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EDITORIAL

Call for 2nd Editorial Board Meeting: A milestone for

1JB

Editor—in-Chief: Chee Kai Chual+?

! Executive Director, Singapore Centre for 3D Printing, Singapore

2 Professor, Manufacturing and Industrial Engineering Cluster, School of Mechanical and Aerospace Engineering,

College of Engineering, Nanyang Technological University, Singapore

http://dx.doi.org/10.18063/1JB.v4i1.131.

Welcome to the year of 2018!

I am glad to announce that all papers published in
IJB (since July 2015) are now indexed in Web of
Science under the category of Emerging Sources
Citation Index (ESCI). This will greatly increase the
visibility of 1JB, encourage future submissions and
establish scientific impact. Meanwhile, 1JB has been
accepted for inclusion in Scopus since December 2017,
the initiation of indexing process will take about three
months. By March or April 2018, all papers published
in 1JB should be indexed in Scopus.

I am also glad to announce that the 3™ International
Conference on Progress in Additive Manufacturing
(PRO-AM) will be held at the Nanyang Technological
University (NTU), Singapore on 14-17" May 2018.
Prior to the conference, the 2™ Editorial Board
Meeting of 1JB will be held at the Singapore Centre
for 3D Printing (within NTU) on the afternoon of 14t
May. The main agenda are to hear and discuss the
publisher’s publication report on IJB and to make
decisions on renewal of editorial board membership
which is a 3-year contract. This meeting is a milestone
for 1JB because a new editorial board team will be
formed to take care of the growing journal after its
acceptance into both Web of Science and Scopus. It is
a new era for IJB and many new challenges are ahead.
We will make sure that IJB continues to perform in
good hands. All in all, I am sincerely thankful to
everyone who sees IJB as an added value to their
publications.

This issue of IJB covers 1 review, 2 perspectives
and 6 original research articles. Song presents recent
advances in 3D printing of hydrogel composite
systems for tissue engineering applications, with a
focus on polymer- or hydrogel-hydrogel composites,
particle-reinforced hydrogel composites, fiber-reinforced
hydrogel composites, and anisotropic filler-reinforced
hydrogel composites. While Lepowsky and Tasoglu
argue that 3D printing for drug manufacturing is the
future of pharmaceutical industries, owing to
controlled release, personalised doses and on demand
printing. Wang discusses recent progresses in organ
3D bioprinting and shares her perspective in this field.
Shuai et al. reports an nMgO containing bone scaffold,
which is antibacterial, degradable and biocompatible.
Liang et al. present a coaxial nozzle-assisted
electrohydrodynamic printing method to fabricate
cell-laden 3D structures simultaneously with high
resolution and high cell viability. Deng et al. discover
that a corrosion resistant Mg alloy could be obtained
for clinical applications when blending B-TCP with
Mg-6Zn-1Zr (ZK60) and fabricating it using laser
rapid solidification. Spriphutkiat et al. present how
Standing Surface Acoustic Wave (SSAW) can be used
to generate round shaped cell spheroids in a few
minutes. Behbehani et al. show that 3D in vitro model
can help evaluate the performance of different nerve
guide conduits prior to animal testing.

Call for 2nd Editorial Board Meeting: A milestone for IJB. © 2018 Chua CK. This is an Open Access article distributed under the terms of the
Creative Commons Attribution-NonCommercial 4.0 International License (http://creativecommons.org/licenses/by-nc/4.0/), permitting all
non-commercial use, distribution, and reproduction in any medium, provided the original work is properly cited.
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PERSPECTIVE

3D printing for drug manufacturing: A perspective on
the future of pharmaceuticals
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Abstract: Since a three-dimensional (3D) printed drug was first approved by the Food and Drug Administration in 2015,
there has been a growing interest in 3D printing for drug manufacturing. There are multiple 3D printing methods — including
selective laser sintering, binder deposition, stereolithography, inkjet printing, extrusion-based printing, and fused deposition
modeling — which are compatible with printing drug products, in addition to both polymer filaments and hydrogels as
materials for drug carriers. We see the adaptability of 3D printing as a revolutionary force in the pharmaceutical industry.
Release characteristics of drugs may be controlled by complex 3D printed geometries and architectures. Precise and unique
doses can be engineered and fabricated via 3D printing according to individual prescriptions. On-demand printing of drug
products can be implemented for drugs with limited shelf life or for patient-specific medications, offering an alternative to
traditional compounding pharmacies. For these reasons, 3D printing for drug manufacturing is the future of pharmaceuticals,
making personalized medicine possible while also transforming pharmacies.
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1. Introduction has been growing since the Food and Drug Adminis-

. . o . tration (FDA) approved the first 3D printed drug in
Three-dimensional (3D) printing is an additive manu- 201521 Several methods and materials have since

facturing method whereby successive layers of material  peen jnvestigated and demonstrated to serve this pur-
are deposited/solidified to form a 3D structure. This  1456l"2291 Selective laser sintering (SLS) is the most
technology has been applied in numerous fields, re-  analogous method to the common drug manufacturing
presenting the large variety of possible applications,  process of powder pressing, in that it relies on loose
including the consumer goods industry™, aerospace  powder that becomes joined into a solid object. Another
research’®, regenerative medicine*, medical device powder-based method is binder deposition, in which a
development™*** and the automotive industry™.  liquid binding solution is printed onto a bed of powder.
An emerging application of 3D printing is for drug  Stereolithography, the selective solidification of a pool/
manufacturing®”"*4. bed of photosensitive material, may also be used for drug

Interest in 3D printing of pharmaceutical products manufacturing. Inkjet printing offers high resolution
3D printing for drug manufacturing: A perspective on the future of pharmaceuticals. © 2018 Lepowsky E and Tasoglu S. This is an Open Access article
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printing of viscous materials. Extrusion printing is ano-
ther alternative method which is compatible with both
viscous and solid materials. Furthermore, drug products
can be printed using hydrogels or polymer-based fila-
ments™,

The rationales supporting the increasing research in
3D printing for drug manufacturing are noteworthy. In
general, there is a demand for adaptability, a feature that
is not often seen in pharmaceuticals””. This includes
the ability to fabricate dosage forms with complex geo-
metries and architectures, which directly correlates
to increased complexity and control over release cha-
racteristics. The adaptability of 3D printing may also
be applied for the precise and unique dosing of drugs,
whereby drug doses can be printed with the safety of
digital control. Additionally, multiple doses or multiple
drugs can be printed together in a singular dosage form.
Finally and importantly, 3D printing allows for drug
products to be adapted for on-demand, prescription-
specific production. The ability of on-the-spot drug
fabrication will have major implications in emergency
medicine and for medications with limited shelf-life!".
Furthermore, 3D printing of drugs means that they
can be manufactured for patients on an individualized
basis. This capacity directly responds to the demand
for individualized medicine and healthcare'”. Patient-
specific medicine entails the modification of drug
dosing and combinations to meet the individual’s

A B

needs. Conventional drug manufacturing methods lack
the ability to fulfill this necessity, as they focus on
large-scale batches™. There is little flexibility in the
typical manufacturing process, requiring several steps
which would be too difficult to tailor for a small batch.
Conversely, 3D printing-based fabrication of drug
products can be changed between prescriptions, also
showing promise to transform pharmacy compounding.

Herein, we provide a case for the exploration of 3D
printing for drug manufacturing. We first review 3D
printing methods and materials that are applicable to
drug manufacturing. Then, we elaborate on the benefits
of this developing approach in pharmaceuticals,
justifying why the FDA has encouraged continued
development of 3D printed products™*". We see the
3D printing of drug products as the next imminent
revolution in the medicine and healthcare industries, and
aim to demonstrate it as such.

2. Applicable 3D Printing Methods

For the purposes of printing drug products, we are
concerned with 3D printing technology which utilizes
bio-compatible materials that incorporate pharmaceutical
elements. There are numerous 3D printing methods,
many of which have previously been reported as adapted
for bioprinting and drug manufacturing needs®”**!. In
particular, SLS (Figure 1A), binder deposition (Figure
1B), stereolithography (Figure 1C), inkjet printing

C

Figure 1. 3D printing methods for drug manufacturing. (A) Selective laser sintering. A laser is directed towards a bed of powder which
is refilled by a roller system; the laser solidifies the powder to form the desired print. (B) Binder deposition. A binding solution is spotted
onto a bed of powder which is refilled by a roller system; upon contact, the binder causes the powder to dissolve and re-crystalize.
(C) Stereolithography. A laser is directed towards an inverted print bed which is submerged in a pool of photosensitive ink; the ink is
cured and solidified by the laser. (D) Inkjet printing. On the left, a thermal inkjet nozzle uses a heating element to create a bubble in the
continuous flow of ink, which generates a droplet. On the right, a piezoelectric element uses electrical pulses to create an acoustic wave
which causes the formation of an air bubble, thereby generating a droplet. (E) Extrusion-based printing (of viscous materials). On the left,
a piston is used to apply mechanical pressure to the ink to extrude a continuous stream. On the right, pneumatic pressure is applied from
above to extrude the ink. (F) Fused deposition modeling (for solid materials). Solid filament is fed through the nozzle by rollers, then
melted by heating elements within the nozzle, and extruded on the print bed.
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(Figure 1D), and extrusion-based printing (Figures
1E and F) are ideal approaches for printing for drug
manufacturing.

2.1 Powder-Based Printing

Powder-based printing methods are the most similar
3D printing method to the common drug manufacturing
method of powder pressing, in which a bed of powder is
pressed into a pre-fabricated mold. By the SLS method, a
thermal-sensitive powder is spread over the build surface
by a roller and pressed to form the appropriate layer
thickness®”. After the layer of powder is established, a
laser supplies thermal energy to the powder to stimulate
the melting and bonding of powder into the desired
form™. This process of spreading powder followed by
laser sintering is repeated for each successive layer. SLS
also allows for partial sintering, and the encapsulation of
non-sintered material within a sintered shell.

An additional powder-based method is binder depo-
sition™. Following the same procedure for powder
spreading, binder deposition is an additive method
that builds from a bed of powder layers. Instead of a
laser melting the powder as in SLS, a binder solution is
spotted onto the powder. This binder solution dissolves
the powder which then re-crystalizes to form the solid
form. By this method, the drug ingredients may either be
mixed in with the powder, or the drug may be mixed into
the binder solution.

2.2 Stereolithography

Similar to SLS, stereolithography utilizes a laser or
projector to solidify material while in a bulk setting.
With stereolithography, also known more generally as
photo-polymerization, the drug would be dissolved into
a liquid pool of hydrogel or resin material™*%. The
material of choice must be photosensitive. When the
laser light shines onto the surface of the pool/bed of
photosensitive, drug-loaded material, the material cures
and solidifies. This method is extremely high resolution
and considerably fast, but the nature of the pool of
drug-loaded material has an inherent risk of cross-
contamination between the fabrications of different drug
products.

2.3 Inkjet Printing

Inkjet-based printing follows the same principles as a
commercial inkjet printer for paper: ink is deposited onto
a substrate by either a thermal-driven or piezoelectric-
driven nozzle, offering high resolution printing capa-
bilities. With the introduction of z-axis motion, 3D
patterns may be fabricated by this method.

For the thermal inkjet printing approach, a thermal
element within the print head generates droplets of
ink. This heating element is electrically-controlled to

cyclically produce brief spikes in thermal energy which
is transferred to the ink™". The increase in thermal
energy causes the formation of a small bubble, which
provides a pulse of pressure to force ink out of the
nozzle, thereby producing a droplet™*,

An alternative to thermal inkjet printing is the piezo-
electric approach, which implements a piezoelectric
actuator to form droplets. A piezoelectric crystal within
the print head is stimulated when voltage is applied,
which induces a rapid, reversible deformation™. This
deformation propagates acoustic waves which supply
the pulse of pressure needed to disrupt the flow of ink
through the print head, thereby producing droplets.

The inkjet printing method can further be applied
to microvalve-based 3D printing. Microvalve printing
utilizes a motorized stage comprised of an array of mi-
crovalves which are capable of depositing droplets of
material® . Each microvalve is connected to its own
pressure regulator, allowing for individual control of each
one. By controlling the stage and the pressure regulators
in unison, various materials can be simultaneously
deposited. This scheme has been previously applied to
cell-laden bioprinting, whereby support material, growth
media, and cell-laden material were printed together™”.
Microvalve-based 3D printing can be applied to drug
fabrication by depositing various drug-loaded materials
along with binders, scaffolds, and other biodegradable
materials.

2.4 Extrusion-Based Printing

Extrusion-based printing entails the extrusion of a
continuous stream of ink, as compared to the droplets
which are formed via inkjet printing. By using this
method, the substrate material is mixed with the drug
of interest, and deposited by a nozzle or needle. The
substrate may be a viscous liquid or a solid filament.
Furthermore, advances in micro-extrusion allow for
highly precise deposition of drug-loaded material for
small-scale products®™.

3. Material Considerations

In discussing 3D printed pharmaceuticals, it is also
important to consider the type of material — whether it be
a powder, solid bulk, or liquefied substance — that is used
to print the drug product™. SLS and binder deposition
both require a powder substance. Compatible with
extrusion-based printing, fused deposition modeling
(FDM) relies on the extrusion of solid filaments loaded
with the desired drug. Due to the reliance on solid
polymer-based filaments, this method poses more
challenges in making it appropriate for oral dosage
medicines. Conversely, natural and synthetic hydrogels
have a more viscous consistency that makes them more
appropriate for oral drug products. Additionally, the

International Journal of Bioprinting (2018)-Volume 4, Issue 1 3
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viscous nature of hydrogels allows for extrusion-based
or inkjet-based printing. Finally, various forms of smart
materials are described for drug delivery applications.

3.1 Materials for Powder-Based Printing

Materials used for powder-based printing methods
must meet certain criteria for printability. With respect
to binder deposition, the requirements and necessary
parameters of the materials used are relatively straight-
forward. Factors that impact the printability include
particle size, binder viscosity, droplet size of the binder
solution, the concentration of the binder solutions, and
the thickness of each powder layer””. The powder size
must not be too small as to cause low flowability, nor
may it be too large such that high density printed parts
are not feasible. Additionally, the binder solution must
be of low enough viscosity and high surface tension to
precisely form small droplets, while also being able to
penetrate the layer of powder. This is interdependent on
the requirement that the powder layer be thin enough for
binder saturation, but thick enough to prevent excessive
binding. In most cases of binder deposition printing,
the binder solution acts as a solvent for the powder,
whereby the powder is dissolved upon contact with the
binder™*“. The binder-powder mixture may either dry
to form the solid part, or the materials may react to cause
localized polymerization, curing or bonding. Examples
of such powders may include soluble polymers, plastics
and starches, while binders include chloroform and
water, among other solvents.

Selective laser sintering has more complexity in-
volved with material selection. Powders that have
been previously studied include polyamides, poly-¢-
caprolactone (PCL), hydroxyapatite (HA), polyethylene
(PE) and poly(lactic acid) (PLA)"°. By nature of
SLS, a laser applies localized heat to selectively melt
the powder where the laser strikes. To facilitate this
process, the entire powder bed may be maintained
at a temperature just below the melting point of the
powder™. The powder material must withstand the
elevated temperature of the print bed without degrading
or agglomerating™”. Ideally, the powder possesses a
high melting point and a relatively lower glass transition
temperature, which is often seen if the material exists
as a semi-crystalline polymer at room temperature®?.
These thermal properties make the material suitable
for printing at high temperatures. In the case of semi-
crystalline polymers, the powder bed would be held at a
temperature above the glass transition temperature, close
to the melting point. At this state, the laser only needs
to introduce enough energy to exceed the point of phase
transition, while minimizing the temperature increase in
the surrounding powder!*",

The powders used in SLS can range in particle size

on the scale of microns to hundreds of microns“®. For
all particle sizes, the laser sintering causes the forma-
tion of necks between the particles; these necks, or
linkages, remain small compared to the size of the
particles themselves. This neck formation process is
due to the surface heating of adjacent powder particles,
and therefore is a function of particle size and shape,
temperature, and the relative arrangement and density
of particles. Particle size also contributes to another
important material property, one which is shared with
the binder deposition method: the flowability of the
powder. Flowability refers to the ease of spreading
precisely controlled layers of desired thickness; this
parameter is directly related to the granulometry and
morphology of the particles"”. For instance, small par-
ticles at high density lead to lower flowability. On the
other hand, high density powder is better suited for
accuracy and strength of the sintered part. To balance
these characteristics, particles are preferred to be near-
spherical and flowability agents are often added!”.

3.2 Fused Deposition of Solid Materials

Fused deposition modeling (FDM) 3D printers are a
specific category of extrusion-based printers which use
a solid, polymer filament. The filament is fed through an
electronically controlled nozzle which melts the filament
and deposits it onto the print bed where the melted
filament solidifies into the final 3D printed form. Such
printers are simple and versatile, and are compatible
with filaments such as poly(lactic acid) (PLA), poly(vinyl
alcohol) (PVA), and ethylene vinyl acetate (EVA)*,
Due to the polymer nature of the filaments, they exhibit
considerable structural stability after printing and
solidifying. These filaments are also largely water-
soluble, and are capable of being loaded with a drug
in solution. Filament can be loaded with varying con-
centrations of drugs for specified doses by dissolving
the drug in an ethanolic solution and submerging the
unprinted, solid filament in the solution®**4. Filament
can also be loaded with drugs by melting the filament
and re-solidifying it after the addition of the drugs®™.
Once the 3D printed drug product is placed in vivo,
the drug itself will diffuse out of the print, while the
biodegradable filament will dissolve over time.

3.3 Natural and Synthetic Hydrogels

As opposed to the solid nature of polymer-based fila-
ments used in FDM printing, hydrogels are viscous
and capable of being extruded or deposited as droplets
via extrusion-based printing and inkjet-based printing,
respectively. Implementing a controllable gelling hydro-
gel system, many layers of drug-loaded hydrogels can
be printed into 3D structures, characterized by pores
and channels which can be printed into the materials

4 International Journal of Bioprinting (2018)-Volume 4, Issue 1
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according to programmable patterns®?. Following
printing, curing and soaking, the hydrogel patterns
develop into water-swollen networks formed by the
deposited hydrogel material®>". These networks ex-
hibit considerable porosity and high diffusion rates
for various substances, and of particular interest is the
ability to carry and release loaded drugs. Additionally,
some hydrogels even respond to pH, temperature, or
enzymatic activity, enabling controlled and targeted
release of drugs®™ ",

Hydrogels may be formed with either naturally-derived
or synthetic materials, each having nuanced properties
and applications. Natural hydrogel materials include
alginate, gelatin, agarose, fibrin and chitosan®"*3, Syn-
thetic materials include poly (ethylene glycol) (PEG),
oligo(poly(ethylene glycol) fumarate) (OPF) and poly
(acrylic acid) derivatives (PAA). PEG is a commonly
used hydrogel material for drug delivery due to its non-
toxic and non-adhesive properties, in addition to its
compatibility with crosslinking which allows for more
durable internal bonds to finalize the printed shape.

A more recent hydrogel contender in the field is
gelatin methacryloyl (GelMA), which is an inexpensive
biomaterial naturally derived from denatured colla-
gen and chemically modified by the addition of a
methacrylate group™. Similar to PEG, GelMA can be
photo-crosslinked; when exposed to light in the presence
of a photoinitiator, the methacrylate groups of the
GelMA crosslink with each other, forming a gel. GeIMA
also exhibits the benefit of a temperature-dependent
viscosity transition which makes it ideal for 3D printing.
Furthermore, GeIMA has been demonstrated as a drug
delivery hydrogel by combining it with PAA, whereby
the relative concentration of PAA controls the degree of
and timing of drug release™”.

Pertaining to the formulation of all hydrogel materials,
various parameters must be considered to achieve ma-
terial properties suitable for high-resolution drug manu-
facturing. The type of crosslinking directly impacts
the degradability and mechanical properties of the
printed hydrogel®™ 7. Hydrogels can be chemically
crosslinked — radical polymerization, reaction with
complementary or end groups, and enzymatic activity
— or physically crosslinked — crystallization, ionic inte-
ractions, hydrogen bonds, and protein interactions. Each
form of crosslinking has varying levels of rigidity and
degradability; stronger and greater numbers of bonds
are associated with stronger printed products, but at
the expense of lower degradability. For drug delivery
application, the crosslinking bonds must be strong and
plentiful enough to maintain the hydrogel for a given
time period, but must also be weak and few enough to
breakdown and degrade. In addition to the crosslinking,
the combination of materials is also an important factor:

multiple materials can be combined into a copolymer, in
which case the relative ratios of each individual material
tunes the final material properties™®*"\. Copolymers can
also be utilized to control the drug release by leveraging
hydrophobic and hydrophilic properties of both the in-
dividual hydrogel materials and of the added drug(s)
[0 For instance, the release of a hydrophilic drug can
be controlled and slowed by embedding it within a
hydrophobic hydrogel. An alternative example, a non-
degrading hydrophobic hydrogel that has excellent
thermo-mechanical properties can be modified to be
biodegradable by the addition of hydrophilic material.
Another consideration is the viscosity, surface tension,
and temperature-dependent properties of hydrogels.
These factors are crucial for finding or synthesizing
materials that are appropriate for 3D printing®®"?. A
final limitation of practically all hydrogels that should
be considered is the geometric precision during the 3D
printing process. When printing drugs, accuracy is of
utmost importance, yet due to the low viscosity during
printing and the gelatinous consistency post-printing,
accurately printing corners or small designs can be very
difficult.

As for the loading of the drug into the hydrogel,
two general methods have been presented: the printed
hydrogel may be placed into a liquid medium saturated
with the drug, or the drug may be pre-mixed into the
hydrogel material®. These methods have been reported
as diffusion and entrapment, respectively. Diffusion
relies on the porosity of the hydrogel in order to take
up and store the drug. Entrapment is more suitable for
drugs with larger molecule sizes or for more careful
and specific drug loading. Alternatively, drugs can also
be directly deposited into the middle of a print, thereby
entrapping the drug inside a hydrogel drug carrier. With
both diffusion and entrapment, once the 3D printed
drug-loaded hydrogel is placed in vivo, similar to a
FDM-fabricated drug, the drug will diffuse out of the
hydrogel network. The concentration gradient of the
drug formed between the 3D print and the surrounding
environment may cause an initial burst release or a
triphasic release profile — burst release due to swelling
and drugs eluted from the surface, followed by zero
order release, and finished by a second phase of rapid
release as the hydrogel degrades — dependent on various
factors™ . These factors include the size of the drug
particles relative to the pore size of the hydrogel (if
the drug is larger than the pores, diffusion is restricted,
thereby reducing the burst release effect), the distribution
of drug particles within the print (if the surface of the
printed hydrogel contains a large concentration of the
drug, a burst release is more likely), and whether the
drug is loaded by mixing or bonding®®”. Herein lies
another advantage of hydrogels over solid materials:

International Journal of Bioprinting (2018)-Volume 4, Issue 1 5



3D printing for drug manufacturing: A perspective on the future of pharmaceuticals

drugs can be covalently or physically linked to the
hydrogel network to limit the drug’s release, whereas
this is impossible in FDM"*", Drug release would only
occur as the bond between the drug and hydrogel, or the
hydrogel itself, degrades. It is important to note, though,
that degradation of hydrogels often occurs primarily by
bulk degradation, as opposed to surface degradation,
due to high diffusion; surface erosion would be made
possible by further modification and careful selection of
the hydrogel materials""®.

3.4 Smart Materials for Drug Delivery

Drug delivery can greatly benefit from smart materials
which are compatible with 3D printing. More spe-
cifically, smart materials of interest include shape
memory materials and environment-stimulated materials
such as pH- and temperature-sensitive materials. In
general terms, degradable shape memory polymer
(SMP) are multifunctional materials which are designed
to conform to their therapeutically relevant shape and
mechanical properties after implantation”. SMPs are
considered active polymers, as they change from a
temporary shape to their original, permanent shape upon
exposure to a stimulus. This controllable, conformable
change can be leveraged for drug delivery. Most com-
monly, the stimulus is in the form of a temperature
change, i.e. the internal temperature of the human body
compared to the outside temperature. pH-sensitive ma-
terials are also very useful in designing SMPs: due to
the dependence on the physiological environment of the
drug, pH sensitivity can act as a reversible switch for
drug release as the drug form migrates through the body
or as the environment changes in acidity/alkalinity™.
Other possible stimuli include light, pressure, or a mag-
netic or electric field™".

When considering the printing of SMPs, it is often
referred to as four-dimensional (4D) printing, wherein
the fourth dimension is time®® . After 3D printing
the drug form, the printed drug can change its shape or
functionality when the external stimulus is applied. For
instance, a drug form can be printed that has high surface

area in its permanent shape but a compact, low surface
area shape in its temporary shape; the drug would be
ingested or implanted while in its compact shape, and
once in the targeted location, external stimulus would
cause the transformation to its high surface area shape to
allow for high drug release rates.

Importantly, researchers have shown that the incor-
poration of drugs does not have a significant impact on
the thermo-mechanical behavior and shape memory
properties of the SMPs™ "), Furthermore, SMPs exhibit-
ing biodegradability and zero-order drug release have
also been developed”*®. By leveraging the elastic
properties of particular SMPs combined with hydro-
phobic materials, SMPs can be designed to release
drugs without an initial burst followed by hydrolytic
degradation. Another exemplary implementation of
SMPs is for double layer delivery systems®™. A multi-
layer approach allows for finer tuning of drug release,
while still maintaining the mechanical properties of
an elastic material ideal for implantable applications.
With a focus on drug eluting implants, SMP stents
have been designed to perform a double duty: provide
the mechanical function of an implantable stent while
simultaneously delivery drugs®. By adding the drug
eluting feature to SMPs, implants and stents can be

designed with anti-inflammatory agents built-in®".

4. Benefits of 3D printing for Drug Manu-
facturing

Once an appropriate 3D printing method is determined
and the material best suited for the pharmaceutical
application is selected, it is a matter of developing and
printing the drug itself. It is at this stage in the drug
manufacturing process where 3D printing presents itself
as the ideal approach, attributed to some noteworthy
benefits®. One of the primary considerations in the
delivery of drugs is the release characteristics. 3D
printing enables increased geometric and architectural
complexity, facile fabrication of multi-layer delivery
systems, and the application of various controlled
release mechanisms. Printing as an approach for drug

Figure 2. Theoretical scheme of 3D printing for drug manufacturing. Based on a patient’s specific prescription from his doctor, a custom
medication is designed via computer-aided design. The dosage form may be composed of complex geometries, multiple doses, or even
multiple drugs. Drug-loaded bioink (biocompatible material) is then 3D printed on-demand.
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manufacturing also introduces precise and unique
dosing, and the ability to create multi-dose or multi-
drug pharmaceutical products. Dosing may also be
tailored specifically for individual patients. Similarly,
the printing of drugs makes point-of-care, pharmacy-
based drug production possible, without the risks
and extensive fabrication time associated with com-
pounding pharmacies. These benefits of 3D printing
for drug manufacturing pave the way for the future of
pharmaceuticals (Figure 2).

4.1 Release Characteristics of Drugs

The release characteristics of a drug refer to the quantity
of the loaded drug that is emitted from the dosage form
with respect to elapsed time. This has a significant im-
pact on the application and relative effectiveness of the
medication. One manner of manipulating the release
characteristic of a drug is the geometric design and
architectural complexity of the drug product. 3D printing
is an ideal method for increasing the geometric and
architectural complexity of dosage forms. 3D printing
allows for custom-designed, discrete shapes to be fa-
bricated, each with its own respective release timing.
For instance, tablets of various shapes prepared with a
constant surface area-to-volume ratio display different
drug release rates, from fastest to slowest: sphere, cube,
torus, cylinder and pyramid®. These findings are the
result of drug diffusion and polymer dissolution**!,
The predominance of one of these factors over the
other depends on the tablet shape and the solubility of
the drug that is loaded in the tablet. This information
can be leveraged with the capabilities of 3D printers
to manufacture drugs with purposeful geometries
for different release characteristics; in particular, by
diverging away from typical spherical forms, 3D printing
for drug manufacturing enables different and more
precise drug delivery functions®.

In addition to creating complex architectures of drug
carriers, 3D printing is also capable of fabricating multi-
layer delivery systems. Bilayer tablets are common for
controlled release delivery systems, by incorporating
instant-release and slow-release layers in the same
dosage form. While bilayer tablets are not a novel
pharmaceutical product, the ability to fabricate them in
essentially a single step by means of a 3D printer may
revolutionize the process”™”. Furthermore, controlling the
release timing by printing the carrier in different shapes
and densities may also contribute to greater control over
burst release, which is the phenomenon of excess drug
being released upon initial contact with the dissolution
medial™.

A final and important consideration for the release
characteristics of drugs is the material of the drug
carrier. As described above, hydrogel is a great candidate

for a 3D printing medium, as well as for a drug carrier.
Hydrogels also exhibit a diverse range of controlled re-
lease functions®®. As a material property, many hydro-
gels are biodegradable over time, which lends itself to
taking advantage of polymer dissolution as a form of
controlled release. Additionally, due to the high diffusion
of hydrogels, they may also be leveraged for diffusion-
controlled release and swelling-controlled release.
Finally, hydrogels are also compatible with chemically-
controlled release.

4.2 Precise and Unique Dosing

3D printing of drug products enables a newfound level of
customization and personalization in drug dosing that is
nearly impossible using typical commercial, mass-scale
production methods. Presently, proper dosing is often
imprecise, which can have costly results, in terms of
both money and health™. While clinical pharmacology
studies have been conducted to improve methods of drug
dosing control and to help doctors prescribe the correct
dose on a patient-to-patient basis, less work has focused
on the production of the prescribed doses. 3D printing
offers highly-precise fabrication, in addition to the
capacity of unique dosing, all attributed to the free-form
nature of 3D printing.

Exemplifying the application of 3D printing to pro-
vide precise dosing, a flexible-dose dispenser was
developed that combines FDM 3D printing with hot melt
extrusion (HME), which is a common pharmaceutical
manufacturing process'®. HME was implemented to
produce drug-loaded filament by accurately mixing
the drug with the filament material via a twin-screw
compounder, thereby providing digital control over the
concentration of drug melted into the filament. Following
the HME process, the drug-loaded filament was used in
a FDM printer to direct-write pharmaceutical tablets,
which also introduces a high level of digital control
through the design of the 3D printed tablets. Leveraging
the linear relationship between the mass and volume of
printed tablets, tablets of varying doses were able to be
printed with high precision.

Digital control over drug dosing is not limited to
FDM 3D printing; it has also been demonstrated with
hydrogels which are compatible with inkjet printing.
Following the deposition of drug-loaded hydrogel
material, the hydrogel is cured by exposure to ultraviolet
(UV) or near-UV light, which causes photo-initiator
embedded within the material to crosslink. This photo-
sensitive crosslinking may be utilized as a mean of
digital drug dosing by using a projector to precisely cure
a portion of the printed hydrogel™. The cured portion
of the hydrogel forms the drug dose, while the uncured
hydrogel can be washed away.

3D printing for drug manufacturing also advances

International Journal of Bioprinting (2018)-Volume 4, Issue 1 7



3D printing for drug manufacturing: A perspective on the future of pharmaceuticals

drug dosing by making multi-drug and multi-dose
carriers not only possible, but simple to fabricate.
So called “polypills” can be created by combining
different drugs, materials with varying concentrations
of the same or different drugs, and various materials
with differing release characteristics into the same pill.
3D printing is the most effective and efficient method
for accomplishing this™®'*. Multiple drugs can be
combined in a pill by printing with multiple filaments
or inks, each loaded with a different drug. Likewise,
multiple materials can be printed simultaneously to form
a single pill comprising multiple release characteristics.
These capacities come together to produce a myriad
of possibilities, including, but not limited to: multiple
layers, self-contained compartments, and inner-to-
outer variation, each with either different doses or even
different drugs. Such polypills made possible by 3D
printing may very well be the future of precise and
unique drug dosing.

4.3 On-Demand Capabilities

Point-of-care and pharmacy-based drug production may
be the future of pharmaceuticals. 3D printing fulfills this
niche portion of drug manufacturing. By implementing
3D printing as a fabrication method for pharmaceuticals,
drugs can be on-demand in time-limited and resource-
limited settings™'®!. The on-demand capabilities are
applicable to settings such as disaster relief, emergency
and operating rooms, on board first response vehicles, or
medical facilities for the military. Time is also a critical
factor when fabricating and delivering low-stability
drugs, which is another instance of an application for on-
demand printing of drugs®”.

The printing of pharmaceutical products can also
be implemented to produce drugs on-the-spot and in
accordance with specific, individualized prescriptions,
thereby revolutionizing pharmacy compounding™®.
Currently, patient-centered pharmaceuticals are limited
to compounding pharmacies. Traditionally, pharmacy
compounding is reserved for patients with special
medical needs, offering custom medications which are
not commercially available. In particular, pharmacists
prepare small-scale batches based on individual pre-
scriptions. However, the individual-centric practices of
compounding pharmacies have associated risks"*".

