions than static 
conditions. In addition, for spheroids containing B3 glass, 
Ca2+, B3+, and other ions released after glass dissolution in 
the spheroid could diffuse more freely to the media under 
dynamic conditions than static culture conditions. This 
could cause the pH of the spheroid to go basic in static 
conditions and negatively affect ASCs. Addition of B3 
glass increased the pH of hydrogels from neutral for AG to 
pH 8 for 1.25G, pH 8.5 for 2.5G, and up to pH 9 for 10G 
hydrogel. This could be the reason for high toxicity of B3 
glass to ASCs, especially in 2.5G, 5G, and 10G spheroids 
on day 0, i.e., immediately after mixing ASCs. Though the 
inside of spheroid maintained relatively high pH, the pH 
of the surrounding CCM remained neutral during culture Figure 9. 2.5G scaffold in CCM at 37°C after 2 h (left) and after 7 days 

(right). 
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Figure 10. Live/Dead assay images of AG, 1.25G, 2.5G, 5G, and 10G spheroids cultured in dynamic conditions for up to 7 days. (a–e) Viability on day 0 
(within 2 to 4 h after extrusion), (f–j) viability after 24 h, (k–o) viability after 7 days. Scale bars: 1 mm. Green dots in images represent live cells, and red dots 
represent dead cells. Undissolved borate glass particles could react with assay reagents and potentially cause green background fluorescence for samples 
with higher percentage glass (5G and 10G).26 The background was ignored during cell quantification with ImageJ software.

Figure 11. ASCs viability in AG, 1.25G, 2.5G, 5G, and 10G spheroids cultured in both static (S; solid columns) and dynamic conditions (D; checkered 
pattern columns). ASCs viability significantly decreased (p < 0.05) with increase in borate glass content (increasing dark shade represents increasing glass 
content) in less than 4 h after glass addition. ASCs in borate glass-modified hydrogel, which were recovered with time, showed significantly higher viability 
in hydrogel modified with lower glass percentages (p < 0.05).
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conditions. This could be attributed to two reasons: (i) the 
increase in pH due to release of ions from B3 glass to a 
larger extent could be limited to inside of the hydrogel 
matrix, and (ii) the release of gelatin from hydrogel matrix 
to surrounding media could neutralize the increase in pH 
because of any ions released from B3 glass, thereby causing 
the pH of the media to remain in the neutral range (7–
7.6) for all gel types (1.25G to 10G). In any case, with the 
regular change in media and presence of dynamic culture 
conditions, pH of the spheroids and neutralized media 
as well as ASC viability eventually improved after 7 days 
in culture, and 2.5G spheroids had significantly higher 
viability than AG spheroids.

The ASC viability in spheroidal culture helped 
determine the range of viable B3 glass percentages that 
could be added to AG hydrogel (0.075 and 0.15 w/v % or 
1.25G and 2.5G gels) and the suitable culture conditions 
(dynamic better than static). Nonetheless, it is important to 
validate the established B3 glass concentrations and culture 
conditions with the 3D-printed constructs. Therefore, AG, 
1.25G and 2.5G lattice structures containing ASCs and 
measuring 15 × 15 × 1 mm3 were bioprinted and cultured 

for up to 7 days under dynamic conditions. Figure 12 
shows the live/dead assay images of the scaffolds. A higher 
percentage of viable ASCs (green spots) than dead cells 
can be clearly seen in all images. A higher percentage of 
dead cells in the edges of the pores, possibly caused by the 
crosslinking with CaCl2 solution, is a notable observation. 
Figure 13 shows the results of quantified live/dead assay 
images of bioprinted scaffolds. The ASC viability in 
scaffolds was similar to the viability of AG, 1.25G, and 
2.5G spheroids, with ASC viability in AG scaffold being 
significantly higher than 2.5G scaffold. However, after 7 
days in culture, despite possessing a higher percentage of 
viable ASC populations, both 1.25G and 2.5G scaffolds 
were not significantly different than AG scaffolds in terms 
of cell viability. In addition, a significant decline in ASC 
viability in AG hydrogel was observed in both bioprinted 
scaffolds and spheroids from day 1 to day 7 under culture 
conditions. The decline in ASC viability could be attributed 
to the release of gelatin from AG hydrogel scaffold. In 
this study, gelatin was mainly added for cell adhesion 
and proliferation as alginate alone does not contain the 
necessary RGD tripeptide to support cell adhesion. In AG 

Figure 12. Live/Dead assay images of bioprinted AG, 1.25G, and 2.5G scaffolds cultured in dynamic conditions for up to 7 days. (a–c) viability on day 0 
(within 2 to 4 h after bioprinting and crosslinking), (d–f) viability after 24 h, and (g–i) viability after 7 days. Scale bars: 1 mm. A higher percentage of dead 
cells (red spots) were observed near pore edges in comparison with the scaffold interior, indicating cell death due to exposure to CaCl2 solution during 
crosslinking and the overall presence of low cell numbers at edges.
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hydrogel preparation, gelatin and alginate hydrogels were 
physically blended together to form a composite hydrogel. 
In order to study the release of gelatin from the AG hydrogel 
used in this study, AG, 1.25G and 2.5G scaffolds measuring 
15 × 15 × 1 mm3 were fabricated without cells, crosslinked 
with CaCl2 solution, and soaked in DI water under standard 
culture conditions for up to 7 days. The surrounding DI 
water was collected after 24 h and on day 7 and checked for 
gelatin presence using proton nuclear magnetic resonance 
(1H-NMR) spectroscopy (Figure 2). The results indicated 
that gelatin release started immediately after crosslinking 
and continued as scaffolds incubated in DI water (Figure 
14). This loss of ~70% of gelatin from the scaffold could 
possibly explain the decline in ASC viability after 7 days in 
culture in AG scaffolds. The release of gelatin from 1.25G 
and 2.5G scaffolds was ~40% and ~50%, respectively, which 
could explain the modest improvement in cell viability 
in these scaffolds in comparison to AG scaffolds after 7 
days. A more appropriate possibility in future could be 
to covalently crosslink the gelatin and alginate molecular 
chains for prolonged culture conditions and slow down the 
release of gelatin from the structure (limited to no more 
than ~25% after 7 days) as proposed in one study.47

Studies that have previously investigated the 
hydrogel+bioactive glass composite focused on creating 
a 3D porous matrix or scaffolds for cell seeding and 
injectable matrix for bone repair, as well as applications 

mostly limited to bone tissue engineering.48-54 To date, very 
few studies have investigated the addition of bioactive glass 
to hydrogel to regulate hydrogel viscosity and incorporate 
cells in the hydrogel+bioactive glass matrix for bioprinting 
tissue models or 3D cell culture applications.55-58 Addition 
of silicate-based bioactive glass nanoparticles to alginate 
dialdehyde-gelatin promoted bone-like apatite layer 
formation and showed no toxicity to the bioprinted human 
osteosarcoma cells (MG-63).55 Results from experimenting 
with human dental pulp stem cells (DPSCs) encapsulated 
in a bioactive glass containing alginate/Matrigel composite 
hydrogel indicated higher levels of osteogenic expression 
by DPSCs in the presence of both Matrigel and bioactive 
glass.57 Although bioactive glass composition was not 
reported in the aforementioned study, the minimal effects 
on mechanical properties of composite hydrogels could 
perhaps indicate a slow dissolving silicate-based bioactive 
glass. In another study, ionic dissolution products of a 
silicate-based bioactive glass were used to prepare an 
osteogenic media to culture and crosslink gellan gum or 
collagen type I hydrogels containing ASCs. Another study 
reported osteogenesis of ASCs in hydrogels modified 
with bioactive glass.58 One common aspect in the above 
studies is the use of silicate-based bioactive glass. The 
dissolution rates of silicate-based glasses are several times 
slower in comparison to borate-based glasses.15 Therefore, 
nanoparticles of silicate-based glass are often used to fasten 

Figure 13. ASCs viability in AG, 1.25G, and 2.5G bioprinted scaffolds cultured in dynamic conditions. ASCs viability significantly decreased (p < 0.05) 
with the addition of 2.5 wt.% borate glass content in bioprinted scaffolds in less than 4 h after glass addition. After 7 days in culture, ASCs, which were 
recovered in modified hydrogels, exhibited higher cell viability in scaffolds bioprinted with modified hydrogels in comparison with AG hydrogel, although 
the difference was not statistically significant (p < 0.05).
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the glass particle dissolution and release ions to control 
the hydrogel viscosity and establish a window of printable 
time for the composite hydrogel.55 However, borate-based 
bioactive glasses dissolve rapidly and supply the dissolution 
products (including Ca2+ ions) to control the hydrogels 
viscosity for 3D printing without affecting their shear-
thinning behavior. The mechanisms that are currently 
adopted during bioprinting with alginate-based hydrogels 
include filament exposure to CaCl2 solution to initiate 
crosslinking and fabrication under temperature-controlled 
environment by modifying the solvent ionic strength.13,59 In 
this study, we successfully demonstrated bioprinting with 
borate glass-modified hydrogels at room temperature. This 
study is the first to report the use of borate-based bioactive 
glass to improve the extrudability of alginate-based 
hydrogels with consideration of human ASC viability.

4. Conclusion
Our research showcased the capability of B3 glass to 
facilitate printing using AG hydrogel at room temperature, 
eliminating the requirement for a temperature-controlled 
setting. This improvement was analyzed not just in terms 
of the hydrogel’s printability at room temperature, but 
also regarding its impact on cell viability. Rheological 
properties of an AG hydrogel were modified with the 
addition of 0.075 to 0.6 w/v % of highly resorbable B3 glass, 
and scaffolds were successfully fabricated. The addition of 
B3 glass (0.075 and 0.15 w/v %) increased the viscosity 
(from 0.2 kPa·s to 7 kPa·s) and made the AG hydrogel 

exhibit a viscoelastic solid-like behavior (G’> G’’) that 
improved the hydrogel recovery and enabled effortless 
extrusion 3D printing of scaffolds. AG scaffold stiffness 
increased with the addition of B3 (from 33 kPa to 73 kPa), 
and the mechanical properties showed the potential of 
the modified AG hydrogel to serve as a viable matrix for 
human ASCs. Despite the toxicity of B3 to ASCs when 
added in quantities higher than 0.3 w/v % to hydrogel 
(<70% viable ASCs), lower quantities of B3 have increased 
the viability in comparison to AG hydrogels without B3 
after 7 days in culture (>80% viable ASCs). Overall, the 
rheological modification of alginate-based hydrogels with 
B3 glass showed the potential for future applications in 
extrusion-based bioprinting with human ASCs.
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Abstract
In recent years, advances in tissue engineering have brought forward the accessibility 
of human skin equivalents for in vitro applications; however, the availability of human-
based engineered tissue models suitable for high-throughput screening of biologics 
remains limited.  Here, we report a method of manufacturing fully autologous (with 
both fibroblasts and keratinocytes from the same donor) human skin equivalents 
for determining preclinical therapeutic antibody adverse immune reactions in vitro. 
Using a combination of precise solenoid microvalve-based bioprinting and 96-well 
scale Alvetex inserts, autologous skin cells were bioprinted and cultured to develop 
a scalable approach to manufacturing skin equivalents. We demonstrated that 
fibroblasts and keratinocytes can be bioprinted with a high degree of precision while 
maintaining viability post printing. Histological staining showed that the bioprinted 
96-well based skin equivalents were comparable to human skin. The fully autologous 
human skin equivalents were co-cultured in vitro with autologous peripheral blood 
monocytes with and without muromonab-CD3 (OKT3) and natalizumab (Tysabri), 
biologics which are known to cause and inhibit adverse immune reactions (type 
IV hypersensitivity), respectively. Analysis of supernatants from skin-equivalent 
monocyte co-cultures revealed significant proinflammatory cytokine responses 
(such as interferon gamma) in co-cultures treated with OKT3 when compared to 
Tysabri and negative controls. Consequently, this study provides proof of concept 
that through a combination of bioprinting and Alvetex scaffold-based culture 
systems, scalable human skin equivalents can be manufactured for high-throughput 
identification of adverse immune reactions during preclinical stages of the drug 
development process.

Keywords: Autologous tissue models; Skin-equivalent models;  
Microvalve bioprinting; Transwell culture
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1. Introduction
The limited availability of human tissue for preclinical 
assays compounds the need for the use of animal-based 
studies during the drug development process. In addition 
to the ethical concerns associated with the use of animal 
models, such studies may not be representative of the 
outcome of subsequent first in human studies.1 This 
contributes to the high failure rate that the pharmaceutical 
industry experiences when taking drugs to human clinical 
trials.2 In vivo animal models ultimately differ in physiology 
to humans.3 Even in the case of larger animal models such 
as non-human primates, many underlying differences 
remain, influencing the efficacy of animal models as pre-
clinical tools.3 When adverse immune reactions (which 
may cause type IV hypersensitivity reactions)  of  a drug are 
not identified in preclinical studies but become apparent 
during clinical trials, the consequences for participants can 
be seriously life-threatening.1,4 Furthermore, the financial 
burden resulted from clinical trial failure may further 
hinder drug developers.5 With high rates of failure at clinic 
and a reported decline in both pharmaceutical research and 
development productivity and investment,6 the mantra of 
“fail early, fail fast” is becoming increasingly important to 
drug developers.

Following the signing of the FDA Modernization Act 
2.0, drug developers are under increasing pressure to 
investigate the use of non-animal-based assays. While in 
vitro and ex vivo assays are used during the preclinical 
development process,7 there is a growing need for tools that 
can provide greater physiologically relevant complexity 
and interactions. Ex vivo assays can be used to determine 
adverse immune responses to systemic therapies.8 However, 
human-based ex vivo assays that seek to bridge the gap 
between preclinical animal studies and human clinical 
trials are challenging to scale up. Looking beyond the scope 
of drug development, access to human tissue remains a 
barrier even for medical and biological research.9 With an 
overall movement toward the 3Rs (Reduction, Refinement, 
and Replacement), there is growing interest, however, in 
human in vitro three-dimensional (3D) models.

In recent years, the fields of in vitro tissue engineering 
and 3D cell culture have benefited from the growth 
of biofabrication techniques.10,11 Within the tissue 
engineering community, biofabrication is considered to 
be the intersection of additive manufacturing, the layer-
by-layer process of manufacturing a 3D construct, and 
tissue engineering.12 To biofabricate tissue constructs, 
bioprinting is commonly used to organize and print cells 
or cell aggregates to create a 3D tissue model.11 Bioprinting 
itself can be categorized into four commonly used 
methods: extrusion-based bioprinting and three drop-

on-demand (DoD) processes inkjet printing, microvalve 
bioprinting, and laser-based bioprinting. Extrusion-based 
bioprinting uses pneumatic or mechanical mechanisms, 
allowing close control of bioink13 material flow, making the 
process ideal for the deposition of pre-mixed hydrogels.14,15 

Inkjet bioprinting is DoD process, which typically uses 
thermal actuators16 or piezoelectric actuators17 to dispense 
individual droplets of bioink in the picoliter range.18 This 
makes inkjet printing ideal for low-viscosity bioinks with 
lower cell densities.15 Laser-based systems use the principle 
of laser-induced forward transfer to dispense individual 
droplets of material, which are typically cell-laden 
hydrogels.13 Like inkjet bioprinters, microvalve bioprinters 
dispense low-viscosity bioinks, but it has also been 
demonstrated that microvalves can be arranged in a print-
head such that they can print materials such as hydrogel 
precursors laden with a high density of cells.19 For low-
viscosity bioinks, microvalve can deposit high droplets of 
high-cell-concentration solutions in the nanoliter range,20 
and so for the development of micro-tissue models offers 
an efficient way of depositing the numbers of cells that 
such models require.

The bottom-up nature of biofabrication has led to the 
production of a range of engineered tissue-like constructs 
or scaffolds suitable for tissue engineering such as skin 
equivalents, constructs for bone repair, cartilage-like tissue, 
and cardiac models.21-24 However, these examples typically 
rely on allogeneic materials to create 3D tissue constructs. 
Examples of bioprinted tissues where autologous cells and 
autologous materials are applied largely fall within the 
scope of regenerative medicine.25,26 In contrast, it has been 
demonstrated that using traditional top-down approaches 
to tissue engineering can produce fully humanized 
constructs, which may be adapted to autologous settings.27 
In particular, the use of inert permeable plastic scaffolds 
with porous substrates, such as Transwell® and Alvetex® 
scaffolds, has become almost ubiquitous as the method of 
creating bi-layered keratinocyte-fibroblast co-cultures for 
skin equivalents.28 However, traditional approaches to tissue 
engineering lack the benefit of automation and therefore the 
scalability offered by biofabrication. In considering scalability, 
the use of standard well-plate formats is a key enabler as it 
allows for scale up and scale out in a format familiar in most 
microbiology labs and which is easy to interface with many 
downstream processes. As such, there is limited availability 
of scalable, fully humanized and autologous tissue available 
for preclinical in vitro drug screening. 

Here, we demonstrate how the permeable scaffold 
approach can be combined with microvalve-based 
biofabrication to develop a fully human, autologous skin 
equivalent which can be co-cultured with autologous 
immune cells in a 96-well format. This approach provides 



Bioprinted skin for testing of therapeutics

478Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1851

International Journal of Bioprinting

proof-of-concept that human skin equivalents produced, 
using scalable, automated biofabrication techniques can 
be used as a preclinical tool to predict potential adverse 
immune responses of therapeutic antibodies.

2. Materials and methods
2.1. Cell culture
Full Local Research Ethics Committee (LREC) approval 
was obtained before sourcing healthy volunteer samples 
for this study. After obtaining informed consent, two 4 
mm skin biopsies and 60 mL of whole blood were collected 
from healthy volunteers. Skin biopsies were rinsed in 
phosphate-buffered saline (PBS; Sigma-Aldrich, UK), 
then excess adipose tissue was removed from the skin 
biopsies, and the biopsies were incubated in 1.0 U/mL 
dispase solution (Scientific Laboratory Supplies, UK) for 
18 h at 4°C to allow separation of the epidermis from the 
dermis. Once separated, the dermis and epidermis were 
processed independently. To isolate dermal fibroblasts, 
the separated dermal samples were dissected, placed into 
6-well plates, and covered with 100 µL of fetal bovine 

serum (FBS; Thermo Fisher Scientific, UK). The dermal 
samples were incubated using standard culture conditions 
(37oC with 5% CO2) for 24 h. After 24 h, wells were topped 
up with 5 mL of Media A (Table 1). Dermal dissects were 
observed for fibroblast outgrowth with media changed 
twice weekly. Once significant outgrowth was observed, 
fibroblasts were dissociated using trypsin/EDTA (Sigma-
Aldrich) using standard culture conditions for 5 min. The 
dissociated fibroblasts were further cultured for up to 7 
passages. Keratinocytes were dissociated from epidermal 
samples using trypsin/EDTA using standard cell culture 
conditions. The resulting cells were further cultured in 
Media B (Table 1) for up to 3 passages with media changed 
twice weekly. Lymphoprep™ density gradient medium 
(STEMCELL Technologies, UK) was used to isolate human 
peripheral blood monocytes (PBMCs) from whole blood 
sourced from healthy volunteers as previously described.8

2.2. Bioprinting equipment and process
For this study, a Microfab Jetlab 4 XL (Microfab Technologies 
Inc., US) printer was retrofitted to accommodate 
solenoid VHS series microvalves (Lee Products Ltd., US)  

Table 1. Media formulations and working concentrations

Media Components Supplier Final concentration

A Dulbecco’s Modified Eagles Medium
Fetal calf serum
Penicillin/Streptomycin/Amphotericin
L-glutamine

Sigma-Aldrich, UK
Fisher Scientific, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK

-
10%
1%
1%

B Epilife
Human Keratinocyte Growth Supplement
Penicillin/Streptomycin/Amphotericin
L-glutamine

Fisher Scientific, UK
Fisher Scientific, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK

-
1%
1%
1%

C 3 Part Dulbecco’s Modified Eagles Medium
1 Part Ham’s F12 Nutrient Mixture
Chelex-treated fetal calf serum
Penicillin/Streptomycin/Amphotericin
L-glutamine
Cholera toxin
Hydrocortisone
Human insulin
Adenine
Human epidermal growth factor

Sigma-Aldrich, UK
Sigma-Aldrich, UK

Fisher Scientific, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK

PeproTech, US

-
-

5%
1%
1%

8.5 ng/mL
0.4 μg/mL
5 μg/mL

24 μg/mL
20 ng/mL

D 3 Part Dulbecco’s Modified Eagles Medium
1 Part Ham’s F12 Nutrient Mixture
Fetal calf serum
Penicillin/Streptomycin/Amphotericin
Cholera toxin
Hydrocortisone
Human epidermal growth factor
Human transferrin
L-ascorbic acid

Sigma-Aldrich, UK
Sigma-Aldrich, UK

Fisher Scientific, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK
Sigma-Aldrich, UK

PeproTech, US
PeproTech, US

Sigma-Aldrich, UK

-
-

10%
1%

8.5 ng/mL
0.4 μg/mL
20 ng/mL
5 μg/mL

100 μg/mL

F RPMI-1640
Autologous serum
Penicillin/Streptomycin/Amphotericin

Sigma-Aldrich, UK
-

Sigma-Aldrich, UK

-
20%
1%
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to create a high-throughput bioprinting platform. The 
inkjet printhead of the Jetlab 4 printer was replaced 
with a microvalve printhead (Figure 1), which could 
accommodate four individual custom-built ink reservoirs, 
each with an ink capacity of 2.5 mL. Inkjet printing is 
very effective for small volumes and can offer single-cell 
resolution, but the development of skin-equivalent models 
requires higher volume deposition rates, and so, for this 
reason, microvalve printing was preferred. The outlets 
of the reservoirs were threaded to contain a male–male 
062 MINSTAC threaded connector (Lee Products Ltd.); 
one side of which was fixed into the reservoir (Figure 1). 
The other end of the male–male connector was used to 
attach the solenoid VHS series. The valve configuration 
used in this study had female 062 MINSTAC threaded 
inlets and outlets and was used alongside 062 MINSTAC 
jeweled orifice nozzles (Lee Products Ltd., US) with orifice 
diameters of 190 µm. To generate actuation signals for 
the microvalves, spike and hold electrical drivers (Lee 
Products Ltd.) were connected to both the Jetlab 4 device 
signal output channels and the signal connections of the 
Individual valves. This allowed signals produced by the 
waveform printed circuit board (PCB) of the Jetlab to be 
converted to a 24 V spike voltage and a 5 V dwell voltage. 
The optimal parameters for reliable microdispensing 
of low viscosity inks were investigated by exploring the 
impact on adjusting the operating dwell time (time that 
the microvalve remains open during one actuation cycle) 
and pneumatic backpressure used to eject droplets from 
the reservoir. The custom-designed reservoir housed a 
gold-plated neodymium magnet, which was suspended 
within the bioink and was used to agitate cells within 

the bioink. The magnet within the reservoir was rotated 
by an additional rotating magnet located perpendicular 
to the external wall of the reservoir. The external magnet 
was connected to a 24 V DC motor via drive belt, which 
was operated at 18 V for printing of cells. To measure the 
volume dispensed, 200 droplets of media D (Table 1) were 
printed into 1.5 mL Eppendorf tubes (Fisher Scientific), 
which was weighed using a microbalance (Mettler Toledo). 
The volume per droplet was calculated from this data. Dwell 
times of 100–1000 µs and backpressures of 50–500 mmHg 
were investigated at increments of 50 µs and 50 mmHg. To 
further ensure consistency of output, a microvalve purge 
step was used between print events.

2.3. Cell viability post printing
To ensure that the correct number of dermal fibroblasts 
and epidermal keratinocytes were dispensed when printing 
skin equivalents, fibroblast suspensions were prepared 
at a concentration of 25 × 106 cells/mL in Media A and 
keratinocytes were prepared at a concentration of  20 × 106 
cells/mL in Media B and loaded into reservoirs. Following 
a 60 µL purge of the bioink through the microvalves, 20 µL 
of each cell suspension was printed in three separate wells 
of a 96-well plate. Cells were printed with a backpressure 
of 150 mmHg and a dwell time of 1000 µs. As described 
above, a 10 µL aliquot of each printed suspension was then 
mixed 1:1 with trypan blue, and cell number and viability 
were quantified using a hemocytometer.

2.4. Bioprinting of cells for the development of 
autologous skin equivalents
Figure 2 illustrates the 96-well Alvetex® (Reprocell, UK) 
culture system, and the general approach to developing 

Figure 1. Customized Jetlab bioprinter. (1) Ink reservoir which holds the bioink and magnet to agitate cell suspension. (2) Solenoid valve. (3) Removable 
nozzle. (4) Magnetic agitator to rotate the gold-plated magnet present within the reservoir. (5) Backpressure tubing. (6) Valve actuation signal wiring. (7) 
XY printing platform. (8) Drop analysis camera. (9) Stroboscopic LED.



Bioprinted skin for testing of therapeutics

480Volume 10 Issue 2 (2024) doi: 10.36922/ijb.1851

International Journal of Bioprinting

skin equivalents. Prior to printing of cells, the 96-well 
Alvetex® (Reprocell, UK) scaffolds were washed in 70% 
ethanol and rinsed in two changes of PBS. A fibroblast cell 
suspension was prepared in Media A at a concentration 
of 25 × 106 cells/mL. The Suspension (20 µL) was directly 
printed onto the Alvetex® scaffolds within the Transwells 
to create dermal equivalents, which were then incubated 
at standard culture conditions for 3 h. Following the 3-h 
incubation, the cell-laden scaffolds were submerged in 
Media A overnight. After 24 h, the scaffolds were cultured 
using Media A supplemented with 100 µg/mL of L-ascorbic 
acid. The dermal equivalents were cultured for 18 days with 
media changed daily. After 18 days, the dermal equivalents 
were gently rinsed in PBS to remove excess media prior to 
directly printing the autologous epidermal keratinocytes 
on top of the dermal equivalents. Keratinocytes were 
suspended in Media C (Table 1) at a concentration of 20 × 
106 cells/mL with 20 μL of the keratinocyte cell suspension 
printed onto each dermal equivalent. The co-cultures were 
then incubated for 90 min at standard culture conditions 
and then gently submerged in Media C for 3 days with 
media changed daily. Skin equivalents were then raised 
to the air–liquid interface (ALI)  by aspirating Media C 
and adding sufficient Media D (Table 1) to the wells to 
cover the underside of each dermis, without submerging 
the epidermis region of the tissue. The co-cultures were 
cultured at the ALI at standard conditions for 14 days 
with media changed daily. After day 14 of ALI culture, the 
skin equivalents were harvested for histological evaluation 

or further cultured with autologous immune cells and 
monoclonal antibodies.

2.5. Histological evaluation of skin equivalents
Mature skin equivalents were harvested, formalin-fixed, 
paraffin-embedded, and sectioned. Sections (4 μm) were 
stained with hematoxylin and eosin (H&E; Fisher Scientific, 
UK) and Picrosirius red (Abcam, UK).  Skin equivalents 
were analyzed for specific biomarkers, cytokeratin, 
involucrin, and loricrin via immunofluorescence. Sections 
were taken to water, washed in pH 7.4 tris-buffered saline 
(TBS), and antigen retrieval was conducted using pH 6 
citrate buffer for 10 min. Sections were washed in TBS and 
then permeabilized with 0.2% Triton-X for 10 min followed 
by blocking with 10% goat serum (Sigma-Aldrich, UK) 
for 1 h. Sections were washed in TBS and then incubated 
with primary antibodies prepared in 10% goat serum for 
1 h. Primary antibodies used were mouse anti-cytokeratin 
14 (1:250, ab7800, Abcam), rabbit anti-involucrin 
(1:400, ab181980, Abcam), rabbit anti-cytokeratin 10 
(1:500, ab76318, Abcam), and rabbit anti-loricrin (1:125, 
ab198994, Abcam). After 1 h, sections were washed in TBS 
and then incubated with secondary antibodies goat anti-
mouse Alexa Fluor-488 (AF-488; Thermo Fisher Scientific) 
and goat anti-rabbit Alexa Fluor-647 (AF-647; Thermo 
Fisher Scientific); dilution of 1:400 was used for both. Slides 
were rinsed in a final wash of TBS, and then coverslips 
were mounted with Vectashield® mounting medium with 
DAPI (Vector Laboratories, US). Slides were imaged using 
an Axioimager microscope (Carl Zeiss AG, Germany).

Figure 2. Development of skin equivalent models. (A, B) 96-well Alvetex® scaffold system; black arrows show inserts, blue arrows porous membrane. (C) 
200 µm thick Alvetex® porous membrane. (D–G) Stages in model development. (D) Schematic of scaffold insert. (E) Dermal incubation of fibroblasts only 
for up to 28 days. (F) Basal incubation of keratinocytes for 3 days. (G) Incubation of model at air–liquid interface for 14 days. Panels D–G were created 
using Biorender.com.
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2.6. Assessment of adverse immune reactions of 
monoclonal antibodies
Fully developed and autologous bioprinted skin 
equivalents were washed twice with PBS before co-culture 
with autologous PBMCs in 96-well plates with 1 × 106 
cells per well in Media E (Table 1). Skin equivalents were 
treated with 1 μg/mL of OKT3 (Jannsen-Cilag, UK) or 
Tysabri (Biogen Idec Inc., US). Negative controls were 
skin equivalents cultured in Media E with and without 
autologous PBMCs and without biologics. The co-cultures 
were incubated at standard culture conditions for 3 days 
when 100 µL of supernatant was aspirated to analyze 
proinflammatory cytokine release.

2.7. Multiplex proinflammatory cytokine 
detection assay
To quantify cytokine secretion in supernatants of 
autologous skin-equivalent PBMC co-cultures, a multiplex 
human proinflammatory cytokine panel kit (Meso Scale 
Discovery, US)  for identification of  interferon gamma 
(IFN-γ), interleukin-10 (IL-10), interleukin-12 p70 (IL-
12p70A), interleukin-13 (IL-13), interleukin-1 beta (IL-

1β), interleukin-2 (IL-2), interleukin-4 (IL-4), interleukin-6 
(IL6), and tumor necrosis factor alpha (TNFα) was used 
as per manufacturer instructions with the omission of 
IL-8 detection antibodies. Plates were analyzed using a 
QuickPlex multiplex plate reader (MSD). Supernatants 
were analyzed in biological triplicates.

2.8. Statistical analysis
Data are presented as mean ± standard deviation. Statistical 
analyses for the quantified cytokine levels were conducted 
using one-way analysis of variance (ANOVA) with Tukey 
HSD. Parameters for statistical significance were defined as 
p ≤ 0.05 (*) and p ≤ 0.0001 (****).

3. Results
3.1. Printing parameter optimization and printing of 
skin cells
Optimal printing parameters were established by 
characterizing changes in printing dwell time and 
backpressure and measuring the dispensed volumes, 
as shown in Figure 3. Figure 3 shows that a minimum 
dwell time of 200 μs and backpressure of 50 mmHg could 

Figure 3. Mean volume of media dispensed per droplet at varying dwell times and positive pneumatic pressures. Data are presented as mean ± one 
standard deviation. N = 3.
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successfully deposit material, and attempting to print with 
parameters below these values did not yield successful 
droplet deposition. At lower dwell times (Figure 3A–D), 
a variance in the volume per droplet was demonstrated 
across the range of backpressures tested. Higher dwell 
times (Figure 3E–I) resulted in a more linear increase 
in the volume per droplet dispensed across the pressure 
range. Peak output was 210 ± 6 nL per droplet, produced at 
a dwell time of 1000 μs with a backpressure of 500 mmHg. 
A dwell time of 1000 μs and a backpressure of 150 mmHg 
with a volume per droplet of 103 ± 1 nL were used to print 
cells and produce skin equivalents, giving good balance 
between productivity and consistency of output.

To print the skin-equivalent models, fibroblasts 
were suspended at 25 × 106 cells/mL and keratinocytes 
were suspended at 20 × 106 cells/mL with 20 µL of each 
suspension per well into 3 wells. The cell counts and viability 
from bioprinting of both fibroblasts and keratinocytes are 
presented in Figure 4. Both the number and viability of 
printed cells were stable and consistent across both cell 
types, demonstrating that the bioprinter was robust and 
reproducible in dispensing high number of cells within a 
small volume.

3.2. Histology of bioprinted skin
Representative images of H&E-stained bioprinted dermal 
and full-thickness skin equivalents are shown in Figure 
5, with human skin shown in Figure 5D for reference.  
Figure 5A shows a good distribution of cells throughout the 
scaffold, with a consistent layer of dermal fibroblasts seen 
lining the top surface of the scaffold. Within the scaffold, 
clusters of cells could be seen near the upper surface of 
the scaffold, but the number of cells within the scaffold 
increased toward the bottom of the scaffold. Underneath 
the scaffold, a thick fibroblast layer was visible. Fibers of 
eosin-stained extracellular matrix (ECM) produced by 
the fibroblasts were also observed. An H&E-stained full-
thickness skin equivalent can be seen in Figure 5B. The 

dermis of the full-thickness human skin equivalent (HSE) 
was well populated with a layer of fibroblasts on top of the 
scaffold supporting the epidermis. The epidermis of the 
HSE contained visible basal, spinous, and granular layers 
and a very thin stratum corneum. The differentiating and 
superficially migrating keratinocytes formed a spinous 
layer. The layer of granular cells indicated by the darker 
and slightly speckled hematoxylin-stained nuclei (which 
separated during sectioning) was located above the spinous 
keratinocytes. Picrosirius red staining of bioprinted full-
thickness skin equivalents showed that the dermis was 
heavily loaded with collagen (Figure 5C). Large thick 
crosslinked collagen layers could be seen directly beneath 
the epidermis at the dermal–epidermal junction. This layer 
of collagen could be seen across the dermis, supporting the 
formation of an epidermis.

Immunofluorescence staining was used to stain 
markers present throughout the different layers in the 
epidermis of both healthy human skin and bioprinted 
full-thickness skin equivalents (Figure 6). Cytokeratin 14 
(CK14) was detected directly above the dermal–epidermal 
junction (white dotted line), indicating the presence of 
basal keratinocytes at the dermal epidermal junction. 
The basal keratinocytes superficially migrated, stratified, 
and expressed cytokeratin 10 (CK10) when undergoing 
differentiation. CK10 was positively detected above basal 
keratinocytes indicating stratification and the formation 
of a spinous strata. Involucrin was expressed in the same 
regions as CK10, and loricrin was present in the corneal 
envelope of the epidermis. Overall, the bioprinted full-
thickness skin equivalents featured the relevant epidermal 
differentiation markers within the correct regions of 
the epidermis showing that the skin equivalents were 
comparable to healthy human skin.

Quantified levels of proinflammatory cytokines are 
presented in Figure 7. The elevated IL-2 levels in specimens 
treated with OKT3 (muromonab) were significant when 

Figure 4. Cell counts and viability of both bioprinted fibroblasts and keratinocytes under a dwell time 1000 μs and backpressure of 150 mmHg. (A)  
Cell counts of bioprinted fibroblasts and keratinocytes. (B) Cell viability of fibroblasts and keratinocytes. Data are presented as mean ± one standard 
deviation. N = 3.
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compared to the media and isotype controls, suggesting 
an OKT3-induced T-cell response. This links to IFN-γ 
expression in OKT3-treated co-cultures, where T cells 
activated by IL-2 could then increase expression of IFN-γ. 
There was no statistical significance in secretion of both IL-4 
and IL-13. IL-4 and IL-13 are both associated with a Th2 type 
response,29,30 and the lack of expression of IL-4 and IL-13 
also suggests that a Th2 immune response was not induced. 
The elevated expression of TNF-α is comparable to the use 
of OKT3 in vivo while the levels of TNFα, IFN-γ, and IL-2 
are similar to cytokine profiles generated in vitro.31,32 All 
models show high levels of expression of IL-6, which is not 
unexpected, as it is constitutively produced by keratinocytes,33 
but no significant differences are seen for this marker across 
the experimental conditions. This data indicates that it is 
feasible to use fully humanized full-thickness bioprinted 
HSEs to identify the immunotoxicity of monoclonal 
antibodies in vitro by multiplex quantification of cytokines 
to create a cytokine profile of the potential immune response.

4. Discussion
The successful bioprinting of fully autologous skin 
equivalents in a 96-well format as reported in this work 

provides a foundation for future work to manufacture skin 
equivalents on an industrial scale. There have been many 
examples of bioprinted human skin; however, no previous 
studies have demonstrated that printed skin equivalents 
could be used for in vitro testing of therapeutic antibodies.34 
This novel application of a fully human bioprinted tissue 
suitable for in vitro testing of therapeutic antibodies may 
be highly beneficial to the drug development process 
of the pharmaceutical industry.34 The proof of concept 
demonstrated here could be utilized during the different 
stages of the drug development pipeline for safety testing of 
drug candidates, allowing early elimination or modification 
of problem candidates, as well as at the preclinical stage to 
prevent “late failure” prior to the clinical testing phase. There 
have been many publications in the field of biofabrication 
exploring the use of DoD printing processes such as ink 
jetting, solenoid microvalves, and laser-assisted printing.13,19,35 
Such studies focus on the biofabrication of constructs using 
the deposition of high-viscosity bioinks consisting of cell-
laden crosslinked gels or gel precursors.14,20,36,37 As a result, 
few studies investigate the use of cell-laden low-viscosity 
bioinks; therefore, little information is reported on the 
reproducibility of the printing process. Figure 3 indicates 

Figure 5. Representative staining of bioprinted dermal and full-thickness skin equivalents. (A) Representative H&E staining of dermal equivalent (day 14); 
scale bar: 100 µm. (B) Representative H&E staining of full-thickness skin equivalent (day 35); scale bar: 50 µm. (C) Representative Picrosirius red staining 
of full-thickness skin equivalents (day 35); scale bar: 50 µm. (D) H&E staining of human skin, scale bar 25 µm.
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Figure 6. Representative staining of healthy human skin and bioprinted skin equivalents (at day 35). Healthy human skin and skin equivalents were stained 
for CK14 (green), CK10 (red), involucrin (red), and loricrin (red). Cell nuclei were stained blue with Hoechst 33342. Scale bars: 50 µm.
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that with reservoir agitation and microvalve purging, the 
process can offer a consistent and automatable approach in 
the development of tissue models.

Traditionally, commercially available skin equivalents 
are manufactured using top-down tissue engineering 
techniques. Therefore, such skin equivalents typically rely 
on non-human or human allogeneic ECM, as is the case for 

many studies which have bioprinted equivalents.38 Therefore, 
currently available skin equivalents are not compatible with 
assays that require fully autologous systems. This work has 
demonstrated a hybridized approach to tissue engineering, 
combining top-down and bottom-up methodologies to 
create fully human skin equivalents. As demonstrated in this 
work, bioprinted skin cells can populate inert scaffolds and 

Figure 7. Mean proinflammatory cytokine concentrations from autologous co-cultures. The concentrations of cytokines detected from the supernatants 
of autologous co-cultures. Statistically significant differences between conditions are indicated by * and ****, which represent p < 0.05 and p < 0.0001, 
respectively.
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produce their own ECM (Figure 5) in an autologous setting. 
The resulting skin equivalents were comparable to healthy 
human skin (Figure 6) and could be co-cultured with 
PBMCs to produce a fully autologous assay with automated 
deposition of cells, which is scalable to commercial demand. 
The biologically inert scaffold-based approach allows the 
formation of a fully autologous human skin equivalent. 
The bioprinting of viable and functional human cells using 
solenoid microvalves circumvents the labor-intensive aspect 
of creating 96-well tissue constructs on a large scale. This 
method enables the production of biologically representative 
and functional HSEs that may be developed in a scalable 
manner. This approach could potentially be applied to wider 
applications such as disease modeling and modeling of 
wound healing, and one specific aspect of future work will 
involve innervating the 3D skin model using neuronal and 
Swann cells lines in order to further validate the model and 
assess pain-relieving drugs. In terms of development and 
use of human skin equivalents, this method of biofabrication 
produces a human skin equivalent that provides a potential 
alternative to non-animal testing and avoids cross-species 
reactivity, which can impact data interpretation. 

5. Conclusion
This study successfully demonstrated that solenoid 
microvalve-based bioprinting of autologous skin 
equivalents in a 96-well format could be used to determine 
adverse immune responses of monoclonal antibodies in the 
human setting. Primary human skin cells were shown to be 
viable post printing and were shown to retain the functional 
capabilities required of the cells to generate human skin 
equivalents. The co-culture of autologous bioprinted skin 
equivalents with autologous PBMCs successfully identified 
adverse immune reactions of positive and negative 
therapeutic antibodies, respectively. Overall, this study has 
demonstrated that bioprinted human tissue can identify  
in vitro adverse immune responses triggered by therapeutic 
antibodies. The scalability of both the Alvetex inserts and 
the bioprinting approach means that in combination these 
technologies are able to produce  human skin equivalents at 
high-throughput rates, enhancing pre-clinical evaluation 
of novel biologics prior to clinical testing.
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Abstract
Polyhydroxyalkanoates (PHAs) have gained much attention as a potential alternative to 
conventional plastic bone scaffolds due to their biocompatibility and biodegradability, 
among a diverse range of advantageous properties. However, the water resistance of 
PHA creates an environment that can interfere with cell interactions. In this study, a three-
dimensional-printed PHA scaffold was fabricated through fused deposition modeling 
printing considering the physical properties of PHA. The PHA bone scaffolds were then 
coated with polydopamine (pDA) and/or hydroxyapatite (HA) in various configurations 
using a relatively simple and rapid process involving only immersion. The PHA–pDA–
HA scaffold showed enhanced cell viability, proliferation, and differentiation, and could 
thus serve as a versatile platform for bone tissue engineering applications.

Keywords: Polyhydroxyalkanoate; Biomineralization; Biopolymer; Bone scaffold; 
Polydopamine; Bioprinting

1. Introduction
There has been growing interest in biodegradable polymers as a substitute for traditional 
petrochemical-based polymers, with a focus on green alternative.1–3 The use of biopolymers 
is necessary in certain circumstances, such as for biomedical applications, due to their 
biodegradability, biocompatibility, and non-toxicity.4–6 Polyhydroxyalkanoates (PHAs) 
are biodegradable polymers that are naturally produced in bacterial fermentation. PHAs 
are composed of monomers derived from carboxylic acids, such as fatty acids, and their 
physical and chemical properties can vary depending on the specific types of monomers 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/
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present in the polymer.2 By virtue of its biocompatibility 
and biodegradability, PHA has been increasingly used in 
medical applications, such as those involving bone scaffolds 
and implants.4,7 Notably, PHA exhibits lower acidity and 
generates fewer inflammatory degradation products than 
existing degradable polymers, such as polylactic acid 
(PLA), indicating its potential in mitigating cytotoxicity 
issues. 

Three-dimensional (3D) bioprinting facilitates new 
bone formation by enabling the fabrication of complex 
3D scaffold structures that offer mechanical support and 
utilize a wide range of materials, including biocompatible 
polymers.1–3 3D printing techniques comprise various 
categories, including extrusion-based, jetting-based, and 
vat photopolymerization-based printing. Depending on 
the material characteristics and the desired structure, 
different types of 3D bioprinting technologies can be 
applied in tissue engineering or the medical field.8-11 
In particular, extrusion-based printing involves the 
fused filament fabrication (FFF) method, which utilizes 
thermoplastic materials. The material is heated and melted 
within the 3D printer, then systematically layered to create 
a 3D structure. Extrusion-based printing is widely used for 
shaping various thermoplastic polymers due to its ease of 
use and the lack of solvent requirements. PHA is known 
to be highly suitable for fabricating scaffolds through 3D 
printing, owing to its thermoplastic property, excellent 
processability, and ability to provide appropriate physical 
properties.12,13 However, PHAs are naturally resistant to 
moisture (i.e., are water-insoluble), which can interfere 
with host cell attachment, growth, and differentiation in 
the context of bone regeneration.4,13

In this study, 3D-printed PHA scaffolds were 
functionalized with bioactive molecules to enhance their 
biological performance. The surface of a 3D-printed 
PHA scaffold was coated with polydopamine (pDA) and 
hydroxyapatite (HA) using a straightforward technique. 
Immersion was the only step required for creating the pDA 
and HA coatings, thus providing a simple and rapid process. 
pDA supports cell adhesion and enhances calcination 
for bone remodeling. Biomineralization with HA, which 
is compositionally similar to the mineral phase of bone, 
enhances the osteogenic differentiation of osteoblast-like 
cells. Thus, the pDA and HA coatings further advance the 
potential applications of PHA scaffolds in osteogenesis.

2. Materials and methods
2.1. Biopolymer scaffold fabrication
PHA (molecular weight: 257 kDa; CJ CHEILJEDANG, 
Seoul, Korea) was fabricated using an extrusion-based 
printing approach with a 3D bioprinter (Korea Institute 

of Machinery and Materials, Daejeon, Korea). The PHA 
scaffold was printed using a nozzle size of 400 µm, printing 
speed of around 500 mm/min, pneumatic pressure of 80 
kPa, and temperature of 180°C. The printing process was 
completed in <40 min to prevent thermal denaturation 
(Figure S1 in Supplementary File).

2.2. Surface functionalization of the PHA scaffold 
with pDA and a mineralized PHA scaffold with HA
The PHA scaffold was coated with pDA and HA. pDA was 
dissolved in 10 mM Tris-HCl buffer at a concentration of 2 
mg/mL and stirred for 1 h. The printed PHA scaffold was 
soaked in a solution containing pDA and stirred for 24 h 
at room temperature. The scaffold coated with pDA was 
washed at least three times in deionized water and then 
dried in vacuum at 40°C for 24 h.

HA was produced using a 5× simulated body fluid 
(SBF) solution (Biosesang, Korea). The composition of the 
5× SBF solution is as follows: Na+, 710 mM; K+, 25 mM; 
Mg2+, 7.7 mM; Cl-, 739.7 mM; HCO3-, 21 mM; HPO4

2-, 
5 mM; and SO4

2-, 2.5 mM. The PHA scaffolds with pDA 
were soaked in the SBF solution, which was stirred at room 
temperature for 72 h. The biopolymers with pDA and HA 
were rinsed at least three times to remove the residue and 
then dried (Figure 1).

2.3. Surface characterization of functionalized 
biopolymer scaffold
The surface morphology of the printed biopolymer with 
pDA and HA coatings was investigated using scanning 
electron microscopy (SEM; Sirion, FEI, USA). The 
wettability of the biopolymers was evaluated based on 
the contact angle (Contact Angle Meter DM 210; Kyowa 
Kirin, Inc., Tokyo, Japan). A 4 µL droplet was placed on the 
surface of the samples, and the contact angle was measured 
after 30 s. 

2.4. Physiochemical characterization of the 
biopolymer scaffold
Attenuated reflectance-infrared (ATR-IR) spectroscopy 
was used to measure the chemical composition of PHA and 
pDA at a resolution of 4 cm-1. The chemical composition 
of the samples was determined using X-ray photoelectron 
spectroscopy (XPS) for the identification of specific 
chemical elements (C, O, N, Ca), using a monochromatic 
Al-Kα radiation source with an X-ray beam spot size of 400 
µm. The phase of the calcium phosphate of HA that formed 
on the scaffold surface was identified using X-ray diffraction 
(XRD) over the 2θ range of 25–50°. Thermogravimetric 
analysis (TGA) was used to investigate the influence of 
pDA and HA on the degradation temperature and thermal 
stability of the biopolymer. The samples were heated from 
25°C to 850°C at a rate of 10°C/min.
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2.5. Mechanical properties 
Compression test was evaluated on a universal testing 
machine (RB301 UNITECH-M; RnD, Korea) with a 500 
kN load cells and a 5 mm/min crosshead speed. The sample 
size was 5 × 5 × 3 mm, and the strand size was 400 μm.   

2.5. Cell culture
MG63, which is an osteoblast-like cell line, was cultured 
in Dulbecco’s modified Eagle’s medium (DMEM; Gibco/
Thermo Fisher Scientific, Waltham, MA, USA) with 10% 
fetal bovine serum and 1% penicillin (Gibco). The cells 
were cultured at 37℃ under 5% CO2 conditions.

2.6. Cell viability, proliferation, and differentiation 
on a functionalized PHA biopolymer scaffold
The cells were seeded on the PHA biopolymer scaffolds, and 
the scaffolds were evaluated for cell survival, proliferation, 
and differentiation. The scaffold was sterilized for 1 min 
using 70% ethanol, followed by a phosphate-buffered 
saline wash. MG63 cells (5 × 105 cells/mL) were seeded 
on each sample and cultured for 7 days for viability and 
proliferation, and for 10 days for differentiation.

Viability was investigated using a live/dead assay kit 
(Live and Dead Kit, Invitrogen, USA) containing calcein 
AM and ethidium homodimer-1. Live cells were stained 
with calcium AM (green), and dead cells were labeled 

with ethidium homodimer (red). The cells on the scaffolds 
were stained for 1 h in an incubator. Cell proliferation 
was evaluated using the WST-1 assay (Premix WST-1 Cell 
Proliferation Assay System; Takara Bio, Shiga, Japan). The 
cells on the scaffolds were immersed in WST-1 solution 
for 30 min, and the supernatant was measured at 440 nm 
with a microplate reader (SpectraMax iD3; Molecular 
Devices, San Jose, CA, USA). A radioimmunoprecipitation 
assay (RIPA) buffer (Pierce RIPA buffer; Thermo Fisher 
Scientific) was used to lyse the cells of the scaffold for 
alkaline phosphatase  (ALP) extraction, and the cells were 
preserved at -80°C. The ALP kit was utilized according to 
the manufacturer’s instructions. Picogreen dsDNA assay 
(Quant-iT™ PicoGreen™ dsDNA Assay Kit; Invitrogen/
Thermo Fisher Scientific, Waltham, MA, USA) was used to 
normalize the ALP activity. 

2.7. Statistical analysis
All quantitative data are presented as mean ± standard 
deviation. One-way analysis of variance (ANOVA) was 
used to analyze the results, followed by Tukey’s post-hoc 
test. Asterisks in the figures denote significant values (p 
< 0.05). Statistical analysis was performed using Origin 
software (ver. 8.6; OriginLab Corporation, Northampton, 
MA, USA).

Figure 1. Schematic illustrations of 3D-printed polyhydroxyalkanoate (PHA) and other modified scaffolds, and biomimetic mineralization on their 
surfaces for osteogenesis. Abbreviations: HA, hydroxyapatite; pDA, polydopamine; PHA, polyhydroxyalkanoate; SBF: simulated body fluid.
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3. Results and discussion
3.1. Surface characterization of PHA biopolymer 
scaffold with pDA and HA
PHA has been identified as a promising material for use 
in biopolymer scaffolds due to its biocompatibility and 
biodegradability. PHA is also a promising biopolyester for 
extrusion-based printing due to its comparatively low glass 
transition temperature.12

When using 3D bioprinting to fabricate scaffolds, it is 
essential to meet the required conditions such as structure, 
mechanical properties, and osteoconductivity to fulfill the 
role of a bone scaffold. In particular, it is crucial for the 
scaffold to possess a structure that precisely matches the 
bone defect, enabling the reconstruction of the original 
bone shape and effectively responding to dynamic forces. 
Precise printability with excellent spatial capabilities is 
required to ensure that the printed structures accurately 
replicate virtual models. The printing state of the PHA was 
verified by adjusting the pressure and printing speed, which 
are the speeds of the print head. To identify conditions with 
strand sizes similar to the size of the nozzle, the strand sizes 
at pneumatic pressures of 60, 80, and 100 kPa, and printing 
speed of 400, 500, and 600 mm/min were compared (Figure 
2a). The dots in Figure 2a represent the strand sizes obtained 
when printing PHA under various pressure and printing 
speed conditions. Additionally, the red-shaded region 
denotes an error margin of approximately 10%, determined 
based on a nozzle size of 400 μm. This region was considered 
indicative of suitable printability. A higher pressure and 
a slower printing speed resulted in an increasing trend in 
strand size. As the printing speed increased and the pressure 
decreased, the strand tended to become thinner in size. At 
the condition of 80 kPa and 500 mm/min, a strand size of 
405.47 ± 3.98 μm was observed, which closely matched the 
nozzle size of 400 μm (Figure S2 in Supplementary File). 
Therefore, all the scaffolds for subsequent experiments were 
fabricated under these conditions.