Pharmacy compounding is traditionally reserved
for cases in which a patient requires a dosage form,
strength, or medicine cocktail that is not commercially
available. In such cases, the risk-benefit ratio of using
the compounded medicine is favorable for the pa-
tient™®. However, the risk-benefit scale tips in the
opposite direction for medications that have other more
commercialized options. The reason for the variance
in the merit of compounding is the inherit variability

and likely imprecision involved in the pharmaceutical
making process. Solving these potential risks is the
precision of custom 3D printing drugs. Leveraging 3D
printing’s control over release characteristics of drugs
and its ability to produce precise and unique doses,
individualized medicine can provide prescription-based
pharmaceutical products with the safety of digital control
and the personalization of 3D printing.

5. Conclusion and Future Perspectives

Through this article, we have provided our perspective
on the merits of 3D printing for drug manufacturing.
Selective laser sintering, inkjet printing, and extrusion-
based printing were presented as applicable 3D printing
methods for drug manufacturing. Solid filament
materials and natural and synthetic hydrogels were
considered as possible materials for drug loading and
printing. Various rationales for the 3D printing of drugs
were also presented, including control over the release
characteristics of drugs, the ability to print precise and
unique doses, and the on-demand capabilities inherent
with the printing approach.

3D printing for drug manufacturing represents the
future of pharmaceuticals. While diverse industries
across all of society are adopting 3D printing as a me-
thod for manufacturing, medicine and healthcare have
yet to fully harness the capabilities of 3D printing
for the direct-write fabrication of medications. With
continued research, we believe personalized medicine
will reach new levels of possibility, and pharmacies will
be revolutionized by this particular application of 3D
printing.
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have become one of the huge social problems®™. According
to the statistics, there are about 1.5 millions of patients
who require organ transplantations in China every year,
but only less than 1% of patients can obtain suitable
organs™. Compared to the traditional artificial organs

1. Introduction

It is widely believed that there are 79 organs in
the human body™. Each of the organs consists of
different tissues. Most of the tissues in the organs have

heterogeneous structures that confers one or more
highly-specific functions. Organs can be divided into
several groups, such as sensory, internal and structural,
according to their main functions™. The sensory organs
include the eyes, nose, ears and tongue. The internal
organs (also known as viscera) include the liver, lung,
kidney, heart, esophagus, stomach and bowel, while
the structural organs include the bones, cartilages and
muscles.

With the advancement in modern science and technology,
organ failure or deterioration caused by acute/chronic
diseases, congenital malformations and traffic accidents

made from polymers or metals, bioartificial organs made
from living cells and biomaterials have become more
and more prevalent.

Currently, a variety of bioprinting strategies have been
developed to tackle the challenges for manufacturing
bioartificial organs with physiological functions®™®. A
main character of these strategies is to build complex organ
geometries via spatiotemporal pattern of heterogenoustypes
of “bioinks”, especially cells. These strategies can be
classified into three main groups: multi-nozzle rapid
prototyping (MNRP), decellularization organ regeneration
and combined mold system. Each of them has its own
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advantages and disadvantages in bioartificial organ
manufacturing areas” . An obvious advantage of the
MNRP technology is that it can produce bioartificial organs
automatically mimicking their natural counterparts using
heterogeneous cell types and other biomaterials. In this
article, we highlight some of the three-dimensional (3D)
achievements of various bioprinting technologies in five
large organs, including the bone, liver, heart, cartilage and
skin, manufacturing.

2. Different Types of Bioprinting

Given that working principles, five major types of 3D
bioprinting technologies include inkjet-based bioprinting,
extrusion-based bioprinting, laser-assisted bioprinting,
stereolithography-based bioprinting and microvalve-based
bioprinting* ‘. Among these technologies extrusion-based
bioprinting technologies have been widely used to build
cell-laden 3D tissues and organs.

2.1 Inkjet-based Bioprinting

Inkjet-based 3D bioprinting

QY )

Bioink
{polymers & cells)

Piezoelectric actuator

Heater

Print nozzle

e S S

Bioink droplet; e —

Caollection plate

Figure 1. Schematic diagram of inkjet-based bioprinting (A:
Heater; B: Piezoelectric actuator)

Inkjet-based bioprinting initially employed a commercial
printer to spray cells (Figure 1) Inkjet bioprinters,
known as droplet-based bioprinters, use thermal or
acoustic force to eject liquid drops onto a substrate
and build constructs layer-by-layer. In thermal inkjet
bioprinting, “bioink” droplets are generated by electrically
heating the print head to force cells in the liquid drops
out of nozzle by increasing pressure®. Bioinks made
of cells, scaffold materials and growth factors can be
deposited accurately through controlling the droplet size
and deposition rate!"”. During the inkjet bioprinting
process, the heating temperature can reach approximate
300 °C. However, it lasts for very short of duration,
resulting in the system temperature raising 4-10 °C with
no obvious detrimental effect on cells. In piezoelectric
inkjet bioprinting, bioink droplets are generated by
acoustic wave induced by piezoelectric crystal inside the
print head.

The advantages of inkjet-based bioprinting in organ
3D bioprinting contain the fast response speed, the high
formation precision, and the high efficiency. These can be
analysed through two aspects. On the one hand, the acoustic
3D bioprinters can be well-controlled through adjusting
the jetting direction, droplet size, and cell viability. On the
other hand, the thermal bioprinters can be well-controlled
through adjusting the printing speed and cost. One obvious
drawback of inkjet bioprinting in organ 3D bioprinting
is that the “bioinks” should be in liquid forms with low
viscosities™. This has greatly limited the height of the
constructs. Only low concentration of polymeric bioinks
with a low cell density (fewer than 10° cells/mL) can avoid
nozzle clogging and reduce shear stress on cells™*".
Another obvious drawback of inkjet bioprinting in organ
3D bioprinting is the poor mechanical properties of the 3D
constructs. Till now, most of the researchers in this field
do their studies by modifying commercial inkjet printing
systems to print living cells. This has greatly limited their
development in soft and hardware as well as the complexity
of printed constructs. Due to these drawbacks, inkjet-based
bioprinting is still in its infancy stage for large organ 3D
bioprinting whereas extrusion-based bioprinting has been
prevalently used for numerous studies.

2.2 Extrusion-based Bioprinting

GV B

Figure 2. Schematic diagram of extrusion-based bioprinting (A:
Pneumatic; B: Piston)

Extrusion-based bioprinting is a particular deposition
process using fluidic polymeric solutions or hydrogels as
bioinks (Figure 2)"**%. The extrusion-based bioprinters
are normally consisted of a three-axis automatic extrusion
system equipped with a fluid-dispensing nozzle (or head)
28 During the extrusion processes, cell-laden bioinks
are deposited in cylindrical filaments under the control
of a computer-aided designing (CAD) model. At present,
it is the only technology that can produce large scale-
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Table 1. Comparison of different bioprinting techniques for organ manufacturing

High printing resolution (~20 um); Several
thermosensitive hydrogels can be printed; Simple

Inkjet-based sample-loading requirements; Low viscosity of cell

suspensions (up to 10° cells/mL) or cell-laden hydrogels

(3-30 mPs); Middle cell viability (> 70%).

Limited materials can be used; Complex 3D constructs
are difficult to achieve; Limited height (< 10 pm);
Potential cell desiccation; High shear stress endured by
cells; Droplet instability at high printing speed; Poor cell
sedimentation effects; Poor mechanical properties.

[13-17]

Easy updated soft and hardware; Flexible geometric

shapes; Multiple biomaterials including cell types can be
incorporated; Homogeneous and heterogeneous structures
can be created; Good cell sedimentation effect; High cell

Extrusion-based

viability (> 98%).

Material viscosity and temperature dependent; High [18-24]
viscosity hydrogels may affect cell activities.

Laser-assisted of printable viscosity; High cell viability (>90%).

Relatively high printing resolution (~40 pm); Wide range

High cost; Low efficiency; Difficult to incorporate
multiple bioactive agents; Poor cell sedimentation effects;
Poor cell homogeneity.

[39-42]

Stereolithography- Several photopolymerized materials can be used; High

building velocity and accuracy; Multiple hydrogels can be

based printed simultaneously.

Cytotoxic of the laser beam and photo-initiators;

Additional post-curing process may be necessary [43-46]
to remove the unpolymerized liquid resin; Poor cell

sedimentation effects.

Relatively high printing resolution (~150 pm); Low

Microvalve-based viscosity of hydrogels (1-70 mPs); middle cell viability

(> 80%); Middle cell sedimentation effect.

High shear stress suffered by cells; weak mechanical [50-53]
properties.

up cell-laden constructs containing both micro-/macro
physiological environments in a controllable manner.
Heterogeneous tissues and organs can be manufactured
(i.e. produced) using either a single-nozzle 3D bioprinter with
stem cells/heterogenous growth factors or a multi-nozzle
3D bioprinter with multiple cell lineages.

For extrusion-based bioprinting, the enabling 3D
printers and biocompatible polymers are two major
factors (i.e. elements) affecting the final 3D constructs.
The resolution, shape and quality of the 3D constructs
are mainly determined by the printability of the polymeric
solutions or hydrogels, which has non-consistency
with the cell viability. The viscosity of some of the
polymeric “bioinks” may decrease when the shear stress
of the printing system is increased. This may help to
protect the cells and improve the resolution of the 3D
constructs™ 4,

The advantages of extrusion-based bioprinting in
organ 3D bioprinting include high cell densities, large
3D constructs and fast printing speeds. Beside polymeric
solutions or hydrogels, extracellular matrices (ECMs)
and cell aggregates can also be used as bioinks. The
disadvantage of extrusion-based bioprinting in organ 3D
bioprinting is that there are limited polymeric solutions
or hydrogels that have good biocompatibilities and can
be printed into large constructs in layers> .

2.3 Laser-assisted Bioprinting
Laser-assisted bioprinting is based on the laser pulse to

generate a high-pressure bubble between a solution and
a piece of glass containing cells towards the collective
substrate (Figure 3)®*%. It can produce micro cell-laden
3D constructs with a range of viscosities (1-300 mPa/s)
of polymers in a high resolution*?,

The advantage of laser-assisted bioprinting in organ
3D bioprinting includes avoiding the problems of nozzle
clogging with cells and/or polymeric biomaterials.
The disadvantage of laser-assisted bioprinting in organ
3D bioprinting is the high cost of the laser-assisted 3D
bioprinters.

Laser-assisted 3D bioprinting

Laser absorbing
layer
Bioink
{polymers & cells)

Collection
plate

Figure 3. Schematic diagram of laser-assisted bioprinting
2.4 Stereolithography-based Bioprinting

Stereolithography (STL) technology is a solid free-
form, nozzle-free technology based on photo-sensitive
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macromolecule (or polymer) formulation™®. It is a
multi-layer procedure through the selective photo-
initiated curing reaction of a low-molecular weight pre-
polymer, additives and photo-initiators. Either a focused
ultraviolet beam light or a mask-based irradiation can
be used to selectively solidify the liquid photopolymer.
Both single-photon polymerization and two-photon
polymerization (2PP) can be induced at the printing
stage!. A number of biomaterials can be added in
the STL printing process. Optimal digital micromirror
devices can work with wavelengths between 385-405
nm with expected lifetime of 2,000 h when exposed to
a radiation with light intensities of 10 w/cm® Light-
sensitive polymer hydrogels, such as hyaluronic acid,
collagen, chitosan, diacrylate (PEGDA), containing cells
can also be printed using these devices in a layer-by-
layer manner“?, The advantage of stereolithography-
based bioprinting in organ 3D bioprinting is the high
building velocity and accuracy. The disadvantages of
stereolithography-based 3D bioprinting in organ 3D
bioprinting is the high cost of the devices, and the
cytotoxicity of the lights and photo-initiators™ .

2.5 Microvalve-based Bioprinting

Similar to inkjet-based bioprinting, microvalve-based
bioprinting is a drop-on-demand technology. It comprises
a three-axis movable robotic platform and an array of
electromethanical microvalve heads®™. Each of the
microvalve head is connected to an individual gas
regulator with pneumatic pressure. Liquid “bioinks” can
be deposited when the pneumatic pressure overcomes the
fluid viscosity and surface tension at the open orifice™"*,
Cell viability and sedimentation effect during the printing
process are the major issues in most of these bioprinting
systems.

The main advantages of microvalve-based bioprinting
in organ 3D bioprinting are the synchronized ejection of
biomaterials including cells from different microvalve
heads, the thin deposition layers (1-2 pum thickness), and
the high throughput printing velocity (= 1000 droplets
per second). The disadvantage of microvalve-based
bioprinting in organ 3D bioprinting is that it can only
print hydrogels within a limited range of viscosities (e.g.
1-200 mPa) and cell concentrations (up to 10° cells/
mL)®, Cell viability and sedimentation effect depend
largely on the employed liquid polymeric “bioinks”.

No matter which bioprinting technology is applied
in organ 3D bioprinting, good biocompatibility (or
cytocompatiblity) of the polymeric solutions or
hydrogels is a prior requirement for a successful 3D
printable bioink, not only for the printing process, but
also for the post-printing procedures, such as solvent
exchanging, chemical crosslinking and polymeric
degradation. The balance between a high cell viability

and the physiological functionality realization of a
supportive polymeric solution or hydrogel often need to
be addressed before the 3D bioprinting process.

3. Large Organ 3D Bioprinting

Abone is a distinct rigid organ that constitutes part of the
vertebrate skeleton (Figure 4)®**. Tt is mainly composed
of osteoblasts, osteoclasts and hard extracellular matrices
(ECMs), such as collagen and hydroxyapatite. The bone
has multiple functions, such as to support and protect
various organs, produce red and white blood cells, store
minerals, and enable mobility®™. In the human body,
different bones appear in a variety of shapes and sizes
and have an intricate internal and external structure.
These bones can be classified into five types: long, short,
flat, sesamoid and irregular. There are blood vessels and
marrow channels in the long bones which are difficult
for the ordinary processing technologies to construct.
Some large bones, such as the skull, radius and tibia,
have complex shapes and contours. The contours may be
strong angles, slightly concave or slightly convex, which
need specific processing technologies to complete™ ",

As early as in 1989, Madison first used rapid prototyping
(RP) technology to diagnose bone diseases®. In 1998,
Iseri et al. obtained a skull model of a 12-year-old girl
using reverse engineering®. At the initial stage when
RP technology was employed in 3D printing, researchers
focused on matching the mechanical properties of bone via
printing synthetic polymers to make 3D bone regenerative
scaffolds. In 2002, Cheung et al. built a patient’s
maxillofacial region using the RP technique to provide a
clear picture to guide the operation™®. From then, various
polymers in different states, such as thread, granular,
solution, hydrogel, or slurry, were printed into porous
structures under the instruction of CAD models. The porous
scaffolds provided a favourable environment for cells to
grow in. These works have provided a primary basis for
large bone 3D bioprinting using either fused deposition
modeling, extrusion-based or stereolithography-based
printing technologies.

In recent years, a variety of 3D printing technologies
have been further developed to construct bone repair

Figure 4. Cross-section of a large bone
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materials mimicking the composition of bone tissues
and the microenvironment of bony ECMs. For
example, in 2002, Ang et al. at National University
of Singapore printed a mesh hydroxyapatite-chitosan
structure as bone repair fillers®! In 2005, Seitz
et al. at Germany cooperated with Generis GmbH
(Augsburg, Germany) company developed a 3D
printed ceramic bone repair material®. In 2008,
Kouhi et al. at Australia Swinburne University of
Technology prepared a P400ABS plastic jawbone by
fused deposition manufacturing®. In 2010, Smith et al.
at nScrypt company in Orlando produced a hard tissue
repair material using titanium and caprolactone®”. In the
same way, Lee et al. printed a porous calcium phosphate
cement/alginate scaffold by depositing a solution of
a-tricalcium phosphate-based powder and sodium alginate
in a calcium chloride bath®!. Comparing with the traditional
metal or polymethyl methacrylate (mechanical and semi-
mechanical) bone repair materials, most of the 3D printed
bone repair materials have two obvious characteristics: one
is made of biodegradable polymers, and the other is having
go-through channels or pores. The predefined channels in
the 3D printed construct are useful for nutrient supply and
metabolite elimination for the in-growth of osteoblasts’® .
Some of the bone repair materials have showed good
osteogenic effects and bone formation capabilities.

For large bone repair, a great deal pioneering work has
been done in Tsinghua University using extrusion-based
3D printing technologies. Some ceramic materials, such
as hydroxyapatite (HA) and beta-tricalcium phosphate
(B-TCP), were incorporated into synthetic poly (lactic-
co-glycolic acid) (PLGA) or poly-lactide (PLA) scaffolds to
promote osteogenesis. Other biomaterials, such as collagen
and bone growth factors could also be incorporated!.
For example, In 2000, Yan et al. used a single nozzle
low-temperature RP technology to prepare large bone
repair materials with predefined (go-through) channels
200-500 um in diameter which were hard to produce
using traditional manufacturing technologies (Figure 5)
U1 Large scale-up cylindrical or grid PLA/HA or PLGA/
HA scaffolds were produced for defect bone tissue
regeneration. Similar research works were performed by
other groups in American and Singapore with different
biomaterials"®*”. In 2009, Professor Wang in this group
cooperated with Professor Qin in the Chinese University
of Hong Kong constructed a large dual-functional bone
repair material consisting of P-chitosan and S-chitosan
through their home-made double-nozzle low-temperature
deposition 3D bioprinter®™. Multiple biochemical factors
were entrapped in the synthetic polymeric scaffolds with
precise predesigned (or predefined) patterns (or channels).
Later in 2010, six mandible injury patients in Zhongshan
People’s Hospital were treated with the related 3D printed
bone repair materials®. Multiple functional bone repair

(A) (B)

Figure 5. 3D bioprinted large bone repair materials for canine
radius repairment, made of PLA (or PLGA)/HA with predefined
internal morphology and macroscopic shapes.

materials with gradient structures were produced. The
predefined channels could recapitulate the natural bony
tissue microenvironment and promote the body fluid to
diffuse. Nevertheless, most of the early 3D printed bone
repair materials are made of synthetic polymers with
no living cells involved in the 3D printing processes.
These materials could act as bone tissue regenerative
temporaries to promote cells growing in but not the real
natural organ mimicking substitutes.

Compared with other organs, the composition of the
bone is relatively simple and it is easy to be simulated.
Until now, there are many reviews on this subject™®®",
Numerous studies have focused on producing 3D printed
bone regenerative scaffolds (or substitutes) in a custom-
designed manner®**. Most of the scaffolds are made
of synthetic polymers, such as PLGA, polycaprolactone
(PCL), with good mechanical properties, and ceramic
materials, such as hydroxyapatite and beta-tricalcium
phosphate (B-TCP)**. For example, in 2016 Jakus et
al. developed an elastic construct for bone regeneration.
They dissolved PCL or PLGA and HA in a trisolvent
mixture as the printable “bioink”. The printed 3D
constructs can be handled versatilely, such as cutting,
folding, rolling and suturing. Human mesenchymal
stem cells (MSCs) seeded on the 3D constructs showed
a significant up-regulation of pro-osteogenic genes,
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collagen type I, osteocalcin, and osteopontin at day 28.
When the 3D constructs were implanted in a macaque
calvarial defect for 4 weeks, excellent new bone
formation accompanying with the vascularization and
integration of surrounding tissue®™. At the same time, La
et al. reported a bone substitute that replicates the micro-
and mineralized environment through printing PCL/
PLGA/TCP scaffolds, and then coating them with the
bone dECM (bdECM) that was extracted from bovine
tibiae. The PCL/PLGA/TCP/bdECM scaffolds exhibited
significantly enhanced osteogenic gene expression and
calcium deposition. These experiments have further
certified the bone regenerative effects of the PLGA/HA
scaffolds which have been printed more than ten years
ago in Professor Wang’s groups.

3.2 Liver 3D Bioprinting

The liver is a vital visceral organ in the human body (Figure
6). Unlike the structural organ bone, liver 3D bioprinting
has several bottleneck problems to solve: one of them
is how to construct the branched vascular and bile duct
networks, another of them is how to distribute more
than three cell types in a predefined 3D construct with a
high cell density and make them develop to functional
tissues'.

There are several CAD models have been used to construct
bioartificial livers. Some of the CAD models are made
of experience. For example, in 2004 professor Wang
and co-workers first assemble cell-laden gelatin-based
hydrogels into large scale-up liver tissues with predefined
structures (go-through channels) using a extrusion-based
3D printing system under the instruction of an experiential
CAD model™™. The predefined structures were printed
via a pressure-controlled syringe. This technique allows
the deposition of cell-laden hydrogels solutions with high
concentration and velocity. Cylindrical channels with
diameters ranging from 100 to 300 um were produced.
After 3D printing, the gelatin-based polymers in the cell-

Figure 6. Schematic description the complex structure of the liver

laden constructs were submitted to a chemical crosslinking
process to stabilize the structures and improve the
mechanical properties. Hepatocytes encapsulated in the
gelatin-based hydrogels remained viable and produced
hepatic ECMs during the 8 weeks’ in vitro culture. This
is a great breakthrough in tissue engineering field which
has encountered numerous bottleneck problems in organ
manufacturing areas. Thus difficult problems, such as large
tissue formation and nutrient supply, have been solved
therefore. In 2007, a large scale-up vascularized liver
tissue was first produced in the same group using another
experiential CAD model”*”. From then, actual bioartifical
organ manufacturing has been put forward and developed
very quickly. In 2009, a 3D printed complicated organ
with a whole fluent of endothelial layer covered the inner
channels of vascular network was produced® %, It was
possible to observe that endothelial cells aligned inside the
surface of the predefined channels. More than three cell
types formed functional tissues in a complex 3D construct.
This technique has advanced other researches at least ten
years in organ manufacturing areas® *,

At the same time, other groups throughout the world
still devoted themselves in tissue engineered organ
dreams with their porous scaffolds. For example, Huang
et al. seeded hepatoma cells on a 3D printed branched
vessel network which consists of avidin and biotin in
2007, This is a typical traditional tissue engineering
method to manufacture complex organs with a porous
scaffold. Later in 2013, Organovo company in American
printed a micro liver-tissue mimicking the techniques
developed in Professor Wang’ group. According to the
British New Scientist magazine website report, the
micro-liver tissue, 0.5 mm in thickness, 4 mm in square
size, was created. To build the micro liver-tissue, two
main cell types of the liver, i.e. hepatocytes and hepatic
stellate cells, were printed into 20 layers'®. Cells in the
micro liver-tissue can survival for more than five days.
Neovascularization played a role in the cell survival
capabilities. In 2014, a bioartificial liver containing both
vascular and nervous networks has been produced layer-
by-layer using a combined MNRP under the instruction
of a much more complex experienced CAD model™®",
The potential of this technology will eventually facilitate
the manufacture of bioartificial livers, and make the liver
3D bioprinting an impending reality.

Currently, there is a trend that to make the CAD models
from clinical patients. For instance, some current clinical
diagnostic technologies, such as computer tomography
(CT) and magnetic resonance imaging (MRI), have been
explored to acquire liver image information of the patients.
The CT and MRI image information are subsequently
transformed into CAD models (i.e. liver manufacturing
blueprints) and segregated into 2D horizontal slices to
provide instructions to the 3D bioprinters.
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For liver 3D bioprinting, two essential elements should
be addressed: (1) a extrusion-based multi-nozzle 3D
bioprinter with an appropriate soft’/hardware. (2) multiple
cell lineages from the liver or stem cells with proper
growth factors. The extrusion-based multi-nozzle 3D
bioprinter can print multiple cell types along with other
biomaterials simultaneously in a layer-by-layer manner,
which offers a great opportunity in manufacturing the
complicated bioartificial livers with more than 6 cell
types or tissues"”*!. These technologies allow to use
multiple polymeric hydrogels and growth factors to
control the spatial distribution of cells and bioactive
agents.

3.3 Heart 3D Bioprinting

The heart is one of the most important internal organ
of human beings (Figure 7). It is composed of three
different cardiac tissues: myocardium, pericardium and
endocardium. The myocardium is the thick muscular
layer of the heart wall which consists of cardiomyocytes,
aligning themselves in an anisotropic manner and
promoting the electrical activation of the cardiac
muscles, and taking up to 30%-40% of the entire cell
population. The pericardium is a conical, flask-like,
double-wall fibroserous sac that encloses the blood
vessels from the root of the heart. The endocardium is
the endothelial lining of the innermost heart chambers
and heart valves. It is primarily made up of endothelial
cells that seal the heart and connect the surrounding
blood vessels"”"**). While the rest cell types of the heart
are mainly non-myocyte fibroblasts"'*”\. The elasticity of
the cardiomyocytes and their collagen-based ECMs in
a normal heart are pliable and tough enough to generate
actomyosin forces and pump the heart.

At present, there is limited literature for the whole heart
3D bioprinting. A number of 3D printing techniques have

Figure 7. Schematic description of the heart

been developed to improve the functionality of the cardiac
tissues. For example, in 2007, Marga et al. emitted a stream
of cell-laden hydrogel microparticles in a well-defined
topological pattern to form 3D myocardial patches using
a inkjet-based bioprinting technique™®. This technique
is supported by the self-assembly and self-organizing
capabilities of cells. In 2011, Gaebel et al. patterned human
stem cells and endothelial cells with laser printing for
cardiac regeneration™!. In 2012, human cardiomyocyte
progenitor cells (HCMPCs) in alginate hydrogel was
printed by the same group™?. HCMPCs in the alginate
hydrogel showed an increase of cardiac commitment while
at the same time maintaining viability and proliferation. In
2013, Duan et al. constructed trileaflet valve like conduits
using sinus smooth muscle cells (SMCs) and alginate/
gelatin hydrogels™. Cell viability in the alginate/gelatin
hydrogels attained 81.4%. In 2014, similar study was
carried out in the same group using human aortic vascular
interstitial cells (HAVICs) in methacrylated hyaluronic acid
(MeHA\) or gelatin methacrylate (GelMA) hydrogels™.
High HAVIC viability of the encapsulated cells (>90%)
and promising remodeling potentials were obtained using
this technology. The main concern of this technology is
that polymethacrylate is an unbiodegradable polymer. It
may hinder the cells to form functional tissues during the
later cultures. In 2015, Hinton et al. created a heart CAD
model using a reversible freeform embedding hydrogel™*.
A extrusion-based 3D bioprinting technology was used
to produce a functional cardiac tissue, and particularly,
a semilunar heart valve with three main components: a
relatively stiff heart valve root populated by contractile
SMCs, three thin flexible leaflets contain fibroblastic
interstitial cells and three sinuses™. The semilunar heart
valve can allows blood to be forced into the arteries
and prevent the backflows. Hybrid hydrogel properties
were studied by changing concentrations of the two
compositions: MeHA and GelMA. The optimized hydrogel
formulation was mixed with HAVICs. After 7 days in static
culture, the 3D bioprinted valve showed well maintained
structure, high viability of the encapsulated cells (> 90%),
as well as promising remodeling potentials. In 2006,
Chang et al. at the Cardiovascular Innovation Institute
provided several sets of baseline parameters according to
the different humidity of Pluronic F127 hydrogel for direct-
write printing of the biomaterial, which was hoping to be
used in heart tissue 3D bioprinting™".

It should be aware of that either the semi-aortic valve
or whole heart replacement is a dangerous procedure
(a high-risk operation). Until present, the bioprinted
aortic valve cannot open and close by itself without the
presence of the rest of the heart. One reason is that the
cardiac muscle cells are terminally differentiated cells
that have no capability to regenerate and form new
cardiac tissues. A number of techniques have thus been
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developed to improve the functionality of engineered
cardiac tissues. For example, to increase the mechanical
properties, Hasan et al. developed an in vitro cell culture
system to stimulate the physiological pressure and
flow of the heart valve***’!. This stimulation could
improve the strength of the heart valve before a possible
implantation. A bioreactor system has been used to train
printed heart valves, which could be beneficial for in
vitro testing and maturation. Much more work needs to
be done before the 3D printed bioartificial hearts to be
applied clinically™".

3.4 Cartilage 3D Bioprinting

Cartilage is a resilient and smooth elastic organ of
the body, which protects the ends of long bones at the
joints (e.g. the elbows, knees and ankles) (Figure 8). It
is a structural component, made up of specialized cells
called chondrocytes, of the rib cage, the ear, the nose, the
bronchial tubes or airways, the intervertebral discs, and
many other body components. The chondrocytes produce
large amounts of ECM composed of proteoglycan,
collagen and elastin fibers. Especially, there are no blood
vessels in cartilage to supply the chondrocytes with
nutrients. It is not as hard and rigid as bone, but it is
much stiffer and much less flexible than muscle!™. Like
many other organs, cartilage exhibits multiple zonal
organizations with highly coordinated cell distribution.

Cartilage can be categorized into three types: (1)
hyaline cartilage with low-frication and wear-resistant
properties; (2) elastic cartilage with flexible property; (3)
fibrocartilage with tough and inflexible properties. Due
to the lack of blood vessels, cartilage grows and repairs
more slowly than other tissues/organs.

Through the research of cartilage regeneration
is nearly as early as those in the bone, 3D printing
technologies which have been used in cartilage
regeneration is relatively late. For example, in 2014,

Figure 8. Schematic diagram of the developmental origins of
articular and growth plate cartilage*??

Lee et al. printed a meniscus scaffold with two different
zones: the white zone, which is located at the inner
zone of the meniscus, consists of chondrocyte-like cells
with abundant collagen type II and glycosaminoglycans
(GAG), whereas the red zone, which is in the other
zone of the meniscus, contains fibroblast-like cells with
collagen type 1™, Human connective tissue growth
factor and transforming growth factor B3 were then
placed in the red and white zones respectively. The two
zones spatiotemporally released the growth factors and
induced the human synovium smooth muscle cells to
form a zone-specific matrix, i.e. collagen type II in the
white zone and collagen type I in the red zone. The zone-
specific phenotypes were further exhibited in a 3-month
implantation of a sheep partial meniscectomy model.

In 2015, Kundu et al. printed a hybrid cartilage construct
containing chondrocyte, alginate, and PCL"*). In 2016,
the same group developed an autologous cartilage
construct consisting of autologous chondrocyte, alginate,
and PCL for auricular reconstruction®*. The synthetic
PCL was printed with alginate hydrogel and cells, which
can provide the construct with long-term stability. The
rigid properties of PCL may induce abrasion of the
surrounding cartilage tissue. In the same year, Hung
et al. fabricated a biodegradable polyurethane (PU)
involving cartilage construct which exhibited a high
strain recovery property™””. Other bioactive compounds,
such as hyaluronic acid and growth factors, can be
encapsulated into the PU “bioink” and induce high
GAG secretion at 4 weeks after implantation into rabbit
osteochondral defects. The formation of cartilage was
observed by safranin-O staining.

3.5 Skin 3D Bioprinting

The skin is the largest organ in the human body, which is
accounting for about 15% body weight and maintains the
body’s temperature through sweat or other mechanism
(Figure 9. Along with sweat glands, the skin contains
oil glands to keep the skin from drying out and the hair
from becoming brittle. The skin consists of three layers
namely epidermis, dermis and hypodermis. Epidermis is
the outer layer, consisting of keratinocytes (KCs), dermis
is the middle layer, consisting of collagen and fibroblasts,
hypodermis is the inner layer, consisting of lipocytes and
collagen. There are about 19 million skin cells in every
square inch of the human body! Although numerous studies
have tried to generate full-thickness skin substitutes, most
methods are dependent on the technique that seed cells on
a porous scaffold, with which it is not easy to recapitulate
the heterogeneity of skin comprising multiple types of cells.
3D bioprinting allows similar skin geometry to be built via
the spatiotemporal pattern of the related cell types of the
skint*,

Traditional skin substitutes either are made of natural
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Figure 9. Schematic description of the skin

or synthetic polymers which could promote skin tissue
regeneration to certain degree. These substitutes have
been used in surgical therapies when autologous flap is
not desirable. However, these substitutes have not been
successfully used in clinical due to some technological
limitations, such as the lack of multi-layer structures,
vascularization and innervation™*”,

In 2006, Ringeisen et al. printed living cells for skin
regeneration using a laser-assisted technique™". The
process employs radiation pressure from the scattering
of energetic photons in a laser beam to deposit cell
solutions with high concentration, rapid velocity (=10 m/
s) and micrometer resolution. Multiple skin cells were
deposited with micron-scale resolution from a transfer
layer or reservoir. In 2008, Saunders et al. delivered human
fibroblasts using a piezoelectric drop-on-demand inkjet
printing technique™*. In 2009, Lee et al. used a extrusion-
based printing system to fabricate skin substitutes using
collagen, fibroblasts and keratinocytes'™. In 2013,Michael
et al. further printed skin substitutes using laser-assisted
bioprinting techniques and transplanted them to skin
wounds of nude mice™. Tt is expected that multiple scale
characteristics of a natural skin can be mimicked through
the combination of different bioprinting techniquest*.

Recently, skin 3D bioprinting has achieved a significant
progress™™. For example, in 2016 Pourchet et al. printed
a full-thickness skin substitute containing dermis and
epidermis layers™”. A mixture of gelatin and fibrinogen
was used as the “bioink”. After 26 days of culture, the
3D printed skin substitute exhibited similar histological
characteristics to human skin. Not only the main skin
tissues but also the skin appendages, such as sweat glands,
has been mimicked™®. However, the regeneration of
sweat glands has not been studied in depth due to the low
regenerative ability and unknown induction niches of cellular

differentiation. As a follow-up study, Liu et al. investigated the
cellular niche by tailoring the architecture of a tissue construct
via cell bioprinting™. The change of the geometry and
architecture, such as the pore size of the tissue construct, has
a strong influence on guiding sweat-gland morphogenesis
and function™. The studies demonstrate that it is possible
to print a bioartificial skin with the sweat-gland regenerative
capability.

4. Conclusion

The advent of 3D bioprinting technologies has led to a
significant progress in the manufacture of large bioartificial
organs, such as the bones, livers, hearts, cartilages
and skins, with heterogenic compositions. Various
bioprinting techniques have provided a fully automated
and advanced platform to deposit multiple cell types and
ECM-like biomaterials to simulate the natural organs, a
process that is lacking in conventional tissue-engineering
approaches. Especially, with the helps of multi-nozzle
3D bioprinters and biocompatible polymers, the
divergences between bioartificial organs and native
counterparts are smaller and smaller. Nevertheless, there
is still a long way to go to make the large bioartificial
organs to be functional in clinical trials. It is believed
that in the future combined multi-nozzle organ 3D
bioprinting technologies will offer an unprecedented
versatility and capability in mimicking the natural organs
in every aspects, from the structural morphologies, to
material compositions, and physiological functions.
Further integrations among different sciences and
technologies are still necessary to address the kernel
issues in large organ 3D bioprinting areas.
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Abstract: Three-dimensional (3D) printing of hydrogels is now an attractive area of research due to its capability to
fabricate intricate, complex and highly customizable scaffold structures that can support cell adhesion and promote cell
infiltration for tissue engineering. However, pure hydrogels alone lack the necessary mechanical stability and are too easily
degraded to be used as printing ink. To overcome this problem, significant progress has been made in the 3D printing of
hydrogel composites with improved mechanical performance and biofunctionality. Herein, we provide a brief overview of
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printer based-3D printing systems. Based on the type of additives, we will discuss four main hydrogel composite systems in
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has been multiple attempts to replicate the complexity
of anatomical systems in the human body for tissue
replacement and regeneration which requires complete
restoration of 3D anatomical geometry”*. However,
without artificial or transplant supports, rapid and extensive
reconstruction of vital organs in the human body remains a

1. Introduction

Since the advent of the first three-dimensional (3D) printing
system, formerly known as additive manufacturing or rapid
prototyping, in 1986, the manufacturing industry has
undergone significant transformations, requiring now less

time, energy, and producing less waste with the ability
to directly fabricate 3D prototypes from computer-aided
designs" ™. This fascinating ability to create 3D structures
has already taken fabrication technology to a new level,
especially in the field of tissue engineering. Over the past
two decades, with the development of medical imaging
technologies, such as ultrasound, magnetic resonance
imaging (MRI), and computed tomography (CT), there

daunting challenge in tissue engineering™.

3D printed scaffolds play an essential role in supporting
cell adhesion and promoting cell infiltration within their
porous matrix”. Moreover, during the tissue reconstruction
process, scaffolds are able to provide mechanical support
against stressful environments of the human body
maintaining sufficient space for the tissue reconstruction
and remodeling™. Currently, the most widely used scaffold
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materials for 3D printing are hydrogels because they can
be easily functionalized or modified, without complex
synthesis steps, to replicate the physicochemical properties
of most biological tissues®®®. They possess a highly
hydrated polymeric structure, exhibiting up to 40-fold
change in volume as they swell or shrink in the presence
or absence of water, respectively, and can be modified
to respond to various physical and biological stimuli
such as temperature, light, pH, ions, and biochemical
signals®®. These unique features make hydrogels excellent
environments for cell attachment and proliferation within
their hydrated hydrogel networks, which offer abundant
space for cell growth while facilitating the transportation
of essential metabolites and nutrients to the encapsulated
cells®™™. However, most hydrogels suffer from a lack of
mechanical strength and unsuitable degradation behavior
compared with native tissues such as ligament, tendon,
muscle, or cartilage. Therefore, augmenting the mechanical
properties and bioactivity of hydrogel have been a
challenging task for material scientists®.

Hydrogel composite system is one of the most suitable
strategy for incorporating and combining various hydrogel
functions and properties, not attainable by any single
hydrogel alone™. Over the past few decades, a diverse
range of reinforcements have been proposed utilizing
various composite designs such as particle-, anisotropic
filler-, and fiber-hydrogel composite systems in which
reinforcements are stabilized and immobilized via physical
or chemical interactions in the hydrogel matrix®”**,
In the case of hydrogel-hydrogel composite system, the
interpenetration between the two polymer networks forms
a mechanical anchoring behavior, and these complexes
strongly affect the hydrogel rheology, degradation rate,
permeability, and mechanical properties”™. Conventional
inorganic reinforcements are based on physical interactions
with the hydrogel matrix in which secondary or van der
Waals forces including London dispersion forces, dipolar
interactions and hydrogen bonding are involved™. These
physical interactions generate strong adhesion between the
reinforcements and hydrogel matrix, and the enhancement
of hydrogel properties are dependent on the amount
of reinforcements and the volume ratio of physically
interacted- and non-interacted-polymer networks™. In
the case of chemical maodifications, the introduction of
chemical groups and the covalent bonding formations at
the interface induce superior interfacial bonding strength
of which energy is generally in between the 40 to 400 kJ/
mol i.e. much higher than physical interaction (8—16 kJ/
mol)™. Thus, it is possible to provide substantial increase of
mechanical strength to the hydrogel composite system.

While the hydrogel composite has attracted a lot of
attention due to its superior properties, most review
articles report on conventional fabrication techniques
such as molding or casting™". Compared with well-

understood and evaluated conventional manufacturing
processes, hydrogel composite 3D printing systems
remain a relatively new area of research and much more
can be studied with regards to their physicochemical
properties such as viscosity, dispersion, reinforcement,
and its size and shape®*”. In recent years, significant
progress has been made in the development of 3D
printing systems for hydrogel composites with improved
mechanical performance and biofunctionality™***",
Herein, we first provide a brief introduction of hydrogel
composite 3D printing techniques and their application
in the field of tissue engineering. We shall categorize 3D
printing into (a) laser based-3D printing, (b) nozzle based-
3D printing, and (c) inkjet printer based-3D printing
systems, and discuss their working principles and recent
trends. In particular, we will discuss four different hydrogel
composite systems: i) polymer- or hydrogel-hydrogel
composite, ii) particle-reinforced hydrogel composite iii)
fiber-reinforced hydrogel composite, and iv) anisotropic
filler-reinforced hydrogel composite, and highlight tailored
physical properties and their functionality. Additionally,
several emerging potential applications of hydrogel
composites in the field of tissue engineering and their
accompanying challenges are discussed in parallel.

2. 3D Printing Technology for Hydrogels
Composite

2.1 Laser-based Hydrogel 3D Printing Systems

Most laser-based 3D printing systems are applicable for
the hydrogel composite fabrications, which builds a 3D
structures in a vat of photocurable hydrogels under the
deposition of laser energy, usually UV range, in specific
designed patterns™. The exposure of UV laser on to the
surface of photocurable liquid causes gel-formation of a
thin single layer, and it is sequentially moved upward or
downward with the sample stage to allow the next layer
formation on top of preformed structure. During this
process, designed 3D structures are directly materialized
in the liquid vat that means the hydrogel composites
can be built within the photocurable organic-inorganic
solution®***,

Since the development of laser-based 3D printing in
1980s, several other commercially available techniques
have emerged, and they are widely used for biomedical
applications such as scaffolds, drug delivery, implants,
and devices”"®. Laser-based 3D printing system can be
divided into several categories based on the type of laser
source, beam delivering system, method of scanning or
exposure, and type of stage movement system. However,
most of these techniques require post-processing such
as support removal and other unwanted materials.
In addition, a post-curing procedure is necessary to
completely cure the built structure for intact mechanical
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stability. In this chapter, basic principle of popular laser-
based 3D printing techniques for the hydrogels will be
further discussed.

2.1.1 Stereolithography Apparatus

Stereolithography apparatus (SLA) is one of the most
widely used 3D printing systems based on the layer-by-
layer solidification of a liquid photocurable hydrogel.
Computer-controlled UV-laser is scanned across the
surface of the liquid hydrogel in a vat, and that leads to
the formation the covalent bonds between the adjacent
chains of photocurable polymers resulting a solidified
single layer of the designed 2D pattern. The platform
then descends a distance equal to the thickness of a
single layer of the design to fully re-coat the surface of
preformed 2D pattern with fresh liquid hydrogel™. This
procedure is repeated until the 3D object is complete, as
shown in (Figure 1A). Interconnection between the 2D

patterns of each layer can be achieved in the precisely
controlled optical scanning system with slightly larger
focusing depth than the one-layer height®*®.

Generally, SLA 3D printing system has many advantages
such as wide range of building volume (from 200 to 2000
mm), high structural resolution, and good quality surface
finishes. In addition, high accuracy and consistency of 3D
printed objects could be achievable by controlling UV-
laser power, scanning speed, exposure time, spot size, and
wavelength?*. Despite its advantages, the limited range of
photocurable hydrogels, requirement of support structures,
and post-curing process are the major drawbacks of SLA
techniques in hydrogel composite fabrication.

More recently, the resolution of SLA has been improved
by a complex optical system for the beam delivery. With
this micro fabrication technique of SLA, also known
as micro-stereolithography (ULSLA), light beam can be
focused into a spot size of few micrometers, which requires

Figure 1. Schematic images of laser based hydrogel 3D printing systems.(reproduced with permission from [3]. Copyright 2012, Elsevier

Ltd).
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precise beam controlling and scanning system™. So far,
USLA can be categorized into (i) scanning PSLA system
and (i1) mask (or integral) projection uSLA system. In
the scanning uSLA, UV beam is fixed with a stationary
spot position onto the liquid hydrogel surface, and
scanning is conducted by moving the work piece stage
including the vat, which can eliminate the unstable mobile
optical elements leading to focusing errors and poor
resolution?"). In the mask projection system, light beam
exposure of each liquid hydrogel layers is conducted in
a single radiation using dynamic pattern generator mask.
The sliced 2D patterns of 3D structure is converted into
a data file and input to the light beam mask, which can
generate the precise patterns corresponding to the each
layer of structure””. The patterned beam is focused by
the computer-controlled focusing optical components
to reduce the whole pattern size into micrometers. The
highly precise 3D structure containing complex engineered
shapes can make a unique interface between the nano-
scale functional second materials and macro-scale hydrogel
molecules, which provides an engineering platform for
various industries, such as tissue engineering, photonics,
and microelectromechanical system (MEMS)!**,

2.1.2 Digital Light Projection

Digital light projection (DLP) is developed from the
mask projection system of SLA. However, in this 3D
printing system, digital mirror device or liquid crystal
displays play a role of dynamic pattern generator mask,
which consists of several millions of arrayed mirror
or LCD pixel units to generate an individual on-off
beam signal (Figure 1B). The DLP light source allows
fabrication of the 3D structure with high resolution
between 25 and 150 pm, which can be further enhanced
with additional multi lens components to focus the light
beam sources”*"!. In comparison to other 3D printing
systems that have bottom-up construction approach,
DLP is based on a top-down working principle””. The
beam source is placed at the bottom part of system,
photocurable liquid hydrogel is exposed by the beam
through the transparent contact window underneath the
vat. The building plate or carrier is immersed into the
liquid hydrogel and moves vertically upward direction
after each layer is polymerized. In this process, fresh
liquid hydrogel is automatically supplied to the bottom
layer through the capillary action, and each repetitive
processing steps can be conducted within 15 seconds®”?.
In the DLP system, any planarization or levelling process
is not required which allows to increase the building
speeds and thus eliminate the fabricated parts from
damaging during the wiping actions.

2.1.3 Two-Photon Polymerisation

Two-photon polymerisation (TPP) is an entirely new

stereolithographic strategy to fabricate nanoresolution
structures without undergoing the layer-by-layer process.
The light source of TPP system is femtosecond infrared
laser pulses that is focused into the volume of photocurable
liquid materials, and initiates photolytic polymerization
process without any masks®'®*!. In contrast to the UV
light, nonlinear behavior and existence of polymerization
threshold intensity of infrared light allow direct fabrication
of complex 3D structure inside the photosensitive liquid
with much higher structural resolution as high as 200 nm.
Thus, 3D printed objects by TPP obtain better quality than
the parts fabricated by conventional stereolithography
techniques, as shown in (Figure 1C)®*. Because of its
ultra-small focusing spot size, the scanning of tightly
focused beam of ultra-short laser pulse is precisely
controlled by a computer positioning system combined
with piezoelectric stages and/or optical scanning systems.
The high intensity of photons from the two-focused beam
source causes excitation of the photoinitiator molecules
resulting in the creation of free radicals. These free radicals
break the unstable bond of monomers and initiate the
polymerization process. As a result, polymer chains can be
formed and grown by combining monomers and adding to
the chains. Although conventional photosensitive materials
and initiators have been developed, such polymer still
suffers from the insufficient free radical density within
the extremely small cross-sectional focusing area for two-
photons®??. Thus, enough duration of each scan position,
high density of photoinitiator, and intensity of focused
light beam are most important parameters to terminate the
photopolymerization procedure with enough crosslinking
density.

TPP is promising 3D printing technique for biological
applications, such as drug delivery, implants, biosensors,
and tissue engineering. Since infrared light does not
cause any harmful effect to the living cells or organisms,
customized 3D scaffold structure can be directly fabricated
in the presence of living cells”. Furthermore, it allows the
introduction of pores at any location within the structure,
which enables precise control of the cell position, movement,
interaction, and organization inside the scaffold and,
consequently, integrity with host tissue inside the body™®*"*.
For the practical application in tissue engineering, hybrid
materials with either organic/organic or organic/inorganics
are consistently introduced for the better cell affinity and
biocompatibility of 3D printed scaffolds.

2.1.4 Solid Ground Curing

Solid ground curing (SGC) is one kind of projection
beam systems developed by Cubital Inc. in 1986. In
this system, the fabrication of the each layer patterns
of 3D object is done by a high-powered UV lamp in
the presence of the patterned mask over the surface of
photocurable materials™®***?. The patterned mask is
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built by the machine prints on the glass plate, and placed
in between the light source and the fabrication platform.
The fabrication principle of this technique resembles the
previous SL printers, but it has unique features of process
and support material design. Every fresh photocurable
materials are coated on top of fabricated structure by
spraying method. After UV light irradiation on the liquid
materials, uncured material is removed by vacuum and
filled with a wax as a supporter for the next layer (Figure
1D). During these repeating this process, planarization
or levelling procedure of coated new layer is necessary
for the accurate and reliable finishing. After printing, the
wax is melted away from the 3D structure™®*”.

2.2 Nozzle-based Hydrogel 3D Printing Systems

Nozzle-based printing method is the most popular
technique to build hydrogel based scaffolds. The melted
polymers or viscous liquids are forced and extruded
out of a nozzle, syringe or orifice and solidified onto a
building stage as shown in (Figure 2A). 3D structures are
constructed through sequential extruding material layer-
by-layer which follows a predesigned path constructed
by computer modelling. The key to successful 3D
printed structures using this method is good interlayer
adhesion between layers. Hence, various parameters of
hydrogels such as solidification temperature, rheological
properties and the gel setting mechanism are critically
important. In extrusion-based printing, polymers must
be either viscous or viscoelastic initially. These printed
layers are cured and become self-supporting hydrogels
before next layers are printed.

Nozzle-based printing can be categorized into two
groups: techniques with melting process and techniques
without melting process. Nozzle-based printing with
melting process include fused deposition modelling
(FDM), precise extrusion manufacturing (PEM),
multiphase jet solidification (MJS), precision extrusion
deposition (PED), and 3D fiber deposition® . FDM
technique is the most commonly used nozzle based 3D

printing method in which thermoplastic filaments such
as poly(lactice acid) (PLA) and acrylonitrile-butadiene-
styrene (ABS) are melted by heating and extruded on the
build plate®. However, all techniques with a melting
process are not suitable processes to deposit hydrogel
since applying heat to hydrogel can cause a decrease
in biocompatibility and thermal degradation®*. Heat
treatment for sol-gel transition of hydrogels at elevated
temperatures induces critical damage to cells loaded in
the hydrogels, resulting in acute cell death®”. In addition,
unlike thermoplastic polymers, hydrogels are in the form
of viscous liquid and cannot be used as materials for
FDM as they cannot be shaped into filament due to their
poor mechanical properties.

Therefore, most of hydrogel-based 3D printings studies
are performed by printing techniques without melting
process including five major categories, 3D bioplotting,
pressure-assisted microsyringe (PAM), direct ink writing
(DIW), low-temperature deposition modelling (LDM),
and robocasting, based on the proposed categorization
of nozzle-based printing systems by Billiet et al.”!
These printing techniques allow rapid fabrication of
structure with improved mechanical integrity. Moreover,
they have been widely used for extrusion of hydrogel-
based composites as well as hydrogels with drug or cell
delivering capabilities. These techniques without melting
process can be further classified by their working
principles such as mode of extrusion, nozzle design, and
type of materials as described in the following section.

2.2.1 3D Plotting

In 2000, Freiburg Materials Research group first developed
3D plotting method to produce scaffolds for soft tissue
engineering®™. 3D plotting method uses viscous hydrogels
which are initially loaded in a syringe and injected through
a micro-needle used as the extrusion nozzle into a liquid
solution with a density similar to that of the hydrogel.
The hydrogel from a pressurized syringe can be deposited
as a single continuous microstrand or as individual

Figure 2. Schematic images of (A) nozzle and (B) inkjet printer based hydrogel 3D printing systems. (reproduced with permission from [1].

Copyright 2017, Elsevier Ltd)
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microdots. The thickness of microstrand can be controlled
by the viscosity of hydrogel, deposition rate, diameter
of nozzle, and applied pressure. The material dispensing
head generally moves in X, y, z directions, while the build
platform is kept in place. Liquid flow is generated by
working stepper motor (volume-driven injection nozzle)
or filtered air pressure (pneumatic nozzle). The key point
of this technique is to plot hydrogel into a liquid solution
with a carefully designed density that matches that of the
hydrogel.

Various materials can be used in 3D plotting system such
as hydrogels, nanocomposite hydrogels, polymer sol, and
bioactive polymers such as proteins™*?. Materials with
low viscosity can also be used in plotting since deposition
takes place in a liquid medium with a matching density.
Moreover, thermal sensitive biocomponents such as growth
factor and even cells can be incorportated into hydrogels
because heating is not required. Extruded hydrogels can be
cured by plotting in a reactive solution or by using mixing
nozzles with multiple dispensing component. However,
the microstrands of scaffolds constructed by 3D plotting
technique normally possess smooth surfaces, which cause
unfavorable environment for initial cell adhesion. Thus
additional surface treatment has been researched for
fabricating the favorable surface with modified initial cell
adhesion®™,

2.2.2 Direct Ink Writing (DIW)

Direct ink writing (DIW) or direct write assembly (DWA)
was first investigated by Lewis et al."" A variety of inks
such as hydrogels, nanoparticle filled inks, colloidal
suspensions and gels, and organic inks can be printed in
2D and 3D patterns with feature sizes ranging from 100
nm to 1000 um. Components of DIW apparatus are the
three-axis translation platform, compressed air supply,
cylindrical nozzle, and optical microscope for real-time
monitoring. The hydrogels are stored in each orifice
mounted on the Z direction motion stage and printed
through a nozzle onto a moving XY stage. The pressure
of orifice and printing speed depend on nozzle diameter
and rheology of hydrogel, respectively.

There are two important considerations regarding
the hydrogels used in DIW technique. First, they must
obtain self-supporting ability and spanning shapes
with controlled viscoelastic characteristics. Therefore,
extruded hydrogels should set instantly to enable
feature retention of the printed structures. Second, high
concentration of nanoparticle or colloid in hydrogels is
preferred to reduce shrinkage during the drying process
of the completed assembly. Generally, 70-85 wt% of
solid loadings in hydrogels are preferred for assembling
planar and spanning filaments®. The nanoparticle or
colloid network in hydrogels is able to resist compression
stress caused by capillary tension, thereby preventing

spreading during extrusion.
2.2.3 Pressure-assisted Microsyringe (PAM)

The PAM technique, similar to FDM without heating
system is first proposed by Vozzi in 20021, In the initial
stage, pneumatic driven glass capillary microsyringe which
moves in the vertical plane was used to deposit materials
on a substrate. Vozzi and his research group modified PAM
systems for hydrogel microfabrication*”. Compressed air
and pneumatic driven microsyringe were replaced with a
stepper motor and piston assisted microsyringe, respectively.
Moreover,a temperature controlled syringe module with an
aluminum jacket was added to control the temperature of
deposit materials.

2.2.4 Low-temperature Deposition and Manufacturing
(LDM)

Xiong et al. designed LDM systems to overcome heating
process“®. In this technique, temperature is decreased
to solidify materials. Materials such as hydrogels are
embedded in feeder connected to a screw pump nozzle
and injected from the nozzle that can move along
the XY axis onto a building stage at a temperature
below 0 °C. Printed scaffolds are necessary to undergo
freeze-drying process to remove the solvent. Modified
LDM technique, called multinozzle low-temperature
deposition and manufacturing (M-LDM) was developed
by incorporating multiple nozzles with different types
] They are used for fabrication of scaffolds with
gradient structures and materials by the incorporation of
additional jetting nozzles into the LDM process.

2.2.5 Robocasting

Robocasting is also a nozzle based process which was
originally adapted to produce ceramic scaffold using
highly loaded ceramic slurries™. The system is composed
of stationary dispensing head and movable platform that
can move in X, Y and Z axis. The slurry injected layer by
layer from a syringe has to sustain their weight and the
weight of next layers to sustain the printed features. Thus,
low viscous slurry or hydrogel alone are inadequate for
robocasting technique. Recently, hydrogels were applied
as carriers for ceramic powder in this system. Although the
final product is a ceramic scaffold that is formed through
burning out hydrogels, this result indicates the great
potential of robocasting process in fabrication of hydrogel-
based composites.

2.2.6 Other Apparatus

Nozzle-based 3D printing process is a promising technique
to fabricate hydrogel-based composite scaffolds due to its
versatility in various printing conditions. This technique is
capable of printing large porous structures for infiltrating
body fluid and controlling mechanical and biological
properties, which cannot be carried out by other hydrogel
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3D printing techniques. However, there are some drawbacks
such as limitation of material type, nozzle condition, and
natural ability of this process hinder its potential.

To date, scaffolds fabricated by nozzle based 3D printing
technique show low resolution and poor mechanical
properties. Compared to laser based 3D printing and
droplet based 3D printing technologies, the resolution of
nozzle based 3D printing is relatively low. Moreover, the
resolution is dependent on the solid loading or particle size
on hydrogel-based composites. As the hydrogel is extruded
from the nozzle, it does not have the material strength to
maintain the structure and result in sagging or collapse
of unsupported parts. This phenomenon of mechanical
property deterioration is aggravated during the printing
process of scaffolds without the assistance of supporting
materials or liquid medium. When the hydrogel materials
possess sensitive biocomponents such as cells or ECM or
growth factor, low printing speed and external pressure
on materials may lead to function loss or damage of
biocomponents.

For solving these disadvantages, other improved
and combined nozzle based systems have also been
reported steadily. Multi-head deposition system (MHDS),
bioExtruder, screw extrusion system (SES), combined
rapid freezing and plotting system, modified plotting
system and porogen-based extrusion system are some of
the novel attempts™ . These techniques were investigated
to enhance manufacturing flexibility by increasing the
capability of deposition in accomplishing optimum scaffold
requirements.

2.3 Inkjet Printer-based Hydrogel 3D Printing
Systems

3D printing technology, also known as additive
manufacturing, originated from 2D inkjet-based printer.
It was first developed at the Massachusetts Institute
of Technology (MIT) in 1993 by depositing liquid
binder onto a powder bed®”. Inkjet printer is a non-
contact technology which prints droplets of ink onto a
material platform. It is composed of a printer head which
possesses liquid binder cartridge and moves in the XY
plane and a build platform that is movable along the Z
axis as shown in (Figure 2B).

Inkjet printing process can be divided into two types;
continuous inkjet (CIJ) printing and drop-on-demand
(DOD) printing™***. In CIJ printing, liquid binder emerges
continuously from a nozzle to form a jet which breaks up
into droplets by the Rayleigh instability, whereas individual
droplets are ejected only when electrical signals result
from thermal or piezoelectric effect in DOD printing. Both
systems offer droplets ranging in size from 15 to several
hundred microns. However, DOD printing is preferable for
fabricating biological structures of soft tissue engineering
applications due to the reduced possibility of contamination

and good controllability™”.

As mentioned above, piezoelectric or thermal force is used
to eject liquid drops in DOD printing systems. In piezoelectric
inkjet printer, the application of external voltage to
piezoelectric actuator generate pressure to eject droplets
from nozzle. Thermal inkjet printer, which possesses
low cost, high print speed, and wide availability, uses an
electrical heating to generate pulses of pressure that leads to
the vaporization of liquid. Application of air-pressure pulses
eject small droplets from the nozzle. Heating temperature
is usually in the range from 200 °C to 300 °C, which can
lead to denaturalization of hydrogels or biocomponents in
hydrogels. However, due to the short heating time (~2 ps)
in the printing process, heating has shown no detrimental
effect on the stability of biocomponents in recent studies®™.

Similar to other 3D printing techniques, hydrogel
scaffolds predesigned by computer modeling are constructed
layer-by-layer with deposition materials. And there are a
variety of material that can be used in inkjet 3D printer.
These can be categorized in two types by starting materials
on platform as described in the following section.

2.3.1 Inkjet Based 3D Printer with Powder (I3DP-P)

I3DP-P system (Figure 3A) is the representative solid-
phase rapid prototyping technology. This system can use
various materials including ceramic, metals, polymers as
well as hydrogels™*. The process is a 3-step process. The
first step in 3D printing is the spreading of powder onto a
platform with a roller. Second step is the deposition liquid
binder from inkjet print head with a 2D pattern onto the
powder layer by bonding the adjacent powder particles
together. The final step involves lowering the layer and
filling the powder on the next layer. This process is repeated
until the fabrication process is completed. The unreacted
powder with binders can support the bonded structures,
thus no supporting material is needed. Various types of
powder such as a single powder, surface-coated powder,
and a mixture of different powders are used in this system.
Selection of suitable biocompatible powder and binder is
the most important part in I3DP-P system.

2.3.2 Inkjet-based 3D Printer with Liquid (I3DP-L)

There are two types of I3DP-L (Figure 3B). The working
principle of the first type is similar to the I3DP-P system
but the powder bed is replaced by liquid materials®,
and the second type is a direct inkjet writing system
which generally uses photosensitive resins®®”. In the case
of the former system, uncrosslinked hydrogels are filled
in bed platform which moves along Z-axis and the liquid
crosslinker ink such as calcium chloride are printed
from the print head. In direct inkjet writing systems,
photosensitive resin ejected from inkjet printer head
build are constructed by simultaneous curing with light.
Compared with I3DP-P, fabricated scaffolds shows high
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Figure 3. The schematic images of (A) I3DP-P and (B) I3DP-L printer based inkjet 3D printing system.(adapted with permission from

[139]. Copyright 2016, John Wiley & Sons, Ltd).

accuracy, but the cost of I3DP-L is higher.

A wide range of materials can be used with both
Inkjet-based 3D Printer with powder and liquid as these
processes are done in room temperature. Moreover, these
techniques offer more options for soft tissue engineering
and bioprinting because incorporated biocomponents
are not subjected to deleterious effects of laser-mediated
fusion or force by extrusion. However, post processing
is required as water soluble liquid binders often remain
after 3D printing. In addition, it is difficult to remove
internal unbound powder or liquid which were trapped
in the negative spaces such as hollow structures.

3. 3D Printing of Hydrogel Composites

Hydrogels provide many advantages for tissue engineering
and cell delivery applications owing to their tunable
degradability, biocompatibility, and capacity to be modified.
However, their inherently poor mechanical properties make
them unsuitable for applications requiring strength such
as load bearing components. The rapid biodegradation
behavior of hydrogels also has greatly limited their further
application in the tissue engineering. In addition, in the case
of biodegradable synthetic hydrogels with polyester chains,
acidic by-products during the hydrolysis degradation
process of ester bonds were found to induce the side effects
to the cells’®. Therefore, the addition of materials including
metals, ceramics and polymers were essential to improve
some of the limitation of hydrogels.

Printability is one of the most important criteria to
consider for 3D-printing of hydrogel based composites. It
plays a critical role in determining the degree of accuracy
and precision relative to the computed spatial and temporal
design. The printability of hydrogel composites requires

stimuli-dependent viscosity to be used in various printing
methods which may involve changes in temperature and
shear thinning to prevent the nozzle from clogging and to
maintain the intended shape after printing. Research has
reported the addition of ceramic or metal based nano or
microparticles as rheology modifiers often interrupt the
crosslinking of hydrogels, thus decreasing the printability of
materials®®. In addition, the incorporation of these additives
may lead to a decrease in the accuracy of printed scaffolds
due to an increase in nozzle size or even make the resulting
material completely unusable. Therefore, many studies have
tried to print hydrogel scaffolds by incorporating additional
hydrogels, soft polymers or inorganic second phases.

3D printing techniques for the fabrication of hydrogel
composites can be categorized into (i) polymer or other
hydrogel reinforced composite (ii) particle-reinforced
composite (iii) anisotropic filler-reinforced composite, and
(iv) fiber-reinforced composite hydrogel printing systems,
as represented in Table 1. It should be noted that for the
category (i), hydrogel-reinforced composites, matrix and
reinforcement materials were defined based on the volume
fraction of hydrogels in the composites according to our
framework. For instance, if gelatin has a higher volume
fraction than alginate does in their composite, we assume
that gelatin is the matrix and alginate is the reinforcement
for this gelatin-alginate composite. These categories
will provide a platform for designing an appropriate
combination of materials and 3D printing technique for
achieving the desired properties. Each system involves an
innovative combination of reinforcement and hydrogel
matrix that generate not only mechanical strengthening but
also a plurality of property enhancements such as biological
activity, degradation tunability, and enzyme sensitivity.
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Table 1. The summary of methods and materials for 3D printing of various hydrogel composites

Improved tensile

Gel i ; ; a [70]
e 3D plotting Alginate Poly(acrylamide) properties Tendon
- . . Maintained tensile . nn
3D plotting Gelatin Alginate biomechanics Aortic heart valve
. . Formed vascular . [71]
3D plotting Collagen Gelatin construct with cell Vascular tissue
3D plotting PEGDA Alginate Improved toughness General v
. . Improved storage . 73
3D plotting Alginate Nanocellulose modulus Cartilage (Ear)
Improved storage
3D plotting PEGX Gelatin modulus and critical General 4

strain

Improved cell
3D plotting Gelatin-alginate Fibrinogen differentiation and Drug discovery
self-organization

[7s1

Improved swelling 1761

3D plotting Alginate Gellan gum ratio and stiffness General
. Improved storage |
3D plotting PCL PEG, HAc modulus General
Improved rheological
3D plotting PEG P(HPMAm-lactate) properties and Cartilage e
degradation rate
DIW HAc Glycidyl methacrylate Improved me_chanical General el
properties
Improved nerve ; [80]
LDM Collagen PU regeneration capability Nerve conduit
Robocasting Chitosan Alginate Large-scale structures General el
Inkjet printer Alginate Gelatin Cell printing General 16
Inkjet printer Starch Cellulose, Dextrose  Improved elongation General e
DLP PU HAc Improved degradation Cartilage [82]

rate

International Journal of Bioprinting (2018)—Volume 4, Issue 1 9



3D Printing of hydrogel composite systems: Recent advances in technology for tissue engineering

Table 1. (continued).