The surface morphology of the printed PHA scaffold, 
pDA-coated PHA scaffold, and pDA-HA-coated PHA 
scaffold were evaluated. The results showed that the 
printed PHA scaffold had a smooth surface (Figure 2b). 
The pDA-coated PHA scaffold surface was covered by 
agglomerates after 24 h. HA, in the form of a large plate, 
covered the surface of the biomineralized scaffold through 
SBF treatment for 72 h. It is well known that pDA coating 
facilitates rapid CaP nucleation due to the availability of 
free catechols not involved in substrate adhesion, which is 
important for CaP nucleation.14–16

These surface treatments led to differences in 
wettability (Figure 3a). The water contact angle of the 

PHA scaffold was 81.025° ± 2.25, whereas the contact 
angle for the PHA–pDA and PHA–pDA–HA scaffolds was 
0° within 1 min. Water droplets rapidly penetrated the 
surface when pDA was present. Thus, the hydrophilicity 
of the surface increased sharply with the pDA coating. 
Surface wettability has a significant influence on the 
interactions between the scaffold surface and the cells. 
A hydrophilic surface provides for better adsorption of 
proteins (e.g., fibronectin) and growth factors compared 
with a hydrophobic surface.17,18

A compression test was conducted to measure the 
mechanical properties of PHA and functionalized PHA 
scaffolds (Figure 3b). Pressure was applied up to a stain 
of 0.6 mm/mm, and stress–strain graphs for all groups 
exhibited a similar trend.

Furthermore, the results also indicated that there was 
not a significant difference in Young’s modulus (Figure 
3c). It was confirmed that the physical properties were not 
greatly altered by the reactions of pDA and HA.

3.2. Physicochemical characterization of the PHA 
scaffold with pDA and HA
The formation of pDA and HA on the PHA scaffold was 
verified through examination of the physicochemical 
characteristics (Figure 4). Before the growth of HA, 
ATR-IR spectroscopy was conducted to confirm pDA 
formation (Figure 4a). The broad absorption band at 3360 
cm-1 corresponds to the stretching vibrations of catechol–
OH in pDA. The peak at 1615 cm-1 is associated with the 
stretching vibration of the C=O bond, and the peak at 1500 
cm-1 indicates aromatic C=C stretching and N-H bending. 
The presence of a pDA coating was confirmed on the 
PHA–pDA and PHA–pDA–HA scaffolds.19–21

After confirming pDA formation on the PHA scaffold, 
HA formation was subsequently verified using XPS analysis 
(Figure 4b). The presence of an N1s peak was confirmed in 
both the PHA–pDA and PHA–pDA–HA groups, but not in 
the PHA group.22 Furthermore, the Ca2p peak was observed 
only for the PHA–pDA–HA group (Figure 4c). These results 
indicate the formation of biominerals and pDA on the PHA 
surface. It is widely recognized that pDA contains numerous 
catecholamine groups that play a significant role in biomineral 
formation. The catecholamine groups not involved in 
substrate adhesion are capable of binding with Ca2+ ions.14 

The formation of HA was confirmed by XRD with 
reference to the JCPDS 9-432 standard.23,24 Peaks 
corresponding to HA were detected only in the PHA–
pDA–HA group (Figure 4d). The peak of HA appeared to 
be relatively broad, indicating that the formed HA has low 
crystallinity and an irregular orientation, as confirmed in 
SEM images.25 
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The thermal stability of both the PHA and surface-
modified PHA scaffolds was evaluated using TGA (Figure 
4e). PHA has a thermal decomposition temperature of 
291.8°C. PHA–pDA and PHA–pDA–HA showed thermal 
decomposition peaks at 296.0°C and 297.7°C, respectively. 
One of the challenges of PHAs is their low thermal 
stability.12,26 The TGA results indicated that thermal 
stability could be enhanced by using pDA and HA coatings.

3.3. In vitro osteogenic ability of the functionalized 
3D-printed PHA scaffolds
A biomaterial scaffold for bone tissue engineering should 
facilitate cell activity to guide the formation of new bone 
and promote functional restoration at defect sites.22,27,28 
Biomaterials used for bone recovery are expected to possess 

bioactive functions and to be biocompatible for bone 
regeneration purposes. PHA is widely used in biomedical 
engineering, including tissue engineering, due to its 
mechanical properties, biocompatibility, biodegradability, 
and reduced inflammation. However, PHA lacks sufficient 
bioactive functionality to promote osteogenesis.22,29,30 To 
compensate for this, both pDA and HA were introduced 
to the surface of PHA scaffold. It is well known that pDA 
not only makes the surface hydrophilic due to the –OH 
group, but also enhances the interfacial properties of 
bone implants.31-33 Due to the presence of substantial 
amount of catechol group, pDA exhibits antioxidant and 
antibacterial properties. Moreover, it is recognized for its 
ability to promote initial cell adhesion and proliferation, 
as well as to stimulate the expression of osteogenesis-

Figure 2. Surface characterization of the PHA, PHA–pDA, and PHA–pDA–HA scaffolds. (a) Printability of PHA in various printing conditions. (b) 
Scanning electron microscopy images of PHA, PHA–pDA, and PHA–pDA–HA scaffolds.  Abbreviations: HA, hydroxyapatite; pDA, polydopamine; PHA, 
polyhydroxyalkanoate.
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related genes. Importantly, pDA is known to offer a 
versatile biomineralization, including the integration of 
hydroxyapatite.

In this study, biocompatibility was confirmed using 
MG63, which is an osteoblast-like cell (Figure 5a). The 
cells adhered to all groups using PHA biomaterials and 
proliferated well. The group functionalized with pDA and 
HA showed relatively higher cell adhesion compared to 
the PHA group. Cell viability was assessed on both days 
4 and 7 (Figure 5c). It was observed that, except for the 
PHA group on day 4, which exhibited a viability of 86.67% 
± 1.29, all other groups consistently maintained a viability 
exceeding 97% every day. Furthermore, PHA also exhibited 
cell viability exceeding 97% on day 7. The high viability 
indicated that the PHA and functionalized PHA scaffolds 
did not have a negative impact on the cells. Especially, 
the functionalized PHA scaffold group showed apparent 
enrichment, and spindle-shaped cells had attached to the 
scaffold surface by day 7 (Figure 5b).

Scaffolds for osteogenesis have been studied extensively 
in terms of their surface properties, such as hydrophilicity. 
Hydrophilicity can promote the adsorption of protein, 

which can lead to improved cell–substrate adhesion (e.g., 
integrin).17,18

The effects of PHA and the functionalized scaffold on 
osteoblast proliferation were confirmed by WST-1 on days 
1, 4, and 7 (Figure 6a). Cell proliferation was enhanced 
significantly for the functionalized PHA groups. The highest 
proliferation rate was seen in the PHA–pDA–HA group on 
days 1, 4, and 7. To investigate osteogenic differentiation, 
the ALP activity of the osteoblasts was measured (Figure 
6b). ALP is considered an initial marker of osteoblast 
differentiation and new bone formation. ALP activity 
increased in all PHA groups. In particular, significantly 
higher ALP activity was observed for the PHA–pDA–HA 
scaffold compared with the PHA and PHA–pDA scaffolds. 
The PHA–pDA scaffold exhibited significant differences 
compared to the PHA group after 10 days.

Surface modification involving pDA, which is a qualified 
bone biosubstitute, was employed in this study because it 
possesses high biocompatibility and functionality, and can 
be prepared easily. pDA also enhances cell proliferation 
and calcium deposition, leading to mineralization.32,34 
Its impact can be further increased by combining it with 

Figure 3. Physical properties of the PHA, PHA–pDA, and PHA–pDA–HA scaffolds. (a) Representative images of water contact angle. (b) Stress–strain 
curve of compression test. (c) Young’s modulus. Abbreviations: HA, hydroxyapatite; pDA, polydopamine; PHA, polyhydroxyalkanoate.
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Figure 4. Physiochemical characterization of the PHA, PHA–pDA, and PHA–pDA–HA scaffolds. (a) Fourier-transform infrared spectrum showing pDA 
coating on the PHA surface. (b, c) X-ray photoelectron spectroscopy confirming pDA and calcium phosphate mineral formation via the N1s and Ca2p 
peaks (b) or Ca2p peak (c). (d) X-ray diffraction pattern of HA grown on the 3D-printed PHA surface. (e) Thermogravimetric analysis showing changes 
in thermal stability. Abbreviations: HA, hydroxyapatite; pDA, polydopamine; PHA, polyhydroxyalkanoate.
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growth factors.35 Therefore, coating the PHA surface 
with pDA facilitates osteoconductivity by enhancing cell 
proliferation and differentiation. Also, biocompatible HA 
is generally used for bone scaffolds, as its composition is 

similar to the mineral phase of bone.16,36 Thus, HA-based 
bone scaffolds enhance the osteogenic differentiation 
of osteoblast-like cells and promote bone repair both in 
vitro and in vivo.33,37-39 The results of this study confirmed 

Figure 5. Viability of osteoblast-like cells on the PHA, PHA–pDA, and PHA–pDA–HA scaffolds. (a) Live and dead assays of MG63 cells on days 1, 4, and 
7. (b) Representative magnified images depicting cell adhesion on the scaffold on day 7. (c) Cell viability of the polyhydroxyalkanoate (PHA) and surface-
modified scaffolds on day 4 and day 7. n = 4; NS, no significant difference; *p < 0.05; **p < 0.01; ***p < 0.001. Abbreviations: HA, hydroxyapatite; pDA, 
polydopamine; PHA, polyhydroxyalkanoate.
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that osteoconductivity can be enhanced through simple 
functionalization of pDA and HA on the surface of the 
PHA scaffold.

4. Conclusion
PHA has gained much attention as a potential alternative 
to conventional plastics, because its physical and chemical 
properties can be adjusted by altering the types of 
monomers in the polymer. It is highly likely to be utilized in 
various biomedical applications due to its biocompatibility 
and biodegradability. However, the application of PHA 
as a bone scaffold material presents challenges due to its 
resistance to moisture and water insolubility, which makes 
cell adhesion or growth factor infiltration difficult to occur. 
In this study, a simple method was used to functionalize 
the surface of a 3D-printed PHA scaffold with pDA and 
HA, with the aim of utilizing it as a bone scaffold. The PHA 
scaffold was successfully fabricated using an extrusion-
based printing approach for bone scaffolds. The 3D-printed 
PHA scaffold was then coated with pDA via a simple 
immersion process and subjected to biomineralization, 
during which the free-catechol group of pDA aided 
calcination of CaP, resulting in HA formation. The pDA 
coating enhanced the hydrophilicity of the scaffold, thus 
creating a cell-friendly environment. The pDA coating 
was confirmed by ATR-IR spectroscopy and XPS analyses, 
while the formation of HA was verified through XPS and 
XRD. TGA analysis indicated that the thermal stability 
of the functionalized PHA scaffolds was higher than that 
of the PHA scaffold. Osteogenic ability of the scaffolds 
was verified by means of the in vitro osteoblast-like cell 

culture. Compared to 3D-printed PHA scaffolds, the 
functionalized PHA scaffolds with pDA and HA exhibited 
superior cell viability, proliferation, and differentiation, 
and the biomineralized PHA scaffolds displayed strong 
osteogenic properties. Thus, the 3D-printed PHA scaffolds 
functionalized with pDA and HA show great promise as 
versatile platforms for bone tissue engineering.
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Abstract
Tissue-engineered constructs require mimicking the extracellular matrix 
microenvironment of native tissue for better promoting cell growth. Commercial 
three-dimensional (3D) printers provide a versatile platform to fabricate tissue models, 
but they possess certain constraints regarding the reproduction of natural tissue 
structures due to the limited functionality of current slicing strategies and hardware. In 
this study, we present a new approach to 3D-printing polylactic acid (PLA) constructs 
with fibers in the range of microns by combining the oozing effect and algorithm-aided 
design (AAD) with a conventional fused deposition modeling printer. Three different 
oozing geometries were compared with two controls to explore their mechanical 
behavior and their cellular culture growth potential. Microscopic analysis revealed that 
oozing groups possessed higher porosity and statistically significantly thinner fibers 
than controls. Sodium hydroxide treatment reversibly increased the hydrophilicity of 
PLA without affecting the scaffolds’ mechanical properties in the compression tests. 
In addition, cell culture assays showed that oozing specimens exhibited a greater 
capacity of promoting SaOs-2 osteoblastic cell proliferation after 7 days in comparison 
with controls. We demonstrated that randomly distributed microfibered environments 
can be fabricated with an ordinary 3D printer utilizing the oozing effect and advanced 
AAD, resulting in improved biomimetic 3D constructs for tissue-engineering strategies.

Keywords: Oozing; 3D printing; Tissue engineering; Cell cultures; Polylactic acid 

1. Introduction
The demand for new tissues in regenerative medicine therapies has led to an increase 
in new tissue-engineering strategies to fabricate synthetic constructs for damaged 
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tissue replacement.1,2 Tissue-engineered constructs or 
scaffolds require mimicking the microenvironment of the 
biological extracellular matrix (ECM) niche, composed 
of a microfibered complex that contributes to the 
mechanical support of the tissue.3,4 The morphology and 
microstructure of scaffolds must satisfy specific mechanical 
and biological requirements including structure material 
organization, surface morphology, and proper porosity 
(pore size, distribution, and interconnectivity) to 
promote cell adhesion and proliferation, and subsequent 
ECM remodeling.5,6

Additive manufacturing technologies (three-
dimensional [3D] printing) have become a promising 
approach to personalized regenerative treatments. These 
techniques are characterized by their design potential, high 
speed, and low cost, which allow the fabrication of tissue 
constructs from the micro- to the macro-scale, providing 
suitable structural and mechanical support for 3D cell 
cultures, thereby producing new, enhanced tissue.7-12 
Numerous types of constructs have been developed for 
several tissues using 3D printing for regenerative medicine: 
composites and polymers for bone tissue engineering,13,14 
cartilage for the meniscus,15 or polylactic acid for vascular 
grafts,16 among others.17  

There are several sorts of additive manufacturing 
technologies that generate scaffolds for biomedical 
applications. Traditional modalities, such as fused 
deposition modeling (FDM), selective laser sintering 
(SLS), or stereolithography (SLA), among others,18 allow 
the creation of components with micro-scaled geometries 
in various materials, such as polymers, composites, and 
metals with high accuracy and reproducibility.19,20 Despite 
these advantages, many of these printing conditions are 
lethal to cells, such as high temperature or toxic chemicals. 
Hence, these techniques commonly generate acellular 
scaffolds that can be utilized for tissue-engineering 
purposes by seeding cells after fabrication.21 

In contrast, recent techniques such as 3D bioprinting, 
in which a suspension of living cells together with 
suitable biomaterials and growing factors (bioink) is 
directly deposited to create 3D living tissue,22 create 
interesting soft-tissue constructs, such as composites 
for ear regeneration,23 or collagen for the human heart, 
in addition to many others.24-26 3D bioprinting can be 
classified according to American Society for Testing and 
Materials (ASTM) into: extrusion-based,27 jetting-based,28 
and vat photopolymerization-based.29 Although these 
techniques have a variety of applications, including trauma 
treatment, whole tissue creation, and in vitro drug testing, 
several drawbacks including bioink’s dimensional stability, 
limited speed, or cell viability during printing process 

remain unsolved; therefore, soft materials like hydrogels 
are generally utilized for fabrication.21,27,30 

FDM is one of the most widely utilized 3D printing 
technologies due to its versatility, simple maintenance, 
and low cost.31,32 In comparison to others, this technique 
possesses many advantages, including availability of a 
wide range of biodegradable and biocompatible materials 
that can be printed, and compatibility with different 
CAD software. FDM has a simple working principle: A 
preformed polymeric thermoplastic filament is heated 
to a semiliquid state and then extruded through a 
nozzle directly onto the building platform following a 
programmed model, with thin layers being deposited 
on top of one another.33-35 Moreover, no toxic solvents 
are needed to dissolve the polymeric filaments for 
printing, thus avoiding cell mortality when working with 
cell cultures.36,37 Nevertheless, FDM has certain major 
constraints such as limited accuracy due to the thickness 
of the final extruded filament, the relationship between 
viscosity and nozzle diameter, or the high temperature 
applied during the melt-extrusion process that may change 
inherent material properties.38

Limited resolution is, particularly, one of the main 
disadvantages in FDM as the accurate impression is 
limited by the nozzle diameter.39,40 Commonly, these 
nozzle diameters range from 0.8 mm to 0.2 mm, being 
unusual to find smaller diameters due to their easy 
clogging tendency and subsequent incapacity to ensure 
proper flow settings.41,42 Furthermore, another well-
known drawback of FDM printing occurs when the 
nozzle deposits a small amount of molten material and 
immediately moves to the next position. This movement 
creates the “stringing” effect or oozing: a very thin “hair” 
of molten material that extends across the direction of 
travel of the nozzle.43,44 The oozing effect can be caused 
by a slow retraction speed, overheating in the extruder, 
high printing speed, or very long movements over open 
spaces, among others.45-47 

The achievement of a microfiber-like environment 
represents a major feature to better mimic the tissue ECM 
niche. Several techniques such as electro direct writing,48 
electrospinning,49,50 or melt-blowing51 can create micro-
scaled fibers, but FDM lacks the capacity to generate the 
thin required fibers due to the technique’s own limitations. 
However, recent studies have successfully fabricated various 
arrays of microfibers leveraging the oozing effect, by the 
manipulation and implementation of certain parameters 
of the printing process, such as the printing speed or the 
feed rate, and combined them with algorithm-aided design 
(AAD).44,52 Generally, these approaches can be found as a 
stack of parallel-like patterns with fibers in the range of 
hundreds of microns,42 or as a combination of parallel-like 
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structures with layers of randomly distributed microfibers 
created by another technique (such as melt-spinning or 
electrospinning).53,54 Although the fundamentals of this 
methodology have been similarly reported elsewhere,44,52 
AAD-controlled random distributions remain unexplored. 
These advances point to the direction of overcoming one 
of the fundamental architectural flaws of FDM, which is 
the macroscopic geometry of the fibers and subsequent 
macro-porosity of the scaffolds.

Several thermoplastic materials used in FDM 
printing include polylactic acid (PLA), acrylonitrile 
butadiene styrene (ABS), polycaprolactone (PCL), 
polyether ether ketone (PEEK), and nylon,20,55 or other 
natural biopolymers.56 PLA is a promising biopolymer 
in biomedical applications due to its properties such as 
biocompatibility, biodegradability, mechanical strength, 
process ability, and non-toxicity.57 PLA scaffolds have been 
extensively utilized in bone tissue,58 cartilage,59 meniscus,60 
vascular tissue,61 and other biomedical applications.62 
However, PLA has certain limitations concerning its 
use, such as a slow degradation rate and hydrophobicity, 
which affect cell adhesion to scaffold, rendering new tissue 
formation difficult.61

In this study, we developed algorithm-designed 
3D constructs utilizing the oozing effect, employing 
both parallel and random distributions of the fibers 
(ranging from 30 µm up to a few hundred). In addition, 
we compared these constructs with ordinary FDM-
printed scaffolds to analyze their cell growth potential. 
A selection of three different oozing-like geometries and 

two commonly manufactured controls were 3D-printed 
and fully characterized to better understand their 
architectural and mechanical properties together with 
their biological potential. The algorithm-controlled 3D 
random distribution of the microfibers in the oozing 
specimens in cell cultures represents a novel approach 
to developing a better biomimetic scaffold to be used in 
tissue-engineering repairing strategies.

2. Materials and methods
The research methodology employed to evaluate the 
scaffolds design and microstructure was based in 3 stages 
shown in Figure 1 and described in detail below in this 
section. A total of five experimental groups with five 
different infill geometries were selected for the study: 
Three groups were printed with oozing technique, and two 
controls were printed following standard procedure. 

2.1. Design of the experimental infills
The three oozing specimens were designed following 
three different sequences: two of them with a parallel-
fiber pattern, differentiated by a low-density knitting and 
a high-density knitting, respectively, and the third one 
with a random fiber pattern. In addition, two controls 
were designed with standard architectures: a waffle-like 
geometry and a gyroid (Figure 2). The five experimental 
groups, namely random oozing (Or), simple oozing (Os), 
complex oozing (Oc), gyroid (Gy), and waffle (Gof), were 
all designed cubic-shaped with an outer volume of 10 × 10 × 
10 mm. All oozing groups, Os, Or, and Oc, were developed 
using the Silkworm (v0.0.1) plugin for Grasshopper3d 

Figure 1. Stages of experimental methodology. Abbreviations: PLA, polylactic acid; SEM, scanning electron microscopy.
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(Rhinoceros). Control group (Gof) was designed with CAD 
software, and Gy group was designed with Ultimaker Cura 
(v4.8.0, Ultimaker) slicer. All specimens were prepared 
for 3D printing with Ultimaker Cura (v4.8.0, Ultimaker) 
(Figure S1 in Supplementary File).

The oozing print methodology was based on depositing 
a small drop of extruded material on a certain coordinate, 
then moving the nozzle to the next coordinate without 
extruding any material between both points. This method 
allows the generation of oozing fiber. The Or specimen 
was designed by distributing a random population of 60 
points in each of the 4 lateral façades of a 10 × 10 × 10 mm 
cube, with a total of 240 points (Figure 2A1 and A2). The 
resulting lattice was created by assigning several random 

displacements of the nozzle on an X–Y plane, and then 
iterating different patterns at every layer of the Z axis. These 
displacements were generated and developed in Silkworm 
plugin by designing different tool paths (Figure 2C and D). 
The Os specimen was designed by creating a grid of 8 × 8 
square spaces on a 10 × 10 mm X–Y plane (Figure 2B1 and 
B2). The X–Y planes were stacked along the Z axis, and 
each layer was rotated 90° from the previous one enabling 
the creation of the whole volume. The specimen was 
printed using the identical oozing methodology as with the 
Or specimen. Figure 2D shows the Grasshopper tool paths 
used for this specimen. The Oc specimen was designed 
following the same procedure as with the Os specimen by 
creating a grid of 12 × 12 square spaces on a 10 × 10 mm X–Y 
plane. Two commonly used infill patterns were selected as 

Figure 2. Schemes and toolpaths for scaffold design. Orange dots represent the nozzle stop, and black lines show the deposited material in form of oozing 
fibers. (A1) Planes showing the random distribution of 60 points created for Or specimen. (A2) Schematic of nozzle displacement path for Or specimen. 
(B1) Parallel pathways and planes created for Os specimen. (B2) Schematic of nozzle displacement path for Os specimen. (C) Grasshopper toolpath for Or 
specimen. (D) Grasshopper toolpath for Os specimen. 
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control groups: a gyroid geometry (Gy) and waffle-like 
geometry (Gof). The Gy specimen was generated using the 
gyroid infill form in Ultimaker Cura software creating four 
iterations in a 10 × 10 × 10 mm cube. The Gof sample was 
designed in SolidWorks (Dassault Systemes) as a 10 × 10 
× 10 mm cube with an internal matrix of 5 × 5 equidistant 
holes of 1 × 1 mm.

2.2 Three-dimensional printing of scaffolds
All scaffolds were 3D-printed using an Ender-5 Pro 
printer (Creality 3D) equipped with a 0.4 mm nozzle 
and using 1.75 mm diameter PLA filament (Smartfil, 
Smartmaterials 3D), 210°C extrusion temperature, 
60°C bed temperature, and 0.2 mm layer height. The 
printing speed was 80 mm/s for the control groups, with 
a feed rate of 1200 and constant flow rate. For the oozing 
groups, the printing speed was 59 mm/s, whereas the 
feed rate and the flow rate were set by Silkworm plugin  
(see Figure S2 for G-codes). For controls (Gy and Gof), 
G-codes were generated with Ultimaker Cura, with the 
.STL files imported beforehand. For experimental groups 
(Or, Os, and Oc), the G-codes were directly obtained 
and exported from Silkworm plugin (Grasshopper3d). 
After printing, all specimens were characterized, with the 
volume (x, y, and z) measured using a vernier caliper and 
the weight determined on a digital scale (Figure 3).

2.3. Porosity determination by 
X-ray microtomography
Porosity was measured using a Skyscan 1272 micro-CT 
(Bruker) at a 10 mm resolution. The X-ray source peak 
voltage was 50 kV with an intensity of 200 µA, 180° 
scanning, and a 0.2° step. The porosity was obtained 
using the CTAn software provided by Bruker. Ranges of 
thickness and separation distributions were also analyzed 
within this study (Figures 4 and 5).