. Bioglass Improved cell
Particle 3D plotting Alginate, Gelatin proliferation and Bone 3
55 nm mineralization
ineralizati
. Improved elastic
. Methacrylated Graphene oxide modulus, tensile . . . 184
3D plotting - Biomedical device
chitosan 430-460 strength and
( nm) conductivity
Hydroxyapatite Improved mechanical
3D plotting Alginate, Gelatin properties and Bone 5]
(183 nm) biological properties
. . Gold nanoparticle Decreased gelation
3D plotting E h;fd;gﬁgf;g time, and improved Vessel Bl
y (24 nm) mechanical properties
Biphasic calcium
. . phosphate Improved biological 187]
3D plotting Alginate properties Bone
(106-212 um)
Natural Carbone nanotube Improved radiopacity
. . . . . [88]
Inkjet printer polysaccharides gums (10 nm) and conductivity Biomedical device
PLA 3D structure .
Casting + FDM GelMA Impro;fgipg;(;l;amcal Bone o]
(200 pm)
Hyd tit . .
SLA PEGDA ycroxyapatite Improved blploglcal Bone [90]
(50-100 nm) properties
Hydroxyapatite Improved mechanical
SLA PEGDA properties and Cartilage =
(80-100 nm) biological properties
. . . .. Anisotropic swelling — 1921
Fiber 3D plotting Acrylamide Cellulose short fibril behaviors 4D printing
. Improved mechanical
3D plotting Alginate PLﬁa?:ﬁtggous properties and Cartilage =3
biological properties
Casting + 3D plotting PEGDGE, Acrylamide PU continuous Improved me_chanical General o
g microfiber properties
. . . Emax Improved mechanical . [95]
3D plotting Alginate, Acrylamide roperties Cartilage
(UV-curable epoxy) prop
. . . : . Improved self-
Anisotropic filler DIW PEGD/:I’a?ilﬁmate’ Lapomte)l?ll? éLaponlte supporting capacity General e
9 and young’s modulus
Improved tensile and
. N-acryloyl . compression properties 197]
3D plotting glycinamide Laponite XLG and biological Bone
properties
. Improved shape
3D plotting Alginate- Laponite fidelity and sustained Bone 18

methylcellulose

drug delivery

3.1 Polymer or Other Hydrogel Reinforced
Hydrogel Composites 3D Printing

Hydrogels for 3D printing can be divided into protein-
based natural hydrogels such as gelatin, collagen, silk
or polysaccharide-based natural hydrogels such as
chitosan, agarose, hyaluronic acid (HAc), alginate,
cellulose, or synthetic hydrogels such as poly(ethylene
glycol) (PEG), polyurethane, polyacrylamide. Alginate,
a common hydrogel crosslinked by ionic interactions
or phase transition, has been widely used in the field of

10

soft tissue engineering owing to their biodegradability
and low toxicity. However, alginate limits cellular
adhesion due to the lack of adhesion sites for cells.
Markstedt et al. investigated 3D printing materials for
cartilage tissue engineering applications by combining
alginate and nanofibrillated cellulose™. Their rapid
cross-linking ability and the shear thinning properties
make the scaffolds fabricated by 3D plotting method
stable. Human nasoseptal chondrocytes encapsulated in
nanofibrillated cellulose/alginate hydrogels exhibited
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86% of viability at day 7 after 3D culturing. Xu et al.
fabricated a composite extracellular matrix by printing
alginate/gelatin hydrogels with incorporating fibrin
which is a natural scaffold material”. Fibrin acted as
an important component to regulate self-organization
and differentiation of adipose derived stromal cell. This
printed hydrogel composite functions as an extracellular
matrix that can offer an environment for cell growth and a
platform for drug delivery in soft tissue engineering. The
gellan gum, a versatile gelling agent, was introduced as
compounding materials in 3D plotting method by Akkineni
et al.” They mixed high concentration of alginate and 2—3 wt
% of gellan gum. The addition of gellan gum prevents rapid
swelling and thus improves the shape fidelity of printed
scaffolds. Moreover, human mesenchymal stem cells on
alginate/gellan gum composites displayed higher degree of
cytocompatibility compared with pure alginate. The study
explained that the improved initial cell attachment was
related to the mechanical properties of hydrogels; stem cells
preferred stiffer gels. Many researchers have highlighted
that the cytocompatibility of gels is highly dependent on the
mechanical properties of the hydrogel matrix.

In attempts to enhance the mechanical properties of
hydrogel, two-component hydrogels consisting of a
thermoresponsive polymer mixed with PEG or HAc
were printed by 3D plotting””. Starting materials were
crosslinked by chemoselective reaction and extruded
hydrogels showed mechanically stable hydrogels with
a storage modulus of 9 kPa after 3 h. The hydrogel
composite containing HAc exhibited high cell viability

of chondrocytes. Hong et al. developed 3D printed
PEG/alginate hydrogel composite with stretchiness and
toughness'. Fabricated hydrogel composites had higher
fracture energy than the value of cartilage and high cell
viability after 7 days of culturing. The toughness of
this hydrogel composite is attributed to the reversibly
crosslinked calcium ions dissipating the mechanical
energy and the covalently crosslinked PEG chains
contributing to high elasticity.

Another method to tailor the mechanical strength is
to co-print hydrogel with a stiffer polymer. Hyaluronic
acid, the main ECM component of cartilarge, with photi-
reactive glycidyl methacrylate was printed as a porous
scaffold by direct ink writing technique!®. The stiffness
of scaffold increased as the contents of functionalized
glycidyl methacrylate increased. When implanted
in a porcine mandibular model, it showed good cell
compatibility and enhanced tissue growth. Bakarich et
al. blended alginate/poly(acrylamide) with acrylated
urethane UV-curable adhesive (Emax 904) to fabricate
biomimetic hydrogel composites'”. They adjusted the
ratio of components by controlling the rates at which two
materials stored in two separate syringes are dispensed
into a single mixing nozzle (Figure 4A). As the volume
content of Emax 904 increased, the tensile strength and
elastic modulus also increased and this trend was in
accordance with the rule of mixtures theory. Finally, they
incorporated varying gradients into the printed scaffold
to mimic living tissue such as tendon which links soft
muscles to hard bone (Figure 4B).

Figure 4. (A) The extrusion rate of Emax 904 as a function of the length and image of extruded gradient gel stained with red and blue
dye. (B) Application of gradient gel which mimics the human tendon-muscle-tendon system in the place of pronator teres. (reproduced

with permission from [70]. Copyright 2017, Elsevier Ltd).
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A tunable degradation rate for hydrogels has also been
thoroughly investigated so as to provide a tissue scaffold
platform which gradually degrades over a few months
as well as sufficient mechanical resistance. p(HPMAm-
lactate)/PEG hydrogel composites are printed with
3D plotting method by Censi et al.'¥ These hydrogel
composites were crosslinked by thermal gelation and
chemical crosslinks to stabilize the structure. Complete
degradation of the printed scaffold was achieved in
190 days. In addition, the fabricated scaffolds showed
similar mechanical characteristic with natural semi-
flexible hydrogels such as collagen and displayed high
chondrocytes viability after 1 and 3 days. Shie et al. also
attempted to modify the degradation rate of hydrogels
through a 3D printed polyurethane (PU)/HAc scaffold
for use in cartilage tissue engineering™. The water-based
polyurethane (PU) with varying contents of HAc were
printed by DLP process. The diametral tensile strength
and elastic modulus of PU/HAc hydrogel composite are
higher than those of pure PU hydrogel. After 28 days
of degradation test, PU/HAc hydrogel composites with
varying concentrations of HAc all exhibited similar
degradation profiles. However, in the case of PU/HAc
hydrogel composite scaffolds with over 2% of HAc,
scaffolds showed ductile behavior even after 28 days of
degradation. Meanwhile PU hydrogel and PU/1% HAc
hydrogel demonstrated brittle behavior after degradation
suggesting that the addition of HAc facilitated the stable
degradation of hydrogel composite scaffolds.

3.2 Particle-reinforced Hydrogel Composites 3D
Printing

Incorporation of micro- or nanoparticles into the hydrogel
is widely used to enhance the mechanical and biological
properties of pure hydrogels due to their low cost, ease of
preparation, and isotropic strengthening behaviors™*%. A
particle-reinforced hydrogel composite is often formed from ex
situ process in which the pre-formed or pre-purchased particles
are dispersed into a hydrogel-forming liquid to be used for
3D printing (Figure 5A). This approach allows excellent
control over the quantity of incorporated particles and greatly
facilitates the study of optimal experiment conditions. Most
particle-reinforced hydrogel composites are fabricated by
this approach. For example, Fedorovich et al. used biphasic
calcium phosphate (BCP) microparticles in the range of
106-212 pum for composite reinforcement and Matrigel or
alginate as the hydrogel matrix. This particle-reinforced
hydrogel composite was implanted in bone defects and used as
an osteoinductive bone filler. Within 6 weeks of implantation,
early osteogenesis of incorporated multi-potent stromal cells
(MSCs) was induced. For 3D printing of particle-reinforced
composites, nozzle sizes bigger than the microparticle size (420
um internal diameter) were used and a 10-layer 3D scaffold
(10 x 20 x 1 mm) was fabricated via a 3D-bioplotter system.
In the case of coarse microparticle-hydrogel composites,
the mechanical enhancement is much lower compared to
composites containing nano-sized particles, but it is easier to
get a uniform particle distribution within the hydrogel through
simple mixing due to its relatively low surface-to-volume

Figure 5. Schematic diagram of ex-situ and in-situ approaches for particle-reinforced hydrogel composite fabrication
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ratio™”,

Nanoparticle-reinforced hydrogels offer better mechanical
and biological properties than microparticle-reinforced
hydrogels. For example, Wiist et al. added HAp nanoparticles
to a gelatin/alginate hydrogel system for bone tissue
engineering applications, as shown in (Figure 6A). Gelatin
provided the initial viscosity and mechanical stability required
for the hydrogel ink to be printable due to its temperature-
dependent physical crosslinking behavior. The long-term
stability of the printed structure is achieved by the ionic
crosslinking of alginate (Figure 6B). They fabricated simple
structures using 3D-bioplotter printing which was modified
with an in-house-fabricated heatable cartridge up to 40 °C to
enhance the printability of composite hydrogels. By adding
HAp nanoparticles (8% w/v), the Young’s modulus was
significantly increased with during the 3 day incubation period
(Figure 6C). However, varying HAp concentrations from 0 to
4% did not induce a significant enhancement in the mechanical
properties. Incorporation of HAp nanoparticles additionally led
to radiopacity and thus visibility of constructed scaffolds under
X-ray based medical detection, as shown in Figure 6D
Wang et al. investigated the effect of bioglass nanoparticles,
with the size of 55 nm, on encapsulated SaOS-2 cells. An
alginate/gelatin/SaOS-2 cell suspension supplemented with
bioglass nanoparticles was placed into sterile 3D-bioplotter
printing cartridges, and printed into a hydrogel scaffold (13 x
13 x 1.5 mm). During the incubation periods of 3 and 5 days,

bioglass-reinforced alginate/gelatin hydrogel composites
showed significant enhancement of proliferation and
mineralization of bioprinted SaOS-2 cells®™.

In spite of the superior mechanical and biological
performances of inorganic particles, the major problem
of the ex situ incorporation approach is the limit on the
maximum amount of particles that can be added to the
hydrogel; introducing nanoparticles into the hydrogel
rendered the printing ink more viscous and harder to print in
the desired way. In previous studies, maximal nanoparticle
inclusion to ensure proper printability and structural
accuracy was found to be limited to 10%. Nearing the 10%
nanoparticle inclusion, slight irregular filament shape and
ununiform size distribution were induced™. Skardal et al.
introduced gold nanoparticles (AuNPs) into semi-synthetic
extracellular matrix (SECM) hydrogel composites which
can generate dynamic crosslinking between intra-gel and
inter-gel during and after printing. In particular, 2.5% w/
v of 25 nm gold nanoparticle provided enough mechanical
stability to support multilayered 3D structures by the
physical reinforcement effect, and after 60 min of printing,
adjacent filaments were completely joined by slow rate
of inter-filament crosslinking between AuNP and sECM
hydrogel®. This dynamically crosslinked AuNP-sECM
hydrogel may provide new strategies in the ex situ particle
incorporation approach for the 3D printing hydrogel
composite system.

Figure 6. Schematic images of (A) gelatin/alginate hydrogel and its composite with Hap nanoparticles and (B) two-step hydrogel gelationprocess. (C)
Rheological properties of hydrogel composites (left: shear stress plotted over a shear rate, right: elastic modules over 3 day). (D) Opticalmicroscopic and
micro-CT images of 3D printed patterns. (reproduced with permission from [16]. Copyright 2014, Elsevier Ltd).
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The in situ incorporation of particles into hydrogel
scaffolds during and/or after 3D printing is more-effective
approach than the ex situ method for achieving uniform
distribution and high loadings, because post-loaded particles
do not hinder the printing process (Figure 5B). Jeong et al.
proposed a great potential of in situ precipitation process
for high- and uniform-loading capacity with minimal
agglomeration into a polymer matrix . Precipitated calcium
phosphate (CaP) nanoparticles with 200—350 nm were
easily formed and incorporated from calcium chloride and
phosphoric acid mixed solutions. Compared with same
concentration of pre-mixed CaP nanoparticles, precipitated
HAc-CaP composite hydrogels exhibited homogeneous
distribution and approximately five times higher storage
moduli values. In addition, mechanical properties were
continuously increased by increasing concentration of
precipitated CaP up to 40 wt%". Very recently, Egorov
et al. combined in situ mineralization with 3D printing
in which calcium chloride and ammonium hydrogen
phosphate solutions were mixed with sodium alginate slurry
and then 3D-bioplotter printing was employed to fabricate
a cubic-shaped 3D composite structure (8 x 8 x 5 mm).
The compressive strength of composite hydrogels were
gradually increased from 0.4 to 1.0 MPa with increasing
concentration of precipitated CaP up to 2.0 wt%. However,
overall mechanical properties of 3D printed scaffold
were relatively low due to the weak bonding between
filaments, which is a major limitation of the in situ particle
incorporation approach for composite hydrogel systems®™.

3.3 Fiber-reinforced Hydrogel Composites 3D
Printing

Fiber reinforcements can also improve mechanical properties
of hydrogel matrix in which the fiber contents and its
distribution inside its matrix determine mechanical properties
such as stiffness and strength of composites®™ **, In the case
of common 3D printing systems, short fiber reinforcements
are the most commonly used due to its easy processing
procedure at low cost. The fibers can be directly incorporated
into the hydrogel matrix via simple mixing and transferred
into the syringe for printing. Gladman et al. proposed stiff
cellulose fibrils as a short fiber reinforcement and printed
cellulose-acrylamide composite hydrogel 3D structures. For
ensuring smooth, clog-free print behavior of composite ink,
the maximum concentration of nanofibrillated cellulose inside
a soft acrylamide matrix should not exceed 0.8 wt%, which
was then transferred into the 3D-bioplotter cartridge and
injected through stainless steel commercial nozzles of varying
diameters. During the printing process, short fibers inside the
composite ink undergo shearing forces due to the small nozzle
size and orientate themselves along the printing direction,
as shown in Figure 7A. This in turn induces anisotropic
mechanical properties of printed filaments such as anisotropic

stiffness and swelling behaviors™.

In the case of long and continuous fiber-reinforced
hydrogel systems, research has shown substantially
improved mechanical performances due to the
continuous fiber-hydrogel matrix interactions as opposed
to disconnected interactions in short-fiber-reinforced
hydrogels. As such, the load transmittance from the
matrix to each fiber also becomes more continuous.
However, in spite of its outstanding performance, the most
challenging issue for applying this composite system to
the 3D printing process are practical ways to achieve an
uniform distribution and intended alignment of continuous
fibers within the hydrogel matrix. Narayanan et al. tried
to fabricate alginate-nanofiber bioink for 3D-bioprinting
which could provide protection for encapsulated cells
during the digitally driven fabrication process™. To prepare
the composite hydrogel, pre-fabricated portions of PLA
nanofiber was mixed with alginate (ratio 1:5, w/w), and
agitated in a vortex mixer, and finally sonicated for 2 hours.
Despite all these efforts, continuous PLA nanofibers were
aggregated and poorly distributed within hydrogel matrix,
which is mainly attributed to the strong van der Waal’s
attraction between the sub-micron scaled aggregated fibers
(Figure 7B). In this paper, they could not prove there were
any mechanical enhancement of nanofiber-reinforced
composite hydrogels, but the nanofiber-reinforced bioink
showed better cell proliferation and metabolic activity
levels of human adipose-derived stem cells (hASC) within
printed 3D structure that were encapsulated with cells ™.

Agrawal et al. approached this issue from a different
angle. To build continuous fiber-PEG composite scaffold,
elastic polyurethane (PU) fibers are printed first to form a
“log-pile” structure, and then fabricated continuous fibers
were impregnated with the PEG gel. The PU polymer
solution was placed into a pressure-driven syringe fitted
with a 100 um needle, and mounted on the dispensing 3D
printing system. The entire printing process was performed
under water to form a continuous elastic micro fiber rapidly
though solvent exchange. As with 24 wt% continuous
fibers, the elastic modulus of composites were two-
times higher, and the maximum strain-to-break ratio was
greatly improved compared to that of pure hydrogels®.
Bakarich et al. developed a more advanced technique for
fiber-reinforced hydrogel composite system using a one-
step process™. The previous approach requires at least a
two-step fabrication process involving the 3D printing of
continuous fiber scaffold structure followed by immersion
of the scaffold into a hydrogel precursor solution, and
crosslinking. However, recent development of UV curable
material and light system of 3D printing have made it
possible to fabricate fiber reinforced hydrogel composites
using a one-step 3D-bioplotter process. This composite
was printed by selectively patterning a combination of two
different UV curable inks: one is alginate/acrylamide gel
solution for the matrix, and the other is adhesive epoxy
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resin (Emax 904 Gel-SC) for the reinforcement. Composite
digital models of hydrogel matrix and fiber reinforcement
were constructed using computer-aided designs and the
printing path was also precisely generated by the software.
For evaluating mechanical properties of fiber reinforced
composite hydrogel, a dog-bone shaped tensile strength
specimen with uniaxial oriented continuous epoxy fiber
was successfully fabricated as shown in (Figure 7C).
The printed composite hydrogels showed a combination
of properties in between pure hydrogel and epoxy resin,
and its elastic modulus, failure strength, failure strain
properties were gradually increased by increasing the
relative volume of epoxy fibers. A noticeable finding
in this study is that there is no limitation of fiber

reinforcement amount inside the hydrogel matrix. They
showed extremely wide range of fiber volume fraction
from 0 to 100% inside alginate hydrogel matrix, and the
bone between the hydrogel and fiber is stronger than
pure hydrogel so that under the applied stress, matrix
and fibers were equally deformed without any interfacial
slipping between them. The reinforced fibers experience
a greater stress than the hydrogel matrix®.. So far, these
studies have only demonstrated the feasibility of 3D
printing for fiber-reinforced composite hydrogel, but the
further development of composite 3D printing techniques
is crucial before they can be applied to various tissue
engineering applications such as biofabrication of skin,
muscle, tendons, and cartilage in the near future.

Figure 7. (A) Schematic images of cellulose short fiber alignment during the 3D printing (reproduced with permission from [92].
Copyright 2016, Macmillan Ltd). (B) Overview of 3D printing process of PLA nanofiber-alginate hydrogel composite, and its internal
structure (reproduced with permission from [93]. Copyright 2016, ACS Publications). (C) Schematic image of the fabrication of hydrogel
composite tensile specimen, and its photographs with different Emax volume fractions (reproduced with permission from [95]. Copyright

2014, ACS Publications).
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3.4 Anisotropic Filler-Reinforced Hydrogel
Composites 3D Printing

Nanoclay is a nanoparticle which is composed of layered
hydrous silicate. It has been used in a wide range of
applications such as pharmacy, paints, cosmetics as well as
catalysis owing to their good surface properties and excellent
rheology controllability. Depending on the type of clay, each
layer consists of two or more sheets of either (AlO5(OH)s),
octahedra or (SiO,),-tetrahedra. Nanoclays are classified into
several classes such as Laponite, montmorillonite, bentonite,
nontronite, saponite, kaolinite, hectorite, and halloysite by
their geometrical shape and chemical composition which
can affect biocompatibility. Rawat et al. investigated the
cytotoxicity and antimicrobial properties of various shape
and concentration of nanoclays"®”. They prepared Laponite
with an aspect ratio of 25:1 and montmorillonite (MMT) with
an aspect ratio of 300:1, The cytotoxicity and antimicrobial
properties of both nanoclays with various concentration from
0.00005 ug/mL to 0.0125 ug/mL were assessed by eukaryotes-
human embryonic kidney (HEK), and cervical cancer SiHa
cell and Kirbey-Bauer protocol method, respectively. Laponite
exhibited good antimicrobial properties, while MMT showed
better cytotoxicity. Their explanation behind this finding is
due to the difference in charge density and anisotropy of the
clays. Modification of nanoclays as organic-inorganic hybrid
nanomaterials have potentials for use as rheological modifiers,
gas absorbents and drug delivery carriers in customizing
polymer composites.

Laponite, a synthetic magnesium silicate, is well
known as a nano biofiller in cosmetics. The potential use
of Laponite as tissue engineering constructs has been
discussed because they enhance cell spreading and promote
osteogenesis. The crystal structure of Laponite is a disc-
shaped layered magnesium silicate with a particle size of
approximately 25 nm in diameter and 1 nm in thickness
as shown in (Figure 8A). These ultrathin structures with a
high degree of anisotropy and functionality enhance their
surface interactions. In addition, Laponite is negatively
charged on its face and positively on the rim thus undergoes
self-assembly through electrostatic interactions to form a
shear thinning gel state with a “house-of-cards structure”
(Figure 8B)!"™. Therefore, many studies have been carried
out on blending Laponite with polymers for improving
mechanical and biological properties. Hydrogels with
poor mechanical properties can yield these properties by
forming strong interaction between chains of hydrogel
and monodispersed Laponite. Su et al. fabricated silk
fibroin hydrogel composites with Laponite for bone defect
repair application®. As the concentration of Laponite
increased from 0 to 5%, rheological properties of hydrogel
composites increased from 30 to 200 kPa. Osteoblasts cell
proliferation and differentiation also increased with the
addition of Laponite. Injectable hydrogel naoncomposite
was investigated by combining Laponite and dopamine-

Figure 8. (A) The structure and composition of Laponite nanoclay
as an anisotropic filler and (B) “house-of-cards” mechanism of
self-assembling printed hydrogels including Laponite. (reproduced
with permission from [96]. Copyright 2017, ACS Publications).

modified four-armed poly(ethylene glycol) (PEG-D4) Liu
et al."™ The introduction of Laponite did not change the
degradability and cytocompatibility of PEG-D4. However,
the curing time, mechanical and adhesive properties were
significantly increased. Consequently, PEG-D4/Laponite
hydrogel nanocomposites minimized inflammatory
response and improved cellular infiltration in vivo as
compared to Laponite-free specimens.

Recently, a variety of Laponite incorporated hydrogel
composites are 3D-printed for hard tissue engineering.
Jin et al. proposed a direct hydrogel printing approach
without any supporting bath by using self-supporting
nanoclay®. Laponite RD and XLG were mixed with
three types of hydrogels including poly(ethylene
glycol) diacrylate (PEGDA), alginate, and gelatin.
Each prepared composites were extruded by direct
ink writing with appropriate crosslinking methods,
respectively. Laponite-incorporated hydrogels were
readily printed through a nozzle and solidified after
extrusion in the air. The addition of Laponite improved
the mechanical properties of extruded scaffolds and
also adjusted the degradation rates. The elastic modulus
of PEGDA-Laponite, alginate-Laponite, and gelatin-
Laponite scaffolds increased 1.9, 7.4 and 3.3-fold than
each pure hydrogels without Laponite, respectively. The
cytocompatibility of PEGDA-Laponite was confirmed
by fibroblast cell adhesion and proliferation.

Zhai et al. reported that the physical crosslinking of
hydrogel chain-clay coupled with hydrogen bonding
remarkably increased the mechanical performance of
hydrogel scaffolds’®”. N-acryloyl glycinamide (NAGA) was
dissolved in deionized water with varying concentrations
from 10 to 30%, and then mixed with different quantities
of Laponite XLG. The mixed solutions were extruded by
3D plotting method and printed specimens were cured in a
cross-link oven. Fabricated PNAGA-Clay scaffolds showed
homogeneous structures and the mechanical properties of
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scaffolds in tension and compression tests significantly
increased with the addition of Laponite XLG. The release
of silicon and magnesium ions from Laponite XLG
promoted the proliferation and differentiation of primary rat
osteoblast (ROB) cells. PNAGA-clay hydrogel scaffolds
implanted in tibia defects of rats effectively induced new
bone formation.

The possibilities of bioprinting and growth factor
delivery of hydrogel-nanoclay composites were verified
by Ahlfeld et al.” Laponite XLG was blended with various
compositions of alginate-methylcellulose hydrogels. The
pastes were printed by 3D plotting method and incubated
in CaCl, solution. Human telomerase reverse transcriptase-
mesenchymal stem cells ('TERT-MSC) were mixed with
prepared hydrogel composite pastes before printing for
cell plotting. Bovine serum albumin (BSA) and vascular
endothelial growth factor (VEGF) were also loaded in
advance into hydrogel composite pastes for release tests.
Scaffolds were well-extruded with high shape fidelity by
the addition of nanoclay. After 21 days, the printed hTERT-
MSC showed cell viability of approximately 70%—75%.
Continuous release of BSA and VEGF, from the hydrogel
composite scaffolds, was observed even after 21 and 7
days, respectively.

4. Applications and Challenges

4.1 Hard Tissue Engineering Application

3D printing technologies have been used by medical
professionals in a wide range of applications. Initially, only
visual models and functional prototypes were fabricated
by 3D printers. However, with improved accuracy of 3D
printing process as well as the development of medical
imaging, or radiology equipment such as magnetic
resonance imaging (MRI) and computed tomography
(CT), 3D printing technologies can now be used to produce
tissues or organs which are directly implanted into the
human body. The customized implantable scaffolds for
patients are designed to better fit the affected site using
reconstructed MRI and CT images. In particular, porous
scaffolds which induce cell infiltration and proliferation are
more easily produced by 3D printers as compared to other
traditional processes such as subtractive manufacturing.

As mentioned before, pure hydrogels have poor
mechanical properties. Therefore, in order to match the
mechanical properties of tissues or organs, the integration
other materials to form hydrogel composites is essential.
Hard tissue engineering such as bone regeneration is one
of biomedical fields that require these composites (Figure
9). The material needs sufficient strength and elastic
modulus as well as good biocompatibility. HAp, the
main component of bone, is a promising reinforcement
that can be used to improve these conditions. Various
sizes of HAp particles from nano to micro scale were

Figure 9. Customized bone defect regeneration using a extruded
PLA and gelatin hydrogel composite with incorporated human
adipose derived stem cells and gold nanoparticles (reproduced
with permission from [89]. Copyright 2017, Royal society of
chemistry).

dispersed in hydrogels and printed as bone substitute
scaffolds. Demirtas et al. printed chitosan-HA hydrogels
using a 3D plotting method and compared them with
alginate-HAp hydrogels"®. With the addition of about
180 nm HAp particles, elastic modulus of alginate-
HAp hydrogels and chitosan-HAp hydrogels increased
approximately 3-and-5 fold compare to pure alginate
and chitosan hydrogels. The hydrogels loaded with pre-
oseteoblast cells, chitosan-HAp hydrogels showed higher
expression of osteogenic differentiation marker on day
21 when compared with other hydrogels. Other calcium
phosphate materials including bicalcium phosphate
(BCP) and tricalcium phosphate (TCP) are also proposed
as hydrogel fillers for bone tissue engineering. Diogo et
al. mixed alginate with beta-TCP and extruded by 3D
plotter™®™. Various composition of beta-TCP/alginate of
50/50% (w/w), 30/70% (w/w) and 20/80% (w/w) were
evaluated. As the beta-TCP contents in alginate matrix
increased, the accuracy of printing increased due to
increase in the viscosity of hydrogel composites. 50/50
beta-TCP/alginate scaffolds had the highest compression
strength and Young’s modulus and these values are
higher than those of trabecular bones. Furthermore,
biological test using osteoblast cells suggested that 50/50
beta-TCP/alginate scaffolds have potential as composite
scaffolds in bone regeneration applications.

Similarly, studies were also carried out on bioglass
incorporated hydrogel composites™™. 3D printed
collagen/alginate was coated with silica by soaking the
scaffolds in tetraethyl orthosilicate (TEOS) with various
concentrations"®. The scaffolds were more mineralized
in simulated body fluid solution as the fractions of silica in
collagen/alginate scaffolds increased. The degradation rate
of silica coated collagen/alginate scaffolds was significantly
reduced while the elastic modulus of silica coated collagen/
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alginate scaffolds increased. In vitro cellular response using
pre-osteoblast cells exhibited that silica coated collagen/
alginate scaffolds had higher value of proliferation and
gene expression than pure hydrogel scaffolds. Wang et al.
added various kinds of bioglass including polyphosphate
(polyP), polyP*Ca**-complex, silica, and biosilica produced
by sol-gel method in to alginate/gelatin/SaOS-2 bone cell
hydrogels composites®. Each of the mixed pastes were
extruded by 3D bioplotter and results showed that the
added polyP and biosilica increased the proliferation and
mineralization of bone cells.

4.2 Soft Tissue Engineering Application

Cartilage is a kind of soft tissue, which is a complex
structure composed of interstitial fluid, collagen and
chondrocytes. Cartilage tissue engineering has been
widely investigated because the injured cartilage does not
heal or regenerate by itself"®. Hydrogels are excellent
alternatives for use in cartilage engineering since they are
highly hydrated with a cross-linked architecture that can
be filled with cells. These hydrogels scaffolds can be easily
prepared by 3D printing but their poor mechanical stability
remains a big challenge. Therefore, many researchers have
put in efforts to overcome this limitation by mixing pure
hydrogels and fillers.

Bartnikowski fabricated multi-layered hydrogel com-
posites comprising functionalized gelatin methacrylamide

(GelMA) or GelMA with hyaluronic acid methacrylate
(HAMA) on pure alginate or alginate/hydroxyapatite (HAp)
composites by 3D plotting™. Incorporation of hydroxyapatite
increased the elastic modulus of printed hydrogel composites
and HAMA in GelMA hydrogels improved chondrogenesis.
The polycaprolactone (PCL) and alginate were printed layer-
by-layer with a multihead deposition system as shown in
(Figure 10A)™. These hydrogel composites combined
chondrocyte cells and transforming growth factor beta (TGF-
beta) to mimic the properties of cartilage. PCL/alginate
scaffolds with TGF-beta showed higher cartilaginous ECM
formation. In vivo test using dorsal subcutaneous zone of
nude mouse showed that the amounts of collagen fibers and
cartilaginous tissue formation of chondrocyte encapsulated
PCL/alginate scaffolds with TGF-beta were higher than other
control hydrogels. PCL was also used as composite material
for cartilage tissue engineering applications!'?. Electrospun
PCL and fibrin/collagen hydrogel containing chondrocytes
were fabricated layer by layer by hybrid inkjet printing/
electrospinning system. The printed hybrid composite scaffolds
showed higher tensile properties compared with each of the
PCL and fibrin/collagen hydrogels alone. Printed chondrocytes
cells maintained more than 80% of viability in vitro and
large amounts of collagen and glycosaminoglycans which
are similar to elastic cartilage were produced in vivo. In order
to fabricate tough hydrogels for cartilage tissue engineering
applications, agar was combined with alginate by Wei et

Figure 10. Schematics of (A) the 3D printing process of chondrocyte-incorporated alginate-PCL hybrid scaffold for cartilage application
(reproduced with permission from [111]. Copyright 2013, John Wiley & Sons, Ltd) and (B) the direct bioprinting process of collagen-
fibrinogen with stem cells onto skin wound of rat (reproduced with permission from [116]. Copyright 2012, AlphaMed Press).
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al."™ The addition of alginate not only improved the hydrogel
viscosity and shape fidelity, but also increased the tensile
strength and toughness of hydrogels.

The skin is the largest organ that covers the human body and
it plays an important role in regulating temperature, controlling
evaporation as well as protecting from pathogens and external
environment. It is a complex structure with three sequential
layers including epidermis which is the outer layer, dermis
that is permeated by a complex nervous and blood vessel, and
hypodermis consisting of subcutaneous tissue™ . Therefore, in
skin tissue engineering, many researchers tried to substitute this
complex and important organs with artificial skin grafts such
as hydrogels for curing skin wounds and diseases™". With
recent advances in hydrogel printing technique which moved
from 2D to 3D printing allow more flexibility in controlling
the micro/nano level structure. Moreover, studies are focused
on 3D printing hydrogel composites to functionalize hydrogel
scaffolds that are closely mimicking real skin tissue.

Skardal et al. investigated the possibility of skin
regeneration of mouse skin wound by printed amniotic
fluid-derived stem (AFS) cells incorporated hydrogels™®.
They used fibrinogen/collagen mixed with 50:50 volume
ratio as hydrogel composites and hydrogel composites
including AFS cells and mesenchymal stem cells (MSCs).
Fibrinogen/collagen hydrogel composites with cells and
thrombin were directly printed on the skin wound of nude
mouse layer-by-layer by inkjet 3D printer (Figure 10B).
The wounds treated by composite with AFS cell and MSC
cells showed better wound closure and re-epithelialization
results up to 14 days than those of fibrin/collagen gel up to
14 days with increased vessel density and enlarged capillary
diameters.

Chitosan and graphene were used as hydrogel composite
materials for tissue engineering®™® """, Chitosan has been used
in artificial skin and wound dressing with its similarity in
hyaluronic acid content and glycosaminoglycans in joints™.
The limitations of chitosan are its poor mechanical properties
and slow gelation rate. In Sayyar’s studies, chitosan or
methacrylated chitosan (ChiMA) were mixed with various
contents of graphene and extruded by modified computer
numerical control (CNC) machine. Both graphene/chitosan
and graphene/ChiMA hydrogels showed tunable swelling
properties and good biocompatibility which was confirmed
with fibroblast cell adhesion and proliferation test on the
hydrogel composites. As the contents of graphene in chitosan
or ChiMA increased, tensile strength and conductivity
remarkably increased.

For 3D printing of soft tissue engineering scaffolds,
cell-laden bioinks are often used. Despite of numerous
advantages of bioprinting, the harsh conditions imposed by
the printing process have led to the rise of new challenges
regarding the processing of sensitive cells and biomolecules
due to 3D printing conditions required by different types
of 3D printers and the chosen bioink™. In thermal, laser

and piezoelectric inkjet, cell damage mainly results from
the thermal heating during the printing process, whereas in
extrusion bioprinting, compression forces and shear stresses
generated during the printing causes damage to cells"”.
On the other hand, biocompatible hydrogels widely used
for matrix materials of cell-laden bioinks or supporting
materials of printed cells require solidification strategies,
e.g., photo-crosslinking, in situ chemical crosslinking,
physical crosslinking or shear-thinning™****!. Integration
of those solidification methods into bioinks is challenging,
particularly in case of cell-laden hydrogel bioinks where
the hydrogel gelation process should minimize the potential
damage of encapsulated cellst** %% particularly,
UV-based photopolymerization reactions of bioactive
hydrogels (e.g., gelatin, collagen, chitosan) are commonly
coupled with bioprinting, employed either during the
printing process*? or after the deposition of bioinks™ to
produce stable 3D hydrogels with intricate architectures
for cell encapsulation. However, the deleterious effects of
UV light irradiation and cytotoxicity of radicals generated
by photoinitiators lead to a decrease in cell viability and
ultimately DNA damage™*®.

4.3 Vascular Application

Fabrication of vascular system is one of the main
challenges in 3D printing, because isolated cells cannot
live in spaces of less than 3 mm® of volume"*”. Vascular
channels transport oxygen, growth factors and nutrients
and remove the waste solutions for living cells. Therefore,
well-designed blood vessel tree of capillaries and micro-
vessels are required for operating large tissues or organs.
Moreover, sufficient mechanical properties are also needed
for vascular tissue engineering to tolerate physiological
pressures and surgical connections.

To achieve this goal, double-nozzle assembling method
was adapted to 3D-print vascular for liver by Li’s group™*”.
Li fabricated gelatin/alginate/chitosan (GAC) hydrogel
composites combined with adipose-derived stromal cells
(ADSC) and printed them to form vascular networks.
Gelatin/alginate/ fibrinogen (GAF) hydrogel was also
combined with hepatocytes and placed around the printed
ADSC/GAC hydrogel composites to mimic anatomical
liver structure. The vascular channels were crosslinked with
thrombin, CaCl,, Na;P;0,, and glutaraldehyde and were
well maintained for more than 2 weeks. Printed ADCSs
differentiated into mature endothelial cells and the albumin
secretion value of the hepatocytes increased after 2 weeks
of culturing. In a similar way, the production of perfusable
vascular systems with highly ordered arrangements was
achieved by a multiple coaxial nozzle as shown in (Figure
11A)*. They mixed gelatin methacryloyl (GelMA) and
4-arm poly(ethylene glycol)-tetra-acrylate (PEGTA) for
fixing the morphologies of the constructs permanently
and sodium alginate for maintaining the shape by fast
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ionic crosslinking. The perfusable structures with multiple
layers and various diameters were formed by coaxial
nozzle systems in a one-step process. The rheological and
mechanical properties of the printed hydrogel composites
were tunable by PEGTA and endothelial and mesenchymal
stem cells incorporated hydrogel composites also showed
favorable biological responses which demonstrated the
formation of vessels resembling early maturation of the
native vasculature.

PEG derivatives were used as crosslinkers to develop
bioartificial vessel-like grafts. Different four-armed
polyethylene glycol(PEG) derivatives called TetraPEG8 and
TetraPEG13 were converted to tetra-acrylate derivatives
(TetraPAcs) and these were co-crosslinked with hyaluronan
acid and gelatin hydrogels into synthetic extracellular matrices
(sECMs) by Skardal et al. (Figure 11C)*. The crosslinked
hydrogel composites showed improved rheological properties
which are more suitable for bioprinting when compared
with sSECM hydrogels crosslinked with PEGDA. Bioprinted
hydrogel composites containing NIH3T3, HepG2 C3A, and
Int407cells exhibited microcapillary tube structure with cells
viability up to 4 weeks.

Dolati proposed bioprintable vascular conduits reinforced
by carbon nanotubes™*. Multiwalled carbon nanotubes
(MWCNTs) were dispersed in alginate hydrogels and
human coronary artery smooth muscle cells (HCASMCs)
encapsulated hydrogel composites were extruded by coaxial
nozzle. As contents of MWCNTS increased, the mechanical
properties of hydrogel composites increased. However, in
long-term biological responses, MWCNT-added hydrogel

composites induced cell toxicity.
4.4 4D printing

The applications of the hydrogel composite systems
are not only limited to mechanical strengthening or
biological performance. They are also valuable model
systems for stimuli-responsive smart materials, also
known as 4D printing. 4D printing involves materials
that are responsive to external stimuli such as electricity,
light, ions, temperature, and water, such that the pre-
printed 3D configuration changes over time®** ",

In general, shape memory polymers (SMPs) are popularly
used for the 4D printing which have permanent shape by
a cross-linked polymer network, and can be deformed into
a temporary shape via reversible interactions between the
networks. When exposed to external stimuli, the material
can recover its original shape. However, most SMPs only
possess 3D printability with laser-based printing systems
such as Polyjet or SLA 3D printing"**** Therefore, there
are severe limitations on the choice of material and function
for tissue engineering applications.

In the case of hydrogel composite, they have a great
potential as a platform technology to extend material choice
for 4D printing with their highly tunable functionalities.
For example, it is possible to utilize hydrogel composites
for water-activated 4D printing. In general, reinforcements
such as inorganic particles or fillers do not or exhibit less
swelling behavior in water as compared to hydrogels (Figure
12A). The orientation or distribution of reinforcements
within the hydrogel composite generates controllable

Figure 11. Various strategies of constructing vascular system (A) using a multiple coaxial nozzle with alginate, GeIMA, and 4-arm
PEGTA (reproduced with permission from [131]. Copyright 2016, Elsevier Ltd), (B) bioprinting layer-by-layer with collagen, fibrin-cell
mixture, and sacrificial gelatin, (reproduced with permission from [140]. Copyright 2017, Springer International Publishing AG.) and (C)
by stacking hydrogel macrofilaments to form a cellularized tubular structure(reproduced with permission from [132]. Copyright 2010,

Elsevier Ltd).
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anisotropic swelling and allows precise control over the
printed structure’s curvature (Figure 12B)°?. Thus, by
utilizing the swelling behaviors of hydrogel composite
structures, bio-origami hydrogel scaffolds can be developed
with self-folding behavior under the appropriate external
stimuli, which can greatly contribute to the fabrication of
functional 3D tissues.

4D printing technique is also attractive for drug
delivery systems in which precise control over the
shape of the carrier is desirable to release drugs or cells
in a programmable manner. For example, in the case of
mucoadhesive drug delivery systems, hydrogel bilayer
structures composed of two differentially swelling layers
can induce self-folding property, which makes it more
likely to stick to the mucus tissue. The less or non-swelling
layer acts as a diffusion barrier and incorporated drugs can
be released unidirectionally towards the adhered tissues,
which minimizes drug leakage and enhances drug delivery
efficiency!™***".

Until now, existing self-assembly or self-folding 4D
printing systems are limited to macroscale deformations,
which restricts the precise spatial manipulation of 4D-printed
structures. In addition, most responsive materials only respond
to one type of external stimulus. For tissue engineering
applications, printed scaffolds need to adapt to complicated
microenvironments of within the human body™*****.
Therefore, the future of 4D printing requires a stronger focus
on microscale controllability over the shape, orientation, or
biocompatibility of printed structures. This can be achieved by
improving printing resolution and material design in response
to multiple physiological signals.

5. Conclusion and Future Outlook

In this paper, the pros and cons of utilizing hydrogel
composite materials as printing ink in 3D printing systems
has been thoroughly discussed. This information will be
useful for selecting the printing method and appropriate
materials for the desired biological performances. The

Figure 12. (A) Schematic images of cellulose fibrils alignment-
induced anisotropic stiffness E and swelling strain o, and (B) its
water-activated 4D printing effect.(reproduced with permission
from [92]. Copyright 2016, Macmillan Ltd).

recent developments of 3D printing system tend to bring
the hydrogel-based tissue engineering on the next level. In
recent years, hydrogel composite 3D printing techniques
have gone through tremendous technological improvements
in the form of material design and printing system
optimizations. However, there are still several critical issues
and problems that needs to be addressed.

First of all, hydrogel cross-linking methods that are
available in 3D printing systems are severely limited.
For the construction of stable 3D structures, hydrogel
materials which crosslink rapidly is essential to support
each printing layer before they collapse under their own
weight, and until now, only photo- and ionic-crosslinking
strategies are applicable for 3D printing due to their high
crosslinking efficiency. However, the limited materials and
printing systems could not meet the stringent requirements
demanded by tissue engineering applications. Therefore,
material diversity and cross-linking strategies should be the
focus of future research.

Secondly, most hydrogel composites are produced
from simple mixing of different components at different
weight ratios, which can induce severe agglomeration
of reinforcements inside the hydrogel matrix. Poorly
distributed reinforcements directly affect the performance
of the hydrogel composite, thus new strategies for obtaining
a uniform distribution or alignment of reinforcements are
impertinent for practical applications involving hydrogel
composites.

Finally, the alignment or continuity of the reinforcements
are also restricted to the X-Y plane because of the layer-by-
layer additive fabrication process of 3D printing systems.
Printing paths are only allowed in two dimensions(X-
and Y-axis), and the mechanical strengthening is also
limited to directions parallel with the printing paths. This
is the reason why only simple shapes such as rod, bar,
and dog-bone have been fabricated and evaluated using
one-directional mechanical characterizations. For tissue
engineering applications, implanted materials undergo
complex loading conditions in vivo, and the mechanical
properties of hydrogel composites are strongly dependent
on their internal microstructure. Therefore, new 3D printing
systems focusing on 3D alignment or continuity of internal
reinforcements should be developed to improve the
mechanical performance of hydrogel composites.

While many problems remain to be unsolved, various
fascinating and promising results of the 3D printing system
have been reported continuously, and hydrogel composite
materials with enhanced printability, mechanical properties,
and biological performances have been also designed and
proposed. We expect that the classification of 3D printing
systems, categorization of hydrogel composite materials,
and their applications that have been discussed in this
review article will provide a fundamental understanding
of hydrogel composite materials and 3D printing systems,
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and serve as a platform to design innovative combinations
of materials and 3D printing techniques for emerging
applications, such as cancer modeling and organ-on-a-chip
models.
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poly(3-hydroxybutyrate-co-3-hydroxyvalerate) (PHBV). The results indicated the scaffold exerted high antibacterial activity.
The antibacterial mechanism was that nMgO could cause oxidative damage and mechanical damage to bacteria through
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their structures and functions. Besides, nMgO significantly increased the compressive properties of the scaffold including
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attracted attention owing to their high antibacterial
activity and broad antibacterial spectrum™ . Among
them, MgO, and especially nanosized MgO (nMgO), is
more promising, considering that it has not only strong
antibacterial activity but also excellent biocompatibility,
which has been recognized as safe by the US Food and
Drug Administration (21CFR184.1431)!"". Besides,

1. Introduction

Bone scaffolds are usually susceptible to bacterial infec-
tions, which easily result in the failure of bone repair® .
In clinic, administration of antibiotics is a frequently
used method for prophylaxis and treatment of infections.
However, long-term administration of antibiotics easily

causes toxic and adverse effects to the human body such
as hypersensitivity and immunosuppression; and the abuse
of antibiotics has given rise to serious multiple drug
resistance of many pathogenic bacteria!". Therefore,
it is extremely necessary to explore new methods of
dealing with the implant-related bacterial infections.
Developing antibacterial scaffolds may be a promising
strategy with incorporating antibacterial materials®"%.
Metallic oxides, including silver oxide, copper oxide,
titanium dioxide and magnesium oxide (MgO), have

its alkaline degradation products may be in favor
of constructing weakly alkaline microenvironments
for cellular responses; the magnesium ion is widely
involved in human metabolisms, playing an significant
role in regulating cellular responses'™®. In addition, it
has been previously used as a rigid filler for reinforcing
polymert™®*7,

Haldorai and Shim™® prepared chitosan/MgO com-
posites by chemical precipitation method and found the
composites showed a much higher killing rate against
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Escherichia coli (E. coli) compared with chitosan.
Yamamoto et al."* prepared calcium carbonate/nMgO
composites via thermal decomposition of dolomite
and found the composites exerted high antibacterial
properties towards E. coli and Staphylococcus aureus.
Ma et al.” prepared poly(r-lactide)/nMgO composites
and found nMgO neutralized the acidic degradation
products of poly(r-lactide) and improved its mechanical
properties. Nevertheless, studies on MgO-containing
composites for biomedical applications are still very
lacking, and few papers, to the best of our knowledge,
have systematically studied their comprehensive
performances, especially in the form of scaffolds.

In this study, nMgO was incorporated to PHBV
for developing antibacterial bone scaffolds. Three-
dimensional porous PHBV/nMgO scaffolds were
prepared by selective laser sintering (SLS). The
antibacterial activity of the scaffolds was evaluated,
while the antibacterial mechanisms were analyzed and
discussed. Moreover, the microstructure, mechanical
properties, degradation behaviors and cell responses of
the scaffolds were also assessed.

2. Materials and Methods

2.1 Powders Preparation

PHBV with 3 mol% of 3-hydroxyvalerate content, 280
kDa of molecular weight, 1 um of average particle size
and 1.25 g/cm® of density (the data were provided by
the manufacturer) was obtained from Tianan Biologic
Materials Co., Ltd. (Ningbo, China). nMgO with average
particle size of 50 nm and density of 3.58 g/cm® (the
data were provided by the manufacturer) was purchased
from Shanghai Macklin Biochemical Co., Ltd. (Ningbo,
China).

Five formulations of PHBV/nMgO powders containing
0,1, 3,5 and 7 wt% nMgO were prepared mainly
through the following procedures®!: (a) weighing certain
amounts of PHBV and nMgO powders according to the
designed formulations, and adding them into two beakers
containing certain amounts of absolute ethyl alcohol,
respectively, followed by magnetically stirring the two
solutions for 30 min, respectively; (b) adding the nMgO
solution into the PHBV solution, and magnetically
stirring the mixed solution for 30 min, followed by
ultrasonically dispersing for 30 min; (c) filtering the
mixed solution to obtain the mixed powders; (d) drying
the mixed powders in vacuum drying oven at 60 °C for
24 h; (e) mechanically milling the dried powders with
planetary ball mill for 2 h, and finally obtaining the
PHBV/nMgO powders.

2.2 Scaffolds Preparation
Three-dimensional porous scaffolds were prepared via a

self-developed SLS system, which consisted mainly of
a CO, laser device (SR 10i, Rofin-Sinar Laser GmbH,
Hamburg, Germany) and a galvanometer scanning
system (3D scanhead-300-15D, Beijing Century Sunny
Technology Co., Beijing, China). Briefly, the laser
selectively sinters the powder layers under the control
of the scanning system according to the cross-section
profiles of the designed parts, forming the solid parts
in a layer-by-layer manner®*, The primary processing
parameters, i.e., laser power, scanning speed, scanning
spacing and layer thickness were set as 2 W, 200 mm/s,
0.1 mm and 0.1 mm, respectively. Five formulations of
PHBV/nMgO scaffolds containing 0, 1, 3, 5 and 7 wt%
nMgO were fabricated, which were denoted as PHBYV,
PHBV/1%nMgO, PHBV/3%nMgO, PHBV/5%nMgO
and PHBV/7%nMgO scaffolds, respectively.

2.3 Microstructures and Mechanical Properties

The phase composition of the PHBV/nMgO scaffolds
was analyzed by X-ray diffraction (XRD) (Bruker
D8, German Bruker Co., Karlsruhe, Germany). The
diffraction data were collected from 5 to 70° at a scan
rate of 8°/min using Ni-filtered Cu Ko radiation (A =
1.5406 A). The surface morphologies of the PHBV/
nMgO scaffolds were analyzed by scanning electron
microscope (SEM) (MIRA3, TESCAN, Brno, Czech
Republic) installed with energy dispersive spectroscopy
(EDS) (X-Max 20, Oxford Instruments, UK) using
secondary electron model under 15 kV accelerating
voltage. Before the characterization, the specimens
were fixed on copper stubs using electrically conductive
adhesives, followed by spurting with platinum to
increase their conductivity.

The mechanical properties of the PHBV/nMgO
scaffolds were assessed by compression tests using
a universal testing machine with a 30 kN load cell
(MTS Insight 30, MTS Systems Corporation, MN,
USA). The specimens (cylinder, 12.7 mm in diameter
by 25.4 mm) were compressed to 50% strain at a
rate of 1 mm/min® ! The compressive strength
and compressive modulus of the scaffolds were
determined from the obtained compressive stress-
strain curves. Five specimens were tested for each for-
mulation of the scaffolds. The scaffolds with optimal
compressive properties were then used to characterize
their antibacterial activity, degradation properties and
cytocompatibility.

2.4 Antibacterial Activity

E. coli was used as a model bacterium as it is one of
the most common bacteria causing orthopedic implant-
related infections™. The antibacterial activity was
evaluated by seeding E. coli ATCC 25922 to the
PHBV/5%nMgO scaffolds and then observing the
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adhesion and proliferation level, with PHBV scaffolds
serving as control. The bacterial suspensions were
diluted to a concentration of 5x10° CFU/mL as this
is the clinically relevant concentration in orthopedic
infections””. Before seeding, the scaffold specimens
(diameter 8 mm, thickness 4 mm) were sterilized in
XFS-260 autoclave at 120 °C for 20 min, followed by
immersing in phosphate buffer solution (PBS) overnight
to prewet. Afterwards, the specimens were seeded with
the diluted bacterial suspensions and incubated in low
glucose Dulbecco’s Modified Eagle Medium (DMEM)
at 37 °C in 5% CO,/95% air atmosphere. After 24 h
of incubation, the bacterium/scaffold constructs were
gently washed using PBS, and then were fixed with 2.5%
glutaraldehyde. Subsequently, they were dehydrated
with a graded ethanol series, and dried in vacuum drying
oven. Afterwards, the dried specimens were installed
on copper stubs, sputtering with platinum. Finally,
the adhesion and proliferation level of E. coli were
characterized using a SEM (Phenom ProX, Phenom-
World BV, Netherlands) installed with EDS (INCA,
Oxford Instruments, UK) under backscattering mode.

Reactive oxygen species (ROS) was reported to play
a significant role in exerting the antibacterial activity
of some metallic oxide including nMgO™ ", Hence,
an oxidation-reduction method™?*? based on reducing
nitroblue tetrazolium (NBT) by ROS was employed
to detect the production of ROS in the suspensions
containing PHBV/5%nMgO scaffolds, with PHBV
scaffolds serving as control. Firstly, approximately
50 mg PHBV/5%nMgO scaffold specimens were
added into a cap-sealed tube filling with 50 mL PBS
containing 2.5x10° M NBT, followed by incubating at
37 °C in a water bath shaker (SHA-C, Hunan Lichen
Instrument Technology Co., Ltd., Changsha, China).
After incubating for 1 min, 1 mL of the suspension was
aspirated and filtered in order to determine the initial
absorbance. After that, another 1 mL of the suspension
was regularly aspirated and filtered at a fixed time
interval of 10 min until 60 min. The absorbance of the
initial filtrates and the filtrates taken out at the fixed time
interval was measured with an ultraviolet-visible (UV-
vis) spectrophotometer at 259 nm where NBT showed a
maximum absorbance. The amount of the produced ROS
was proportional to the reduction percentage of NBT,
which was calculated by the equation (2.1):

Reduction percentage of NBT (%) =
(A—AY/AX100 (2.1)

where A, and A, represent the absorbance of the initial
filtrates and the filtrates taken out at t min, respectively.
The ROS detection tests were performed in quintuplicate.
Besides, a blank control was also set, where no scaffold
specimens were added into PBS/NBT solution, in order

to exclude the effects of possible self-decomposition of
NBT.

2.5 Degradation Properties

The degradation properties of the PHBV/nMgO scaf-
folds were evaluated by immersing them in PBS (pH
= 7.4). Prior to immersion, the initial weights of the
specimens were recorded. Approximately 1 g specimen
was added into a cap-sealed tube containing 10 mL
PBS and incubated in an electronic thermostat water
bath at 37 °C. After the predetermined immersion time
(7, 14, 21, 28 and 35 days), the specimens were taken
out and the PBS was collected. The pH values of the
collected PBS were measured using a digital pH meter
with a resolution of 0.01 (PHS-3C, Shanghai Xiaosheng
Instrument Manufacturing Co., Ltd., Shanghai, China).
The specimens were dried in a vacuum drying oven
until their weights were constant. The weight loss of the
specimens was calculated by the equation (2.2):

Weight loss (%) = (W,—W)/W,;x100 (2.2)

where W, and W, represents the initial weights and
the residual weights of the specimens after t days of
immersion, respectively. The pH and weight loss tests
were carried out in quintuplicate.

After the weight loss was determined, the specimens
were used to characterize the degradation morphologies.
Before SEM characterization, the specimens were
installed on copper stubs and sputtered with gold. The
surface morphologies of the specimens were observed
by Phenom ProX SEM using backscattering mode under
15 kV acceleration voltage.

2.6 Cytocompatibility

The cytocompatibility of PHBV/5% nMgO scaffold
was evaluated by seeding with MG63 cells (American
Type Culture Collection, Manassas, VA, USA) and
assessing the cellular responses. The MG63 cells were
harvested using trypsin/EDTA, centrifuged at 1x10°
rpm for 3 min and resuspended in DMEM. The scaffold
specimens (diameter 8 mm, thickness 4 mm) were
sterilized in an autoclave (XFS-260, Zhejiang Xinfeng
Medical Devices Co., Ltd., Shaoxing, China) at 120 °C
for 20 min, followed by immersing in PBS overnight
to prewet. Afterwards, the specimens were seeded with
MG63 cells (at a density of 2x10%/well, 1x10%/well
and 5x10°/well for SEM observation, Cell Counting
Kit-8 (CCK-8) assay and alkaline phosphatase (ALP)
staining, respectively) and incubated in low glucose
DMEM supplemented with 10% fetal bovine serum
and 1% antibiotic-antimycotic solution at 37 °C in 5%
CO,/95% air atmosphere. After the selected incubation
time, the cell-scaffold constructs were sacrificed to
assess the cellular adhesion, proliferation and osteogenic
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differentiation by SEM observation, CCK-8 assay and
ALP staining, respectively.

For evaluating cellular adhesion, the cell/scaffold
specimens were gently washed with PBS, followed
by fixing with 2.5% glutaraldehyde. Subsequently, a
graded ethanol series was used to dehydrate the cells.
Afterwards, the specimens were dried in vacuum drying
oven, followed by sputtering with platinum. Finally, the
cellular morphologies were characterized by Phenom
ProX SEM using backscattering mode under 15 kV
acceleration voltage. For CCK-8 assay, the MG63 cells
were harvested from the scaffold specimens by Trypsin-
ethylene diamine tetraacetic acid solution, followed
by centrifugation treatment. Afterwards, 0.2 mL of
the obtained supernatant was added into 1 mL of fresh
culture medium, followed by adding CCK-8 (CK04-
13, Dojindo Molecular Technologies, Kimamoto,
Japan) solution into it according to the instructions of
the manufacturer, which generated an orange formazan
product by cellular dehydrogenases. After culture for 4 h
at 37 °C, 100 pL of the sample solution was transferred
into plate to measure the absorbance with a microplate
reader (Beckman, USA) at 450 nm. For ALP staining,
the MG63 cells were washed with PBS, fixed with
4% paraformaldehyde for 30 min and then permeated
with 0.5% Triton X-100 for 30 min. Subsequently,
ALP staining was carried out with 5-bromo-4-chloro-
3-indolyl-phosphate/NBT (BCIP/NBT) alkaline
phosphatase color development kit (P0321, Shanghai
Beyotime Biological Technology Co., Ltd, China)
according to the instructions of the manufacturer.
Finally, the stained cells were mounted with water-
based mounting medium (Boster Biological Technology

(A) (B)

Co., Ltd., China), followed by observing with light
microscope.

2.7 Statistical Analysis

Quantitative data were expressed as the mean + standard
deviation. Levene’s test was applied to examine equality
of variances. Unpaired two-tailed Student’s t-test was
performed to determine statistical significance. Labels *,
** and *** represent p < 0.05, p < 0.01 and p < 0.001,
respectively.

3. Results and Discussion

The three-dimensional porous scaffold model and a
representative SLS-fabricated PHBV/nMgO scaffold
were shown in Figure 1. It could be seen that the shape
and size of the scaffold were consistent with those of
the model. The scaffold showed a well ordered and
interconnected porous structure. It was considered that
the pore size of scaffolds should be large enough to
ensure nutrient delivery and tissue ingrowth but not too
large to prevent cell migration®. Roosa et al.”*" found
all of the polycaprolactone scaffolds with pore size
from 350 to 800 um could promote bone regeneration
and there were no significant differences in new bone
formation between them. Similar results were reported
by Schek et al.® who found significant new bone
formation for both poly(propylenefumarate)/p-tricalcium
phosphate scaffolds with 300 and 800 um pores, with no
statistical differences between them. Hence, the PHBV/
nMgO scaffold with pore size of about 400 um may be
beneficial for substance metabolism, cell responses and
bone regeneration.

©

Figure 1. (A-C) The three-dimensional porous scaffold model and (D-F) a representative SLS-fabricated PHBV/nMgO scaffold.
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The XRD patterns of the PHBV/nMgO scaffolds
were plotted in Figure 2. The PHBV scaffold showed
strong diffraction peaks at 260 = 13.4 and 16.8°,
which were corresponding to (020) and (110) planes,
respectively; additional diffraction peaks at 26 = 20.1,
21.4, 22.6, 25.5, and 27.1° were also detected, which
were assigned to (021), (101), (111), (121), and (040)
planes, respectively™®*Y. After incorporating nMgO, the
scaffolds showed two new diffraction peaks at 20 = 42.9
and 62.3°, which were just corresponding to the two
main diffraction peaks of MgO assigning to (200) and
(220) planes (JCPDS 87-0653), respectively. Moreover,
the intensities of the main diffraction peaks of nMgO
gradually increased with increasing nMgO content. This
indicated nMgO kept thermal stability during the SLS
process as it had a very high melting point more than
2800 °C*,

The compressive strength and compressive modulus
of the PHBV/nMgO scaffolds as a function of nMgO
content were depicted in Figure 3. In general, they both
increased at first but decreased then with the nMgO
content increasing from 0 to 7 wt%. The compressive
strength and compressive modulus of the PHBV
scaffolds were 2.62 and 29.33 MPa, respectively.
After incorporating nMgO from 1 to 5 wt%, they keep
increasing from 3.37 to 5.14 MPa, and 34.36 to 44.68
MPa, respectively. However, they began to decrease
when the nMgO content exceeded 5 wt%. Therefore,
the optimal nMgO content was considered to be 5
wt% to obtain the optimal compressive strength and
modulus, which were improved by 96.18% and 52.34%
compared with the PHBV scaffolds, respectively. It was
worth noting that the optimal compressive strength and
modulus of the scaffolds was close to that of human

(A)

trabecular bone (4 tol12 MPa and 50 to 500 MPa,
respectively®).

As the dispersion of fillers in polymer matrix was a
significant factor influencing the mechanical properties
of polymer composites®" ™% the dispersion of nMgO
in PHBV matrix with different nMgO content were
characterized using SEM (Figure 4). After incorporation
of nMgO, some bright spots appeared in the PHBV
matrix; their amounts gradually increased with the
nMgO content increasing. The EDS spectrums indicated
that the bright spots were just the nMgO incorporated.
They kept dispersing uniformly in the PHBV matrix
until 5 wt%. However, severe aggregations happened
when further increasing the nMgO content. It was well
known that excessive nanoparticles would easily result
in the occurrence of agglomeration due to the large
specific surface area and surface energy™" .

The compressive properties of the PHBV/nMgO
scaffolds increased with the nMgO content increasing as
the total interfacial areas between the fillers and matrix
keep increasing. The significant improvements in the
mechanical properties of the PHBV/nMgO scaffolds
were resulted from strong reinforcing effects of MgO
nanoparticles. There were several factors accounting for
it: (a) the elastic modulus of MgO was as high as 310
GPal*, ensuring the applied stress could be transferred
to the fillers from the matrix; (b) the nano-sized MgO
have extremely high specific surface area, which greatly
increased their interfacial areas with the matrix and
thus enhanced effectiveness of the stress transfer; (c)
the uniform dispersion of MgO nanoparticles in the
PHBV matrix maximized its potential in improving the
mechanical properties. However, excessive nanoparticles
would form severe agglomerations (>5 wt%), which

(B)

Figure 2. (A) The XRD patterns of the PHBV/nMgO scaffolds; (B) the enlarged version from 40° to 45° and 60° to
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Figure 3. The compressive strength and compressive modulus of the PHBV/nMgO scaffolds as a function of nMgO content

(A) (B)

(D) (E)

©

(F)

Figure 4. The distribution of nMgO in PHBV matrix with (A) 0, (B) 1, (C) 3, (D) 5 and (E) 7 wt% nMgO; (F) the EDS

spectrums of point S1 and S2.

led to a significant decrease of the interfacial areas and
strength between the fillers and matrix, thus resulting
in the decrease of the reinforcing efficiency. As the
PHBV/5%nMgO scaffold showed optimal compressive
properties, they were selected to be further evaluated in
terms of antibacterial activity, degradation behaviors and
cytocompatibility.

The adhesion and proliferation level of Escherichia
coli (E. coli) cultured on the PHBV/5%nMgO and
PHBV scaffolds after 24 h were evaluated by SEM
(Figure 5). The E. coli showed a typical rod shape.
It was obvious that large amounts of E. coli attached

on the PHBYV scaffolds and covered almost the entire
surface. In contrast, there was only a small amount of
E. coli attaching on the PHBV/5%nMgO scaffolds. The
dramatic decrease of the numbers of E. coli indicated
that nMgO inhibited the adhesion and proliferation of E.
coli and killed them. Moreover, it seemed the appearance
of the E. coli attached on the PHBV/nMgO scaffolds was
abnormal, suggesting them suffered structural damage
from the antibacterial action of nMgO (Figure 5D). The
results indicated the incorporation of nMgO imparted
strong antibacterial activity to the scaffolds.

As ROS production was reported to play a significant
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(A)
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(B)

(D)

Figure 5. The morphologies of Escherichia coli cultured on (A, B) PHBV and (C, D) PHBV/5%nMgO scaffolds after 24 h.

role in exerting the antibacterial activity of some metallic
oxide including nMgO™~“!. Hence, the production of
ROS from the PHBV/nMgO scaffolds was indirectly
determined by calculating the reduction percentage
of NBT. As shown in Figure 6, there was almost no
reduction of NBT for PHBV scaffolds, indicating they
did not produce ROS. Actually, a slight reduction of
ROS could be observed, which was resulted from the
decomposition of NBT itself as shown in the blank
control. In contrast, there happened significant reduction
of NBT for the PHBV/nMgO scaffolds. Meanwhile, the
reduction of NBT gradually increased with incubation
time increasing. The results demonstrated nMgO

promoted the production of ROS.