2.4. Fiber thickness analysis
Fiber thickness was measured using a stereomicroscope 
(StereoBlue SB 1903, Euromex) with a digital camera (CMEX 
DC5000f, Euromex). Measurements were performed using 
the software ImageFocus Plus V2 (Euromex). For each 
experimental group, three samples were fabricated at five 
different heights (2 mm, 4 mm, 6 mm, 8 mm, and 10 mm) 
by directly stopping the 3D printer when the height of the 
sample reached the desired value. A total of three fibers 
were randomly selected at these five different heights per 
specimen. The thickness was measured at five points along 
each fiber: start (at the very beginning of the fiber), mid1 
(an equidistant point from the middle and the start), center 
(at the middle point of the fiber), mid2 (an equidistant 
point from the middle and the end), and end (a point very 
close to the end of the fiber). However, regarding Gy and 

A B C D E

10 mm

Figure 3. 3D-printed PLA experimental groups with different knitting patterns. (A) Gy: gyroid architecture; (B) Gof: waffle-like architecture; (C) Oc: 
oozing with parallel dense knitting; (D) Or: oozing with random knitting; and (E) Os: oozing with parallel low-dense knitting. Images in the top row 
present perspective view of the specimens, and the bottom row shows top-view images of the specimens.
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A

B

C

D

E

F

1 2 3

Specimen Volume
(mm3) SD Mass (g) SD Porosity (%)

Or 1213 11.97 0.319 0.011 83.66

Oc 1188 27.09 0.413 0.010 77.78

Os 1200 25.47 0.327 0.003 86.58

Gy 1071 20.69 0.329 0.007 76.04

Gof 1227 22.38 0.486 0.017 67.83

Figure 4. X-ray microtomography reconstructions of the five specimens. (A) Gy, (B) Gof, (C) Oc, (D) Or, and (E) Os. Column 1 shows perspective views 
of the specimens, column 2 shows the top views, and column 3 shows the lateral views of the specimens. (F) Physical characteristics (volumes, masses, and 
total porosity) of the specimens (n = 10).
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Figure 5. Range distributions for (A) Gy, (B) Gof, (C) Oc, (D) Or, and (E) Os. Column 1 shows thickness distribution, and column 2 shows fiber separation 
distribution.

1 2

A

B

C

D

E

Range (μm) Range (μm)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)

Pe
rc

en
t (

%
)



Oozing 3D-printed scaffolds for tissue engineering

507Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2337

International Journal of Bioprinting

Gof, geometries we measured the grid thickness instead of 
shred thickness, as they do not possess proper fibers as the 
oozing groups (Figure 6).

2.5. Effect of sodium hydroxide treatment 
Scaffolds were submerged in a sodium hydroxide solution 
(NaOH, 2 M solution, Sigma-Aldrich) for 15 min at room 
temperature. Then, the samples were washed for 5 min in 
distilled water three times.

2.6. Scaffold surface analysis
The specimens were coated with a gold layer using an agar 
sputter coater (AGB 7340, AgarScientific) and analyzed 
with a scanning electron microscope (SEM, JSM 5410, 

JEOL) operated at 10 kV. A total of four regions per scaffold 
were studied (Figure 7).

2.7. Contact angle assays
Water contact angle was assessed using PLA discs with a 
contact angle measuring system (OCA 15, Dataphysics) 
using the sessile drop method. For these assays, six PLA 
discs (10 mm in diameter and 2 mm in height) were 
3D-printed using the same parameters described above 
with a 100% infill. A distilled water drop (3 µL) was 
generated at 1 µL/s, and photographs were captured for 
posterior analysis using SCA 20 software (Dataphysics) 
(Figure 8).

Figure 6. Fiber thickness analysis. (A–C) Scheme of the fiber thickness measuring setup. (A) Scheme of the five different heights (2, 4, 6, 8, and 10 mm) 
for performing fiber measurements. (B) Example of three randomly selected fibers at each height of the sample to perform the fiber thickness analysis. (C) 
Representation of five selected points to measure thickness along the fiber (start, mid1, center, and end). (D) Fiber thickness means measurements per 
specimen (n = 45, * p < 0.05 by Kruskal–Wallis test). (E) Thickness measurements across the fiber per specimen.



Oozing 3D-printed scaffolds for tissue engineering

508Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2337

International Journal of Bioprinting

International Journal of Bioprinting 
http://doi.org/10.18063/ijb.XXXXXXXXXXXXX 
 

   
 

the hydrophilicity assay showed statistically significant differences (* p < 0.05) between controls and 

NaOH-treated groups at each measuring point (day 0, day 1, day 2, and day 9), with a constant shift of 

~9° to 15° observed between conditions. Similarly, statistically significant differences in contact angle 

within time were separately found in both conditions. Additionally, the contact angle in the controls was 

statistically significant (¶p < 0.05) between day 0 and day 1, and between day 0 and day 2. However, the 

NaOH-treated group showed differences between day 0 and day 2, and between day 0 and day 9 (Figure 

8). 

 
 

Figure 7. Specimens surface analysis by scanning electron microscopy. (A) Control specimens’ images 

(prior to treatment) and (B) specimens images after NaOH treatment. Scale bar: 100 µm. 
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Figure 7. Specimens surface analysis by scanning electron microscopy. (A) Control specimens’ images (prior to treatment) and (B) specimens images after 
NaOH treatment. Scale bar: 100 µm.

2.8. Compression tests
A total of five specimens per condition (control and treated 
with NaOH) for each experimental group were tested on 
a universal testing machine (Z005, Zwick) equipped with 
a 2.5 kN load cell and compression plates. The load and 
displacement values of the tested specimens were recorded, 
and the compression stress and strain were calculated 
according to the obtained load and displacement after the 
experiments. The loading rate was at 5 mm/min (Figure 9). 
E modulus was calculated at the linear elastic deformation 
region using a linear regression included in TestXpert 
II (Zwick).

2.9. Cell cultures
SaOs-2 cell line (Sigma-Aldrich) was cultured in McCoy’s 
5A medium (Fisher Scientific), supplemented with 10% 
fetal bovine serum (FBS, Sigma) and 1% penicillin–
streptomycin (Fisher Scientific). A total of 300,000 cells 
were seeded per scaffold. Cells were incubated for 1, 3, 
and 7 days at 37°C, under a condition of 5% CO2 and 
95% humidified air. Metabolic activity was assessed by 
performing a resazurin reduction assay. Briefly, seeded 

cells were incubated with cell culture medium (600 µL) 
containing resazurin (10 µg/mL) sodium salt (Sigma) 
for 2 h at 37°C, under a condition of 5% CO2 and 95% 
humidified air. Then, 100 µL of cell culture medium 
were transferred to a 96-well plate, and absorbance was 
measured at 570 nm and 600 nm using a microplate 
reader (Synergy HT Multi-detection Microplate Reader, 
Bio-Tek). Cell metabolic activity was expressed in terms 
of percentage reduction of resazurin and normalized to 
control values obtained from tissue culture plastic (TCP) 
of the same day.

Immunological assays to observe cell adhesion to the 
scaffolds were performed and observed using a confocal 
microscope (CLSM, TCS SP8, Leica Microsystems). 
Briefly, after 7 days of seeding, scaffolds were washed 
with phosphate-buffered saline (PBS) to remove 
dead cells. Then, the scaffolds were fixed using 4% 
paraformaldehyde (PFA) for 30 min and washed with 
PBS three times. Acti-Stain 488 phalloidin antibody 
(Cytoskeleton, Inc.) was used for cytoskeleton staining 
by diluting it in PBS (7 µL per mL), and scaffolds were 
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incubated for 45 min with the solution (500 µL). Then, 
scaffolds were washed three times with PBS. Cell nuclei 
were stained using DAPI ready-made solution (Sigma-
Aldrich) diluted at 1:1000 in PBS and incubated for 30 
s. Finally, the scaffolds were washed with PBS and were 
observed in the confocal microscope using the Alexa 
488 and DAPI filters and z-stacking. All assays were 
performed in triplicate (Figure 10).

2.10 Statistical analysis
All results are expressed as means ± standard deviation 
(SD). All data were analyzed using different tests of 
equality of means, with a confidence level of 95% (p < 
0.05). First, Kolmogorov–Smirnov test was deployed to 
assess data normality. The results of normality tests dictate 
the different methods used for testing: in cases where the 
data were normally distributed, an analysis of variance 

(ANOVA) test was used to compare means of samples, or 
else, Kruskal–Wallis tests were used.

3. Results
3.1. Observations of the scaffolds
The five experimental groups—Gy, Gof, Oc, Or, and Os—
are presented in Figure 3, captured in perspective (top) 
and top views (bottom), respectively. The unique features 
of each scaffold were clearly displayed, and the different 
knitting patterns could be observed. Figure 3A shows the 
gyroid geometry (Gy), and Figure 3B shows the waffle-like 
geometry of (Gof). Figure 3C and E show the predominant 
parallel pattern created using the oozing technique, in a 
dense grid (Oc) and in a lesser dense grid (Os), respectively. 
Figure 3D shows the aleatory pattern of Or, where fibers do 
not follow any predominant direction. A very important 
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Figure 8. Water drop contact angle assays. (A) Scheme of water drop contact angle determination at different tested times. (B) Contact angle measurements 
at day 0, day 1, day 2, and day 9 in control groups and NaOH-treated groups. (n = 6, * and ¶p < 0.05 by Kruskal–Wallis test)
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fact that we observed in the oozing groups is that fibers 
never touch each other in the interior knitting. 

3.2. Volume and mass measurements
The outer volumes determination showed similar values 
between Gy and Oc, and both have statistical differences 
(p < 0.05) with Or, Os, and Gof (Figure 4F). In the case 
of Gy, this difference may be attributed to the design 
of the geometry of Gy itself, as this specimen does not 
possess a supporting frame like the others. This lack of 
structural support for the (Gy) specimen may have led 
to a certain shrinkage of the structure after printing 
(Figure S1 in Supplementary File). Masses were found 
to differ between specimens, with Gof being the heaviest 
of them all, followed by Oc, then Gy and Os with similar 
weights, and Or was the lightest (Figure 3F). Our results 
demonstrated that the density of the inner knitting 
pattern varies considerably from one specimen to 
another and therefore the amount of extruded material 
in each specimen.

3.3. X-Ray microtomography porosity
The X-ray scanning and reconstruction analysis of all 
the specimens’ geometry allowed the appreciation of the 
actual inner geometry of the scaffolds and performing 

their physical characterization (Figure 4A–E). The 
mass and total porosity analysis of the specimens 
demonstrated a direct correlation with the amount of 
extruded material, with the oozing specimens—Oc, Or, 
and Os—being the most porous and, hence, the lightest 
ones, in contrast with control groups (Gy and Gof). The 
thickness distribution determination showed a very 
similar profile in all oozing groups (Oc, Or, and Os) 
and in control groups (Gof and Gy), with the majority 
ranging from ~30 µm to ~630 µm (Figure 5). However, 
the thickness distribution was much more concentrated 
in the range of ~310 µm to ~390 µm in Gy specimen. In 
terms of the separation distribution, our results showed 
many similarities between groups, but with different 
pattern distributions: a marked skew right pattern for 
Gy specimen, a tendency to a uniform distribution 
in Gof, Oc, and Or displaying a symmetric unimodal 
pattern, and a multimodal distribution in Os group. 
In addition, Gof, Or, and Os showed a more scattered 
separation pattern. The biggest separation distribution 
and the most concentrated were found in Gy group, as 
the values range from 1630 µm to 1830 µm. In contrast, 
the smallest separations were found in Oc group, as it 
possessed the densest knitting pattern.

Figure 9. Stress–strain curve for compression tests. (A) Representative curves for compression assay in control samples (prior to treatment). (B) 
Representative curves for compression assays in samples after NaOH treatment. (C) Results for E modulus, maximum stress, and maximum elongation at 
maximum stress per each specimen group (n = 5 per experimental group and per condition, p < 0.05).
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C

Specimen
E modulus (MPa) Max Stress (N/mm2) Max dL at Fmax (mm)

Ctrl SD NaOH SD Ctrl SD NaOH SD Ctrl SD NaOH SD
Or 1.97 0.30 1.81 0.40 27.93 0.38 27.61 0.13 8.35 0.14 8.62 0.13
Oc 2.86 0.68 3.04 0.21 4.49 0.39 3.99 0.48 1.26 0.17 1.11 0.17
Os 3.85 1.57 3.23 1.02 2.36 0.30 1.93 0.29 0.97 0.17 0.84 0.14
Gy 17.64 1.51 5.78 1.51 27.90 11.37 32.84 0.31 7.00 3.43 8.48 0.21
Gof 57.56 95.19 25.31 27.08 21.15 12.10 25.73 10.53 4.92 3.85 6.59 3.26
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3.4. Fiber thickness
The results of fiber thickness measurements at five different 
selected points in each fiber (Figure 6A–C) demonstrated 
statistically significant differences (p < 0.05) between the 
oozing groups (Or, Oc, and Os) and the control groups (Gy 
and Gof), with the fibers in the oozing group relevantly 
thinner than in the controls (Figure 6D). 

All oozing specimens showed greater thickness at the 
end of the fibers and a progressive narrowing as it reached 
the center of the fiber. This characteristic was common 
to all samples. Specimen Gof showed more constant 
values, and specimen Gy displayed almost equal values 
in every measured point. Although the mean values of 
fiber thickness were found to be similar at the beginning 

(start) and at the end (end) of the fibers, measurements 
in the center of the fiber (center) varied depending on the 
specimen, and were narrower in the oozing groups (Os, 
Oc, and Or), ranging from ~70 µm to ~240 µm, than in 
the (Gof) or (Gy) groups, which displayed less difference 
in thickness. These results may be related to the fact that 
the control groups were not properly fabricated with 
oozing techniques but with regular FDM nozzle deposition 
(Figure 6E).

3.5. NaOH treatment
With scanning electron microscopy (SEM) analysis, we 
studied several images of regions of interest (ROI) on the 
surface of the scaffolds to compare the surface aspect prior 
to and after NaOH treatment (Figure 7A–B). Our results 
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Figure 10. Cell culture assays in the scaffolds. (A) Representative immunofluorescence images of 

confocal microscopy of cell culture onto the different scaffolds (Gy, Gof, Oc, Or, and Os) and in control 

(TCP) at day 7 after seeding. Nuclei were stained with DAPI and cytoskeleton with phalloidin. Scale bar: 

150 µm. (B) Metabolic activity at days 1, 3, and 7 (n = 3, p < 0.05 Mann–Whitney test). 
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Figure 9
Cell culture assays. (A) Representative immunofluorescence
images of confocal microscopy of cell culture onto the different
scaffolds (Gy, Gof, Oc, Or, and Os) and in control (TCP) at day 7 
after seeding. Nucleus stained with DAPI and cytoskeleton with
Phalloidin. Scale bar indicates 150 um. (B) Metabolic activity at 
days 1, 3, and 7 (n=3, p<0.05 Mann Whitney).
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Figure 10. Cell culture assays in the scaffolds. (A) Representative immunofluorescence images of confocal microscopy of cell culture onto the different 
scaffolds (Gy, Gof, Oc, Or, and Os) and in control (TCP) at day 7 after seeding. Nuclei were stained with DAPI and cytoskeleton with phalloidin. Scale bar: 
150 µm. (B) Metabolic activity at days 1, 3, and 7 (n = 3, p < 0.05 Mann–Whitney test).
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demonstrated that NaOH solution erodes the surface of 
the fibers. In addition, the hydrophilicity assay showed 
statistically significant differences (* p < 0.05) between 
controls and NaOH-treated groups at each measuring point 
(day 0, day 1, day 2, and day 9), with a constant shift of ~9° 
to 15° observed between conditions. Similarly, statistically 
significant differences in contact angle within time were 
separately found in both conditions. Additionally, the 
contact angle in the controls was statistically significant 
(¶p < 0.05) between day 0 and day 1, and between day 0 
and day 2. However, the NaOH-treated group showed 
differences between day 0 and day 2, and between day 0 
and day 9 (Figure 8).

3.6 Compression study
Our results from the determination of elastic modulus (E), 
maximum stress (Max stress), and maximum elongation at 
maximum force (Max dL at Fmax) for all scaffolds in both 
experimental conditions (NaOH treatment and control) 
demonstrated no statistically significant differences (p 
< 0.05) between conditions for any studied parameter, 
indicating that treatment does not affect mechanical 
properties (Figure 9). Interestingly, Gy and Gof specimens’ 
data showed a higher E modulus in both conditions (NaOH 
treatment and control) compared to the oozing groups, 
with Gof ’s being three or four times higher than that of 
Gy. Maximum stress values showed similar behavior in 
both experimental conditions for all specimens, except for 
Oc and Os, which were found to be considerably lower. 
Maximum elongation at maximum force showed similar 
results in both conditions for all specimens with a lower 
value in Oc and Os specimens (Figure 9C).

3.7. Cell culture studies
To assess how the morphology or accuracy of the 
3D-printed structure could affect the cell response, SaOs-
2 cells were seeded and cultured within the scaffolds. 
Metabolic activity was determined using a resazurin salt 
reduction assay, and cytoskeleton staining was observed 
with a confocal microscope (Figure 10A). Tissue culture 
plastic (TCP) was used as a control for cell behavior while 
Gof, commonly used in tissue-engineering applications, 
was used as a control of the infill structure. As shown in 
Figure 10B, there was no difference in the initial adhesion 
(day 1) of cells to the different scaffolds, except for Or, 
which displayed a significantly lower cell adhesion (p 
< 0.05). However, this lower metabolic activity was not 
statistically significant at days 3 and 7. Moreover, the 
metabolic activity was gradually increased during the 
culture time, being comparable to that of Gof and normal 
TCP, and was significantly higher for Os and Oc at day 
7 (p < 0.05). These results correlated with higher density 

of fibers per volume in the Os and Oc scaffolds. The 
immunofluorescence results (Figure 10B) were consistent 
with the metabolic activity, showing that scaffold walls of 
Gy and Gof were mostly covered by spread cells at day 7. 
Similarly, fibers of Os, Or, and Oc were also completely 
covered by spread cells.

4. Discussion
Oozing or stringing effect has been generally described 
as a non-desirable drawback in FDM.38,62 Despite these 
considerations, some recent studies have developed 
interesting approaches utilizing this effect to design 
environments with fibers in the range of microns (from a 
few tens up to hundreds). Various geometries have been 
studied by means of this technique, such as planar parallel 
arrangements,44,63 3D parallel distributions,51,59,64 and also 
hybrid constructions, combining FDM with another 
technique, such as airbrushing54 or electrospinning,65 in 
order to create a stack of alternate layers. Nevertheless, these 
approaches still fail to produce an improved biomimetic 
3D environment with randomly distributed fibers, as they 
all remain gridded.66-68

Our study focused on developing a set of novel FDM-
printed constructs with random and gridded distributions 
of microfibers that may better mimic those of the native 
ECM niche. In addition, we analyzed the potential of 
these constructs, which support cell culture growth, as 
bone tissue-engineering strategies. This may represent an 
important progress, as we introduced for the first time the 
potential of using the oozing or stringing phenomenon to 
enhance the 3D-printed scaffolds characteristics for better 
promoting cell attachment and growth, as the created fiber 
dimensions better matched the ECM natural niche.69,70

We demonstrated that design is a fundamental tool 
to overcome FDM printing limitations when using 
conventional printing machines. Our results showed that it 
is possible to surpass the constraints of an accessible FDM 
ordinary printer by using AAD to improve the architecture 
of the scaffolds, corroborating similar algorithm-based 
methodology previously described in the literature.65 
Moreover, our scaffolds’ design algorithms were especially 
designed to create random distributions of the fibers, 
providing an innovative framework that enhances the 
FDM printing application to an improved biomimetic-like 
approach in the tissue-engineering field.70-72 

Our results demonstrated the oozing effect is a 
repeatable technique that can be controlled considering 
a certain degree of tolerance within fiber geometry. An 
accurate setting of the printing parameters, such as feeding 
speed and printing speed, among others, and other intrinsic 
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variables like temperature and relative humidity of the 
ambience have been reported to reduce fiber geometrical 
variability.44 Despite these considerations, a certain degree 
of heterogeneity can be expected when working with the 
oozing technique.51

Our results showed that the scaffolds of the oozing 
groups exhibited an enhanced cell attachment and 
proliferation within 7 days of culture in comparison 
with controls. These results are possibly attributed to 
the microscale of the fibers together with an increased 
porosity of the whole construct, as suggested elsewhere.42,73 
These data increase the knowledge about the utility of 
FDM oozing-created constructs as scaffolds for growing 
cells, in concordance with other previous publications. 
Nevertheless, further culture assays should be performed to 
confirm and improve the understanding of their biological 
potential as a tissue-engineering strategy.57

Regarding fiber geometry, we found that oozing groups 
possessed dispersed fiber thickness depending on the 
point they were measured, with the lowest measurement 
found in the middle of the fiber in every case, in agreement 
with other studies.73 In contrast, controls (Gy and Gof) 
presented notably more homogeneous fiber thickness, 
due to the fact that their infill cannot be considered a 
proper fiber but a regular FDM deposition.5,54 Oozing 
groups exhibited statistically significant thinner fibers than 
controls, corroborating that the oozing effect can achieve 
considerably narrower fibers than standard FDM printing 
as it has been proven in the literature.44,51 Acquiring a better 
control over the range of thicknesses for every printed fiber 
with the oozing technique would represent a major advance 
for creating tissues with different fiber arrangements. 
Printing speed together with flow rate and feed rate are 
fundamental variables to be mastered in future works as 
pointed elsewhere.41,45,73

As observed, a scaffold’s porosity grade was directly 
related to mechanical behavior as an increase in the inner 
voids led to a lower compressive strength. These results 
are in agreement with other reported publications, which 
described the scaffold porosity being inversely proportional 
to mechanical strength, resulting in a less dense construct 
that can only withstand lower stress.56,74 Interestingly, it 
has been described that mechanical strength is geometry-
dependent. Fernandez-Vicente et al.35 described a 
series of constructs with different infill patterns and the 
same mass that showed different mechanical behavior 
as certain specimens supported greater mechanical 
loading depending on their pattern design. Despite these 
observations, the influence of the geometry pattern caused 
a variation of less than 5%.

Polylactic acid is a well-known biocompatible polymer 
extensively used in biomedical applications. However, it 
has certain limitations concerning its use such as a slow 
degradation rate and strong hydrophobicity that can 
interfere with cell adhesion.56,60 Alternatively, our results 
demonstrated that the NaOH treatment can increase the 
hydrophilicity characteristics of the PLA scaffold and 
maintain them nearly 9 days, enhancing the potential of PLA 
in bioengineering tissue applications. Furthermore, our 
data demonstrated that control specimens showed a similar 
behavior to NaOH-treated specimens, suggesting that FDM 
printing itself (melting and extruding process) modifies 
PLA’s hydrophilic superficial properties. This temporally 
increased hydrophilicity proposes a certain reversibility 
of the process when PLA is 3D-printed, corroborating 
other published studies.75 Interestingly, NaOH treatment 
of the constructs did not affect their mechanical behavior, 
probably due to the treatment only affecting the surface of 
the scaffolds, as previously described.57

With good cell adhesion and proliferation activity on 
the scaffolds in all tested specimens, our data support the 
application of this new set of scaffolds in tissue engineering. 
In addition, in the cases of Oc and Os specimens, the cell 
activity observed was higher than in the other specimens. 
These results may be justified by the smaller fiber 
separation in these two specimens in comparison with 
Or and controls (Gof and Gy) that could allow increased 
cell density in the scaffold pores. This cell density could 
promote greater cellular proliferation and occupancy in 
these constructs, as it has been noted in other reports.67,76 
Nevertheless, these results may be confirmed with ulterior 
studies in the field.

5. Conclusion
The oozing technique together with our AAD-controlled 
random distribution provides an interesting platform 
to create 3D-printed scaffolds with fibers in the range 
of microns that may better mimic the ECM niche than 
those fabricated by conventional FDM without advanced 
programming. The benefits of this technical approach 
are reliant on its capacity to overcome the limitation 
of the extruded filament’s diameter, and the typical 
parallel-like distribution of the scaffolds. Nonetheless, 
we are cognizant of the necessity to better control the 
oozing process to improve the mastering of the thickness 
and geometry of fibers. Our strategy to combine AAD 
with an accessible 3D printer together with cell culture 
assays represents a powerful approach to creating novel 
biomimetic constructs with great potential suitable for 
tissue engineering.
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Abstract
Mallet finger injuries due to forced flexion of the distal interphalangeal joint represent 
a common reason for hospitalization. These injuries are primarily managed using 
generic Stack splints. The gold standard of care is custom splinting by a specialized 
hand therapist. However, this is not widely available due to staffing constraints. The 
aims of this study are to: (i) evaluate whether treating mallet finger injuries with a 
custom three-dimensional (3D)-printed splint is clinically beneficial, and (ii) assess 
patient and healthcare professional (HCP) acceptance and experience of bespoke 
3D-printed mallet splints over generic splints. Ten adult patients with closed mallet 
finger injury were recruited in this study, which was conducted across three Injury 
Units in the University of Limerick Hospital Group (ULHG). Each patient’s injured finger 
was measured using calipers and subsequently fitted with a bespoke 3D-printed splint. 
Clinical benefit and acceptance of bespoke 3D-printed splints for the treatment of 
mallet finger injury was assessed. The results indicate that it is clinically advantageous 
to use a custom 3D-printed splint over a premolded generic splint. Out of the ten 
patients recruited, eight had successful outcomes based on the occupational therapist 
(OT) measurements using the Crawford classification scale. The results showed that 
40% of patients scored excellent, 30% good, 30% fair, and 0% poor. In addition, in 
terms of patient and HCP acceptance of the splint, nine of the ten patients stated 
that they would use the 3D-printed custom splint again, if needed, in the future. In 
conclusion, a high level of patient and HCP acceptance signifies the clinical advantage 
of using 3D-printed splints. This pilot study shows that advances in 3D printing could 
make custom splinting a viable option for use in personalized healthcare. 

https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/
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1. Introduction
An epidemiologic study of soft tissue musculoskeletal 
injuries found that mallet fingers were the fifth most 
common bodily injury.1 Thus, mallet finger injuries are 
common in Emergency Departments (ED) and Injury Units 
(IUs) of hospitals.2 Mallet finger injuries result from forced 
flexion or hyperextension of the distal interphalangeal joint 
(DIPj). The overextension of the DIPj tears the extensor 
tendon where it inserts into the distal phalanx. This injury 
may occur with or without an associated fracture, resulting 
in the loss of extensor mechanism. If not managed 
appropriately, a permanent extension lag and a possible 
swan neck deformity may occur.3 These injuries commonly 
occur across all demographic groups as a result of work 
or sports activities.4 Another less common presentation is 
spontaneous mallet injury, whereby no external trauma has 
occurred to cause the injury. This form of injury, though 
less common, is associated with other underlying illnesses, 
such as rheumatoid arthritis or osteoarthritis.5 

Mallet finger injuries should be treated with 
immobilization or “static” splinting in extension or 
slight hyperextension for up to 8 weeks, which includes 
2 weeks of night splinting at the end of treatment. This 
mode of treatment, when supported by effective discharge 
advice and strong patient compliance, allows healing by 
maintaining an upward force on the injured finger until the 
tendon injury or fracture heals.6 The splint must be worn 
continuously, and the proximal interphalangeal joint (PIPj) 
must have enough clearance to bend to ensure the patient 
does not lose range of movement. If the splint is removed 
and the injured finger is allowed to bend, the extensor 
tendon may re-rupture, requiring the splinting process to 
be repeated. This can delay healing by several weeks and 
can lead to a swan neck deformity.7 An unhealed mallet 
finger injury may not function properly, resulting in pain 
and, in time, arthritis.8

There are several splinting options that follow 
similar modes of treatment. Some splints are provided 
by companies directly to hospitals, an example being 
prefabricated generic Stack splints. Other splints are 
custom-made for patients, with the most notable example 
being the thermoplastic splint, which is molded, typically 
by a skilled hand therapist, to fit the patient’s finger. Of 
these splinting methods, custom splinting is the preferred 
treatment option.9,10 However, prefabricated generic Stack 
splints remain the most common treatment provided 
by healthcare facilities.11 A study that investigated the 
conservative management of mallet splinting in Irish 

hospitals found that ED teams are restricted in their choice 
of splint due to stock availability.12 Being readily available 
in the ED, generic Stack splints appear to be the most used 
in that department. 