The production of ROS may be attributed to a
sequential oxidation-reduction reactions occurred at the
surface of nMgO™".. In detail, nMgO could be hydrated
with water and form Mg(OH), on its surface, leading
to the formation of surface bound electron-hole pairs,
which would subsequently decompose into surface
trapped electrons and localized holes®*. They were
typical oxide catalysts and would promote molecular
oxygen (O,) to produce ROS via single electron
reduction®. It was worth noting that ROS was a strong
oxidant. When its concentration exceeded the scavenging
ability of the antioxidant defense system of bacteria,

Figure 6. Reduction percentage of NBT with different incubation time for PHBV/5%nMgO and PHBV
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they would compel them generate oxidative stress,
which subsequently led to the damage of the structure
and functions of bacteria®®*. Besides, the contact
action of the MgO nanoparticles on bacteria would
make them generate mechanical stress, resulting in the
deformation and damage of the bacterial structure®™ ",
In addition, there were large amounts of active sites
on MgO nanoparticles™, enabling them easily absorb
to the bacteria; the enrichment of nanoparticles on the
bacteria would increase their membrane permeability™.
The possible antibacterial mechanisms of nMgO were
summarized in detail in Figure 7.

The mass loss and pH for the PHBV/5%nMgO and
PHBYV scaffolds after immersion in PBS for different
days were shown in Figure 8A and 8B, respectively.
The mass loss of both of the scaffolds gradually
increased with immersion time prolonging, but it was
obvious that the mass loss of the PHBV/5%nMgO
scaffolds was larger than that of the PHBV scaffolds.
After 35 days, the mass loss of the PHBV/5%nMgO
scaffolds was 12.68%, which was almost double that
of the PHBYV scaffolds. In contrast, the change trends
of pH for the PHBV and PHBV/5%nMgO scaffolds
were significantly different; the pH for the former
decreased gradually while that of the latter increased
gradually with immersion time increasing. After 35
days, the pH for the PHBV and PHBV/5%nMgO
scaffolds were 6.85 and 7.63, respectively, resulting in
a weakly acid and weakly alkaline microenvironment,
respectively. Besides, the amplitude of pH variation for
the PHBV/5%nMgO scaffolds was much smaller than

that for the PHBYV scaffolds. This was mainly ascribed
to the alkaline degradation products of MgO, which
exerted neutralization effect against the acid degradation
products of PHBV. These results indicated nMgO could
promote the degradation of the PHBV scaffolds and
neutralize their acid degradation products.

The surface microtopography of PHBV/5%nMgO and
PHBV scaffolds after immersion were characterized by
SEM (Figure 9) to explain the results of mass loss and
pH. It was clear that the surface morphologies of the
PHBV/5%nMgO scaffolds were significantly different
from that of PHBV scaffolds. In general, the surfaces
of PHBV scaffolds after immersion were smooth if the
microvoids and microcracks on them were neglected.
For PHBV/5%nMgO scaffolds, many micropores
appeared on the surface after 7 days of immersion. With
the degradation time prolonging, their quantity and size
gradually increased. After 35 days of degradation, large
amounts of pores formed on the surface, resulting in a
microporous structure.

The micropores were resulted from the degradation
of MgO nanoparticles as well as the subsequent
collapse of the PHBV matrix. It was known that MgO
would be hydrolyzed with water to form Mg(OH),,
but a strange thing was that it seemed no Mg(OH),
particles appeared on the surface. Nevertheless, the
EDS mapping results (Figure 9G) indicated that there
obviously existed element Mg after degradation, which
belonged to Mg(OH), and/or MgO in the PHBV matrix.
The “disappearance” of Mg(OH), was attributed to
its dissolution and outflow into PBS solutions. When

Figure 7. Possible antibacterial mechanisms of the PHBV/nMgO scaffolds: (1) oxidative damage of cell wall and membrane of bacteria
resulted by ROS; (2) oxidative damage of DNA and inhibition of its transcription resulted by ROS; (3) oxidative damage of RNA and
inhibition of its translation resulted by ROS; (4) oxidative damage and activity inhibition of proteins resulted by ROS; (5) mechanical
damage of cell wall and/or membrane of bacteria resulted by the contact action of nMgO; (6) change of membrane permeability of

bacteria resulted by the enrichment of nMgO.
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(A)

(B)

Figure 8. The (A) mass loss and (B) pH for the PHBV/5%nMgO and PHBV scaffolds as a function of immersion

MgO was hydrated with water to form Mg(OH),, its
crystal lattice would transform from cubic structure to
hexagonal structure, which resulted in significant volume
expansion®’. Meanwhile, crystal growth pressure and
water-absorbing swelling pressure of Mg(OH), would
further promote the volume expansion®. This would
lead to the deterioration of the interface adhesion be-
tween the particles and matrix, thus making them easy
to outflow and leave large amounts of micropores in the
matrix. In return, the pores would significantly increase
the specific surface area of the matrix and make water
permeate more easily, thus promoting the degradation of
the scaffolds.

The cytocompatibility of PHBV/5%nMgO scaffolds

(A) (B)
(D) (E)
(G)

was evaluated in terms of cellular adhesion, proliferation
and osteogenic differentiation. The adhesion morphology
of MG63 cells on PHBV/5%nMgO and PHBV scaffolds
after culture for 1, 3 and 5 days was shown in Figure 10.
MG63 cells showed an elongated shape and anchored
to the surface of the PHBV scaffolds with lamellipodia
after 1 day of culture. Some of them gathered together
and formed clusters on day 3. On day 5, most regions
of the PHBV scaffolds were covered with cell clusters.
As for PHBV/5%nMgO scaffolds, some of MG63
cells fused together on the surfaces as soon as on day
1. After 5 days of culture, the entire regions of the
PHBV/5%nMgO scaffolds were almost fully covered
with MG63 cells, forming thicker cell clusters than that

(©)

(F)

Figure 9. The surface microtopography of (A, B, C) PHBYV scaffolds and (D, E, F) PHBV/5%nMgO scaffolds after immersion in
PBS for (A, D) 7, (B, E) 21 and (C, F) 35 days; (G) the EDS mapping images of carbon, oxygen and magnesium elements for the

PHBV/5%nMgO scaffolds after 35 days of immersion.
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(A) (B)

(D) (E)

(©)

(F)

Figure 10. The adhesion morphology of MG63 cells on (A, B, C) PHBV and (D, E, F) PHBV/5%nMgO scaffolds after culture for (A, D) 1,

(B, E) 3and (C, F) 5 days.

on the PHBYV scaffolds. The SEM results indicated the
addition of MgO promoted the cellular adhesion and
proliferation of MG63 cells on the scaffolds.

The proliferation level of MG63 cells on PHBV/5%
nMgO and PHBYV scaffolds after culture for 1, 3 and 5
days was evaluated by CCK-8 assay (Figure 11). The
absorbance is directly proportional to the number of
cells according to the principle®™. It was clear that the
number of MG63 cells gradually increased during the
whole culture period, for both of the scaffolds. There
were significant differences in cell numbers between the
adjacent culture time for the PHBV/5% nMgO scaffolds.
More importantly, the cell numbers on the PHBV/5%
nMgO scaffolds were more than that on the PHBV
scaffolds, with significant differences being observed.
The CCK-8 assay results suggested the addition of
nMgO promoted the proliferation of MG63 cells on the
scaffolds.

The osteogenic differentiation of MG63 cells on the
PHBV/5% nMgO and PHBYV scaffolds was evaluated by
ALP staining assay as ALP was widely recognized as a
marker for osteogenic differentiation®®. The number of
cells staining positive gradually increased with culture
time increasing for both of the PHBV/5% nMgO and
PHBV scaffolds (Figure 12). This was attributed either
to the maturation of seeded cells or to that of the newly
proliferated cells. Furthermore, the cells staining positive
on the PHBV/5% nMgO scaffolds were much more than
that on the PHBYV scaffolds. The ALP staining results
indicated the addition of nMgO improved the ability
of the scaffolds to induce osteogenic differentiation of
MG63 cells.

lon release from biomaterials was one of the main
factors influencing cellular responses”"*. 1t was known
that many metal ions could act as co-enzyme factors,

thus influencing signal pathways and stimulating cellular
responses’®™. In particular, Mg** could initiate activation
of integrins through attaching to the sites on their
a-chain®™®, It is noted that integrins play an important
role in modulating cellular functions such as cellular
adhesion, migration, proliferation, differentiation of
all human cells as the transduce signals could regulate
expression of related genes'®™®®"). In the presence of water
in the culture medium, the MgO nanoparticles in the
matrix would be hydrated with water to form Mg(OH)..
The product would further hydrolyze and ionize into
Mg* and OH". Hence, the Mg** could be released from
the scaffolds and be finally utilized by MG63 cells,
stimulating their cellular responses.

4. Conclusions

PHBV/nMgO scaffolds fabricated via SLS showed
interconnected and well-ordered microporous structures.
The incorporation of nMgO imparted strong antibacterial
activity to the PHBYV scaffolds. The antibacterial mech-
anism was that nMgO could promote the production of
ROS and mechanically contact with bacteria. Besides,
the compressive strength and compressive modulus
of the PHBV scaffolds were increased by 96.18% and
52.34% with addition of 5 wt% nMgO, respectively.
Moreover, nMgO could neutralize the acid degradation
products of PHBYV and promote the degradation of the
scaffolds. In addition, nMgO stimulated the cellular
adhesion, proliferation and osteogenic differentiation.
This study may provide preliminary guidance for
applying nMgO as an attractive antibacterial material for
bone tissue engineering.
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Abstract: Cell printing has found wide applications in biomedical fields due to its unique capability in fabricating living
tissue constructs with precise control over cell arrangements. However, it is still challenging to print cell-laden 3D structures
simultaneously with high resolution and high cell viability. Here a coaxial nozzle-assisted electrohydrodynamic cell printing
strategy was developed to fabricate living 3D cell-laden constructs. Critical process parameters such as feeding rate and
stage moving speed were evaluated to achieve smaller hydrogel filaments. The effect of CaCl, feeding rate on the printing
of 3D alginate hydrogel constructs was also investigated. The results indicated that the presented strategy can print 3D
hydrogel structures with relatively uniform filament dimension (about 80 um) and cell distribution. The viability of the
encapsulated cells was over 90%. We envision that the coaxial nozzle-assisted electrohydrodynamic printing will become a

promising cell printing strategy to advance biomedical innovations.
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1. Introduction

In the past decades, cell printing has been extensively
studied in biomedical fields due to its unique capability
in precise patterning of biological components such
as living cells in a controlled manner™™. Several
bioprinting techniques have been developed mainly
including microextrusion-based printing, inkjet printing
and laser-assisted printing'®. However, there are some
drawbacks of these existing strategies in fabricating
complex three-dimensional (3D) structures with
relatively high resolution and high cell viability in a
costly effective way. For example, inkjet cell printing
employs thermal or piezoelectric effect to print cell-
hydrogel droplets, which affects cell viability and
limits low cell concentration”. Laser-assisted printing
commonly requires costly equipment and cannot
fabricate 3D constructs’®®. Microextrusion-based cell
printing has the drawbacks of low printing resolution as
well as the side effect of flow-induced shear stress on
cell viability®™ ™,

Electrohydrodynamic jetting or printing recently
attracts extensive attentions in fabricating high-
resolution features based on the principle of electrohy-

drodynamically induced material flows™ %, Several
process parameters had been investigated to achieve
stable electrohydrodynamic printing process, such as
applied voltage, moving speed, feeding rate of materials
and inter diameter of nozzle™ . Recent explorations
indicate that biomaterials like living cells and hydrogels
can be electrohydrodynamically printed and maintained
their viability™ ", For example, Gasperini et al. further
fabricated hollow cylindrical cell-laden structures
using an electrohydrodynamic bioprinter®. Yao et al.
fabricated 3D cell-laden alginate structures with the
help of aerosol crosslinking mechanism by combining
electrohydrodynamic printing and traditional extrusion-
based cell printing™”. However, the size of these
electrohydrodynamically printed hydrogel filaments was
commonly larger than 200 um.

We previously developed a novel electrohydrodynamic
cell printing strategy that can fabricate cell-laden
constructs with microscale resolution (<100 um) and
high cell viability (>95%)". However, alginate filaments
were mainly crosslinked by the calcium ions diffused
from the collecting substrate of agarose hydrogel, which
limited the layer number of the electrohydrodynamically
printed hydrogel smaller than 20. Here a coaxial nozzle-
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assisted electrohydrodynamic cell printing process was
further presented aiming to fabricate 3D cell-laden
constructs with high resolution and high cell viability.
The printed alginate filament can be instantly crosslinked
by the calcium chloride solution flowed from the coaxial
nozzle during the 3D electrohydrodynamic printing
process.

2. Materials and Methods

2.1 Materials

Alginate with medium viscosity (2000 mPa-s) was
purchased from Sigma (United Kingdom). Calcium
chloride powder was bought from Aladdin (Shanghai,
China). Agarose powder with low melting temperature
(87-89 °C) was bought from Biowest (Spain). 3% (w/
v) alginate solution was prepared by dissolving alginate
powder into phosphate buffer saline (PBS). 2% (w/v)
agarose solution with 3% (w/v) calcium chloride was
prepared by dissolving agarose and calcium chloride
powders in tris-buffered saline (TBS) at 100 °C. 1% (w/
v) calcium chloride solution was prepared by dissolving
calcium chloride powder into TBS at room temperature.
Flat agarose hydrogel with a thickness of 3 mm was
prepared by casting agarose solution in a petri dish. For
electrohydrodynamic cell printing, rat myocardial cell
lines (H9C2, ATCC) were added into alginate solution
with a density of 1x10° cells mL™.

2.2 Coaxial Nozzle-Assisted Electrohydrody-
namic Cell Printing Platform

A house-made electrohydrodynamic printing platform
was used which mainly consists of three components: a
high-voltage generator (ZGF-30/5, Welldone, Shanghai,
China), a multi-channel syringe pump system (TJ-2A,
Longer Pump, Baoding, China) and a high-resolution
X-y-z movement stage (Xiamen Heidelstar Co., China).

Alginate solution and calcium chloride solution were
loaded into two 1 mL syringes which were separately
controlled by the syringe pump. A coaxial printing
nozzle was mounted onto the z-axis and connected with
the positive terminal of a high-voltage generator. The
core inlet of the nozzle was connected with the syringe
loaded with alginate solution while the sheath inlet of
the nozzle was connected with the syringe loaded with
calcium chloride solution respectively via soft tubes
as shown in Figure 1. Insulating petri dish and agarose
hydrogel with calcium ions were sequentially placed
on the grounded x-y moving stage as the collecting
substrate. The distance between the coaxial nozzle and
the collecting substrate was fixed at 200 um.

To initialize the electrohydrodynamic printing process,
high voltage was applied and the syringe pump was
opened to simultaneously feed alginate solution and
calcium chloride solution into the coaxial nozzle. The
electrohydrodynamically printed alginate solution was
instantly crosslinked in contact with calcium chloride
solution to form hydrogel filaments and deposit onto the
collecting substrate. The deposition of alginate hydrogel
filaments could be flexibly controlled to fabricate
complex patterns by directing the movement of x-y
stage according to a user-specific design. A 3D hydrogel
structure can be further electrohydrodynamically printed
by precisely stacking the alginate filaments in a layer-by-
layer manner.

2.3 Effect of Applied Voltage on the Width of
the Printed Filaments

To tightly attach the printed hydrogel filament to the
collecting substrate, calcium chloride solution was not
supplied in the printing of the first three layers. The
electrohydrodynamically printed alginate filament was
crosslinked by the calcium ions in agarose hydrogel.

Figure 1. Schematic of coaxial nozzle-assisted electrohydrodynamic printing for microscale cell-laden constructs
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We firstly compared the width of the printed filaments
with or without applied voltage under different nozzle
diameter when alginate feeing rate and stage moving
speed were fixed at 600 puL/h and 15 mm/s, respectively.
Three kinds of coaxial nozzles were used with the core/
sheath diameter of 160/500 um (30G/21G), 260/840
um (25G/18G) and 410/1010 um (22G/17G). The
morphology and width of the printed filaments were
characterized with an inverted fluorescence microscope
(ECLIPSE Ti, Nikon, Japan). For each condition, three
samples were separately printed with nine locations
totally measured.

2.4 Effect of Process Parameters on the Width
of Electrohydrodynamically Printed Filaments

The effect of alginate feeding rate and stage moving
speeding on the width of the electrohydrodynamically
printed filaments was studied when the applied voltage
and nozzle-to-substrate distance were fixed at 4.5 kV
and 200 um. Alginate feeding rate of gradually increased
from 200 pL/h to 1000 pL/h when the stage moving
speed was fixed at 30 mm/s. The moving speed changed
from 15 mm/s to 35 mm/s when alginate feeding rate
was fixed at 400 puL/h. The morphology of the printed
filaments was characterized and the filament width was
expressed as mean + standard deviation.

2.5 Effect of CaCl, Feeding Rate on the
Electrohydrodynamic Printing of 3D Constructs

To fabricate 3D hydrogel constructs using the presented
electrohydrodynamic printing method, it is necessary to
simultaneously feed alginate and CacCl, solutions using
the coaxial nozzle to ensure instant crosslinking when
the layer number is over 3. The effect of CaCl, feeding
rate on the maximum layer number of the printed
constructs was investigated. CaCl, feeding rate varied in
the range of 0—300 pL/h and the maximum layer number
was recorded when the electrohydrodynamic printing
process became unstable.

2.6 Characterization of the Electrohydrody-
namically Printed 3D Hydrogel Constructs

3D hydrogel constructs with different layer number
of 10, 30, 50 and 70 were electrohydrodynamically
printed. The macro/microscopic images of the resultant
constructs were viewed with a digital camera (Nikon,
Japan) or optical microscope. The 3D profiles of the
printed constructs were reconstructed using a confocal
laser scanning microscope (OLS4000, Olympus, USA),
based on which the construct height was quantified.
The electrohydrodynamically printed constructs with
50 layers were further freeze-dried in a lyophilizer (FD-
1A-50, Biocool, Beijing, China) for three days. The

microstructures were observed with scanning electron
microscope (SEM, SU8010, Hitachi, Japan).

2.7 Electrohydrodynamic Printing of 3D Cell-
Laden Constructs

To demonstrate the capability of the presented strategy
for cell printing, 3D cell-laden constructs with a layer
number of 30 were electrohydrodynamically printed.
To evaluate cell viability, Live/Dead assay (Thermo
Fisher Scientific, USA) was performed according to the
manufacture’s specifications. The 3D fluorescent images
of the constructs were reconstructed with a confocal
microscopy (Nikon, Japan). Cell number and cell
viability at specific layer of 5, 15 and 25 were quantified.
The quantified data is expressed as mean + standard
deviation. Statistical analysis was performed using
analysis of variance in Microsoft Excel software. Values
of p < 0.05 was considered to be statistically significant.

3. Results and Discussion

Figure 2A-F show the morphology of alginate filaments
electrohydrodynamically printed by different nozzle
diameter without/with applied voltage. When the voltage
was not applied, the width of the printed filaments
gradually increased from 166.15 £ 2.67 um to 196.78
+ 4.87 um as the core nozzle diameter changed from
160 um to 410 pm. When the voltage of 4.5 kV was
applied, the width of the electrohydrodynamically
printed filaments increased from 144.24 + 4.82 pum to
167.33 = 7.40 um as the nozzle diameter increased.
In all cases, the width of the electrohydrodynamically
printed filaments was obviously smaller than that of
extrusion-based printing filaments as shown in Figure
2G. This indicated that applied voltage could decrease
the width of the printed filaments. Previous studies also
indicated that a thinner Taylor cone could be achieved
under a higher voltage, which can decrease line width
during the printing process™® !, Therefore, in the
following experiment, applied voltage of 4.5 kV and the
coaxial nozzle with core diameter of 160 pm and sheath
diameter of 500 um were used to achieve relatively
smaller filaments.

Figure 3A shows the filament morphology as well
as the measured width of the electrohydrodynamically
printed filaments under fixed stage moving speed of
30 mm/s and different alginate feeding rate. When the
alginate feeding rate was lower than 400 pL/h, the
printed filaments were discontinuous. As the alginate
feeding rate increased from 400 pL/h to 1000 pL/h, the
filament width significantly increased from 92.53 + 2.75
um to 137.70 + 2.99 um. When alginate feeding rate
was fixed at 400 pL/h, the printed filament was straight
and continuous and the filament width significantly
decreased from 122.24 £ 4.42 ym to 92.53 £2.75 ym as
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Figure 2. Effect of high voltage on width of electrohydrody-
namically printed filament. (A—C) Morphology of the extruded
filaments as the core nozzle diameter changed from 160 um to 410
um. (D-E) Morphology of the electrohydrodynamically printed
filaments with the voltage of 4.5 kV as the core nozzle diameter
changed from 160 pm to 410 um. (G) Quantification of the width
of the printed filament.

stage moving speed changed from 10 mm/s to 30 mm/
s in Figure 3B. When the moving speed was over 30
mm/s, the printing filaments became discontinuous. The
smallest filament (<100 um) was achieved when the
feeding rate of alginate and stage moving speed were
fixed at 400 puL/h and 30 mm/s, respectively.

To test the feasibility of using coaxial nozzle-
assisted electrohydrodynamic printing to fabricate
3D hydrogel constructs, multilayer structures were
further printed with CaCl, feeding rate of 300 uL/h

(A)

after the first three layers were completed. However,
it was found that the electrohydrodynamic printing
process became unstable with discontinuous alginate
filaments when the stage moving speed was 30 mm/
s (Supplementary Movie 1). Continuous alginate
filaments can be achieved when the stage moving speed
decreased to 15 mm/s (Supplementary Movie 2). This
was mainly caused by the flow of CaCl, solution during
the electrohydrodynamic printing process. Therefore, a
lower stage moving speed of 15 mm/s was used to print
the 3D constructs.

The effect of CaCl, feeding rate on the electrohydro-
dynamic printing of 3D constructs was investigated.
Figure 4A shows the microscopic images of the printed
constructs with a layer number of 13 when CacCl,
feeding rate is zero. It was obviously observed that the
printed alginate solution was not instantly crosslinked at
the top layer due to diffusion-based limitation of calcium
ions and was prone to form aggregates at the crossed
sites. When CaCl, feeding rate increased from 100 pL/
h to 300 uL/h, more layers of alginate filaments could be
electrohydrodynamically printed as shown in Figure 4B—
D. The printing layer number was mainly determined
by CaCl, feeding rate. Figure 4E shows the relationship
between the maximum printing layer and CaCl, feeding
rate. Alginate hydrogel constructs with the maximum
printing layer number of 73 can be fabricated when
CaCl, feeding rate was fixed at 300 uL/h. In addition,
calcium chloride solution could fill in the pore of the 3D
constructs as the layer number increased. Therefore, the
printed cell-laden filaments were always immersed into
the liquid environment during the electrohydrodynamic
printing process, which might reduce the side effect of
water evaporation on the cell viability.

3D alginate hydrogel constructs with different layer
number were electrohydrodynamically printed when
alginate feeding rate, stage moving speed and CacCl,
feeding rate were fixed at 400 uL/h, 15 mm/s and 300

Figure 3. Effect of process parameters on the width of the electrohydrodynamically printed filaments. (A) Quantification of filament width
as alginate feeding rate changed from 200 pL/h to 1000 pL/h. (B) Quantification of filament width as stage moving speed changed from

15 mm/s to 35 mm/s.
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(A) (B)

© D)

(E)

Figure 4. Effect of CaClz feeding rate on the maximum printing layer number of the 3D constructs. (A—D) Microscopic images of the
printed constructs with a layer number of 13, 25, 45 and 75 in corresponding to CaClz feeding rate of zero, 100 uL/h, 200 uL/h and 300 pL/h.
(E) The relationship between maximum printing layer number and CaCl- feeding rate.

uL/h, respectively. Figure 5A-D show the printed
structures with the layer number of 10, 30, 50 and 70.
The thickness of the printed constructs significantly
increased as the layer number increased. This indicated
that the electrohydrodynamically printed alginate from
the core nozzle can be instantly crosslinked by calcium
ions from the sheath nozzle to form tiny filaments with
a relatively uniform diameter of 80 um. In addition, the
calcium chloride solution around the hydrogel filaments
can significantly decrease the evaporation of water

(A)

- =

inside printed constructs, which might be important for
cell viability. Figure 5E-H show the 3D profiles of the
electrohydrodynamically printed constructs with the
layer number of 10, 30, 50 and 70. The printed filaments
were successfully stacked up to form 3D constructs in
a layer-by-layer manner. The measured height for the
printed constructs increased from 172.73 + 9.93 pm
to 1464.53 + 14.46 um as the layer number increased
from 10 to 70 (Figure 51). In all cases, the average
height for each layer was about 18.53 + 1.32 um, which

(C) -
(D)

g =

1
il 20 &0 ao

Lfagiers

Figure 5. Electrohydrodynamic printing of 3D constructs with different layer number. (A-D) Photos and microscopic images of the
constructs with the layer number of 10, 30, 50 and 70. (E-H) 3D profiles of the printed constructs with the layer number of 10, 30, 50 and
70. (1) Quantification of the construct height with different layer number.
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further verified that the printed alginate solution could
be instantly crosslinked to form hydrogel filament with
uniform dimension. Since the height of each layer was
close to the size of living cells, it might enable to print
the filaments with single layer of cells in the vertical
direction for high-resolution cell printing.

Figure 6 shows the SME images of the electrohy-
drodynamically printed hydrogel construct with a
layer number of 50. The printed filaments at neighbor
layers were tightly merged together, which maintained
structural integrity after freeze drying. The diameter
of the freeze-dried filaments was about 70 pum, slightly
smaller than that of the freshly printed hydrogel filaments
due to shrinking during the freeze-drying process.
Together, these results indicated that the introduction
of coaxial nozzle in the electrohydrodynamic printing
process significantly enhance the capability to fabricate
3D hydrogel constructs.

Cell-laden hydrogel constructs with a layer number
of 30 were finally electrohydrodynamically printed as
shown in Figure 7A. Figure 7B shows fluorescent images
of the cell-laden constructs (top view) stained with Live/
Dead assay. The cells were completely confined inside
the hydrogel filaments and most cells kept alive (green).

Figure 6. SEM images of the electrohydrodynamically printed construct
with a layer number of 50 after freeze drying

Figure 7C illustrates the 3D profile of the printed cell-
laden constructs. The height of the obtained structure
was about 500 um. Figure 7D—F show cell distribution
at specific layer of 5, 15 and 25, respectively. The
electrohydrodynamically printed cells were uniformly
distributed among layers (p = 0.26) and the average cell
number for each layer was about 70 (Figure 7G). There
is no significant difference in cell viability among layers
as shown in Figure 7H (p = 0.20). The cell viability was
higher than 90%. These results indicated that the coaxial

nozzle-assisted electrohydrodynamic printing strategy
could effectively fabricate the 3D cell-laden constructs
with high resolution, uniform cell distribution and high
cell viability.

4. Conclusion

In summary, coaxial nozzle-assisted electrohydrody-
namic printing technique was successfully developed to
fabricate microscale 3D cell-laden alginate constructs.
Process parameters such as applied voltage, alginate
feeding rate, stage moving speed and CaCl, feeding rate
were systematically studied to stably print microscale
hydrogel filaments with 2D/3D organizations. 3D
hydrogel constructs with the maximum layer number of
73 can be electrohydrodynamically printed in a layer-
by-layer manner. The height of the printed constructs
was approximately 1464.53 + 14.46 pm and the filament
dimension maintained relatively uniform (80 um in
width and 18.5 pm in height). Cell-laden constructs with
uniform cell distribution and high cell viability (>90%)
was finally achieved. However, it is still challenging
to fabricate higher complex heterogeneous 3D living
constructs with multiple cell types and hydrogel
compositions. In addition, the presented coaxial nozzle-
assisted electrohydrodynamic printing should be further
explored to solve these problems.
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Abstract: It remains the primary issue to enhance the corrosion resistance of Mg alloys for their clinical applications. In this
study, B-tricalcium phosphate (B-TCP) was composited with Mg-6Zn-1Zr (ZK60) using laser rapid solidification to improve
the degradation behavior. Results revealed rapid solidification effectively restrained the aggregation of B-TCP, which thus
homogenously distributed along grain boundaries of a-Mg. Significantly, the uniformly distributed -TCP in the matrix
promoted the formation of apatite layer on the surface, which contributed to the formation of a compact corrosion product
layer, hence retarding the further degradation. Furthermore, ZK60/83-TCP (wt. %) composite showed improved mechanical
strength, as well as improved cytocompatibility. It was suggested that laser rapidly solidified ZK60/83-TCP composite might

be a potential materials for tissue engineering.
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1. Introduction

Magnesium (Mg) alloys have been considered as a
new generation of degradable implant materials due to
their inherent biofiguredegradability and appropriate
mechanical properties'!. Mg, as one of the essential
elements in body, participates in a large number of
metabolic reactions, especially in bone metabolism!”.
There have been extensive studies on various Mg alloys
as absorbable biomaterials, including AZ31 (Mg-based
alloy with 3% Al 1% Zn)®, WE™ and Mg-6Zn-1Zr
(ZK60) alloys™. Among these, ZK60 presents superior
strength and good biocompatibility, attracting great
attention for its applications in tissue engineering[ﬂ.
Unfortunately, ZK60 degrades too rapidly in internal
environments, resulting in severe problems including
excessive inflammatory response, hydrogen gas
accumulation, alkalization of body fluids and premature
mechanical failure”.

Recently, enforcement by utilizing bioceramic ma-

terials has been reported to be an effective method to
enhance the corrosion resistance of Mg alloys. For
example, Campo et al.” reported that Mg-HAP exhibited
improved corrosion resistance compared with Mg. Wan
et al.” also reported that the addition of 45s bioglass
into Mg significantly reduced the corrosion rate for
Mg. Feng and Han"" fabricated Mg-based composites
reinforced with calcium polyphosphate, which exhibited
controllable degradation rates. However, previous
study also revealed that the incorporated bioceramic
easily segregated together in the Mg matrix even at a
low content. He et al."" observed the agglomeration of
tricalcium phosphate (TCP) particles occurred in as-
extruded Mg-3Zn-0.8Zr/1.5TCP (wt. %). Liu et al.l'
investigated microstructure of the as-casted Mg—3Zn—
1Ca/1B-TCP (wt. %), also revealing the agglomeration of
the B-TCP particles in the sample. It is well known that
the agglomeration of incorporated bioceramic can cause
the formation of pores and defects, thus deteriorating
the corrosion behavior and mechanical properties of Mg

Mechanism for corrosion protection of B-TCP reinforced ZK60 via laser rapid solidification. © 2018 Deng Y, et al. This is an Open Access article
distributed under the terms of the Creative Commons Attribution-NonCommercial 4.0 International License (http://creativecommons.org/licenses/by-
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matrix. Meanwhile, the conventional processes, also
including powder metallurgy!”, are difficult to prepare
porous Mg alloys with complex shapes.

In the present study, laser melting technology is
proposed to overcome the agglomeration of incorporated
bioceramic. Laser melting technology is a typical rapid
solidification which has an extremely high cooling rate
over 10° K/s, which allows the solidification can be
completed in an extremely short period of time!*. In
this condition, the ceramic particles which originally
uniformly dispersed in the liquid pool cannot agglomer-
ate in such a short time, thus homogenously distributing
in the matrix. Meanwhile, the rapid solidification is able
to refine the microstructure, which is also beneficial
to enhance the corrosion resistance of Mg alloys!"".
Another study on Ti-TiB composites further confirmed
that laser melting was an effective method that could
produce almost fully dense composites with bioceramic
enforcement”’”. On the other hand, laser melting tech-
nology can fabricate porous Mg alloys'”. To the best of
our best knowledge, there are few publications studying
on the corrosion behavior of laser rapidly solidified
biocaremic reinforced Mg alloys.

In this study, B-TCP was introduced to ZK60 to
improve its degradation behavior via laser rapid so-
lidification. B-TCP had good bioactivity as well as
good wettability with the Mg alloy!®. ZK60/p-TCP
composites with different contents of B-TCP (0—12 wt.
%) were prepared. And the microstructure features,
degradation behavior and mechanical properties were
investigated.

A

2. Materials and Methods

2.1 Materials

B-TCP powder with a size of approximately 200 nm
(Figure 1A) was obtained from Kunshan Chinese
Technology New Materials Co. Ltd., China. Spherical
ZK60 powder was purchased from Tangshan Weihao
Materials Co. Ltd., China. The chemical composition
was as follows: 6.63 wt. % of Zn, 0.56 wt. % of Zr and
balanced Mg. The size of the ZK60 powder was <50 um
(Figure 1B). The ZK60 alloy powder was composited
with 0, 4, 8 and 12 wt. % of B-TCP powder, respectively,
followed by ball milling under a protective gas (0.3
vol. % SF¢ and 99.7 vol. % CO,) at a rotation speed of
150 rpm. After ball milling for 2 h, the small B-TCP
particles uniformly adhered to the surface of large ZK60
particles (Figure 1C and Figure 1D). The homogeneity
of the powder could improve the flowability and allow
for improved packing of powder, thus reducing the
formation of defects''”.

2.2 Fabrication of the Composites

The ZK60/xB-TCP (x =0, 4, 8 and 12 wt. %) composites
were fabricated by a home-made laser melting system,
which comprised of a powder delivery device, a three-
dimensional motion platform and a fiber laser''”). In the
laser melting process, a high energy laser beam scanned
the powder layer, forming a solid layer. Then, the formed
solid layer was covered with a new layer of powder. The
cycle continued before the samples (8x8x8 mm®) were
achieved. The samples were fabricated at a laser power
of 80 W, a scanning rate of 300 mm-s™ and a layer
thickness of 0.1 mm. All procedures were performed
under a protective argon atmosphere.

B

Figure 1. Original powders: (A) B-TCP powder; (B) ZK60 powder; (C) ZK60/8B-TCP (wt. %)
mixed powder; and (D) the surface on ZK60 particle in mixed powder.

2 International Journal of Bioprinting (2018)-Volume 4, Issue 1



Deng Y, et al.

2.3 Microstructure Characterization

The microstructure was analyzed by scanning electron
microscopy (SEM; JSM-5600LV, Japan). The sample
was prepared as follows: the ZK60/xp-TCP composites
were successively grounded with abrasive papers (500,
1000 and 2000 grit), and polished with diamond grits.
The phase composition of the composites was identified
using an X-ray diffractometer (XRD, D8-Advance,
Germany). The condition was set using Cu Ka radiation
at 15 mA and 30 kV. Scans were performed with 26
range of 5° to 80° at a scanning rate of 8°-min .

The relative density of the laser rapidly solidified com-
posites was studied using Image-Pro Plus 6.0 software.
After grinded and polished, optical micrographs of each
sample were obtained. The obtained optical micrographs
were then turned into the gray mode. A proper threshold
value of gray scale was determined as gray scale of the
pores. Then, the area percentage of pores was obtained
by calculating the area ratio of the marked regions to the
whole micrograph. Triplicate tests were conducted for
each sample.

2.4 Immersion Test

The immersion experiments were conducted to access
the corrosion behavior of the ZK60/XB-TCP composites.
Simulated body fluid (SBF) served as the degradation
medium. The pH variations of the SBF were recorded
during the immersion for 10 days. In addition, the
corrosion surface of the composites was observed
by SEM after immersion for 7 days. The chemical
composition was analyzed by energy dispersive
spectroscopy (EDS, JSM-5910LV, Japan). Weight
loss method was used to obtain the quantified data
on the degradation behavior of Mg-based composite.
The weight of the samples after the corrosion test was
measured after removal of the corrosion products in
chromic acid. An average of three measurements was
taken for each group. The in vitro corrosion rate was
calculated according to the equation:

C: Mloss/(qAT)

where C was the corrosion rate in mm/year, M, was the
weight loss, g was the density of the material, A was the
initial immersion surface area and T was the immersion
time.

2.5 Mechanical Properties

The compressive strength was assessed by a universal
testing machine (WD-01, Shanghai Zhuoji instruments
Co. Ltd., China) at a loading rate of 0.5 mm-min'. The
test samples with the size of 3x3x6 mm® were prepared
according to the ASTM-E9-09. Three identical samples
were used for the compressive tests. Besides, indentation

tests were performed to evaluate the hardness of the
composite by a hardness tester (Taiming Optical
Instrument Corporation, China). The applied load and
loading time were 0.98 N and 15 seconds, respectively.
Triplicate tests were conducted for each sample.

2.6 In Vitro Cell Culture

MG-63 cells were used for the in vitro cell culture.
Dulbecco’s modified eagle medium (DMEM) with
10% fetal bovine serum, 100 U-mL™" penicillin and 100
mg-mL™" streptomycin were used as culture medium.
ZK60/XB-TCP samples were immersed in DMEM for 3
days to prepare extracts (surface area to extracts volume
1.25 cm*mL™") in humidified atmosphere (5% CO,,
37 °C).

MG-63 cells were first cultured in DMEM in a 24-
well plate. After 4 h, the cell culture media were
substituted by previously prepared extracts. Cells were
cultured in a humidified atmosphere for 1 day (5%
CO,, 37 °C). Subsequently, the cells were gently rinsed
with phosphate buffered saline (PBS) and then stained
with Calcein-AM and Ethidium homodimer-1 reagents
(15 min, 37 °C). After gently rinsing with PBS, the
specimens were mounted onto glass slides and then
observed by fluorescence microscopy (BX60, Olympus,
Japan).

Besides, CCK-8 assay was used to assess cell viability
of MG-63 cells cultured in extracts of ZK60/xB-TCP
composites. The MG-63 cells were seeded onto the 96-
well plate (cells density 1x10° per mL) and cultured for
1 day. Then, the cell culture media were substituted by
prepared extracts, with DMEM serving as control. After
cultured for 1, 3 and 5 days, cells were incubated with
10 pL CCK-8 (5 mg/mL, Sigma-Aldrich, St. Louis, MO,
USA) for 2 h, then the absorbance was measured at 450
nm by paradigm detection platform (BECK MAN, S.
Kraemer Boulevard Brea, CA). The obtained optical
density (O.D.) values were proportional to the live cell
numbers.

2.7 Statistical Analysis

Quantitative data were presented as mean + standard
deviation, and analyzed using the STATA (Data Analysis
and Statistical Software). Statistical significance was
defined when the p-value was <0.05.

3. Results and Discussion

3.1 Microstructure

The typical microstructures of the laser rapidly solidified
ZK60/xB-TCP composites were presented in Figure 2.
For ZK60, only a small amount of second phases (MgZn
intermetallic phase) distributed in Mg matrix (Figure 2A).
After composited with 4 wt. % B-TCP, divorced slender
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A

B

Figure 2. SEM of the ZK60/xB-TCP composites: (A) dot like MgZn phase distributed in ZK60; (B) divorced slender
B-TCP phase uniformly distributed along grains boundaries in ZK60/4f3-TCP; (C) continuous slender B-TCP phase in

ZK60/8B-TCP; (D) pores were observed in ZK60/12p-TCP.

B-TCP phase was observed uniformly distributing along
grains boundaries (Figure 2B). For ZK60/8B3-TCP, more
slender B-TCP phases homogeneously precipitated along
the grain boundaries, compared with ZK60/43-TCP
(Figure 2C). While B-TCP content was up to 12 wt. %,
the precipitated B-TCP was considerably coarsened and
agglomerated, forming a continuous network structure.
Besides, some pores were observed in the matrix of
ZK60/12B-TCP (Figure 2D).

The relative density of laser-melted ZK60/xp-TCP
composites was investigated, with results shown in
Figure 3. Laser-melted ZK60 obtained a high level of
relative density of 98.8 + 0.6%. After composited with
B-TCP, ZK60/4B3-TCP and ZK60/8B-TCP still reached
a high relative density of 97.6 + 1.1% and 97.2 + 1.8%,
respectively, with no significant difference among

ZK60, ZK60/4B-TCP and ZK60/8B-TCP (p > 0.05).
However, a considerable decrease of relative density
to 88.5 + 3.5% was observed with a further increase
of B-TCP to 12 wt. %. The significantly lower relative
density of ZK60/12B-TCP as compared with ZK60/8(3-
TCP indicated that the agglomeration of B-TCP particles
deteriorated the densification behavior of Mg matrix
during solidification.

The obtained XRD patterns of B-TCP/ZK60 com-
posites were shown in Figure 4. Compared with the
7K60, besides the diffraction peaks corresponding
to a-Mg, the diffraction peaks of B-TCP were also
detected in the B-TCP/xZK60 composite. In addition, the
diffraction peaks of B-TCP became stronger with B-TCP
increasing. The XRD results also demonstrated that no
other new phases formed, indicating that no chemical

Figure 3. The relative density of the ZK60/x-TCP composites. The insets were the corresponding optical images.
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26 (%)

Figure 4. XRD patterns of the ZK60/x3-TCP composites

reactions occurred between B-TCP and Mg alloys during
the laser melting.

3.2 Mechanical Properties

The obtained compressive strength of laser-melted
ZK60/xB-TCP composites was shown in Figure 5SA.
ZK60 exhibited a relatively low compressive strength of
111.8 + 6.8 Mpa. After composited with 8 wt. % B-TCP,
the compressive strength was gradually improved
to 207.4 + 7.7 Mpa. However, a further increase of
B-TCP to 12 wt. % resulted in a dramatically decrease
of compressive strength to 167.4 + 12.2 Mpa. Besides,
the hardness of the laser rapidly solidified ZK60/B-TCP
composites was also obtained, with results shown in
Figure 5B. It could be observed that the hardness of
ZK60/XB-TCP composites significantly increased with
B-TCP increasing. ZK60 exhibited a low hardness of
82.4 = 3.8 HV, while ZK60/4B-TCP, ZK60/83-TCP and
ZK60/12B-TCP had an enhanced hardness of 97.6 + 4.5
Hv, 127.2 £5.7 Hv and 153.4 £ 12.2 Hyv, respectively.

3.3 Degradation Behavior

The degradation behavior of the ZK60/XB-TCP com-
posites was evaluated by immersion tests in SBF.
Moreover, the pH variation of the SBF for ZK60/xB-TCP
composites as a function of soaking time was presented
in Figure 6A. It could be seen that the pH values of SBF
for different composites had similar change tendency
during the immersion period, increasing quickly at the
first 48 h and stabilizing during further immersion. After
immersed for 240 h, the obtained pH value of SBF for
ZK60/8B-TCP exhibited a lowest value of 9.42 + 0.09, as

compared with SBF for ZK60 (10.25 £ 0.12), ZK60/4p-
TCP (9.73 £ 0.13) and ZK60/123-TCP (10.69 + 0.10).
The increase of pH value was due to the generation
of OH resulting from the degradation of Mg. Thus, it
was indicated that ZK60/83-TCP showed the highest
corrosion resistance. The corrosion rates of the ZK60/Xp-
TCP composites were calculated based on weight loss
(Figure 6B). Clearly, ZK60/8B-TCP showed a decreased
corrosion rate of 0.58 + 0.11 mm/year, as compared with
ZK60 (1.83 + 0.25 mm/year), ZK60/4B-TCP (1.63 = 0.18
mm/year) and ZK60/123-TCP (2.14 + 0.34 mm/year).

In order to further study the effect of B-TCP on the
degradation behavior, the corrosion surface of the
soaked samples were studied by SEM (Figure 7). After
immersed for 7 days, a compact film formed on the
surface of the ZK60/8B-TCP composite, while loose
corrosion product film with obvious cracks formed on
the surface of the ZK60. As for the ZK60/12B-TCP,
some huge gaps appeared in local areas on the surface.
The EDS analysis indicated that the degradation products
on ZK60 were mainly composed of Mg and O (Figure
7E), indicating a large amount of Mg(OH), coated on the
surface of ZK60. Significantly, large amounts of calcium
and phosphorus were detected on the surface of the
composite (Figure 7F). EDS revealed that the calcium/
phosphate atom ratio of the product on the ZK60/8f3-
TCP composite was 1.617, which was close to that of
apatite (1 .67)P%. Thus, it was reasonable to conclude that
more apatite deposited on the surface of ZK60/xp-TCP
composites. In addition, the deposition of apatite resulted
in a more compact corrosion surface film on Mg matrix
(Figure 7B and Figure 7C).
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Figure 5. The (A) compressive strength and (B) hardness of the ZK60/xB-TCP composites. (n = 3, *p < 0.05, **p < 0.01).

A

Figure 6. (A) The pH variation of SBF after immersion of ZK60/xB-TCP composites and (B) calculated corrosion rate based on weight loss.

3.4 InVitro Cell Response

Fluorescent images of the live/dead assay were presented
in Figure 8. Live cells were indicated by the fluorescent
green, while dead cells were indicated by the fluorescent
red. It could be observed that cells cultured in the
extracts of ZK60/8B-TCP presented a typical fusiform
shape after 1 day culture (Figure 8C), suggesting their
normal cell growth. As a comparison, cells cultured in
ZK60 and ZK60/12B-TCP clearly showed a contraction
of round shape (Figure 8A and Figure 8D), indicating
its unhealthy growth. Meanwhile, a few of dead
cells were observed for ZK60 and ZK60/128-TCP. It
should be noted that both ZK60/4B-TCP and ZK60/8[3-
TCP presented more live cells compared with ZK60
specimens, indicating an improved cytocompatibility of
incorporating 3-TCP into ZK60.

CCK-8 assay was used to determine the cell viability
as a function of culture time, with results shown in
Figure 9. Obviously, the cell activity gradually increased
with the culture time increasing for all groups. At days
1, 3 and 5, significant differences in O.D. values (p <

6

0.05) were observed between ZK60/8B-TCP and ZK60.
Besides, all the ZK60/XpB-TCP composites exhibited
higher O.D. values than ZK60, indicating better cell
viability. Clearly, ZK60/8B-TCP showed higher cell
viability than ZK60, ZK60/4B-TCP and ZK60/123-TCP.

4. 4. Discussion

4.1 The Effect of Laser Rapid Solidification on
Microstructure

Laser melting technology is able to process various
biomaterials, including bioceramics and biometals.
Nevertheless, bioceramics, such as hydroxyapatite,
TCP and 45s bioglass, exhibit a too low mechanical
strength for bone implant. Furthermore, bioceramic
usually has a high viscosity and low fluidity, which
impaired the density of laser processed part””'!. While
Mg alloys exhibit suitable mechanical strength but poor
corrosion resistance. Thus, substantial efforts have been
devoted to fabricating bioceramic reinforced Mg alloys
as candidates for bone implants. For instance, some
researchers had fabricated B-TCP reinforced Mg-based
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Figure 7. Corrosion surface of laser rapidly solidified ZK60/xB-TCP composites: (A) ZK60; (B) ZK60/4B-TCP; (C) ZK60/83-
TCP; and (D) ZK60/12B-TCP. (E) EDS results of region A; (F) EDS results of region B.
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Figure 8. Fluorescence micrograph of live/dead dye-stained MG-63 cells after 1 day culture in the extracts of ZK60/x3-TCP. (A)
ZK60, (B) ZK60/4B-TCP, (C) ZK60/8B-TCP and (D) ZK60/123-TCP.
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Figure 9. CCK-8 assay for MG-63 cells cultured in the extracts of ZK60/xp-TCP composites for 1, 3

and 5 days. (0 = 3, *p < 0.05, **p < 0.01).

composites by conventional techniques. Unfortunately,
agglomeration phenomenon of B-TCP occurred even at
a low content of 1.5 wt. % in casting process''|. Huang
et al.” reported that B-TCP aggregated in the matrix of
casted Mg—27Zn-0.5Ca/1B-TCP at a lower content of 1
wt. %. Yan et al.” fabricated a kind of Mg-Zn/p-TCP
composite by powder metallurgy, and also observed
the aggregation of B-TCP in Mg matrix. The physical
differences between B-TCP and a-Mg would be used to
explain the agglomeration of B-TCP in the Mg matrix.
B-TCP possessed a rhombohedral structure (lattice
parameters a, b = 1.04352 nm, ¢ = 3.7403 nm, a, = 90°
and y = 120°), while a-Mg had a hexagonal structure
(lattice parameters a, b = 0.32092 nm and ¢ = 0.52105
nm)”Y. According to the heterogeneous nucleation
theory, such a difference in crystal structure made it
extremely difficult for a-Mg to nucleate on the surfaces
of B-TCP particles. Thus, most of the B-TCP particles
would be pushed by the growing front of a-Mg grains
during the solidification. In equilibrium solidification
with a low cooling rate, the B-TCP particles would be
squeezed out continuously by slowly-advancing solid/
liquid interfaces, finally gathered at the crystal interface
and caused component segregation.

Combined processes have been reported to overcome
the agglomeration of -TCP in Mg matrix. For example,
a melt shearing technology combined with high-
pressure die casting was applied to fabricated B-TCP/Mg
composite!'. Besides, powder metallurgy, hot extrusion
and aging treatment were combined to fabricated
B-TCP/Mg-Zn composites™. In this study, laser rapid
solidification, as one step process, was proposed to solve
the problem. SEM images clearly showed that B-TCP
homogeneously distributed along grains boundaries in
Mg matrix, with B-TCP contents up to 8 wt. % (Figure
2). In laser rapid solidification, the velocity of the so-
lid/liquid interface was extremely high, which was

believed to be far faster than the movement of B-TCP
particles. In this condition, the B-TCP particles would be
captured by the solid/liquid interface and remained the
original uniform distribution. On the other hand, laser
rapid solidification could also cause a grain refinement
with a high density of grains boundaries'®. More grain
boundaries would provide more distribution space for
B-TCP particles, thus avoiding the aggregation of B-TCP
particles.

4.2 The Effect of B-TCP on Mechanical
Properties

Mechanical tests revealed that the incorporation of
B-TCP significantly improved the compressive strength
and hardness of ZK60. The increased compressive
strength of ZK60/XB-TCP composites was due to: (I)
a good interface bonding between the a-Mg grains
and B-TCP particles gave rise to effective load transfer
from a-Mg matrix to B-TCP particles, which possessed
better load-bearing capacity®™; (II) the homogeneously
distributed B-TCP would serve as an obstacle to
the dislocation movement and then ended up with
dislocation pile ups; (IIT) the addition of B-TCP particles
as second phase inhibited the growth of a-Mg grains,
resulting in fine grain strengthening. However, the
compressive strength of the ZK60/xB-TCP composites
decreased with B-TCP further increasing to 12 wt. %. For
ZK60/12B-TCP, excess B-TCP aggregated at the grain
boundaries and formed coarsened second phase, which
weakened the bonding interface between the a-Mg
grains and adjacent B-TCP particles. A large number of
pores and defects formed in the matrix, thus reducing
the compressive strengths of the composite. Besides, the
enhanced hardness was primarily attributed to that hard
B-TCP particles acted as reinforcement phases, which
impeded the dislocation movement.
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4.3 The Effect of B-TCP on Degradation
Behavior

It was well known that Mg had a lively chemical
property. As Mg based alloys were exposed to aqueous
solution, Mg would degrade according to the following
chemical reactions™:

Anodic: Mg — Mg™" + 2¢ 4.1
Cathodic: 2H,0 + 2¢” — H,1 + 20H" (4.2)

Product formation: Mg”* + 20H — Mg(OH),|  (4.3)

Hence a heavy layer of Mg(OH),, which exhibited a
porous structure, was observed on the surface of ZK60
(Figure 7A). Meanwhile, the Cl ions contained in SBF
could transformed Mg(OH), into resoluble MgCl, as
follows!"":

Mg(OH), + 2C1" — MgCl, + 20H (4.4)

Thus, the coated Mg(OH), layer could not provide an
effective protection for the inner fresh Mg matrix from
further degradation. Compared with ZK60, ZK60/883-
TCP had an enhanced corrosion resistance. This could
be confirmed by the reduced pH value of SBF after
immersion of ZK60/83-TCP composite. The enhanced
corrosion resistance of ZK60/8B-TCP was due to a more
protective film formed on the corrosion surface. The
B-TCP distributed in Mg matrix would dissolve in the
aqueous solution as follows®":

3Cay(PO,), + H,O—HPO,” + OH +9Ca*"+ 5P0O,”
(4.5)

The released calcium ion and phosphate ion favored
for the formation of apatite layer on surface. On the
other hand, the B-TCP usually acted as the apatite nuclei
leading to the deposition of apatite spontaneously™*.
Therefore, a large amount of apatite deposited on
the surface and filled the pores of Mg(OH), layer.
As a result, a more compact surface film formed and
effectively retarded the further degradation.

It should be noted that the corrosion rate accelerated
as the B-TCP content increased up to 12 wt. %. This
was because too much B-TCP aggregated at the grain
boundaries and reduced the relative density of the
matrix. As a consequence, the strongly corrosive CI ion
easily invaded into the matrix, which accelerated the
degradation.

4.4 In Vitro Cell Response of ZK60/xp-TCP

In the presented study, the extracts of ZK60/XB-TCP were
utilized to mimic the environment during implantation.
In vitro cell culture experiments indicated that MG-63
cells exhibited better growth in extracts of ZK60/83-TCP
than in that of ZK60. The improved cytocompatibility

of ZK60/8B-TCP was believed to be closely related to
the enhanced corrosion resistance. As shown in Figure
6A, the pH value significantly increased during the
immersion due to the rapid degradation of Mg-based
composites. In general, a weak alkaline environment
with pH value ranging from 7.4 to 7.8 was more suitable
for cell survival. An increased pH would significantly
impair the enzyme activity, thus affecting the transport
of substance for cell membrane. Meanwhile, a high pH
value with high Mg®* and OH concentration led to a too
high osmotic pressure in culture medium™. Thus, the
significantly increased pH had obvious inhibitory effects
on cell proliferation. For ZK60/8B-TCP, the pH value
and ion concentration (Mg>", OH") in culture medium
were considerably reduced compared with ZK60,
resulting in more appropriate pH value and osmolality
for cell proliferation. Besides, the released Ca*" caused
by the degradation of B-TCP should also be responsible
for the improvement of cytocompatibility for ZK60/8p3-
TCP. Ca, as a nutrient element for the human body, is
essential in chemical signaling with cells™. Li et al. also
reported that Ca’ enhanced the proliferation of bone-
derived cell®™. Thus, the release of Ca®* from ZK60/8f-
TCP might exert a positive effect on the cell growth and
proliferation.

5. Conclusions

In this study, B-TCP was composited with ZK60 via
laser rapid solidification with an aim to improve the
degradation behavior. It was revealed that laser rapid
solidification restrained the segregation of B-TCP
particles in Mg matrix. In addition, B-TCP particles
uniformly distributed along grains boundaries in
ZK60/8B-TCP. The results showed that the laser rapidly
solidified ZK60/8B-TCP had an enhanced corrosion
resistance and mechanical properties as compared
with ZK60. Besides, the results of in vitro cell culture
assays also revealed that ZK60/8B3-TCP composite
had an improved cytocompatibility to MG-63 cells.
It was suggested that ZK60/8B-TCP was a potential
biodegradable implant.
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Abstract: Autografts are the current gold standard for large peripheral nerve defects in clinics despite the frequently
occurring side effects like donor site morbidity. Hollow nerve guidance conduits (NGC) are proposed alternatives to
autografts, but failed to bridge gaps exceeding 3 cm in humans. Internal NGC guidance cues like microfibres
are believed to enhance hollow NGCs by giving additional physical support for directed regeneration of Schwann cells
and axons. In this study, we report a new 3D in vitro model that allows the evaluation of different intraluminal fibre
scaffolds inside a complete NGC. The performance of electrospun polycaprolactone (PCL) microfibres inside 5 mm
long polyethylene glycol (PEG) conduits were investigated in neuronal cell and dorsal root ganglion (DRG) cultures in
vitro. Z-stack confocal microscopy revealed the aligned orientation of neuronal cells along the fibres throughout the
whole NGC length and depth. The number of living cells in the centre of the scaffold was not significantly different to
the tissue culture plastic (TCP) control. For ex vivo analysis, DRGs were placed on top of fibre-filled NGCs to simulate
the proximal nerve stump. In 21 days of culture, Schwann cells and axons infiltrated the conduits along the microfibres
with 2.2 £ 0.37 mm and 2.1 + 0.33 mm, respectively. We conclude that this in vitro model can help define internal NGC
scaffolds in the future by comparing different fibre materials, composites and dimensions in one setup prior to animal
testing.
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1. Introduction

Injuries to peripheral nerves can affect the general
public in all age groups, mostly caused by domestic,
industrial or traffic accidents. Severe transection
injuries are often life-changing and may result in
defects of motor and sensory function. These injuries
can often be repaired through a self-regeneration
mechanism after Wallerian degeneration takes placell.
However, a major concern is the increasing risk of
incomplete functional and motor recovery with
increasing degree of injury!”. Current clinical treatments

of complete peripheral nerve transection injuries
comprise of surgical end-to-end suturing, allografting
or the use of nerve guidance conduits depending on
nerve gap size and severity of injury. Despite its
reputation as the gold standard, autografts suffer from
several major drawbacks: the sacrifice of a healthy
nerve, donor site morbidity, at least two surgical
interventions on donor and injury site, potential size
discrepancy between harvested nerve and injured
nerve and possible functional mismatch when treating
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motor nerve lesions with commonly used sensory
sural nerve graftsB-,

In recent years, bioengineers have focused on the
development of NGCs to provide an alternative
treatment to autografts, where different materials and
designs were explored resulting in a number of
devices that have seen FDA approval (Neuroflex/
Neuromatrix®, NeuraGen®, AxoGuard®, Avance®,
Neu-rolac® or SaluTunnel®). However, these
commercial NGCs lack internal guidance structures
and cannot exceed injury gaps greater than 3 cm,
which is shorter than the defined critical nerve gap of
4 c¢m in humans/®7l. To this date, no other commercial
solution has been presented. Therefore, key challenges
now focus on enhancement of NGCs by including
internal conduit guidance structures for targeted axon
regeneration through the nerve gap to maximise the
number of regenerating axons and therefore the
regeneration outcome. Aligned fibres of a natural or
synthetic material can be one approach to improve
hollow nerve guides®''] by mimicking the natural
regeneration guidance cues of bands of Biingner, where
Schwann cells and fibroblasts form aligned bands between
the proximal and distal nerve end to guide axons to their
target effectors!’?). With adjustment of the fibre
density in the NGC lumen, specific regeneration needs
can be addressed like varying axon numbers in nerves.
In comparison, hollow nerve guides only provide
outer guidance for the injured nerve to keep both
nerve stumps connected but cannot provide relevant
internal guidance support for regenerating cells and
tissue. Furthermore, fibre containing conduits would
not require an adaption of nerve fascicles and blood
vessels between the proximal stump and the conduit
which is necessary when using autografts!'3],

Newly developed NGC scaffold designs, which
have seen in vivo implantation, have compared
favourably to hollow conduits and autografts!®!+16],
However, new designs have, for the most part,
not been directly compared to previous generation
NGCs, or to currently used nerve conduits. Furthermore,
with advanced NGC improvements more adequate
evaluation techniques are required. More complex
NGC structures, such as those that comprise of two
components, like an additional internal scaffold, would
greatly benefit from novel assessment techniques like in
vitro evaluations in three dimensions, instead of
relying on data retrieved from in vitro analysis on flat
material films. We therefore hypothesized that the
evaluation of intraluminal nerve guide scaffolds (e.g.

microfibres) can be directly conducted in whole nerve
conduits in order to provide a prospective platform for
comparison of different internal NGC scaffolds. The
effectiveness of the model was determined by
neuronal cell culture and primary rat dorsal root
ganglion explants in conjunction with cellular responses
investigated using three-dimensional z-stack confocal
and two-photon imaging.

2. Methods
2.1 Conduit Fabrication

Three-dimensional conduits were fabricated by
microstereolithography. Polyethylene glycoldiacrylate
(Mn = 575 g/mol, Sigma, Poole, U.K.) was mixed with
4% diphenyl-(2,4,6-trimethylbenzoyl)-Phosphineoxide/2
-hydroxy-2-methylpropiophenone 50/50 photoinitiator
(wt/wt, Sigma) to obtain a photocurable version of the
target polymer. A cross sectional image of the required
conduit size (1.2 mm internal diameter, 250 pm wall
thickness) was uploaded to a digital micromirror
device (Texas Instruments Incorporated, USA, associated
software: ALP-3 Basic, ViALUX GmbH), which
comprised of a range of mirrors, where each 20 pm
size mirror represented a 1:1 object-to-image size ratio.
The beam of a 10 mW 405 nm laser (Vortran Laser
Technology Inc, USA) was expanded and aligned
while running through a spatial filter and a mirror set.
The beam then reached the digital micromirror device
and was reflected in the shape of the uploaded cross
section image. The liquid prepolymer was placed
under a motorized z-axis translation stage (Thorlabs
Ltd, UK, associated software: APT software), which
was mounted at the liquid-air interface. Controlled by
velocity and acceleration, the z-stage moved down
into the bulk material where the irradiated regions
were polymerized. Once the final length of the
structure was reached, the laser power was turned off
and the stage returned to its origin, carrying the
complete 3D conduit structure. Unreacted prepolymer
was washed off with isopropyl alcohol (IPA, Fisher
Scientific UK). All fabricated structures were washed
in IPA for 7 days to ensure full removal of unreacted
prepolymer and added photoinitiator.

2.2 Microfibre Fabrication

The fabrication of 5 um PCL fibres (referred to as
microfibres) was conducted using electrospinning. A
plastic syringe (Becton Dickinson) was filled with
10% PCL solution (wt/wt, Sigma Aldrich Co, U.K.) in
dichloromethane (Fisher Scientific U.K.) and topped
with a 20G blunt stainless-steel needle. The needle
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was connected to a high voltage supply (Genvolt UK)
and the polymer-loaded syringe placed in the mount of
a programmable syringe pump (WPI Europe) and
constantly pumped through with a flow rate of 4
ml/hr. Polymer jet formation was achieved by a
voltage of 15 kV. The formed fibres were collected
on an earthed rotating aluminium collector (IKA
Works) wrapped in aluminium foil with a rotation
speed of 2000 rpm.

2.3 Characterisation of Microfibres

Gold coated electrospun fibre samples were imaged
using a XL-20 scanning electron microscope (SEM,
Koninklijke Philips N.V.) operating at 15 kV. On each
aluminium fibre sheet, three parallel arranged squares
were analysed regarding fibre diameter and density.
The fibre diameter was analysed using a ruler tool in
the SEM related XL software. The amount of fibres
per 50 um were counted and averaged over all
images.

2.4 Combination of Conduit and Microfibers

Approximately 6000-7000 PCL microfibres were
threaded per PEG conduit. The fibre sheets were cut to
the required width and 1-2 cm of the fibres were
manually lifted off in the direction of the fibre
alignment. These fibres were twisted between the
fingers, where the twisted end was used in a similar
manner to a needle. PEG NGCs were threaded onto
PCL fibres (non-bunched end) like pearls on a chain
and fibre excess was cut with scissors. A schematic of
the workflow can be found in Figure 1.

2.5 Cell Culture in Whole Nerve Guides

NG108-15 neuroblastoma x glioma rat/mouse hybrid
neuronal cells (Public Health England, UK) were
cultured in whole nerve guides with a cell concentration
of 6 x 10° cells in proliferation medium, containing of
Dulbecco’s Modified Eagle Medium (DMEM, Sigma),
10% foetal bovine serum (FBS, v/v, Biosera), 0.25
mg/mL amphotericin (Sigma), 200 mM L-glutamine
(Sigma), 100 units/mL penicillin and 100 mg/mL
streptomycin (Sigma) for 4 days. Cells were seeded with
15 pL of cell suspension by directly pipetting on top of
the fibres in the conduits. The NGCs were transferred to
the designed culturing setup in a 6-well plate and cells
were allowed to attach at 37 °C for 30 minutes before
wells were filled with proliferation medium. Neuronal
NG108-15 cells were used between passage 14-20 and

cultured at 37 °C in a humidified 95% air and 5% CO-
atmosphere.

Figure 1. (A) Schematic workflow of the production of PCL
microfibres using electrospinning, following the procedures of
Daud et al'¥), the analysis and threading procedure of microfibres
and the fabrication of PEG conduits by microstereolithography,
following the procedures of Pateman et all'l SEM
micrographs illustrating components of the nerve guide testing
device; (B) A 5 mm long hollow PEG NGC, fabricated by
microstereolithography, and (C) PCL microfibres spun by
electrospinning. (D) Conduit and microfibres were combined
into a final testing nerve guide device.

2.6 F-actin Labelling of Neuronal Cells

NG108-15 neuronal cells were fixed with 3.7%
paraformaldehyde (PFA, v/v in distilled water,
Sigma) in whole NGCs for 3 h. For further staining
procedures, the PCL microfibre filling was
carefully removed from the NGC by using forceps
and fixed on an objective slide. Cell membrane
permeabilisation was conducted with 0.1% Triton
X-100 (w/v, Sigma) in phosphate buffered saline
(PBS, Thermo Scientific) for one hour. Cytoskeleton’s
F-actin was visualised by using phalloidin
conjugated to tetramethylrhodamine (TRITC) (v/v
1:1000 dilution in PBS, Sigma), and cell nuclei
were labelled with 4',6-diamidino-2-phenylindole
(DAPI, 300 nM, Sigma) for 1 h at room temperature.

2.7 Live/Dead Cell Staining of Neuronal Cells

To distinguish live and dead neuronal cells visually,
living cells were stained green by using 0.02% Syto 9
(v/v, Thermo Fisher Scientific) and dead cells red by
using 0.03% propidium iodide (v/v, Thermo Fisher
Scientific) in serum-free medium (proliferation
medium deprived from serum). Cells were incubated
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in the staining solution for 60 min at 37 °C. Confocal
imaging was conducted in PBS immediately after
staining (details below).