Generic Stack splints are not without limitations. Due 
to variability in finger size and shape between patients, and 
swelling of the injured finger, a correct or optimal fit may 
not be achieved. This can then affect patient compliance.13 
Stack splints typically come in eight sizes, but perfect fit 
may not be realized for every patient.  In addition, generic 
Stack splints do not consider the finger length of the 
individual patient, so the PIPj may not be free to move if 
the splint is too long. There is no proven benefit to recovery 
when both the PIPj and DIPj are immobilized. Therefore, 
patients need to be able to continue to move their PIPj 
while the DIPj is immobilized.14 The generic Stack splint 
also needs to be secured in place. This typically involves 
taping around the injured finger. However, this can be 
challenging for patients who are trying to manage the injury 
by themselves. In addition, generic Stack splints have been 
found to increase the risk of skin complications compared 
to custom-made orthoses. Skin complications such as 
mechanical dermatitis from tape placement and adhesive 
sensitivity have been documented for many years.15

The numerous challenges faced by hospital staffing 
systems make provision of personalized healthcare difficult. 
Custom-made splints require a specialized hand therapist 
to provide individualized care. Hand therapists apply the 
required splint to the patients, based on their anatomy. 
They also factor in their daily activities to help optimize 
recovery. These custom splints take approximately 30 min 
to create. Unfortunately, the low availability of specialist 
hand therapists in Irish hospitals indicates that custom 
splinting for mallet injuries is generally not available.12 

Three-dimensional (3D) printing offers tremendous 
opportunities in the development of patient-centered 
bespoke care. The use of 3D printing to create bespoke 
devices to directly treat patients has been increasing in 
recent years.16 Advances in materials, printing technology, 
and experience have led to increased clinical use, moving 
away from the one-size-fits-all model. 3D printing is 
now beginning to harness medical imaging data to 
optimize patient-specific devices such as splints and casts. 
Initially, 3D printing was used primarily for anatomical 
modeling, to aid in education and planning.17 However, its 
application has been expanded to the creation of patient-
specific devices in the realm of point of care (POC). 3D 
printing can enable the production of anatomically 

Keywords: Mallet finger; Mallet Injury; 3D printing; Additive Manufacturing
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matched and patient-specific devices with high tunability, 
and can provide an innovative approach to individualized 
healthcare, thus expanding the manufacturing of custom 
devices within the healthcare settings.18

Previous studies have assessed the feasibility of treating 
mallet fingers with 3D printing technology. Among these 
studies, five tested 3D-printed devices on non-injured 
volunteers.19-23 Wong et al.  assessed the feasibility of 3D 
printing a customized mallet splint on site for 13 non-
injured Mars Desert Research Station mission crew 
members.18 Choi et al. compared custom casts comprising 
plaster of Paris, evaluated their use against a 3D-printed 
splint, and conducted a wearability assessment in an 
unreported number of non-injured participants.19 
Zolfagharian et al. designed and 3D-printed a custom 
mallet splint for one healthy volunteer.20 Papavasiliou et 
al. compared custom 3D-printed splints to conventional 
custom-made thermoplastic splints and assessed patient 
comfort and satisfaction for hand injuries.21 Gupta et al. 
assessed a 3D-printed mallet splint on 20 non-injured 
volunteers.24 Nam et al. aimed to treat an injured patient 
with a mallet injury using a 3D-printed device.23 These six 
studies did not assess bespoke 3D-printed mallet splints in 
the treatment of mallet injury for multiple patients. Also, 
none assessed patient and healthcare professional (HCP) 
acceptance of the 3D-printed mallet splint. 

The primary aim of this study is to evaluate the clinical 
benefit of applying a custom 3D-printed mallet splint to 
multiple patients requiring splinting for mallet injury. The 
secondary aim is to explore patient and HCP acceptance 
of 3D-printed mallet splints, in relation to fit, comfort, 
and appropriateness. The customization of the 3D-printed 
splint, where the anthropometrics of each patient guided 
the design, was key to providing comfort while providing 
clinical benefit. This is the first prospective, multi-site 
study offering custom 3D-printed devices to a cohort of 
patients (n = 10) for treating mallet finger injury. 

2. Materials and methods
This study was approved by the Research Ethics Committee 
of ULHG (reference 087/2022). Written informed consent 
was obtained from all participants before beginning the study. 

2.1. Materials
The bespoke splints were printed on a Figure 4 (3D printer 
make) standalone 3D Printer (3D Systems, South Carolina, 
United States of America) using the PRO-BLK material 
from the same manufacturer.

2.2. Study design
This was a multi-site study conducted in three hospitals 
across ULHG. This hospital group saw approximately 

71,315 attendances at their ED and IUs in 2019.25 To that 
end, the inclusion of three units provided a representative 
group for study recruitment. The time frame for 
recruitment for the study was 6 months, commencing in 
January 2023 and ending in June 2023. 

The inclusion criteria were adult patients presenting 
to the ED or IU with a Type 1 or Type 2 closed mallet 
finger injury based on the Doyle Classification System.26 
The exclusion criteria were injuries with obvious 
abnormal anatomy or skin complications. There was no 
randomization of participants. All patients that met the 
inclusion criteria were invited to participate in the study by 
their treating HCP. 

2.3. Design and production of 3D-printed splints
Measurements at eight discrete points of the injured finger 
were recorded (Figure 1) using a vernier calipers (Mitutoyo 
brand) with a resolution of 0.01 mm. 

Calipers were the chosen measuring device because 
they were available to the research team at the beginning of 
the study. They were also more practical because they did 
not require specialist equipment (3D scanner, dedicated 
computer) or specialist training on a new technology. 

A 3D CAD model of the custom splint was designed 
in SolidWorks® (Dassault Systems, France) using the 
dimensions recorded from the patient. A design table was 
used to automatically modify a standard base model using 
the unique dimensions of the patient, creating a bespoke 
splint for every patient with no additional design effort or 
engineering required (Figure 2).

2.4. Study process

2.4.1. Initial presentation 
At their initial presentation (t = 0 days), patients who met 
the inclusion criteria and consented to participate in the 
study were allocated four follow-up appointments (t = 7,  
t = 9, t = 21, and t = 56 days; Table 1).

The patients were fitted with a generic Stack splint 
at their initial presentation and were instructed to wear 
this temporarily until the 3D-printed splint was ready 
approximately 7 days later. This was to ensure immediate 
commencement of a treatment and to allow for any 
swelling to reduce before being measured and fitted for 
the 3D-printed splint. The Stack splint was, therefore, 
worn during the period when the patient’s finger was most 
swollen. The logistics of the study did not allow deviation 
from this. 

Each patient was given discharge advice consistent with 
the normal standard of care in each unit. The discharge 
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advice was the same for the Stack splint and the 3D-printed 
splint. 

2.4.2. Measuring (t = 7 days)
Each measuring appointment was conducted with a single 
member of the research team (A.O.’S) to control for inter-
individual differences in measurement skills or approaches. 

An HCP (nurse, advanced nurse practitioner, or doctor) 
was also present to ensure the finger was kept straight to 
avoid re-injury. 

2.4.3. Fitting (t = 9 days)
A 3D-printed splint was manufactured using the 
measurements of the patient’s finger. The splint was 
delivered and fitted to the patient in the hospital. An HCP 
oversaw the fitting to evaluate the injured finger for skin 
integrity or other complications that could preclude the 
patient from further participation in the study. 

2.4.4. Mid-trial review (t = 21 days)
A consultant in emergency medicine reviewed each patient 
after wearing the 3D-printed splint for 21 days to evaluate 
skin integrity and general progress. If any concerns were 
noted regarding compliance or comfort, the patient was 
changed to an alternative treatment method and removed 
from the study.

2.4.5. Final review (t = 56 days)
A final review appointment including an interview was 
conducted at 56 days by an OT with expertise in the 

Figure 1. Points of measurement for injured finger. Original picture based on Wong.18

Figure 2. Image of custom 3D-printed splint.

Table 1. Patient appointments and study stages

Initial presentation
(day 0)

Measuring
(day 7)

Fitting
(day 9)

Midtrial review
(day 21)

Final review
(day 56)

Patient presented to 
hospital. Standard treatment 
commenced

Finger measured 3D-printed splint fitted Review by consultant in 
emergency medicine (skin, 
pain, progress)

Final interviews with 
researcher and OT
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provision of hand therapy assessments and intervention 
(M.S.). The lead researcher (U.C.) was also present. 

2.5. Patient interview
Initially, the patient was interviewed regarding their 
perception and acceptance of the 3D-printed splint 
using a modified form of the Quebec User Evaluation of 
Satisfaction with assistive Technology QUEST (Version 
2.0).27 The questionnaires were validated by an external 
group of experts before commencing the study (a 
consultant in emergency medicine, an advanced nurse 
practitioner, a research nurse, and an OT). 

The patient’s satisfaction with the Stack splint and the 
3D-printed splint was assessed using a Likert scale and 
free-text answers. It was explained to each patient that the 
initial splint was applied when the finger was likely to be 
most swollen. Patients were encouraged to be cognizant 
of this when answering the questionnaire to avoid bias 
against their initial splint. 

The second part of the interview was conducted by the 
OT with a focus on clinical outcomes and acceptance. 

2.6. Measurements
The OT removed the splint and assessed the range of 
movement of the DIPj using a Rolyon® finger goniometer 
(Smith and Nephew, London, UK). The patient’s 
measurement was compared to the Crawford classification 
scale. This is the most commonly used outcome 
classification tool for mallet finger treatment.28 

•	 Excellent:  No pain with full range of motion  
at the DIPj

•	 Good: Less than 10-degree extension deficit 

•	 Fair: 10–25 degrees of extension deficit with  
no pain 

•	 Poor: More than 25 degrees of extension deficit or 
persistent pain 

If there was an extension deficit of more than 10 degrees 
or poor active extension, the splint was continued for a 
further 2 weeks, followed by night splinting for a further 2 
weeks, as directed by the OT. 

2.7. Acceptance
Patient feedback was collected in the free-form section 
of each questionnaire to capture each patient’s detailed 
experience of both splints. Both the patient and the OT 
were asked if they would use the 3D-printed splint again. 

2.8. Data analysis
Data from the questionnaires were tabulated and analyzed 
using Microsoft Office Excel, and descriptive statistics were 
used to describe the data.

3. Results
3.1. Participation and study completion rate
Over a 6-month period, 16 patients were recruited, with 
10 completing the study. There were eight males and two 
females, and their average age was 58. All patients sustained 
their injury through trauma. Two patients withdrew from the 
study due to an inability to attend all scheduled appointments 
as required. One patient failed to attend any follow-up 
appointments after the bespoke splint was fitted, despite 
attempts to contact the patient and rearrange appointments. 

The intention was that all patients would wear a generic 
Stack splint before being fitted with the 3D-printed splint. 
However, one patient could not tolerate the generic Stack 
splint because a close fit could not be obtained. In that case, 
a dorsal aluminum splint was applied. This patient’s data 
are not included in the results.

On mid-trial review with the consultant in emergency 
medicine, two patients were found to have osteoarthritic 
changes to their finger joints. After review by the OT and 
consultant in emergency medicine, it was decided that 
these were more complicated injuries. Consequently, these 
patients were removed from the study and prescribed 
custom thermoplastic splinting and regular reviews by the 
OT. The ten patients who completed the study wearing the 
3D-printed splint attended the final interview with the lead 
researcher and OT. 

3.2. Clinical outcome 
Out of the ten patients recruited, eight had successful 
outcomes based on the OT measurements while using the 
Crawford classification scale. The results showed that 40% of 
the patients scored excellent, 30% good, 30% fair, and 0% poor.

Of the two patients with unsuccessful outcomes, one 
abandoned the use of the splint within the first 6 weeks and 
returned to participation in sporting activities; the other 
repeatedly bent the injured finger during hand washing 
due to a misunderstanding of discharge advice. 

3.3. Clinician acceptance
The OT was asked the following question: “Based on 
your experience with this patient, would you consider a 
3D-printed splint such as this to be potentially suitable for 
other patients with closed hand injuries?”

In all ten cases, the OT indicated they would be happy 
to use a 3D-printed splint in future in place of Stack splints. 
However, they noted the need to improve aeration and 
durability to ensure the effectiveness of the splint.

3.4. Patient acceptance
Analysis of the questionnaires revealed a clear patient 
acceptance of the 3D-printed splint (Table 2). All but one 
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patient said they would choose the 3D-printed splint again 
if they had reason to use it (90%). 

(i)	 In relation to dimensions, 50% of patients rated 
the 3D-printed splint as being very satisfactory 
compared to 10% for the Stack splint. 

(ii)	 In relation to the weight of the splint, 50% of patients 
rated the 3D-printed splint as very satisfactory 
compared to 10% for the Stack splint. 

(iii)	 In relation to ease in adjusting, 50% of patients rated 
the 3D-printed splint as being very satisfactory 
compared to 20% for the Stack splint. 

(iv)	 In relation to how safe and secure the splint felt, 
60% of patients rated the 3D-printed splint as very 
satisfactory compared to 10% for the Stack splint. 

(v)	 In relation to durability, 30% of patients rated the 
3D-printed splint as very satisfactory in comparison 
to 50% for the Stack splint. 

(vi)	 In relation to ease of use, 50% of patients rated the 
3D-printed splint as very satisfactory compared to 
10% for the Stack splint. 

(vii)	 In relation to comfort, 60% of patients rated the 
3D-printed splint as very satisfactory compared to 
30% for the Stack splint. 

(viii)	 In relation to effectiveness, 70% of patients rated the 
3D-printed splint as very satisfactory compared to 
10% for the Stack splint.

(ix)	 In relation to ease of removing for hand washing, 
70% of patients rated the 3D-printed splint as very 
satisfactory compared to 20% for the Stack splint. 

(x)	 In relation to ease of reapplying after hand washing, 
70% of patients rated the 3D-printed splint as very 
satisfactory compared to 10% for the Stack splint.

3.5. Patient feedback 
Most patients commented on how much lighter the 
3D-printed splint was. They also commented that the 
3D-printed splint was at times more difficult to remove for 
hand hygiene because it had a tighter fit than the generic 
Stack splint (Figures 3 and 4). This was contrary to the 
original belief that the Stack splint would be tighter because 
it was applied for the first 7 days post injury when the finger 
would most likely be swollen. Patients cited this tightness as 
a positive during the questionnaire. They felt the splint was 
more comfortable because it fit neatly. Patients commented 
that they felt immediate relief when the 3D-printed splint 
was applied after the generic Stack splint.

Patients reported their injured finger swelling and 
decreasing at times throughout the study. Some patients 
developed skin complications when wearing the generic 
Stack splint. The lack of a custom fit caused the splint to 
rub against the skin, leading to blisters and discomfort. 
Figure 5A shows an example of an ill-fitting generic Stack 
splint, and Figure 5B shows skin maceration secondary to 
an ill-fitting generic Stack splint.

Table 2. Percentage satisfaction of Stack vs. 3D-printed splint qualities

% Not satisfied at all % Not very satisfied % More or less satisfied % Quite satisfied % Very satisfied

Stack 3D-printed Stack 3D-printed Stack 3D-printed Stack 3D-printed Stack 3D-printed

Dimensions 0 0 20 0 50 10 20 40 10 50

Weight 0 0 10 0 40 0 40 50 10 50

Ease in 
adjusting

0 0 40 0 20 10 20 40 20 50

Safe and secure 0 10 30 10 40 20 20 10 10 60

Durability 10 0 10 0 10 10 20 60 50 30

Easy to use 10 0 20 0 40 10 20 40 10 50

Comfort 10 0 20 0 20 0 20 40 30 60

Effective 0 0 10 10 60 10 20 10 10 70

Easy to remove 
for hand 
washing

10 0 10 0 30 10 30 20 20 70

Easy to reapply 
after hand 
washing 

10 0 0 0 50 0 30 30 10 70
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Figure 3. Stack splint foundational questions.

Figure 4. 3D-printed splint foundational questions. Abbreviation: 3DP, 3D-printed.

Patients were asked if they were given discharge 
advice (how to care for your injury) after receiving their 
original splint; 90% of them answered yes. Patients 
were then asked if they bent their finger at any point 
throughout their treatment; 40% of patients reported 

that they did not bend their finger at any time throughout 
their treatment. 

Nine of the ten patients reported that the 3D-printed 
splint began to warp and lose its structure from week 4 
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onward. This is an important finding because this decline 
in the mechanical properties of a 3D-printed material has 
been reported previously and needs to be addressed in 
future research.29 This may explain why the Stack splint 
was rated higher than the 3D-printed splint in relation 
to durability (30% of patients rated the 3D splint as very 
satisfactory in comparison to 50% for the Stack splint 
for durability).

Patients also reported that the 3D-printed splint was 
at times warm and commented that better air flow could 
increase comfort. This is again an important finding as 
improving airflow, thus comfort, will be a key focus on the 
next iteration. On analyzing how patients were taping the 
3D-printed splint, those who mentioned the splint was too 
hot at times and required improved air flow had over-taped 
the splint. Figure 5C shows the air vent along the side of the 
3D-printed splint. Figure 5D displays over-taping causing 
a blockage of air flow through the 3D-printed splint, and 
Figure 5E shows light taping to secure the splint and allow 
airflow. Despite over-taping being a possible cause to the 
3D-printed splint feeling hot at times, the material used for 
3D printing of mallet splints needs addressing in relation 
to warping and airflow. 

Patients commented that not having to use tape to secure 
the 3D-printed splint would have been an added bonus as 
trying to secure the splint alone can be cumbersome. One 
patient did not wear tape throughout the study and did not 
experience the splint falling off. However, nine out of ten 
patients wore tape throughout to secure the splint. 

3.6. Patient quotes
Regarding the generic Stack splint, one patient commented 
that it “wasn’t much good” to them. The patient found it 
“clumsy, too big” and that it got “caught in clothes and 
bed clothes” while performing activities of daily living 
(ADLs). The patient also reported that the 3D-printed 
splint, although much improved and being a better fit, 
was “sweaty” and “needed more ventilation.” Patients 
commented that the Stack splint seemed “better ventilated 
as [sic] had holes” and “felt more airy.”

Patients commented that wearing either splint 
throughout the day was difficult in relation to performing 
ADLs. Many found wearing a glove useful to keep the 
splints dry. However, they noted the need for “extra care 
removing the glove as [sic] can pull the splint away.” They 
also noted that it “increases sweating.”

Figure 5. Selected patient photos showing generic versus 3D-printed custom splint. (A) Ill-fitting Stack splint; (B) skin maceration from ill-fitting Stack 
splint; (C) air-vent opening displayed along the side of the 3D-printed splint; (D) over-taping, which causes blocking of the airflow in a 3D-printed splint; 
(E) light taping, which secures the splint and allows airflow in the 3D-printed splint.
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Some patients commented that on hot days, or when 
busy using their hands, their injured finger could swell 
at times. In relation to the generic Stack splint, they said 
“as this didn’t fit well, I had space to swell.” Conversely, 
in relation to the custom-fit 3D-printed splint, they said 
“there was less space to swell so it could feel tight at times.”

Part of the recovery for mallet injury involves flexing 
the PIPj. Allowing and encouraging flexion of the PIPj 
reduces difficulty with range of movement and recovery 
when the splint is removed. It also improves functional 
use of the hand during the DIPj immobilization period. 
Patients commented that they felt a much better range of 
movement with the 3D-printed splint than the Stack splint. 
Patients also commented that they “couldn’t bend the finger 
at all” with the generic Stack splint because “it was too 
long” and covered the joint.

4. Discussion
This research uncovers a clinical benefit, albeit in a small 
cohort. This was a pilot study involving ten patients. Future 
studies assessing statistical aspects should consider the 
power of such study to ascertain the number of patients. 
Patients successfully recovered using the 3D-printed splint 
as evidenced by the Crawford classification scale used by 
the OT. The findings—40% of patients made an excellent 
recovery and 40% made a good recovery—are promising. 
This is the first study to show a clinical benefit by supporting 
multiple patients in their recovery from mallet injury using 
a 3D-printed mallet splint. 

The study also shows an acceptance of a 3D-printed 
mallet splint. Both patients and an OT confirmed they 
would use the splint again if needed, with modifications. 
These findings are encouraging and are helpful to expand 
research in the use of 3D printing for mallet finger injuries 
going forward. However, it is important to note that mallet 
finger injuries tend to swell mostly during the first week 
of injury, thus a generic Stack splint was used during that 
period in the current study. Patients may have reported 
relief on the fitting of the 3D-printed mallet splint due to a 
reduction of swelling and not solely due to the bespoke fit. 

Key areas of focus in this study were measuring finger 
dimensions, patient requirements, design of the 3D-printed 
splint, patient discharge advice and compliance, and 
process. These are discussed in the following section 
along with key findings and recommendations for 
further research.

4.1. Measurements of finger dimensions
Calipers were used to measure each patient’s finger 
anthropometrics because they were available to the research 
team and are an accurate measuring method. Moreover, 

they do not require specialized computer equipment, 
which would have been impractical in this clinical setting 
at least.24 Patients were recruited from three different 
hospital sites, and this would have necessitated three 
scanning devices and associated computing requirements. 
3D scanning could certainly have a role in bespoke splint 
design, and further studies should consider this. 

4.2. Patient requirements 
Mallet injuries require patients to be highly involved 
and dedicated to their recovery. A splint immobilizes the 
area to promote healing; however, patients must follow 
strict discharge guidelines, adhere to hand hygiene, and 
complete the treatment time. In this study, every patient 
had experience of both a generic Stack splint and the 
3D-printed splint within the same treatment period. 
Therefore, the ratings of both splints are not just accurate, 
and they are immediate when the generic Stack is changed 
to the 3D-printed splint. The 3D-printed splint was applied 
approximately 7 days after the initial injury. Because the 
injured finger typically swells during the first 7 days post-
injury, it could be argued that the 3D-printed splint was 
applied at a less swollen and painful time in the patient’s 
recovery. However, the custom fit was a welcome change, 
affording more comfort, and reducing skin maceration and 
blistering experienced with the generic Stack splint. Once 
the 3D-printed splint was fitted, incidence of maceration 
and blistering was reduced. Patient feedback highlighted 
some modifications to improve the 3D-printed splint. 

4.2.1. Design of splint
The design of the 3D-printed splint aimed to support the 
healing of the mallet injury while ensuring comfort of 
using and clinical soundness of the splint. The outcomes 
of the study are positive clinically, but the following areas 
were highlighted for improvement: (i) air flow, (ii) securing 
to the finger, (iii) giving clearance to the PIPj, and (iv) 
material used.

Modern Stack splints are regularly perforated to 
allow air flow and increase comfort. Perforations were 
not included in the 3D-printed splint for this study at the 
request of the clinical expert who, based on their experience, 
felt perforations in the splint encourage swelling through 
the small perforations and can add to skin complications. 
Instead, a gap was left along the length of the splint to allow 
for airflow. Patients who found the 3D-printed splint too 
hot had placed tape around the circumference of the splint 
and over this gap. Patients who placed a thin layer of tape 
at the base of the splint reported no issues with airflow. 
Ventilation is a key element for comfort and to protect the 
skin. The design therefore needs to evolve to best facilitate 
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airflow. In addition, discharge advice on how best to secure 
the 3D-printed splint is essential and needs more focus. 

4.2.2. Securing to the finger
Although one of the goals of the initial design was to 
minimize the use of adhesive tape to secure the splint, 
patients generally preferred the additional security 
provided by tape. Patients had been securing the generic 
Stack splint with tape for several days before wearing the 
3D-printed splint and felt more secure continuing with 
tape. However, the amount of tape required to secure the 
3D-printed splint was notably less than that required for 
the generic splint. It is important to consider designing 
a splint that does not require any extra taping to make it 
easier to remove and reapply. 

4.2.3. Materials
Patients also reported that the 3D-printed splint fit well 
on initial application. However, over the 8 weeks, some 
patients reported that the splint began to change shape, 
losing its form and distorting. This led to increased use 
of tape to ensure the splint stayed in place. The distortion 
can be attributed to the mechanical properties of the 3D 
printing material and is an important finding for future 
design iterations. The material needs to be robust and 
durable enough to last the duration of the treatment. 
Further research is needed to determine what material 
to use.

4.2.4. PIPj
It is necessary to keep the PIPj free to flex during mallet 
finger treatment.12 Only the DIPj needs to be immobilized. 
Therefore, when designing a splint for mallet finger 
treatment, it is essential to allow enough clearance between 
the base of the splint to the PIPj. Focusing on each patient’s 
anthropometrics as the study progressed ensured the PIPj 
had adequate clearance to move freely. 

In addition to some modifications needed for the 
3D-printed splint, the process used for this study worked 
well as a research study but needs careful consideration 
to be made logistically possible in healthcare facilities. 
Currently, generic Stack splints are the most common 
offering for treatment of mallet finger injuries. One unit 
in the ULHG provides custom splinting from the OT team 
on a limited basis. Although the 3D-printed splint was 
found to be more acceptable to patients in this study, there 
are barriers to the roll out of this service across healthcare 
units. 

4.3. Process challenges
Based on the findings of this small pilot study, the 
introduction of 3D-printed mallet splints for patients in 
hospitals would appear to be a welcome treatment option. 

Patterson et al. report that the use of 3D printing in hand 
therapy is still very much in its infancy.30 They attribute 
this to the absence of purpose-built software programs for 
splint design.  There is, therefore, a considerable learning 
curve for healthcare practitioners to become proficient in 
designing splints.

There are many steps required to bring this 3D-printed 
splint option to patients. The development of 3D printing 
technologies has progressed at a rapid pace since its 
introduction in the late 1980s. Regulation on the use of 
3D printing for healthcare applications is often unclear.31 
However, some guidance is forming; ISO 52910 outlines 
guidelines on the use of additive manufacturing in product 
design and is applicable to all products fabricated by any 
type of additive manufacturing.32 Until this guidance is 
clear and appropriate for medical applications, the use of 
3D printing outside of research studies will be curtailed. 
Nonetheless, it is important to discuss key steps in the 
process to help visualize a future for 3D printing for mallet 
finger injuries in hospitals. 

One area this study highlighted as challenging is the 
immediate need for a custom 3D-printed splint to treat 
a patient. Patients presenting at hospital with a mallet 
injury require timely treatment. The procedure in this 
study involved first applying the generic Stack splint to 
each patient for a number of days to allow the research 
team time to coordinate the measuring, printing, 
and fitting of the 3D-printed splint. As a measuring 
technician is not based in each unit, and the appropriate 
3D printer is not present in each unit, some additional 
steps would be needed to offer an immediate 3D-printed 
mallet splint.

4.4. Discharge advice and compliance 
There are many studies detailing how patients are often 
discharged without a clear understanding of their discharge 
advice.33-35 This can lead to confusion, frustration, poor 
compliance, and clinical complications for patients. 

Mallet injuries require patients to closely follow their 
discharge advice to support their recovery. It is therefore 
essential to provide clear, concise discharge advice to 
ensure patients can care for their injury while at home. 
It is equally important to ensure patients understand the 
advice given.

A study conducted by Groth et al. looked at the impact 
of compliance on the rehabilitation of patients with mallet 
finger injuries.36 They revealed that compliant patients 
have excellent outcomes more often than non-compliant 
patients (61.5% and 9.1%, respectively). Two of the patients 
enrolled in this study did not comply with discharge advice. 
One removed the splint before completing their treatment, 
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and the other bent the finger throughout the course of 
the study. This was an unfortunate misunderstanding and 
one that reinforces the importance of ensuring patients 
fully understand how to care for their injury before being 
discharged. 

4.5. Implications of findings
This pilot study has shown a clinical benefit of 3D printing 
splints to treat mallet injuries, albeit in a small cohort. 
Within the Irish healthcare system, custom splinting is not 
widely available because specialist roles are not broadly in 
place. This leads to delays in custom splinting, or patients 
being provided with a generic Stack splint for the duration 
of their treatment. 

This study provides initial evidence to support custom 
splinting for hand injuries, emphasizing that patients 
deserve custom splinting to support healing, comfort, and 
recovery from their injuries.37 Using 3D-printed bespoke 
mallet splints provides a custom fit and therefore improves 
access to custom care that is otherwise currently limited. 
To that end, offering 3D-printed mallet splints in EDs and 
IUs should be considered. By expanding research beyond 
the current offering of feasibility and pilot studies, a focus 
on clinical outcomes of 3D-printed mallet splints on a 
wider scale could provide the data-driven evidence needed 
to change the current healthcare splinting options.  

4.6. Future work
There are some further research considerations arising 
from this study. Patient and clinician acceptance along 
with clinical efficacy were the key areas of focus for this 
pilot study. One consideration is the cost implications of 
3D-printed mallet splints versus generic Stack splints. 
A health economics review of the resources, equipment, 
and infrastructure required to implement 3D printing of 
mallet splints is beyond the scope of this current study, but 
future studies should consider this. Other areas for further 
consideration include:

•	 An optimal method to measure mallet fingers for 
3D printing

•	 The ventilation of 3D-printed mallet splints

•	 Methods of securing the splint

•	 Finding the optimum 3D printing material for 
use in the printing of mallet splints

•	 Defining the process for providing 3D-printed 
mallet splints outside the research realm

5. Conclusions 
This study aimed to evaluate the clinical outcome along 
with patient and HCP acceptance of bespoke 3D-printed 

mallet splints for the treatment of mallet finger injury. The 
patients and a specialist hand OT felt that they would use 
the 3D-printed splint over the generic Stack splint if needed 
again. 3D printing has been demonstrated as a viable method 
for producing bespoke devices for patients with mallet injury, 
albeit on a small scale. There is potential for 3D printing 
to produce mallet injury splints, which could provide an 
enhanced clinical offering over traditional splinting methods. 
By using patient-centered, bespoke 3D printing capabilities, 
the management of mallet injuries can be improved and 
custom splinting offered to a wider population. 
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Abstract
Over the years, three-dimensional (3D) bioprinting has attracted attention for 
being a highly automated manufacturing system that allows for the precise design 
of living constructs where cells and biomaterials are displaced in predefined 
positions to recreate cell–matrix and cell–cell interactions similar to native tissues. 
Such technologies rarely offer multi-material features. In this paper, we present 
a new approach for bioprinting of multi-material tissue constructs using VAT 
photopolymerization at high resolution and fidelity. We developed a versatile 
dual-mode bioprinter that can easily be modulated to print in both top-down 
and bottom-up approaches. The custom-built platform was then used to fabricate 
microtissues and hydrogel microfluidic models. Combining bottom-up and top-
down biofabrication tools can offer an optimal solution for hard–soft multi-material 
composites and for bioprinting tissue–tissue interface models. We demonstrated the 
possibility for hard–soft multi-material bioprinting by generating musculoskeletal 
tissue with integrated microvasculature. Combining multiple material bioprinting 
and microfluidic chips shows advantages in two aspects: precise regulation of 
microenvironment and accurate emulation of multi-tissue interfaces. 

Keywords: VAT photopolymerization; Digital light processing; Multi-material bio-
printing; Microtissues; Bottom-up and top-down bioprinting; Musculoskeletal tissue

1. Introduction
Three-dimensional (3D) bioprinting has been benchmarked as a promising technology 
for creating disease models and microtissues for drug screening applications[1-4]. The main 
working principle of this technology, and its ultimate goal, is the fabrication of 3D artificial 
tissues that can closely replicate the natural biological microenvironments of native 
tissues, using a wide range of biomaterials laden with living cells[5]. Such microtissue 
models can be further integrated into microfluidic encasements containing chambers 
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and channels, in which cells can expand and grow, and 
finally, build functional organ parts in vitro[6-8]. However, 
native tissues and organs possess inherent heterogeneity in 
physical, mechanical, and biological properties[9]. In order 
to capture this heterogeneity, the combination of multiple 
materials with distinct mechanical properties as well as 
different cell types is necessary. Recent advancements in 
tissue engineering evidenced the fabrication of multi-tissue 
models, which can closely imitate organ-to-organ interfaces, 
in order to investigate the complex interactions and monitor 
the dynamic responses of multiple organs to pharmaceutical 
compounds. Multi-tissue microfluidic platforms have been 
developed to model lung[10], liver[11], intestine[12], kidney[13], 
brain[14], and heart[15]. Thus, it becomes apparent that the use 
of 3D bioprinting for the recreation of microphysiological 
systems of tissue–tissue interfaces can expand the 
capabilities of the existing tissue models[16-18]. 

The bioprinting technologies currently used for the 
fabrication of living tissue models can be divided into three 
broad categories, namely extrusion- and jetting-based 
bioprinting as well as VAT photopolymerization. Extrusion 
bioprinting uses pressure generated by a pneumatic or 
mechanical system, or a combination of both, to deposit 
cell-loaded bioinks[19]. It is a relatively inexpensive process 
that allows high printing speeds and provides precise 
control over the porosity and mechanical properties of 
the final constructs, making it an attractive method for 
producing harder tissue scaffolds. Extrusion has been 
used at high cell densities, but the choice of available 
biomaterials is relatively limited, as the rheological 
properties of the biotins are critical to cell viability. 
Apart from the properties of the bioinks, the printing 
speed directly affects the shear stress to which the cells 
are subjected during printing. Therefore, the resolution 
of the final scaffold may need to be limited to avoid cell 
apoptosis[20]. On the other hand, inkjet bioprinting is based 
on continuous (continuous inkjet, CI) or discrete (drop-
on-demand, DOD) deposition of a liquid biomaterial 
onto a substrate. This bioprinting method has been used 
to produce cell-loaded scaffolds with high resolution and 
good shape fidelity, which are good candidates for soft 
tissue bioprinting[21]. However, the major disadvantage of 
inkjet bioprinting is the risk of needle clogging, which can 
interrupt the printing process and expose the cells to high 
shear stress, negatively affecting cell viability.

VAT photopolymerization bioprinting technologies 
include light-based methods, namely laser-based 
bioprinting, stereolithography (SLA), and digital light 
processing (DLP)[22]. Laser-based printing offers good 
resolution and high fabrication speeds but has not been 
successfully combined with cells because of the problems 
associated with using laser light with living material[23]. SLA 

generally uses ultraviolet (UV) light to selectively solidify 
a light-sensitive bioink layer by layer. It can produce 3D 
structures with good resolution and can be combined with 
hydrogel-based bioinks, allowing significant control over 
the resulting matrix properties[24,25]. Similar to SLA, DLP 
is a technology based on the layer-by-layer crosslinking of 
photosensitive inks by exposure to a projection mask[26]. 
The projection of light can be achieved via liquid crystal 
displays (LCDs) and digital micromirror devices (DMDs), 
which focus the light as square voxel patterns on the surface 
of the ink[27]. Due to the non-contact nature of light, SLA 
and DLP are attractive bioprinting methods because they 
do not have the problems associated with contact-based 
bioprinting (e.g., clogging, shear stress)[22,28].

Current bioprinting methodologies are mostly limited 
by printing single material tissue models[29], and the 
available multi-material are less cost-effective and time-
consuming[30]. Additionally, they are not able to bioprint 
cell-laden constructs with multi-material components 
in relevant clinical dimensions. Extrusion bioprinting 
was demonstrated for multi-material human umbilical 
vein endothelial cells (HUVECs)[31]. Likewise, 3D human 
renal proximal tubules were printed for replicating 
a human kidney-on-a-chip and retained viable for 8 
weeks[32]. The bioprinting time of the methodologies is 
in the range of a few hours, indicating that extrusion 3D 
bioprinting lacks acceptable printing time and resolution of 
microtissue material fabrication; therefore, multi-material 
methodologies able of using multiple bioinks for the rapid 
manufacture of hydrogel-based constructs are still required. 

More recently, it has been demonstrated that a multi-
material DLP-based bioprinter was developed to fabricate 
high-resolution microtissues[26]. In addition, Miri et al. 
used a multi-material DLP bioprinting of hydrogel-based 
microfluidic chips[28], while Zhu et al. applied a similar 
DLP bioprinting for making a pre-vascularized (channels 
seeded by HUVECs) tissue models[33]. These studies 
suggest the capacity of DLP-based bioprinting for creating 
multi-material microtissues[34,35].

Most light-based bioprinters are based on a “top-
down” printing approach, where a UV light source located 
below the bath of the photosensitive biomaterial is used 
to selectively polymerize it to generate a 3D structure in 
a layer-by-layer fashion[36]. The “top-down” configuration 
has been shown to work well with hard materials, resulting 
in scaffolds with enhanced mechanical properties that can 
provide sufficient support[37]. However, processing softer 
materials with this method is still challenging. Recent 
studies reported an alternative approach, by placing the 
light source for the projection of the printing pattern above 
the photosensitive material[38,39], introducing a “bottom-
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up” bioprinting method. Using the bottom-up principle, 
complex soft tissues can be generated from microscale 
modules as opposed to the top-down approach, which is 
mostly used for the fabrication of conventional scaffolds. 
Commercial light-based systems are almost entirely 
designed to print hard materials and do not offer multi-
material features, which, in combination with the challenge 
of adapting such systems for the use of soft biomaterials 
(e.g., hydrogels), has hampered their wide implementation 
in the biofabrication community. 

Therefore, although much progress has been made 
with the above-mentioned bioprinting systems, they fail 
to recreate multi-material tissue models with different 
mechanical properties during a single printing session and 
at relevant clinical printing timeframes. To address this 
gap, we have developed a versatile dual-mode bioprinter 
that can easily be modulated to print in both top-down 
and bottom-up approaches. Combining bottom-up and 
top-down biofabrication can offer an optimal solution for 
hard–soft multi-materials composites and for bioprinting 
tissue–tissue interface models. We have demonstrated 
the possibility for hard–soft multi-material bioprinting in 
a single construct by generating a musculoskeletal tissue 
model. This new system can be implemented to enable the 
biofabrication of multi-material microtissues.

2. Materials and methods
2.1. Bioprinting system 
A custom-made DLP multi-material bioprinter was 
designed and fabricated as shown in Figure 1a. The DLP 
bioprinter consists of a digital light projector (Wintech 
Digital Light Projector DLP6500), a UV light source 
(385 nm), UV optical lenses (212 mm focal length), 
and a high-resolution (20 nm) z-axis platform (Figure 
1b and c). The z-axis platform was controlled by a 
microcontroller (Arduino UNO; Arduino, Italy). A UV 
mirror was mounted on a rotating platform to allow for 
switching between the bottom-up and top-down printing 
configurations, as shown in Figure 1b. The mirror and DLP 
were horizontally aligned on the same axis, and rotation of 
45° in each direction changes the path of the light upward 
and downward direction in the bioprinter. The bioprinting 
approach requires positioning of z-axis platform along the 
direction of light. For top-down approach, the biomaterial 
reservoir is lowered, and the mirror is directed, so the 
light source is from the top; for bottom-up approach, the 
reservoir is lifted, and light source is targeted from the 
bottom of reservoir. In these approaches, the UV light is 
projected onto the bioink. The 3D models were designed 
using AutoCAD, converted to two-dimensional (2D) 
bitmap slices, and converted to dynamic micromirror 

patterns using a digital micromirror device (DMD) (DLP® 
LightCrafter™ 6500; Texas Instruments). In the DMD 
panel, an array of reflective-coated micromirrors generates 
light patterns with high resolution (1050 × 920) and speed 
(10 kHz switching rate) (Figure 1c). When the bioink is 
introduced into the focal plane of the projected image, 
the digital state of each micromirror can be controlled 
as either 0 (dark) or 1 (light reflective), resulting in its 
layer-by-layer photocrosslinking. The lateral resolution 
of the fabricated object is theoretically limited by the 
physical size of the DMD mirrors (7.6 μm); however, the 
lateral experimental print resolution was set to 10 μm. A 
stage controller (Thorlabs MTS25-Z8 (MTS25/M-Z8) 
Motorized Translation Stage) was programmed for vertical 
stage movement, while the UV light source was directed 
to the DMD panel via an optical path to facilitate light 
reflection through the optical lenses onto the stage. For 
microfluidics bioprinting, delivery of different bioinks into 
the crosslinking area was achieved using a microfluidics 
chip with a polydimethylsiloxane (PDMS) chamber and a 
syringe pump (Figure 1d and f). To thoroughly wash away 
the non-crosslinked bioink, we used phosphate-buffered 
saline (PBS), and the same process was repeated for the 
second and the following bioinks. The thickness of the 
flowing pre-polymer was designed to be around 200 μm. 
Each bioprinting methodology configuration (bottom-up 
and top-down) needs some specific adjustment, which is 
described in sections 3.1 and 3.2, respectively.

For microfluidics bioprinting, the delivery of biomaterial 
into the crosslinking chamber was regulated by sequential 
injection of the biomaterial in a PDMS microfluidic 
chip designed to act as a crosslinking chamber. The 
microfluidics chamber has diameter of 7 mm. To enhance 
the adhesion of PEGDA-and GelMA-based bioinks on the 
platform, the bottom glass substrate of the chip was coated 
with 3-(trimethoxysilyl)-propyl methacrylate (TMSPMA) 
Sigma-Aldrich, St. Louis, MO)[17]. Switching from one 
material to another requires washing steps when printing 
multi-material structures. Thus, while changing from one 
material to another, we introduced the DPBS in the culture 
chamber and dipped the model for washing. The bioink 
flow is controlled by injecting it into the PDMS chamber 
consecutively. Subsequently, the non-crosslinked material 
was removed by PBS washing, and the bioprinting process 
was repeated using a second bioink. 

2.2. Reagents and materials
For the bottom-up biofabrication strategy, poly 
(caprolactone-co-trimethylene carbonate) urethane 
acrylate (PCT 50:50) (Mw = 3 kDa) was used. The 
Photopolymer was synthesized as previously described[33]. 
For top-down and microfluidics bioprinting, a 
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photocrosslinkable solution of (poly (ethylene glycol) 
diacrylate (PEGDA); Mn = 700; Sigma-Aldrich, St. Louis, 
MO, USA) along with gelatin methacryloyl (GelMA) 
were used. GelMA was prepared by dissolving porcine 
skin gelatin (CAS number 9000-70-8; Sigma-Aldrich, St. 
Louis, MO, USA) and methacrylic anhydride (MA) (CAS 
number 760-93-0; Sigma-Aldrich, St. Louis, MO, USA) 

in Dulbecco’s phosphate-buffered saline (DPBS). GelMA 
and PEGDA were used with different concentrations and 
different photoinitiator (PI) concentrations. For evaluating 
cell printability, we used GelMA, which has been widely 
used in various biomedical applications due to its suitable 
biological properties and tunable physical characteristics. 
Lithium phenyl-2,4,6-trimethylbenzoylphosphinate (LAP) 

Figure 1. (a) CAD images of the bioprinter showing the (i) bottom-up and (ii) top-down configurations. (b) Schematics showing the setup for selecting 
top-down and bottom-up configurations. (c) Schematics showing the bioprinter projection setup. (d) Microfluidics setup for on-a-chip bioprinting. (e) 
Images of the PMMA mold, the casted PDMS chip, and the chip assembly. (f) Illustration of the bioprinting and the washing process between different 
biomaterials.
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(ApolloScientific) was used as a photoinitiator, due to its 
sensitivity to blue light (absorption peak around 385 nm), 
which corresponds to the wavelength of the printer’s UV 
light source[22].

2.3. Mechanical testing 
Mechanical stiffness of 3D-bioprinted samples was 
determined by compression testing. Cylindrical samples 
with diameter (8 mm) and height (4 mm) were printed 
and tested with a universal testing machine (Shimadzu EZ-
SX, Columbia, MD). Displacement-controlled tests were 
performed at a strain rate of 10% per min. UV exposure 
time was set up at 0.2 s (for each layer sized ~100 µm). 
Three tests were performed for each group to achieve 
statistical significance. The linear slopes of stress–train 
curves were used as the elastic modulus.

2.4. Microfluidic device design and fabrication
The microfluidic chip was fabricated from 
polydimethylsiloxane (PDMS) precursor (Sylgard 184; 
Dow Corning). The chip mold was designed using Autodesk 
Inventor, and the resulting 3D model was imported to a 
3D SLA printer (Formlabs 3). Subsequently, a solution of 
elastomer and curing agent at a ratio of 10:1 was poured 
onto the mold, cured at 85°C for 2 h, and peeled off. The 
resulting microfluidic device consisted of a perforated 
PDMS brick (75 mm × 25 mm × 8 mm), with one inlet 
and one outlet at the sides (both 500 µm in diameter). In 
the middle part of the construct, a circular chamber (Ø 7 
mm) was included that also served as the bioprinting site. 
Stainless steel adaptors (20G) were connected to the inlets/
outlets to deliver or remove different bioinks to and from 
the printing chamber (Figure 1f).

2.5. Cell bioprinting 

2.5.1. Cell preparation
To evaluate cell bioprinting, we used mesenchymal stem 
cells (MSCs), and muscle cells (C2C12). Cell lines were 
cultured with Dulbecco’s Modified Eagle Medium (DMEM; 
Sigma Aldrich) supplemented with 10% fetal bovine serum 
(FBS) (Gibco) and 1% penicillin/streptomycin (Sigma) in 
culture flask under controlled conditions (37°C, 5% CO2). 
At 80% of confluence, cells were subcultured using trypsin 
at 0.25% v/v (Sigma).  

Human umbilical endothelial cells (HUVECs) were 
cultured in DMEM with low sugar, 10% FBS, and 1% 
penicillin/streptomycin to include the vascular component 
in our models.

2.5.2. Preparation of bioinks 
GelMa (3% w/v)/PEGDA (15% w/v) solution was prepared 
by dissolving the biomaterials in PBS and then adding 

lithium phenyl-2,4,6-(LAP). The bioink was mixed, using 
a syringe, with the cells to a concentration of 1.5 × 106 
cells/mL and then loaded into the biomaterial reservoir. 
Cell-loaded, non-printed hydrogel samples were prepared 
as a control. Both the printed hydrogels and the controls 
were placed in P12 well plates with media and cultured 
under controlled conditions (37°C, 5% CO2) for 7 days.

2.5.3. Cell proliferation assay
The proliferation rate was evaluated by encapsulating the 
cells within the hydrogel (n = 3) and growing them in 
monolayer and was measured by colorimetric AlamarBlue® 
assay (Bio-Rad Laboratories, Inc., manufactured by Trek 
Diagnostic Systems, USA). Hydrogels and controls were 
incubated with 10 μL/100 µL of AlamarBlue® solution for 1 h 
at 37°C. Subsequently, fluorescence intensity was measured 
at an excitation wavelength of 530 nm and emission of 590 
nm (microplate reader MB-580/530, Heales). 

2.5.4. Cell viability assay
The viability of cells in the hydrogel and controls was 
evaluated by the live/dead assay (Thermo FisherTM) at days 
1, 3, and 7 after bioprinting. Briefly, samples were washed 
twice in PBS, stained with calcein AM and ethidium 
homodimer-1 (EthD-1) at the concentration indicated 
by the manufacturer, and incubated for 30 min at room 
temperature protected by light. Images were taken using 
a confocal microscope (Nikon Eclipse Ti-E A1, USA) and 
analyzed with ImageJ (NIH).

2.5.5. Cell migration assays 
To visualize the migration inside, the chip HUVECs, MSCs, 
and C2C12 cell were stained separately with different cell 
trackers: HUVECs with Cell Tracker Red (CTR; Thermo 
Fisher), and C2C12 and MSCs with Cell Tracker Green 
(CTG; Thermo Fisher). After being isolated and added to 
the 3D construct, all the cell types were incubated for 30 
min in PBS with 1 μL/mL of their respective fluorescent 
dye. They were then washed with PBS. Images were 
acquired using a confocal microscope (Nikon Eclipse Ti-E 
A1, USA and Zeiss LSM 710, Germany) equipped with two 
filters, namely Alexa 594 (CTR) and FITC (CTG). 

2.5.6. Statistical analysis
Analysis of variance (ANOVA) and two-tailed Student’s 
t-test were used to determine the statistical significance 
between different conditions. Cell viability and 
proliferation results are represented as mean ± standard 
deviation (SD) from three replicates. A difference between 
the mean values for each group was considered statistically 
significant when the p value was less than 0.05.

3. Results
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The dual-mode DLP system presented in this study 
was used for the fabrication of various complex 
constructs in order to showcase its potential as a novel  
biofabrication method. 

3.1. Complex scaffold printing
In the proposed bottom-up biofabrication strategy for hard 
tissue bioprinting (Figure 1a(i)), the desired pattern was 
created by reflecting UV illumination from the DMD array 
focused on the specific focal plane to crosslink the pre-
polymer solutions. The light beam was projected from the 
bottom of the platform to the polymer solution. As the UV 
mask was projected, the material stuck to the glass holder 
mounted onto the z-axis platform. The gap between the 
glass holder and resin platform defines the layer thickness, 
which is maintained by controlling the movement of z-axis 
based on the fabrication stage. During the fabrication 
of first layer, the stage was lowered to the pre-defined 
height, and as the velocity reached zero, the UV mask was 

projected to fabricate the first layer. For the succeeding 
layer, the velocity of stage was increased to move the stage 
in the upward direction, and the new layer was polymerized 
by a dynamic photomask. The supply of pre-polymer 
solution was maintained by injecting the polymer into the 
chamber through a microfluidic chip setup. Fabrication 
parameters including the depth of pre-polymer stream, 
curing depth, curing uniformity, and spatial resolution in 
X, Y, and Z directions were previously optimized for PCT 
using a range of UV exposure times and intensities using 
a stereolithography system[33]. To demonstrate the bottom-
up bioprinting approach capability, we engineered 3D 
scaffolds using PCT (Figure 2a(i) and (ii)). 

The top-down bioprinting mode (Figure 1a(ii)) was 
used for the fabrication of soft material constructs. The 
printing chamber containing a pre-polymer solution was 
lowered below the adjustable rotational mirror, so the light 
beam was projected from the top of the platform. The glass 

Figure 2. Printability data. (a) Bottom-up: (i, ii) 3D PCT scaffold patterns. (b) Top-down: (i) microvasculature-like shape structures using 60% v/v PEGDA, 
(ii) sliced and magnified area showing no clogging of channels during printing, (iii) multichannel shapes structures, (c) Multi-material: (i) pyramid-like 
structure, (ii) multichannel multi-material structure using 5% v/v GelMA and PEGDA 60% v/v, and (iii) hard (PCT) and soft (PEGDA-GelMA) multi-
material printed structure. 
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holder mounted onto the z-axis platform was set to a specific 
focal plane corresponding to the desired layer thickness. 
The UV mask for the first layer was projected, and the first 
layer was printed on the glass holder. The stage was then 
moved downward to print the succeeding layer and so on. 
To demonstrate the fabrication potential of the top-down 
approach, a microvascular architecture was printed (Figure 
2b) using 60% v/v PEGDA (Figure 2b(i)), and GelMA 5% 
w/v and PEGDA 15% v/v (Figure 2b(iii)) which highlighted 
the XY resolution of the system, in the order of 10 to 25 µm. 

3.2. Dual-mode multi-material bioprinting
The capacity of the bioprinter for multi-material printing 
was assessed via the fabrication of different 3D structures, 
such as double pyramid-like structures (Figure 2c(i)) and 
multi-channel structures (GelMA and PEGDA) (Figure 
2c(ii)) and hard (PCT)/soft (PEGDA-GelMA) composite 
materials (Figure 2c(iii)). 

3.3. Mechanical characterization

A key biomimicry feature in tissue engineering is the 
fabrication of scaffolds with similar mechanical properties 
to those of native tissues. We tested the stiffness of 
3D-bioprinted constructs by PEGDA/GelMA composition, 
PI mass concentration, and degree of photocrosslinking. 
The results show tunable stiffness values for the proposed 
bioink formulations: GelMA/PEGDA/PI (Figure 3a). By 
increasing the GelMA concentration from 0% to 3% w/v, 
an increase in the stiffness of PEGDA/GelMA samples was 
observed. A further increase in GelMA concentration from 
3% to 5% w/v had a combined increasing and decreasing 
effect on the stiffness of PEGDA/GelMA samples. The 
minimum average elastic modulus obtained was 22 ± 1.0 
kPa for 3% w/v GelMA and 15% v/v PEGDA with 0.05% 
w/v PI, and the maximum modulus was 870 ± 8 kPa for 5% 
w/v GelMA and 35% v/v PEGDA concentration with 0.1% 
PI. An increase in the PI concentration increased the final 
construct stiffness (Figure 3a). The stiffness properties of 
vascular (~10–100 kPa)[46-47] and muscle tissues (~10–150 

Figure 3. (a) Stiffness values for the proposed bioink formulations: GelMA/PEGDA/PI. (b) Proliferation assay readings for HUVECs encapsulated in 
GelMA/PEGDA up to day 7. (c) HUVECs viability up to day 7. (d) Proliferation assay readings for C2C12 encapsulated in GelMA/PEGDA up to day 7. (e) 
C2C12 viability up to day 7. *p < 0.05; ***p < 0.005; ns: not significant.
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kPa)[48] can be imitated by tuning the bioink composition 
and crosslinking parameters. 

3.4. Cell viability and proliferation
The initial results highlight the potential of this 
new bioprinting approach to create multi-material 
heterogeneous architectures for tissue engineering 
applications. In addition, the bioprinter can regulate the 
structure’s stiffness by controlling printing parameters, 
such as hydrogel concentration, PI concentration, and 
light exposure time. As a proof of concept, cell viability 
and proliferation rate in 5% w/v GelMA was assessed. 
Two GelMA-based bioinks, containing HUVECs and 
C2C12 cells, respectively, were used, and viability and 
proliferation assays were analyzed (Figure 3b–e). The 
tests were performed on days 1, 3, and 7 post-printing. 
The absorbance data were represented as fold increase to 
day 0. The absorbance value represented as fold increase 
for HUVECs in bioprinted system showed similar change 

compared to control until day 7 after bioprinting (n = 3). 
However, on day 7, cells grown in monolayer showed a 
higher growth rate (n = 3). The viability of encapsulated 
cells was observed until day 7 in hydrogel post-printing and 
quantified. The cell viability in case of both HUVECs and 
C2C12 until day 7 was more than 89% with no significant 
difference. A slight difference at days 3 and 7 was observed 
when compared to gel-free control (n = 3).  

3.5. Multi-material musculoskeletal model
Using the microfluidics configuration described in section 2  
(Figure 1d), we developed a multi-material bioprinting 
approach for generating a musculoskeletal tissue model with 
integrated vasculature. We combined two different cell types, 
i.e., HUVECs and MSCs, for the vasculature, and used C2C12 
cells for the muscle tissue, in the same construct (Figure 
4d). To bioprint the musculoskeletal model (Figure 4a), a 
co-planar printed pattern depicting a vascular and muscle 
structure was bioprinted using the selected biomaterial 

Figure 4. Demonstration of multi-material bioprinting musculoskeletal junction. (a) DLP projection pattern showing the bioinks locations. (b) Initial 
model made by PEGDA/GelMA. (c) Stacked 3D structure depicting the interface of two bioinks containing HUVECs and C2C12 cells. (d) Bioprinted 
muscle and vascular junction comprising three bioinks.
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concentration: C2C12 and MSCs were mixed with (GelMA 
3% w/v and PEGDA 15% w/v), while HUVECs were mixed 
with (GelMA 5% w/v and PEGDA 15% w/v).

As illustrated in Figure 4, the fluorescence image 
revealed the capability of the system to print the spatially 
distributed cell-laden bioinks, laying down the basis 
for future fabrication of functional multi-material 
musculoskeletal tissues. The addition of more PEGDA 
could result in more mechanical stability. It will make it 
easier to handle the tissue microenvironment fabrication. 
Still, PEGDA led to more encapsulated cell toxicity; 
indeed, 30%–40% v/v concentrations of PEGDA might 
be inappropriate for biological components. The GelMA/
PEGDA bioink used in the microfluidics fabrication 
processes of the musculoskeletal environment, the 
proposed PI concentration, and the UV exposure were 
found to be safe for the proposed cell bioink application. 

4. Discussion 
Herein, we presented a novel bioprinting system, which 
facilitates the fabrication of multi-material constructs laden 
with three different cell types, as a proof of concept for a 
musculoskeletal tissue model on-a-chip. The incorporation 
of a rotating mirror to the printing system allowed the fast 
switch between the bottom-up and top-down printing 
modes and the combination of both approaches on a single 
musculoskeletal junction model. As a future upgrade of the 
dual printer, a fully automated system could be developed, 
in order to couple the movement of the stage with the mirror 
rotation, thus further optimizing the fabrication time and 
limiting the manual steps of the process. This modification 
could facilitate the implementation of the dual printer in 
the mass production of a wide range of organs-on-chips 
using the bottom-up, top-down, or combined processes. 

The wide range of constructs that can be fabricated 
using the dual-printing approach was highlighted 
by the different geometries (Figure 2). Scaffolds with 
interconnected pores and intricate patterns can be 
generated using the bottom-up approach, providing 
mechanical support as well as a suitable environment for 
cells to grow[40]. The top-down approach was used for the 
fabrication of complex microvasculature patterns from 
GelMA and PEGDA. On their own, these constructs can 
be used as a soft support for vascularized tissue models, 
and the generated channels can be used for the perfusion 
of medium or other fluids. The maximum printing volume, 
which depends on the biomaterial container used, was 
determined for each bioprinting configuration. The DLP 
can project over an area of 7 × 12 cm. Nevertheless, for 
the case of bottom-up and top-down approaches and 
for the proposed biomaterial container configuration, 

the printing volume was determined to be around 3 × 
3 × 3 cm. In the case of microfluidics bioprinting, the 
microfluidics working chamber has a diameter of 8 mm. 
The lateral resolution (XY) of the DLP is in the order of 10 
microns, and the Z resolution of 20 nm can be achieved 
by the Thorlabs Z platform. To avoid cross-contamination 
issues during the bioprinting process, we added a washing 
bath in between each material selection (the washing 
process is illustrated on Figure 1f). The process can easily 
be adapted for work with more than two materials by 
flowing different biomaterials into the chip or by using 
more biomaterials containers in the bottom-up and top-
down approaches. However, it should be noted here that 
careful selection of the final mechanical properties of the 
soft support is necessary, in order to avoid flow-induced 
delamination that could result in accelerated degradation 
as well as channel clogging. Examples of multi-material 
printing were also presented showing structures made 
with two discrete hard–soft parts, respectively (Figure 
2c(i) and (iii)). Furthermore, a construct consisting of six 
soft and six hard alternating regions was fabricated (Figure 
2c(ii)). Those soft–hard material combinations could be 
used in order to model bone-to-soft tissue interfaces[41,42]. 
Especially by combining more regions in one construct 
and controlling the mechanical properties of each region, 
tissue models consisting of more than two materials can be 
fabricated, allowing the study of complex systems such as 
the intervertebral disc regeneration[43].

The prepared bioinks were made from GelMA and 
PEGDA, due to their wide use in biofabrication applications 
as well as their light responsiveness[44]. By combining 
the two materials in different concentrations while also 
changing the concentration of the photoinitiator, we 
could get a compression modulus range from ~22 kPa to 
~870 kPa. The measured moduli showed an increase with 
both the GelMA and PEGDA concentrations when using 
0.05% LAP. Interestingly, this trend was not the same when 
the concentration of the photoinitiator was increased. 
More precisely, PEGDA 15% mixed with 3% of GelMA 
showed an increased modulus when compared to the 
PEGDA 15%/GelMA 0% formulation. However, when the 
concentration of GelMA was increased to 5%, the modulus 
showed a decrease of approximately 32.5%. Furthermore, 
the concentration increases of GelMA from 0% to 3% and 
subsequently to 5% resulted in a 27.6% and a further 8% 
modulus decrease when mixing with 35% PEGDA. 

Most musculoskeletal diseases do not have a curative 
treatment yet. Some pathologies, such as amyotrophic 
lateral sclerosis, Duchenne’s disease, or Lou Gehrig’s 
disease, still do not have real treatment[45,46]. Some 
treatments for more common chronic diseases, such as 
cholesterolemia and diabetes, also have unwanted muscle 
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effects. In this sense, musculoskeletal on-a-chip is a novel 
and promising technology that can be used to evaluate 
the safety and effectiveness of drug and therapeutic 
development, enlightening the execution of clinical trials. 
Considering the number of new cases diagnosed and the 
direct and indirect costs associated with their treatment, the 
economic impact of on-a-chip models on the biomedical 
field is very high since this new technology allows for 
the screening of new, more effective drugs against these 
diseases, and the application of personalized medicine 
can shorten the treatment times and reduce the different 
problems associated with the use of generalized drugs. In 
this study, we present a multi-material musculoskeletal 
model made using three different cell types incorporated in 
a GelMA 3%/PEGDA 15%/LAP 0.1% bioink formulation. 
The concentration of PEGDA was kept at the lowest 
experimental value presented, in order to avoid cell toxicity 
associated with higher PEGDA concentrations[36]. Based 
on the results of the mechanical tests, a sufficiently stiff 
bioink (between ~20 kPa and ~870 kPa) could be obtained 
with this bioink formulation (PEGDA/GelMA/LAP) 
whose stiffness values are comparable to that reported for 
vascular[47] and muscle tissues[48-49]. 

Despite of the potential of organ-on-chip models in 
imitating various tissues and organs[50,51], musculoskeletal 
on-a-chip platforms have been evolving slowly compared 
with on-a-chip platforms for other tissue types[52,53]. The 
slow adoption of musculoskeletal on-a-chip platforms 
in studies of musculoskeletal pathologies can be 
associated with the conceptual and practical challenges 
in modeling the different cell types, extracellular matrix 
(ECM) interactions and in vivo mechanical loadings; 
the lack of innervation and vascularization; and the 
effective recapitulation of complex soft-to-hard tissue 
interfaces. 3D collagen scaffolds have been reported 
as a candidate model; however, they typically include 
a single cell type and fail to closely recapitulate the 
heterogeneity of the musculoskeletal tissue[54]. The major 
challenges associated with mimicking the physiology 
of the musculoskeletal on-a-chip have been identified, 
including incorporation of biological barriers and 
simulation of joint compartments and heterogeneous 
tissue interfaces. Overcoming these challenges will 
revolutionize musculoskeletal research by enabling 
physiologically relevant, predictive models of human 
tissues and joint diseases to accelerate and de-risk 
therapeutic discovery and translation to the clinic[55].

Additionally, to address the challenges of creating 
(clinically relevant) disease model on-a-chip with 
the associated biomarkers that can recapitulate the 
dynamic nature of tissue and chronic pathologies in the 
musculoskeletal system, new engineering innovations are 

still required on various features of the musculoskeletal 
on-a-chip model. For example, complex joint on-a-chip 
systems must be able to recreate the joint cartilage and 
the subchondral bone, synovial fluid, and associated 
vascularized tissues to simulate transport of nutrients, in 
vivo loading, and inflammation[56-57]. Highly organized 
muscle fibers are another example of the complex 
microarchitectural engineering required to model 
innervated tissues. Biological interfaces and ECM 
gradients are essential for recreating mechanical and 
cellular functions and signaling. For example, migration of 
immune cells from the bone marrow into the vasculature 
(the infiltration of platelets, neutrophils, macrophages), 
migration of various immune cells to sites of tissue injury, 
and cancer metastases underline the importance of 
engineering vascular barriers[58,59].

Without new technologies contributing to the reduction 
of investment risks associated with new drug development, 
these challenges will not be overcome, and new 
applications will deviate from translational efforts. Recent 
advances in 3D bioprinting have allowed the fabrication 
of complex structures and tissues with controlled 
architectures. As a result, there is growing interest in 
adopting these technologies in emerging areas that need a 
highly organized construct of biofabrication, such as tissue 
engineering and, in particular, more realistic modeling of 
the musculoskeletal tissue microenvironment[60,61]. Such 
bioprinted musculoskeletal on-a-chip approaches are ideal 
due to the following advantages: (i) the use of the patient’s 
cells; (ii) the small size of the system; (iii) the small amount 
of tissue required for analysis; (iv) short development time 
(1–2 weeks); (v) low-cost manufacturing; (vi) scalability 
for high-throughput screening (HTS) testing; and (vii) the 
decrease in the use of experimental animals.

5. Conclusion
In this work, we developed a dual bottom-up and top-
down bioprinter, which was demonstrated to be a versatile 
and powerful tool for 3D bioprinting soft and hard 
biomaterials, independently or simultaneously. The new 
bioprinter also allowed to manufacture of high-resolution 
tissue models, showing potential for the biofabrication of 
3D multi-material and tissue interface structures.

Such biofabrication workstation offers several 
innovations. First, a dual-printer configuration allows for 
greater control of the mechanical and physical properties, 
such as density, viscosity, or permeability. Second, having 
control over the complete process, it was possible to bioprint 
multi-material tissue structures using different hydrogels, 
allowing for greater precision in achieving tissue interface 
constructs and hard scaffolds that can be incorporated into 
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soft tissue bioprinting. The unique characteristic of our 
dual bottom-up and top-down bioprinter can significantly 
upgrade the current level of control for multi-material 
bioprinting of existing bioprinting techniques. This dual 
concept is also expandable to other tissue interfaces, as many 
tissue bioinks as needed, by simply increasing the number of 
biomaterial chambers. In addition, the combination with the 
microfluidic chip for bioprinting can expand its applicability 
to multi-material bioprinting of complex tissue interfaces 
and emerges as a promising technology for both clinical 
precision medicine and industrial-scale drug discovery, 
thanks to its capability of handling small samples and highly 
multiplexed operations for high-throughput assays.
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Abstract
Large bone defects in the distal femur present a significant challenge due to the 
lack of inherent self-healing capabilities. Traditional approaches, such as utilizing 
polymethyl methacrylate (PMMA) in conjunction with a plate for distal femur 
reconstruction, have shown unsatisfactory osseointegration outcome, which leads 
to complications. To address this challenge, this study focuses on developing a 
lattice-structured implant for reconstructing distal femoral bone defects. The lattice 
geometry is based on the cuboctahedron lattice, with its design optimized through 
the adjustment of pillar diameter and arrangement angle. The lattice structure is 
designed to stimulate the surrounding bone, ultimately enhancing osseointegration 
in distal femur reconstruction. Finite element analysis revealed that for promoting 
bone ingrowth toward the implant, setting the optimal lattice structure parameters, 
i.e., a 45° arrangement angle and a 0.8 mm pillar diameter, is required. Fabricated 
using state-of-the-art metal three-dimensional printing, the implant underwent 
rigorous validation through biomechanical testing, in vitro biological assays, and 
animal experiments. The comprehensive results affirmed the bioactivity of the 
lattice-structured implant, underscoring its capability to improve osseointegration 
in distal femoral defect reconstruction.

Keywords: Lattice; Osseointegration; Bone strain; Osteoconductive; Distal femur; 
Mechanical behavior 

1. Introduction
Bone defects in the distal femur can arise from accidental injuries or tumor resection.1 
Regrettably, complete self-healing in the case of large bone defects remains unattainable.2-3 
A commonly employed approach for reconstructing and stabilizing larger distal femur 
defects involves using polymethyl methacrylate (PMMA) in combination with a plate.4-5 
However, the exothermic polymerization process of PMMA has the potential to induce 
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necrosis in the surrounding bone.6-7 This necrosis weakens 
the mechanical bond between PMMA and the bone, 
resulting in early loosening known as aseptic loosening.8 
Furthermore, owing to its smooth surface and structure, 
PMMA lacks osteoconductive properties, thereby 
impeding favorable osseointegration.8 Related studies have 
indicated that loosening of the interface between PMMA 
and bone constitutes a prevalent cause for re-operation 
in distal femoral defects, leading to complications such 
as fractures (14%) and nonunions (12%).9 Therefore, it 
becomes evident that PMMA is not an optimal option for 
reconstructing large bone defects in the distal femur.

Implants featuring lattice structure that conforms to 
the profile of the bone defect have emerged as a potential 
alternative for reconstructing large bone defects.3,10 In 
the case of solid metal implants, the material properties 
of metals can lead to stress-shielding effects due to a 
mismatch with the bone’s elastic modulus (for instance, 
Ti6Al4V has an elastic modulus of 110–120 GPa, while 
cortical bone ranges from 10 to 40 GPa).11-13 However, 
designing the lattice structure and modifying its alignment 
allow for variation in the elastic modulus of the lattice to 
significantly improve the mechanical compatibility between 
the implant and the bone.13,14 This approach effectively 
circumvents the stress-shielding effect and enhances the 
implant’s osteoconductive properties,15 facilitating bone 
ingrowth into the implant.16 Moreover, the loading applied 
to the bone plays a critical role in stimulating bone growth 
within the implant.16 Several studies have demonstrated 
that applying an appropriate load to the bone through the 
lattice on the implant, which generates strains near but not 
exceeding 4000 μ, effectively stimulates bone growth into 
the implant and enhances osseointegration.17,18

In the past decade, various lattice structures had been 
extensively studied.16,19-21 One notable lattice structure 
is the cuboctahedron lattice, which is recognized for its 
simple appearance.22 The internal space within the lattice 
facilitates efficient nutrient transportation and waste 
removal, and the multi-corner design of the lattice structure 
makes it conducive for the attachment and clustered 
growth of osteoblasts.15,23 Although the cuboctahedron 
lattice demonstrates favorable conditions for osteoblast 
differentiation and growth, further investigation is 
warranted to evaluate its applicability for distal femur 
reconstruction. Specifically, it is crucial to determine 
whether the cuboctahedron lattice structure can mitigate 
the stress-shielding effect and enhance osteoconductivity. 
Finite element method (FEM) can be employed to analyze 
the stress fields within the metallic implant and strain fields 
in the soft evolving tissue.24 This analysis assists in designing 
the structural parameters of the cuboctahedron lattice to 
align with the mechanical conditions of the distal femur.25

Currently, metal three-dimensional (3D) printing 
using Ti6Al4V as a material through selective laser melting 
(SLM) has become a commonly adopted technique for 
fabricating complex metal implants,26,27 and numerous 
studies have demonstrated its applicability.16,21,24,28 
Accordingly, in this study, metal 3D printing was employed 
to fabricate implants with complex lattice structures.

Designing lattice-optimized implants for the target 
anatomical region currently represents a prevailing trend 
in lattice development. Scholars have designed lattice 
variations in types and sizes tailored for distinct regions, 
including craniofacial,29 dental implants,30 hip,4,20 tibial,24 
and spinal implants.31-33 This optimization aims to align 
the lattice with the biomechanical conditions of the target 
area, fostering the growth of surrounding bone. The design 
of this study critically incorporated considerations related 
to mechanical, structural, and cell growth aspects. This 
study aimed to integrate finite element analysis, parameter 
optimization, biomechanical test, in vitro biological 
test, and animal experiment to develop a lattice design 
specifically tailored for distal femur defect reconstruction 
implants, with the primary objective of refining the 
lattice structures within the implant for improved overall 
performance. Through the design of cuboctahedron 
lattice variations, incorporating different arrangements 
and lattice pillar diameters, and utilizing finite element 
analysis to explore material properties under various 
parameters, we sought to identify an optimal lattice. This 
lattice was intended to generate an appropriate bone strain 
(4000 μ) at the bone interface, ultimately improving the 
osseointegration effect of the implant. The bone interface 
strain behavior around the implant was verified using the 
biomechanical test, and in vitro biological tests were used 
to assess whether the optimal lattice structure (OLS) was 
conducive to cell growth and proliferation. Additionally, 
animal experiments were employed to simulate in vivo 
responses of the implant, providing a comprehensive 
evaluation of the biological activity of the lattice and 
confirming its utility in assessing osseointegration ability.

2. Materials and methods
2.1. Cuboctahedron lattice-parametric design of 
unit lattice
A cuboctahedron lattice is a polyhedral structure 
composed of eight triangular faces and six square faces, 
featuring a total of 12 vertices and 24 edges.22 This lattice 
structure possesses a unit volume of 2 × 2 × 2 mm³. The 
lattice alignment angle and the lattice pillar diameter are 
two primary structural parameters of the cuboctahedron 
lattice. The lattice alignment angle was classified into two 
categories: 0° and 45°. The lattice pillars were designed with 
a circular cross-section, and the diameter parameter was 
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intentionally varied across five levels, ranging from 0.6 mm 
to 1.0 mm (0.6/0.7/0.8/0.9/1.0 mm) (Figure 1a). Given the 
micro-scale nature of lattice structures, any modifications 
to the lattice geometry can profoundly impact the inherent 
material properties of the metal (Ti6Al4V). In this study, 
the Material Designer module of the Ansys Workbench 
software (ANSYS Workbench 2022R2, ANSYS Inc., PA, 
USA) was utilized to precisely define the material properties 
of various lattices with different structural parameters. 

2.2. Material properties of the lattice analysis
In the Material Designer module, the orthotropic elasticity 
constants for a periodic unit cell are computed using the 
following equations. The analysis involved considering 
six load cases: three tensile tests (X, Y, Z) and three shear 
tests (XY, YZ, XZ). Each case applies a corresponding 
macroscopic strain, and reaction forces in the boundary 
faces of the representative volume elements (RVE) are 
employed to assemble the stiffness matrix, from which 
engineering constants are extracted. Consider the tensile 
test in the X-direction. For an orthotropic material, 
Equation I is applicable:
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Fixing the strain in the X-direction to 0.001 and setting 
all other strains to zero yield the first column of the stiffness 
matrix (Equation II). Assuming RVE volume as [0, Lx] × 
[0, Ly] × [0, Lz], deformations are represented along the 
X-direction (Equation III), Y-direction (Equation IV), and 
Z-direction (Equation V). In addition to these periodicity 
conditions, rigid body motions must also be prevented 
(Equation VI). 
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Figure 1. Cuboctahedron lattice. (a) Unit size and structure of cuboctahedron lattice; (b) elastic modulus and Poisson’s ratio of each lattice.
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To compute macroscopic stresses, the forces on the top 
faces are integrated. For instance, for σx, the force in the 
X-direction at the face x = Lx is integrated and normalized 
with the face area. Similar procedures are followed for σy 
and σz. The entries for D11, D21, and D31 in the stiffness 
matrix are easily obtained. By repeating the steps for all 
the other load case, all the entries for the stiffness matrix, 
including D11, D21, and D31, are determined. The stiffness 
matrix is inverted to obtain the compliance matrix 
following Equation VII. Finally, the engineering constants 
(Ex, Ey, Ez, Gxy, Gyz, Gxz, νxy, νyz, and νxz) are computed using 
the relationships outlined in Equation VIII.34
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In the Material Designer module, various unit lattice 
structures were defined as RVE. The material properties 

of Ti6Al4V were assigned to the lattice model within the 
module, followed by meshing and computational analysis 
to predict the stresses and strains experienced by the 
different lattice structures. Finally, the elastic modulus 
and Poisson’s ratios of the various lattice structures were 
computed (Figure 1b).34 These lattice structures can be 
regarded as innovative, each exhibiting distinct material 
properties and characteristics stemming from their unique 
structural parameters.

2.3. Creating a geometry model for distal femur 
defect reconstruction
The femur (ENOVO-186, ENOVO, Shanghai, China) was 
modeled using computed tomography (CT) image, and 
the plate (Tandry Locking Plate System, thickness 5.0 mm, 
All Micro Precision Co., Ltd., Taiwan) and reconstruction 
screws were designed through computer-aided design 
(CAD) software (Creo Parametric v5.0, PTC, Needham, 
MA, USA), allowing for precise customization and 
adaptation to the patient’s specific needs. To simulate a 
common defect in the distal femur, a 25 mm height defect 
was created 55 mm from the knee joint surface.35,36 The 
geometry of the femur defect served as the foundation for 
the contour of the implant. The implant was conceived as 
a hollow structure for lightweight design, with a 2 mm 
thickness to ensure adequate structural strength. A lattice 
structure, 4 mm thick, was incorporated on the top and 
bottom (proximal and distal layers) of the implant in contact 
with the bone. Different lattice designs can be substituted 
during analysis to investigate the mechanical behavior of 
these varied lattice structures. The implant was securely 
fixed to the distal femur defect with a reconstruction plate 
and screws (Tandry Locking screw and Cortex screw, All 
Micro Precision Co., Ltd., Taiwan) on the lateral side of the 
femur. One of the screws was anchored to both the implant 
and the reconstruction plate, ensuring stable fixation of 
the implant, plate, and bone. The overall model for distal 
femur defect reconstruction encompasses the cortical 
bone, cancellous bone, reconstructed plate, screws, and 
implant components (Figure 2).

2.4. Analysis of lattice structure parameters through 
finite element analysis
In this study, a distal femur defect reconstruction model 
was established to analyze the biomechanical behavior of a 
parametric lattice implant. The aim was to identify the OLS 
by determining the structural parameters that effectively 
stimulate bone interface growth. The relevant material 
properties for the analysis are presented in Table 1.  
To construct the mesh model, a free-mesh approach 
with 10-node tetrahedral elements was used (Figure 3). 
The number and density of the mesh were determined 
through convergence tests, as shown in Table 1, to ensure 
the accuracy of the analysis. During a typical gait cycle, 
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it is commonly assumed that the loading on the femur is 
approximately four times the body weight.37 A downward 
force of 2800 N was applied to the femoral head in the 
analyzed model, considering a patient’s body weight to 
be 70 kg. Fixed support was provided on the lateral and 
medial condyle surfaces of the distal femur. The contact 
settings between the components were set to “frictional” 
to govern the interactions among the bone and screw, plate 
and screw, as well as the lattice and bone. This frictional 
setting incorporated the sliding resistance based on the 
friction coefficient, allowing these components to move 
relative to each other. This simulation represented the state 
of the implant and bone before osseointegration occurred 
following surgery (Figure 3). 

During the analysis, different lattice structures 
were substituted for the lattice layers on the implant to 
assess the compression of the third principal strain on 

the surrounding bones. The goal was to identify lattice 
structures that induced a strain close to, but not exceeding, 
4000 μ, indicating that the OLS exhibits osteoconductive 
properties and accelerates bone growth, thereby enhancing 
the osseointegration effect. 

2.5. Biomechanical testing of implants and bone 
cement for distal femur reconstruction
Biomechanical tests were conducted to assess the efficacy 
of lattice structure on the distal femur reconstruction 
implant in stimulating bone growth and enabling the 
production of appropriate strain in the surrounding area. 
These tests were conducted to investigate the differences 
in surrounding bone growth (osteoconductive) among an 
implant with OLS (OLS implant), an implant without lattice 
structure (NLS implant), and bone cement (Radiopaque 
Bone Cement, Stryker Corporation, Michigan, USA). The 
OLS implant and the NLS implant were manufactured 

Figure 2. Overall model for distal femur defect reconstruction (modeling for finite element analysis).

http://Figure 2. Overall model for distal femur defect reconstruction (modeling for finite element analysis
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using metal 3D printing (AM250, Renishaw plc, Woton-
under-Edge, Gloucestershire, UK). The process parameters 
included layer thickness of 30 μm, laser power of 100 W, laser 
exposure time of 60 μs, laser focus of 75 μm, point distance 
of 75 μm, and hatch distance of 20 μm. The femur model 
was fabricated using FDM polymer 3D printing (Fortus 
250MC, Stratasys Ltd., Reḥovot, Israel). Subsequently, 
the implants (OLS and NLS implants) and bone cement 
were attached to the femur model using a reconstruction 
plate and screws, respectively. This assembled model was 

utilized as the test subject for biomechanical testing, with a 
sample size of n = 3.

In the biomechanical testing process, the test 
model was secured within a universal testing machine 
(HT-2402 Universal material testing machine, Hung 
Ta Instrument Co., Ltd., Taichung, Taiwan). A strain 
gauge was attached near the interface between the 
femoral head and the implant. A downward force was 
then applied to the femoral head at a controlled loading 
speed of 2 mm/min,42 and the strain gauge’s value 
was recorded when the loading reached 2800 N. This 

Table 1. Material properties and number of elements/nodes for each model used in the finite element analysis

Material Elastic modulus
(GPa)

Poisson’s ratio Reference

Cortical bone 17 0.3 38,39,40

Cancellous bone 0.52 0.29 39,41

Reconstruction plate
and screws

(Ti6Al4V) 110 0.37 42,43

Implant body

Number of nodes/elements Elements Nodes

Cortical bone 185,123 310,457

Cancellous bone 397,580 581,592

Reconstruction plate 216,784 330,754

Screws 100,720 108,200

Implant (with lattice) 138,394 205,286

Figure 3. Demonstration of the mesh model for the finite element analysis.
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procedure simulated the strain experienced in the bone 
surrounding the OLS implant, NLS implant, and bone 
cement during gait (Figure 4). The strain data obtained 
through biomechanical testing were compared with the 
values derived from finite element analysis to validate 
the accuracy of the analytical results.

2.6. In vitro biological tests of lattice structures
In vitro biological experiments were performed to observe 
the impact of a specific lattice structure on essential aspects 
of the behaviors of MG-63 cells, an osteoblast-like cell 
line, including growth, differentiation, and migration. 
The culture medium for cultivating MG-63 cells contains 
10% fetal bovine serum. MG-63 cells were first cultured 
in an environment maintained at 37°C, 5% CO2, 95% 
air, and 100% relative humidity for 48 h. A mixture of 
MG-63 cells and culture medium was quantitatively 
added to both smooth discs and discs featuring the OLS 
structure (n = 3). These specimens were then placed in a 
cell culture incubator for 24, 48, and 72 h. Following the 
completion of cell growth, a quantitative MTT solution 
(3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium 
bromide) was added to each specimen. This solution reacts 
with the mitochondria in the cells, producing formazan. 
Subsequently, dimethyl sulfoxide (DMSO) solution was 
added to dissolve the formazan in the surviving MG-63 
cells. The optical density value (OD value) of the solution 
was then measured using a full-wavelength spectrometer. 
Through a full-wavelength spectrometer, the transmittance 
and absorbance of the solution can be measured to evaluate 
the OD value. Higher OD values, resulting from lower 

transmittance, indicate a greater number of surviving 
MG-63 cells.

2.7. Animal experiments for simulating the efficacy 
of lattice osseointegration
Surgical procedures for animal experiments were 
approved by the Animal Use Protocol National Laboratory 
Animal Center (NARLabs) (IACUC Approval No.: TIRI-
IACUC-2023-009). The experiments were conducted on 
Lanyu pigs, which were divided into two groups based on 
the type of implants: solid and optimized lattice structure. 
Each group consisted of three specimens (n = 3). These 
implant specimens, designed as cylinders (Ø 4.2 mm/L 10 
mm), were fabricated using metal 3D printing, following 
the same parameters as described in the previous section 
for biomechanical specimens. The animal experiments 
were conducted in stages: preoperative, intraoperative, 
post-operative, and sacrifice. In the preoperative stage, a 
mixture of Zoletil/Telazol and xylazine was administered 
via intramuscular injection as premedication anesthesia, 
followed by penicillin G and meloxicam to prevent infections 
and alleviate pain. During the operation, a hole with a 
diameter of 4.2 mm and a depth of 10 mm was created in 
the distal lateral femur using a bone drill for the individual 
implantation of specimens. A plate (approximately 120 
mm in length, 3 mm in thickness) and a screw (3 mm 
in diameter, 10 mm in length) were secured to the distal 
lateral femur to enhance strength. Post-surgery, C-arm 
fluoroscopy X-ray confirmed the position of implants and 
any abnormalities. Post-operative care included the oral 
administration of meloxicam and the antibiotic cephalexin 

Figure 4. Biomechanical tests on the OLS implant, NLS implant, and bone cement for evaluating the strain in the bone surrounding the implant.
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for 1 week, along with intramuscular meloxicam injection 
for pain management. Post-operative CT imaging at fixed 
intervals (2 weeks, 4 weeks, 8 weeks, and 12 weeks) assessed 
implant displacement or femur fractures. The animals 
were sacrificed 12 weeks post-surgery; after being deeply 
anesthetized, the animals were euthanized with intravenous 
KCl. After extracting femur segments, micro-CT (with a 9 
µm resolution) employed for CT scan was performed for 
assessment of the density and area of the surrounding bone. 
This allowed for the evaluation of the osseointegration 
status of the specimens (Figure 5).

3. Results
3.1. Determination of lattice structure parameters 
for distal femur reconstruction
In the context of finite element analysis for distal femur 
reconstruction, the lattice structure within the proximal 
and distal layers of the implant was carefully designed. 
This lattice structure was characterized by an alignment 
angle of 45° and a pillar diameter of 0.8 mm. The analysis 
revealed that the bone in contact with this lattice structure 

displayed a maximum bone strain of no more than 4000 
μ (proximal layer: -3840.0 μ/distal layer: -3528.3 μ). This 
lattice structure, referred to as the OLS, demonstrated 
a remarkable ability to promote bone growth within the 
implant (Table 2).

3.2. Biomechanical test results of OLS implant, NLS 
implant, and bone cement
To validate the accuracy of the analyzed values, the results 
of biomechanical tests were compared with those obtained 
from finite element analysis (Figure 6). In the proximal 
layer of the OLS implant, the analyzed strain around the 
bone was 1752.6 μ. Biomechanical testing using a strain 
gauge at the same location produced an average strain 
of 2046.4 μ, resulting in a 16.8% difference between the 
analyzed and tested results. In the distal layer of the OLS 
implant, the analyzed strain was 1966.8 μ. The average 
strain value obtained from the tests was 2252.6 μ, yielding 
a difference of 14.5%. The comparison between the 
analytical and test data strongly indicates that the finite 
element analysis results align with the findings, showing 
high level of reliability.

Figure 5. Animal experimental procedures and applications of implants.
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Biomechanical tests revealed that the average bone 
strain around the proximal and distal layers of the OLS 
implant ranged from 2046.4 to 2252.57 μ. In contrast, the 
NLS implant exhibited a significant difference in bone 
strain between the proximal and distal layers, likely due to 
structural limitations hindering force transmission from 
the proximal to the distal layer, resulting in a bone strain of 
994.37 μ in the distal layer. Conversely, the biomechanical 
test results of bone cement revealed a consistent issue, i.e., a 
significant difference in bone strain between the proximal 
and distal layers, which reach levels of 1483.15–4043.87 μ. 
Notably, the bone strain exceeded 4000 μ in the proximal 
layer, indicating that the bone cement had the least capacity 
for stimulating bone growth (Table 3).

Figure 7 illustrates the results of the in vitro 
biological test, with the transmittance wavelengths 
ranging approximately from 300 to 1000 nm. After 24 
h of testing, the OLS disc exhibits significantly lower 
solution transmittance than the smooth disc, indicating 
higher OD values for the OLS disc group. This confirms 

a superior cell survival rate in the OLS disc group. 
Comparing different test times and their corresponding 
results reveals that the OLS structure indeed accelerates 
cell growth, while cell growth on the smooth disc is 
comparatively slow. This suggests that the structure of 
the OLS disc is better suited for facilitating both cell 
growth and proliferation.

3.3. Outcomes of the animal experiments
The results of the animal experiment revealed consistent 
stability, with no instances of implant displacement or 
dislodgement observed throughout the entire observation 
period. After a 12-week duration, the animals were 
sacrificed, and computerized tomography was utilized to 
capture images of the implants. The area encompassing 
both the implants and immature bone was reconstructed 
utilizing reverse engineering reconstruction software 
(Dragonfly, Object Research Systems (ORS), Montreal, 
Canada). In all three groups of implants, the percentage 
of intracavity growth exceeded 79.80%, underscoring 

Table 2. Evaluation of bone strain around the proximal and distal layers of the implant’s lattice
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Figure 6. Biomechanical test results of OLS implant, NLS implant, and bone cement. (a) Validation of finite element analysis results; (b) biomechanical 
test results. 

Table 3. Biomechanical test results of OLS implant, NLS implant, and bone cement

Biomechanical testBiomechanical test

Bone strain (μ)Bone strain (μ) OLS implantOLS implant NLS implantNLS implant Bone cementBone cement

ProximalProximal
layerlayer

Analysis valueAnalysis value 1752.61752.6 N/AN/A N/AN/A

Test #1Test #1 1977.821977.82 2087.822087.82 4035.334035.33

Test #2Test #2 2056.692056.69 2116.692116.69 4056.534056.53

Test #3Test #3 2104.812104.81 2113.1852113.185 4039.754039.75

AverageAverage 2046.442046.44 2105.902105.90 4043.874043.87

sd.sd. 64.1164.11 15.7515.75 11.1811.18

Differences (%)Differences (%) 16.7716.77 N/AN/A N/AN/A

DistalDistal
layerlayer

Analysis valueAnalysis value 1966.81966.8 N/AN/A N/AN/A

Test #1Test #1 2193.402193.40 1000.771000.77 1535.851535.85

Test #2Test #2 2262.822262.82 1012.031012.03 1478.541478.54

Test #3Test #3 2301.482301.48 970.31970.31 1435.041435.04

AverageAverage 2252.572252.57 994.37994.37 1483.151483.15

sd.sd. 54.7654.76 21.5821.58 50.5650.56

Differences (%)Differences (%) 14.5314.53 N/AN/A N/AN/A
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the efficacy of the lattice design in guiding bone growth 
and achieving favorable osseointegration. Conversely, the 
solid implants, characterized by the non-porous structure, 
restricted immature bone growth to the external periphery 
of the implant, impeding penetration into the implant itself. 
This limitation significantly compromised the implant’s 
ability to integrate with the surrounding bone. Notably, the 
volume of immature bone within the OLS surpassed the 
original implant cavity volume. This observation suggests 
that immature bone smoothly grows not only into the 
lattice structure but also along the implant’s periphery. 
The immature bone effectively encompasses the implant, 
thereby augmenting the implant’s osseointegration 
capability (Table 4).

4. Discussion
4.1. Optimal lattice structure design for implants in 
distal femur mechanical conditions
From a macroscopic perspective, it is crucial to examine 
the implant’s structure to ensure its capability to withstand 
the body’s weight and the daily-life force loading, such as 
those during walking, without suffering damage. In this 
study, the implant structure was designed to be hollow, with 
a thickness of 2 mm. The primary objective of this design 
was to allow for potential future incorporation of growth 
factors known to enhance osteoconductive properties.43,44 
The 2 mm thickness for the implant was based on relevant 
literature, which suggests that such a design could maintain 
adequate mechanical strength.45

Various structures, positions, and movement patterns 
within the body experience varying forms and magnitudes 

of loading. While walking, the hip bears an average load 
of 238% of body weight.46 In a sitting position, the lumbar 
spine undergoes a pressure load of approximately 1698 
N, contrasting with 1076 N in a standing position.47 
Throughout the gait cycle, the tibial and ankle regions 
can bear loads up to 3.5 times the body weight.48 The 
craniofacial region frequently experiences masticatory 
forces, with molars bearing a load of around 250 N.29 
Comparing the loads in each area reveals significant 
differences, emphasizing the necessity to design implant 
lattices differently to accommodate various loading 
conditions and expedite implant osseointegration.

4.2. Correlation between lattice structure 
parameters and material properties
From a microcosmic perspective, it is essential for the lattice 
structure on the implant surface to possess an appropriate 
elastic modulus and favorable osteoconductive properties 
to facilitate bone growth into it. A crucial design criterion 
for distal femur defect reconstruction implant is selecting 
lattice structure parameters whose elastic modulus aligned 
that of nature bone,10 while avoiding the stress shielding 
effect.49-52 Upon further exploration of the relationship 
between lattice pillar diameter and material properties 
(Figure 8), it becomes evident that the bone strain around 
the lattice increases as the pillar diameter increases. The 
elastic modulus of the lattice shows significant growth as 
the pillar diameter increases, up to 0.9 mm, reaching elastic 
moduli of 14.99 GPa and 15.88 GPa. However, this leads to 
strains on the surrounding bones exceeding 4000 μ.17 To 
prevent the lattice from having an excessively high elastic 
modulus, it is essential to avoid selecting a pillar diameter 
above 0.9 mm. The excessive modulus could adversely 

Figure 7. In vitro biological test results (solution transmittance and cell survival rate) for the smooth disc and OLS disc.



OLS design for distal femur osseointegration

555Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2590

International Journal of Bioprinting

impact strain distribution in the surrounding bone and 
reduce the lattice’s osteoconductive properties. 

Interestingly, when the lattice’s pillar diameter was set to 
1.0 mm, the strain generated by the lattice in contact with 
the bone decreased significantly, contrary to the expected 
increase, even though the elastic modulus increased to 
27.41 and 30.50 GPa. The change from a 0.9 mm to a 1.0 
mm pillar diameter resulted in the closure of quadrangular 
holes within the lattice structure (Figure 8). This alteration 
significantly increased the elastic modulus but also altered 
the strain patterns and tendencies within the bones. 
The surrounding bone strain did not reach the desired 
value with the altered lattice configuration. In this study, 
cuboctahedron lattices with pillar diameters greater than 
0.9 mm were categorized as different lattice types (different 
lattice families) and were not taken into consideration.

On the other hand, the alignment angles of the 
lattice also play a significant role in influencing bone 
strain. The analysis results indicated that a lattice 
alignment angle of 45° led to greater variations in bone 
strain when compared to a lattice arrangement angle 
of 0°. Intriguingly, while considering the different 
arrangement angles, it was noted that the changes in 

the elastic modulus of the lattice were not particularly 
substantial. This suggests that there might be additional 
factors contributing to the analytical outcomes. In this 
study, the surface area of the lattice (the area in contact 
with the bone) was calculated for various alignment 
angles. The results revealed that the lattice with 0° 
alignment exhibited a larger surface area, approximately 
1.25 to 2.88 times larger than that of the lattice with 45° 
alignment. According to the stress calculation equation 
(σ = P/A), stress is inversely proportional to the area.16 
This implies that, for a constant force (P), a smaller 
lattice surface area leads to higher stress on the bone in 
contact with the lattice, consequently increasing the bone 
strain53 (Figure 9). Therefore, the lattice was designed 
with parameters of 0.8 mm diameter and 45° alignment 
angle, which allow for generating bone strain close to, 
but not exceeding, 4000 μ, in the contacted bone. This 
design offers improved osteoconductive properties and 
enhances the osseointegration effect of the implant. 

Diverse lattice alignment angles not only yield different 
contact areas but also influence the stress distribution 
within the lattice. The bone strain in contact with the 
lattice structure increases as the lattice becomes stronger 
(exhibiting higher lattice stress, specifically von Mises 

Table 4. Animal experiment results, including computed tomography images and volume of the models and bone
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stress).54 The lattice structural stress was measured at 0° 
and 45° alignment angles (proximal layer lattice with a 
0.8 mm diameter), and the results showed that the stress 
in the 0° lattice structure was 1954.5 MPa, approximately 
16% lower than the stress in the 45° lattice structure 
(2272.8 MPa) (Figure 10). The stress distribution in the 45° 
lattice structure allowed for more effective transmission of 
forces from the bone-contact surface to the interior of the 
implant. Such efficient transmission facilitated continuous 
stimulation of bone cells as they grew deeper into the lattice 
structure, thereby enhancing cell attachment, migration, 
growth, and differentiation.

4.3. Sensitivity analysis of lattice diameter and 
alignment angle parameters
One main objective of this study was to identify which 
lattice structural parameter, either lattice strut diameter 
or lattice alignment angle, plays a more pivotal role 
in the design of distal femur reconstruction implants. 
Both parameters influence osteoconductive capacity 
and osseointegration, but the importance of their effects 
remained uncertain. To address this, sensitivity analysis 
was employed to identify the key factor among these 
lattice parameters. The sensitivity parameters, lattice pillar 
diameter (0.6/0.7/0.8/0.9 mm), and lattice alignment 
angle (0° and 45°) were calculated and analyzed using the 
sensitivity analysis module in Ansys software. The response 
variable in this analysis was bone strain in contact with 

the lattice. The sensitivity analysis utilizes the space-filling 
Latin hypercube sampling method of adaptive metamodel 
of optimal prognosis (AMOP) for point sampling. 
Response surface method (RSM) was applied to fit dataset 
and generate a response surface. The sensitivity value of the 
parameter was determined by calculating the slope of the 
response surface.55

The results of the sensitivity analysis showed that 
the lattice pillar diameter has a substantial influence 
on the response, accounting for 65.9%, while the lattice 
alignment angle contributes to 27% (Figure 11). These 
findings indicate that varying the lattice pillar diameter 
parameter has the most significant impact on bone strain. 
Notably, the results align with the findings obtained from 
the finite element analysis. The findings suggest that 
when altering the cuboctahedron lattice, emphasizing 
the design of the lattice diameter can effectively address 
various mechanical conditions and achieve the desired 
strain in the surrounding bone. This approach facilitates 
the application of various lattices for different patients 
with distal femur defect.

4.4. Bioactivity of the lattice-structured implant
In vitro biological test assessments have revealed the 
OLS implant’s structural compatibility with cell growth, 
indicating its suitability for cellular proliferation. Notably, 
even in the absence of mechanical loading, the observed 

Figure 8. Relationship between lattice pillar diameter/elastic modulus and bone strain.
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Figure 9. Relationship between lattice alignment angle/surface area and bone strain.

Figure 10. von Mises stress distribution for 0° and 45° lattice alignment angle.

outcome may be attributed to the porosity and structure 
of the lattice. The OLS implant’s surface features flat areas 
that offer a favorable environment for initial cell adhesion, 
promoting cell stabilization and survival. As cells grow into 
the lattice’s internal void, the OLS implant’s varied corner 
features facilitate cell clustering, inducing differentiation 
and proliferation. Consequently, the OLS implant 
demonstrated superior biological activity compared to the 
smooth disc in in vitro biological tests. 

Additionally, literature suggests that a lattice porosity 
ranging from 60% to 70% is deemed optimal for cell 
growth.56 In alignment with this, the OLS implant exhibited 
a porosity of 69.8% in this study. This affirms that, for 
favorable bone growth characteristics, the lattice must not 
only undergo mechanical stimulation but also possess a 
structure conducive to cellular growth. Such attributes 
are crucial for facilitating the implant to achieve favorable 
osseointegration. 



OLS design for distal femur osseointegration

558Volume 10 Issue 2 (2024) doi: 10.36922/ijb.2590

International Journal of Bioprinting

In future studies, enhancing lattice bone growth 
could involve filling the lattice voids with growth factors, 
potentially inducing and accelerating osteoblasts to 
grow into the voids.57-60 The present study introduces a 
lattice structure designed to stimulate the bone interface. 
Moreover, its capability to carry growth factors or drugs 
within the void accelerates osteoblast differentiation 
and proliferation.

4.5. Implications of biomechanical test results for 
clinical applications
Variations in implant structures and strengths impact the 
stress distribution between the femur and the implant, 
as well as the strain distribution in the surrounding 
bone. The absence of microstructure on the exterior of 
the implant (NLS implant) leads to an overall increase 
in the elastic modulus of the implant. This increase may 
result in stress shielding in the proximal layer of the 
implant, which has been well-documented in previous 
studies.49-52 Additionally, this effect causes a decrease 
in the strain on the bone in contact with the implant, 
leading to surrounding bone loss and affecting the strain 
in the distal layer of the bone. Bone cement exhibited 
results opposite to those of NLS implant, primarily due 
to its lower modulus of elasticity (2.65 GPa).61 The strain 
on the bone head in contact with the proximal layer of 
the implant exceeded 4000 μ, hindering bone growth 
stimulation and reducing osseointegration efficiency. From 
a structural perspective, neither the NLS implant nor the 
bone cement provides an ideal environment for osteoblast 

attachment, differentiation, and growth. In contrast, 
the lattice structure design of the implant offers distinct 
advantages in this regard. By modifying the lattice design, 
adjusting the implant’s elastic modulus, and optimizing 
the bone contact area, a more favorable environment for 
osteoblast attachment, differentiation, and growth can be 
created. This, in turn, allows for early osseointegration 
in the weight-bearing area of the reconstructed femur.62 
Such early osseointegration is vital for the restoration of 
strength loading, ultimately enabling the patient to regain 
their daily mobility.

The lattice structure serves as a specialized design to 
foster an environment conducive to osseointegration, 
with its structural strength tailored to align with the 
specific biomechanical conditions of distinct body 
regions. To assess the suitability of the lattice structure 
for cell attachment, growth, and reproduction in a static 
environment, an in vitro biological test was conducted. 
The in vivo osseointegration capability of the implant was 
verified through the animal experiment, in which the 
implant was inserted into the pig femur, mimicking the 
biomechanical conditions and responses in the human 
body. Results from both tests demonstrated that the lattice 
structure provided increased 3D space on the implant’s 
surface, effectively promoting osseointegration. Existing 
literature suggests that femur bone healing typically spans 
8 to 14 weeks.63 In comparison, our animal experiment 
revealed that the OLS implant achieved nearly full cavity 
volume growth (approximately 80%) within 12 weeks. 

Figure 11. Sensitivity analysis results for the diameter of lattice pillars and lattice alignment angles.
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This confirms that the osseointegration time between the 
defective bone and the implant is comparable to the bone-
to-bone osseointegration time.

4.6. Limitations of the study
In this study, the OLS implant was designed specifically for 
a distinct region of the distal femur. Future considerations 
should involve gathering cases of distal femur tumors or 
fractures, segmenting the femur into sections, and designing 
varied optimal microstructures based on the diverse 
biomechanical conditions of each section. This approach aims 
to comply with the clinical requirements of osseointegration.

5. Conclusion
This study aimed to develop an innovative implant for 
reconstructing large bone defects in the distal femur, 
focusing on optimizing the lattice design at the bone 
interface to effectively stimulate surrounding bone 
growth. By utilizing the biomechanical conditions 
specific to the distal femur and employing finite element 
analysis, we determined that a lattice design featuring a 
0.8 mm pillar diameter and a 45° alignment angle would 
induce the appropriate strain in the surrounding bone 
for bone growth (approximating 4000 μ). Biomechanical 
tests further confirmed that the OLS implant efficiently 
stimulates the surrounding bone, generating a strain 
ranging from 2046.4 μ to 2252.57 μ, conducive to bone 
growth. In vitro biological tests have substantiated that the 
conductivity of the OLS implant is conducive to promoting 
cell growth and proliferation. Additionally, animal studies 
have demonstrated that the material and structural 
characteristics of the OLS implant effectively induce 
osseointegration, with the percentage of intraluminal 
growth exceeding 79.8%. The implant’s notable bioactivity 
also enhances its osseointegration capability.
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