2.8 Dorsal Root Ganglion Isolation and Culture

Male Wistar rats aged 10—12 weeks were sacrificed by
cervical dislocation (schedule I procedure, UK Home

Office). Rats were skinned and the spine was removed.

DRGs were extracted after the spine was cut open,
dorsal side facing up, and the spinal cord and
meninges were removed. The nerve roots of each
DRG were trimmed and explant DRG bodies placed
on top of the nerve guides (one DRG body per
conduit), which were held in place by the described
setup. DRGs were incubated at 37 °C for 15 min to
allow attachment. Afterwards, samples were fully
covered with proliferation medium and incubated at
37 °C in a humidified 95% air and 5% CO, atmosphere
for 21 days.

2.9 BIII-tubulin and S100p Labelling of Dorsal
Root Ganglia

In order to reveal neuron-specific protein BIII-tubulin
and Schwann cell-specific protein S100f im-
munolabelling was conducted. After fixation with
3.7% PFA for 3 h and permeabilising cell membranes
with 0.1% Tween X-100 for 1 h, protein binding sites
were blocked with 3% bovine serum albumin (BSA,
w/v in PBS, Fluka) for 30 min and subsequently
washed with PBS. Anti-Blll-tubulin primary mouse
antibody (1:200 in 1% v/v BSA, Promega, G7121)
and anti S100P primary rabbit antibody (1:600 in 1%
v/v BSA, Abcam, Ab868) were added to the samples
for 48 h at 4 °C, followed by three washes in PBS.
The secondary antibodies, horse anti-mouse IgG
conjugated to Texas Red (1:1000 in 1% BSA; Vector
Laboratories, TI-200) and goat anti-rabbit 1gG
conjugated to fluorescein isothiocyanate (FITC)
(1:1000 in 1% BSA; Vector Laboratories, F1-1000)
were added to the samples and incubated for 120 min
at room temperature. Before imaging, samples were
washed, then resubmerged in PBS.

2.10 Confocal and 2-photon Laser Microscopy

For imaging samples, a Zeiss LSM 510 META
confocal microscope (Carl Zeiss Ltd, UK) with a 543
nm and a 488 nm laser was used. DAPI stained
samples were imaged using an additional 2-photon 780
nm laser (Chameleon Ultra III, Coherent Inc, USA).
Samples were arranged in a 6-well plate or were fixed

on a glass microscope slide and imaged in PBS using
a 10x magnification ZeissW Plan Achromat water-
dipping objective lens. For imaging FITC- and SYTO
9-labelled samples incident and excitation wavelengths
of Aex = 488 nm/Aem = 525 nm were used, and
wavelengths of Aex = 543 nm/Aem = 576 nm to image
Texas Red, TRITC and propidium iodide-labelled
samples. Cell nuclei were visualized at dex = 780
nm/Aem = 480 nm. Images were stitched together and
analysed using Zeiss LSM Image Browser software
and Image J 1.49 (National Institute of Health, USA).

Figure 2. (Left) Schematic of the designed 3D model setup to
evaluate the internal nerve guide scaffolds in vitro and ex vivo.
(Right) Photograph of the experimental setup. Cell cultivation
was conducted directly inside the incorporated scaffolds. For ex
vivo analysis, dorsal root ganglia (DRGs), isolated from rat
spines, were placed on top of the scaffolds. The test NGC
device (1) was fitted with an adapter. (2) To a perforated metal
plate. (3) And secured in a well of a commercial 6-well plate
(5). In order to perform cell culture experiments, wells were
filled with culture medium. (4) Until NGCs were covered.

2.11 Statistics

Data are shown as mean + SD of three independent
experiments, where each experiment has been
conducted in triplicate, except for the analysis of
microfibres using DRGs, where each experiment had a
sample size of four. Statistical differences were
tested by ordinary one-way ANOVA Tukey’s multiple
comparisons test and differences were considered
significant when p < 0.05.

3. Results

The aim of this study was to develop a 3D model to
test microfibres as a potential intraluminal guide in
nerve conduits in vitro with an imaging technique that
advances beyond more traditional and time consuming
approaches like sample sectioning and histology. The
major finding of the study describes a model that
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supported the culturing of primary and non-primary
neuronal and Schwann cells by following standard cell
culture protocols in a more complex, multilayered
environment represented by the conduit scaffold
architecture under investigation

3.1 Design of the In Vitro Testing Setup and
Example Device

The developed 3D model used a PEG nerve guide
conduit filled with PCL microfibres, based on the
procedures developed by Pateman et al.,l'7l and Daud
et al.l'®], Figure 1A shows a detailed schematic of the
production of PEG conduits with an internal PCL
microfibre scaffold. PEG conduits, fabricated by
microstereolithography, measured 5 mm in length and
had an internal diameter of 1.2 mm with a wall
thickness of 250 um (Figure 1B). The internal lumen
diameter was designed to fit a rat dorsal root ganglion
for ex vivo conduit testing. PCL was electrospun to
aligned fibres (Figure 1C), which had an average fibre
diameter of 5 = 0.2 pm. The example device was
fabricated by combining the above to a PEG NGC
with an internal aligned fibre scaffold to investigate
cell’s behaviour in response to the introduced internal
guide in a ready-to-implant device (Figure 1D). PCL
microfibres inside example PEG conduits were tested
using a developed testing setup that comprised of two
components, a stainless steel perforated metal plate
and a polystyrene adapter to match conduit size and
the metal stage (Figure 2). Metal stages and
polystyrene adapters were sterilised by autoclaving
and 70% ethanol treatment respectively. The setup
was compatible to a standard 6-well plate and
could be used to investigate different conduit sizes,
where conduit length analysis was only limited by the
well height.

3.2 Cell Orientation Analysis in the 3D Nerve
Guide Architecture

In order to successfully analyse the behaviour of
neuronal cells on internal NGC scaffolds, key
questions of cell attachment and distribution on the
scaffolds needs to be answered. Neuronal NG108-15
cells were cultured for 4 days and their morphology
investigated by revealing cell nuclei and cytoskeleton
with DAPI and F-actin-binding phalloidin. Figure 3A
shows an SEM image of the experimental NGC
device comprising PCL microfibres inside the lumen
of a tubular PEG conduit. Neuronal cells were seeded
on internal fibre scaffolds in whole NGCs using the
described setup (Figure 2) and followed standard cell

seeding procedures by directly applying the cell
suspension on the nerve guide scaffold without the
need of a pump perfusion system for the supply of
medium. As shown in Figures 3B and 3C, neuronal
cell orientation on the internal fibre scaffold was
compared to cells on TCP. In monolayer, cells are
randomly arranged and evenly attached to the TCP
substrate (Figure 3B).

Phailoidin

Overlay

Figure 3. Confocal microscopy images of neuronal cells in
nerve guides filled with PCL microfibres. (A) Neuronal
NG108-15 cells were cultured in 5 mm long PEG NGCs with
an internal aligned PCL microfibre scaffold in proliferation
medium for 4 days. Neurons were labelled with F-actin-binding
phalloidin-TRITC (red) and DAPI (blue) to reveal
cytoskeletons and nuclei respectively. (B) TCP was used as a
flat substrate control, on which neurons were randomly
orientated. (C) Neurons cultured in whole NGCs orientated
with the PCL fibre alignment inside whole PEG nerve guides.
Arrows indicate the direction of microfibres in the NGCs.
Scale bars =20 pm.

In Figure 3C, it is clearly demonstrated how
neuronal cells changed their orientation when
introduced to an aligned scaffold inside the conduit.
Due to the restricted growth area, neurons attached
along the fibre direction and appeared as cellular bands.
Additionally, culture complexity was reached through
several microfibre layers inside the NGC, where
neurons could attach and elongate in two dimensions
on the microfibre scaffold with cell-cell chemical
communication in a three-dimensional environment.
The distribution of neuronal cells inside the experimental
NGC device was evaluated by z-stack confocal
microscopy to capture the complete multilayered
internal conduit architecture. Microscope images were
taken from three different positions of the fibre
scaffolds (Figure 4A) and stacked together to 3D
projections for analysis. From the data in Figure 4B, it
is apparent that neuronal cells attached along the
microfibres on all three positions imaged. Despite the
presence of neurons in the entire fibre scaffold,
attachment was also found on the different fibre layers
illustrated in the 3D projections (Figure 4B). Aligned
neuronal attachment was detected both in fibre depth
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(illustrated by single images) and along the whole
tube (illustrated by images taken on three different
positions) (Figure 4B). Together, these results provide
insight into neuronal attachment, alignment and
distribution on PCL microfibres incorporated into
NGCs when using the developed culture model, where
neurons orientated like they would do as bands of
Biingner in peripheral nerve regeneration in vivo.

Figure 4. 3D confocal microscopy images of neuronal cell
distribution on aligned PCL fibres in whole nerve guides. The
incidence of neuronal NG108-15 cells were evaluated on three
different positions throughout the NGC and neurons
revealed by phalloidin- TRITC and DAPI. For confocal
microscopy, the fibres were taken out of the tube and mounted
on a glass microscope slide. (A) Graphical representation of an
NGC with incorporated aligned fibres. The arrow indicates the
position where cells were seeded in the tubes. Imaging was
conducted in three different positions on the fibres
(illustrated by numbers). (B) 3D z-projection confocal images
of neuronal cell distribution on microfibres inside NGCs.
Z-stack images (depth: ~400 um) were taken at three different
positions as illustrated in A. Arrow indicates the direction of
microfibres in the NGCs

3.3 Cell Survival Inside Microfibre-filled NGCs

Cell viability not only plays an important role for the
in vitro analysis and evaluation of cell behaviour and
properties but is also crucial in the injury site to
maintain as many viable cells as possible to increase
effectiveness of tissue regeneration. In the described
model, neuronal cells were seeded with greater
numbers per area than on flat monolayer substrates
and were surrounded by the conduit walls structurally
mimicking a peripheral nerve whereas in contrast,
monolayer cultured cells are exposed to an open
system with unrestricted medium supply. Based on
these culturing differences, a comparative overview
staining of live and dead neuronal cells was
conducted between cells on monolayer TCP substrates
or PCL respectively, and cells, which were cultured on
PCL microfibre scaffolds inside NGCs (Figure 5SA—C).

Neuronal cells attached and expanded in different
patterns on the three different substrates. On TCP,
neurons distributed evenly over the entire monolayer
substrate (Figure 5A), where cells on PCL films
showed a clumped arrangement (Figure 5B). Neurons
cultured on microfibres inside the NGC device formed
aligned cellular bands in the direction of the fibres
(Figure 5C).

Figure 5. Overview of live and dead neuronal cells in the
proposed 3D model. NG108—15 neuronal cells were cultured
on TCP (A), PCL films (B) and on PCL microfibres inside the
NGC test device (C) for 4 days. Live cells were identified with
Syto 9 (green) and dead cells with propidium iodide (red). Cell
imaging on fibres was conducted in the centre of the scaffold in
z-stacks (depth 400 pum) and was illustrated as maximum
intensity images. Arrow indicates the fibre orientation in NGCs.
(D) shows the percentile distribution of living (dark bars) and
dead cells (light bars) in the three different conditions (A—C).
Living cells on TCP accounted 98.9 + 0.6 %, on PCL films
85.6 = 3.9 % and 91 £ 4.6 % on microfibres in NGCs in
relation to the total cell population. No significant (ns)
differences between data points of living cells on TCP and
microfibres inside NGCs could be found, where significance
was seen between TCP and PCL films. Data points of living
cells were analysed by one-way ANOVA (**p < 0.01).
Scale bar = 150 pm."

Additionally, the ratio of viable neuronal cells
varied between 85% and 99%, where the highest
numbers of living cells could be seen, with more than
90% viability, on microfibres in NGCs and on the flat
TCP control. No significant differences could be
seen between living or dead neuronal cells cultured on
microfibres inside the NGC device and the TCP
control. However, a significant decrease in living
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neuronal cells was observed between PCL films and
TCP. Taken together, microfibres supported the
alignment of neuronal cells, yielded in living cell
numbers greater than 90% and yielded in higher
numbers of living cells compared to the flat PCL
control.

3.4 Ex vivo dorsal root ganglion culture

Schwann cell proliferation and migration from the
proximal to the distal nerve stump is one major key
event in peripheral nerve regeneration to provide
guidance for re-growing axons in order to successfully
reinnervate target effectors on distal site.
Simulating the proximal injury site in vitro, a rat
dorsal root ganglion was placed on top of the
example NGC device for investigations on internal
scaffold performance by analysing Schwann cell
proliferation and axon outgrowth along the
microfibre scaffold from the explant towards the
tube end (illustrated in Figure 6A). Dorsal root
ganglia have been chosen as they accommodate
sensory neuronal cell bodies, Schwann cells and
fibroblastic cells, and represent a more in vivo like
environment with primary cells in a co-culture
arrangement. In order to analyse the success of the
dissection procedure and the ability of microfibres
to support DRG outgrowth, DRGs survival and
attachment to the NGC device were analysed. The
number of attached DRGs to the conduit scaffolds
was determined visually and was normalised to the
total number of isolated DRGs. In addition, the
number of DRGs were counted, where microfibres
supported the outgrowth of cells from the
DRG body and numbers expressed in relation to all
dissected DRGs. More than 90% of all isolated
DRGs from male Wistar rats, in the age of 10-12
weeks, attached to the nerve guides using the
described setup where more than 80% of the
explants showed positive labelling for S100f and
BIII tubulin away from the ganglion body (Figure
6C). In order to analyse the cell outgrowth distance
from the DRG body towards the tube end, the
incorporated PCL microfibre scaffold was removed
from the conduit after 21 days of culture and
Schwann cells labelled for S100p (green fluorescent
signal) and axons for BIII tubulin (red fluorescent

signal) (Figure 6B).

Figure 6. Ex vivo evaluation of microfibres in whole nerve
guides. DRGs were placed on top of the NGC test devices to
evaluate the performance of the microfibre scaffold by
analysing the outgrowth behaviour of cells along the scaffold.
(A) Graphical illustration of the outgrowth of proliferating/
migrating Schwann cells (SC, illustrated in green) and the
extension of axons from sensory neuronal cell bodies
(illustrated in red) from the DRG body (proximal site) along
the microfibres to the tube end (distal site). (B) Confocal
microscopy z-projection (depth: ~500 um) of the outgrowth of
Schwann cells (immunocytochemically-labelled for S100p,
green) and axons (immunocytochemically-labelled for
BII-tubulin, red) along PCL microfibres in a 5 mm long PEG
NGC. (C) Ex vivo performance of the developed culture setup.
From all isolated DRGs 91.6 + 11.8 % attached to the NGC test
device using the proposed setup, from which 85% showed an
outgrowth of cells into the test conduit. (D) In the 5 mm long
NGC devices, Schwann cells proliferated in average 2.2 + 0.37
mm into the conduits, where axons grew out 2.1 + 0.33 mm in
21 days of culture.
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Green fluorescence from axons BIII tubulin could be
seen simultaneously where Schwann cells were
located. The co-localization could be identified by
an overlay of green and red fluorescent signals
appearing in a yellow-orange colour (Figure 6B).
The distance that neuronal and Schwann cells
infiltrated into the conduit was defined as the last
detectable signal seen distant from the DRG body.
The distance of outgrown cells was of particular
importance as demonstrating the microfibres
efficiency to support cell infiltration in a simulated
nerve lesion in vitro. Schwann cells migrated and
proliferated 2.2 + 0.37 mm along the aligned
microfibre scaffold inside the NGCs, where
neuronal cells showed the extension of axons by
2.1 + 0.33 mm (Figure 6D). Together, Schwann
cells and axons infiltrated 43 % of the 5 mm long
conduit in vitro in 21 days.

4. Discussion

Most cell-based research is acquired via experiments
in monolayer cultures and largely assumes that these
monolayer cultures reflect the physiology of tissue. To
this day, cell cultivation in a monolayer is the
traditional way of culturing cells. Cultivation in
monolayers has proved to be simple, convenient and
lead to relatively fast results. However, for some time,
only in vitro 2D cultivation models and in vivo animal
models were available and used for early stage
medical device evaluation!'”2!l. Between both models
there is a large gap in relation to the physiological
relevance. Monolayer cultures are far away from
the biological behaviour in the human body, especially
when cell lines were chosen over primary cells, and
animal studies, whilst representing a whole organism
and metabolism, are not human. Though animal
studies can mirror human biological responses, they
do not always reproduce human physiology!??.
Especially the dominant use of rat sciatic nerve injury
models to study NGCs, which have limitations when
translating results to humans!?}l. Rats are too small in
size to enable the study of human critical nerve gap
lengths of > 4 c¢cm and homogenous in-bred strains
reduce the variability between results. Another
concern that may result in mistranslation is the
attempt to compare experiments of healthy animals
versus sick patients, who normally suffer from
multiple injuries besides the injury to a peripheral
nerve due to traffic, industrial or domestic accidents.

Additionally, there is a regulatory and ethically driven
effort to reduce the number of animals used in medical
research.

3D in vitro models are of increasing interest because
of their “closer-to-in-vivo” behaviour with higher
physiological relevance. In 3D models, cells can be
cultivated in three dimensions like in their natural
environment in tissues and organs. In neurosciences,
3D models are mostly devoted to the central nervous
system to study the neuronal network and signalling
pathways, brain barriers, disorders and the effects of
neurotoxins (reviewed by?*?]). Studies on peripheral
nerve injuries, and nerve guides in particular,
would benefit from in vitro 3D models due to the
discussed limitations of animal injury models, 2D in
vitro cultures and the lack of published data. Today
there is an increased need for 3D models on internal
NGC scaffolds. In particular, hollow NGCs have
shown their limitations in repairing nerve gaps
exceeding 3 cm and improvement on this matter is
urgently needed. Different attempts have been made to
study internal scaffolds for NGCs in a three-dimensional
environment but documentation on a 3D in vitro
model to test different scaffolds in one setup prior to
animal implantation is still missing. In support of this
notion, we developed an in vitro 3D DRG model that
allows the investigation of different internal fibre
scaffolds inside an NGC. In order to ensure that the
microfibre scaffold supported cell growth and viability
throughout the entire conduit length and depth, cell
culture was conducted prior to DRG cultures. The
developed system showed an in vitro 3D environment,
which was based on the final implantable product and
therefore more likely mimicked physiological relevant
conditions. The morphology and viability of neuronal
cells on microfibres inside a tubular nerve guide using
the proposed setup was examined, where neuronal
morphology remained unchanged throughout the entire
nerve guide and where cells showed similar and not
significantly different viability rates compared to the
flat TCP control. This is of particular interest as it was
previously mentioned that even thin 3D scaffolds
showed a much lower cell growth in the centre of
those structures due to the lack of nutrient and oxygen
diffusion to the scaffold corel?*2°1. Herein, the number
of living cells inside the centre of the microfibre
scaffold measured more than 90%.

DRGs are an effective tool for the evaluation of
internal scaffolds in NGCs as described in this study.
They are easy to harvest, demonstrate a primary
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multi-cell type source and their anatomical morphology
is suitable to simulate the proximal nerve stump after
nerve injury when placed on top of an NGC.
Additionally, DRGs contain three main cell types:
sensory neurons, which are surrounded by satellite
glial cells, Schwann cells and fibroblasts, which are
arranged in a collagen-dominant extracellular matrix[3%l,
Evaluating NGC scaffolds using DRGs therefore
allows axon-glia communication, approximates the
native peripheral nerve environment and contains the
major cell components, which take part in peripheral
nerve regeneration. During Wallerian degeneration,
Schwann cells and fibroblasts proliferate and migrate
from both the proximal and the distal nerve stump into
the nerve lesion and provide a chemical and physical
guide for regenerating axons''*!l. The close association of
Schwann cells and axons was also observed in this
study (yellow fluorescent signal in Figure 6B). In
addition, Schwann cells proliferated further than the
axons regenerated (Figure 6D), suggesting Schwann
cells direct extending axons. The use of DRGs as an
evaluation tool for peripheral nerve repair studies is
not a new idea and was presented by several research
groups in the past!!®3234 However, the described in
vitro assessment methods are mainly confined to the
evaluation of a single internal NGC scaffold. The
current study suggests using DRGs to evaluate
multiple scaffold structures inside the NGC, where the
model is not restricted to the evaluation of a single
conduit design. Additionally, this study showed the
use of DRGs to simulate the proximal nerve stump
when placed on top of the NGC device. It should
also be mentioned that several NGCs can be tested at
once by only sacrificing one animal compared to the
direct in vivo implantation of a single NGC in a single
animal. The presented model may therefore act in
terms of the refinement and the reduction of the 3Rs in
animal testing®’], showing an advantage from an
ethical point of view, but is also advantageous in terms
of time and resources.

The hollow nerve conduits in this study were
fabricated by microstereolithography from PEG.
Microstereolithography is a micro-structuring technique
for complex 3D structuring with advantages of high
resolution and fast manufacturing times for nerve
regeneration!!”3¢], Herein, PEG conduits were used as
a non-degradable test-conduit device for the analysis
of the intraluminal microfibre scaffold. This model
can be used with any other kind of hollow nerve guide
and is not restricted to the use of PEG NGCs.
Combinations of different hollow NGCs and internal
scaffolds can also be studied. The size of the conduits
studied were directly relevant to a common fibular

critical gap injury in a mouse modell'”l and provide
a basis for longer injury gaps of rat sciatic (>10mm),
and human trials thereafter. The microfibres used in
this study were fabricated by electrospinning.
Electrospinning is a controlled and fast fibre fabrication
method, which allows the spinning of highly aligned
or random oriented nano and microfibres, which have
seen different applications in tissue engineeringl3’-3%,
A range of fibre diameters (1, 5 and 8 pum) were
extensively studied by Daud et al., where NG108-15
neuronal cells formed the longest neurites in
co-culture experiments together with primary Schwann
cells when grown on 5 um fibres!'®l. Additionally, PCL
was chosen in respect to its bioresorbable properties
and FDA approval™ as well as its great suitability for
peripheral nerve repairt!®#1-43], Besides PCL microfibres,
a range of other internal NGC scaffolds have been
suggested as being suitable candidates to enhance hollow
nerve conduits in nerve repair (summarised by*+4),
The comparison of different NGC scaffold candidates
would be beneficial for the broad research community
to identify an optimal internal guide for hollow NGCs.
In this context, the developed 3D DRG model is of
value in the process of identifying internal NGC
scaffolds. It is of note that more than 90% of all DRG
explants attached to NGCs in the developed model. In
our experience, the attachment of DRGs to scaffolds is
normally poor, typically around 20%. Furthermore,
the proposed removal step of the microfibres from the
conduit is an easy and fast method for sample imaging
and is to our knowledge a new technique to image
fibre scaffolds in NGCs. With this technique common
confocal microscopy is still feasible without the need
of time consuming sectioning processes like
cryosectioning or paraffin embedding. The advantage
of this technique is the maintenance of the intraluminal
guide complexity where z-stack microscopy can
reveal Schwann cell migration and axon sprouting
through the whole depth of the internal scaffold,
together with simple but accurate assessment of cell
health using live/dead analysis along the full length of
a scaffold to be investigated. Therefore, not only can
internal fibre scaffolds of different materials and
diameter be investigated but also different fibre
densities inside NGCs. Scaffolds, which are too highly
packed can result in cell necrosis in the scaffold core
which can lead to direct failure of cell ingrowth?6-2°1,
In this model, such packing densities could easily be
identified prior to in vivo implantation and might
therefore also reduce the number of animals.
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5. Conclusion

This study presented a novel DRG in vitro model that
allows the testing of intraluminal fibre scaffolds inside
nerve guides for the use in peripheral nerve repair.
This model can be used to assess the performance of
different fibre scaffold candidates in one experimental
setup. Fibres of different dimensions like nano or
microfibres, different diameter, materials and packing
densities can be studied. The migration and proliferation
of Schwann cells as well as the extensions of axons
from the DRG body into the NGC serve as evaluation
tools. Additionally, cell infiltration into the scaffold
architecture can be studied, looking particularly on
cell outgrowth length and cell viability in the scaffold
core. Therefore, the current model has a major
advantage of evaluating biomaterial chemistry and
medical device design prototypes, and consequently
may result in the refinement of leading candidate
designs prior to further, more detailed, in vivo analysis.
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Abstract: 3D bioprinting becomes one of the popular approaches in the tissue engineering. In this emerging application,
bioink is crucial for fabrication and functionality of constructed tissue. The use of cell spheroids as bioink can enhance
the cell-cell interaction and subsequently the growth and differentiation of cells in the 3D printed construct with the
minimum amount of other biomaterials. However, the conventional methods of preparing the cell spheroids have
several limitations, such as long culture time, low-throughput, and medium modification. In this study, the formation of
cell spheroids by SSAW was evaluated both numerically and experimentally in order to overcome the aforementioned
limitations. The effects of excitation frequencies on the cell accumulation time, diameter of the formed cell spheroids,
and subsequently, the growth and viability of cell spheroids in the culture medium over time were studied. Using the
high-frequency (23.8 MHz) excitation, cell accumulation time to the pressure nodes could be reduced in comparison to
that of the low-frequency (10.4 MHz) excitation, but in a smaller spheroid size. SSAW excitation at both frequencies
does not affect the cell viability up to 7 days, > 90% with no statistical difference compared with the control group. In
summary, SSAW can effectively prepare the cell spheroids as bioink for the future 3D bioprinting and various
biotechnology applications (e.g., pharmaceutical drug screening and tissue engineering).
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and excellent bioink include printability, biocompatibility,
and bioactivity!' 1. Cells suspension in the gelatin is usually
used as the bioink. However, the cells in the monolayer
condition were found to grow slowly and loss functionality

1. Introduction

3D bioprinting has attracted great attention in the field
tissue engineering and regenerative medicine; different

types of cells and extracellular matrix (ECM) proteins after culture for a long time!'*"'>), In contrast, cell viability

can be deposited simultaneously to form complex tissue-
engineered constructs for skin''*! perfusable blood vessels"’,
cartilage[4], bone[s], neuronal®® and cardiac tissue!’’. 3D
bioprinting has a capability to fabricate complicated
structures in high accuracy and reproducibility in the aspect

of the shape, size, internal porosity, and interconnectivity™'®’.

One of the essential components of 3D bioprinting is the
use of bioink which consists of multiple types of cells and
various biomaterials. The requirements for appropriate

and differentiated functions in a cell spheroid, accumulation
of hundreds of cells in the shape of a sphere, could be
maintained for prolonged periods of time. Retention in
3D structure, establishment of cell-cell contacts, and presence
of extracellular matrix (ECM) are important reasons for
spheroidal aggregation'''*!. Currently, cell spheroids are
used extensively in the study of tissue anatomy, drug
screening“g’zo], toxicology®"), and cell proliferation and
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differentiation**! because they represent more similar in
vivo biological behaviors. Therefore, cell spheroids could
be an alternative format of the bioink. More importantly,
such novel bioink enhances cell-cell interaction, growth,
differentiation, and resistance to the environment because
of the high cell density in the construct. As a result, the
printed vascular construct shows a better cell-cell interaction
and differentiation'”**”). Additionally, tissue construct
printed using the cell spheroids could minimize the inclusion
of biomaterials'®®], enhance the growth in the natural
condition, and reduce the potential biodegradation which
may release the toxic or unnatural byproducts'®*).

The current methods of forming cell spheroids, such
as using the U-bottom plate, cell hanging drop™”,
dielectrophoresis'™ and magnetic-assisted assembly'>,
require additional chemicals to modify the cell culture
medium or the use of a complex device or complicated
fabrication process, but in low throughput. Although rotating
cell culture™™), using non-adhesive surface’®') and cell
culturing in scaffold®*! can improve the throughput, they are
still time-consuming and tedious with inconsistent production
of cell spheroids in size. Microvalve-based printer is another
high-throughput method to form cell spheroids, but low cell
viability and inhomogeneity were found***. In comparison,
microparticle manipulation by the acoustic wave has been
utilized in the field of lab-on-a-chip because of its advantages
of non-invasiveness, low power consumption, free labeling,
biocompatibility, and high throughput. Standing wave
generated from the bulk acoustic wave (BAW) could trap
the individual cells loaded into a certain device to the
pressure nodes and then form cell spheroids™®!. However,
excitation frequency for BAW is quite low (mostly below 4
MHz), resulting in weak acoustic radiation force, low
throughput, and domination of acoustic streaming and
temperature instability at the high power. In the recent
year, surface acoustic wave (SAW) was introduced in the
microparticle manipulation®®®. In comparison to BAW,
SAW has the advantages of high excitation frequency, high
throughput, low power consumption, less excessive heat and
disturbance of acoustic streaming, simple manufacture of
device in arbitrary design, and large range of operating
parameters. However, the effect of excitation frequency
on the formation of cell spheroids by standing surface
acoustic wave (SSAW) and their biological characteristics
has not been explored. As the distance between pressure
nodes in the standing acoustic field is half of the wavelength,
which is inversely proportional to the excitation frequency,
and the acoustic radiation force applied to the microparticles
is proportional to the frequency, the preparation time and
size of cell spheroids is highly dependent on the excitation
frequency. In addition, acoustic exposure at high intensity

may produce significant biological effects, such as damages
to the cell membrane”), apoptosis, and necrosis for the
reduced cell viability. Furthermore, the fluid medium may
also be heated up by the acoustic exposure due to the
energy absorption, especially in a small cavity at high power
output and high acoustic frequency, which may harm
biological cells”™**",

In this study, the effects of excitation frequency on the
formation of cell spheroids (accumulation time and size)
and their biological characteristics (growth and cell viability)
in the culturing afterward were studied. The motion of
cells by SSAW for the formation of cell spheroids was
simulated and then compared with the experimental results. It
is hypothesized that the high-frequency excitation could
reduce the accumulation time, but size of cell spheroids
as well. The potential damage of acoustic exposure to the
formed cell spheroids was evaluated up to 7 days after
the production. Our study may be able to provide the
guideline for the preparation of cell spheroids by SSAW
as bioink for the future biotechnical applications.

2. Materials and Methods

2.1 Governing Equation

In the fluid, the motion of cells in the acoustic field depends
on the resultant forces from acoustophoresis and Stroke
drag. The Stokes drag force applied to the cells is due to
the velocity differences between fluid and cells*""

Fp = 6mur (v — vp) (1

where 7 is the radius of cell in the shape of a sphere, v¢ and
v, are the velocities of fluid and cells, respectively, u is
the dynamic viscosity. As cells have different physical
properties from fluid media, the propagation of an acoustic
wave causes the cells to oscillate and pulsate, which leads to
monopole and dipole scattering expressed in the resultant
acoustic radiation force!*".

Fr - §T[r3 \% fmono Ekop;z)rop - fdipzpovlz)rop

k Pp— Pt
f =1-- f, = -2 " 2
mono ke’ dip Pp+ Pf/2 ( )

where p,, and p; are the density of cell and fluid, k,, and k¢
are the compressibility of particle and fluid, f;,,n0and
faipare the dimensionless scattering coefficients for the
monopole and dipole, respectively, and k, is the acoustic
wave number. In the acoustic standing wave field, the
acoustic radiation force acting on the cell is simplified as

Fr= — ("5 p2kesin (2koy) 3)
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where p, is an acoustic pressure, ¢ is an acoustic contrast
factor given by
_ 5pp—2pr  Bp

3
q) - 1:mono + Efdip - 2pp+05 Bs (4)

The transverse motion of cells across the channel width
under the action of the acoustic radiation force is governed
by Newton’s second law. As the cells are much smaller
than the dimension of the microchannel, their longitudinal
motion is assumed to follow the fluid streamlines. Particle
motion was simulated by solving the ordinary differential
equation (ODE) above using the fourth order Runge-Kutta
method in Matlab (MathWorks, Natick, MA, USA). Material
properties used in the simulation are listed in Table 1, and
the schematic diagram is same as that in our previous
study™*?.

Table 1. Material properties used in simulation at the
temperature of 27 €

density, p,, 997 kg/m®
speed of sound, ¢, 1497 m/s
Water . .

viscosity, f, 0.890 mPa.s

compressibility, «,, 448 TPa™

density, p, 1075 kg/m®

Biological cells speed of sound, ¢, 1600 m/s

compressibility, x, 428 TPa™

Poly-dimethylsiloxane density,ppous 920 kg/m’
(PDMS, 10:1) speed of sound, cppus 1076.5 m/s
Lithium niobate density,p.vs 4650 kg/m’

(LiNbOs) speed of sound, ¢y 3997 m/s

2.2 Device Fabrication

Two pairs of identical interdigital transducers (IDTs) aligned
perpendicular to each other were fabricated by positive
photoresist lift-off process. The process started with
hexamethyldisilazane (HMDS) treatment followed by
coating the photoresist (AZ9260, MicroChemicals GmbH,
Germany) in the thickness of about 5-um on the surface
of the LiNbO; wafer in the thickness of 500-pum (Y-128°
propagating, University Wafer, Boston, MA, USA). The
LiNbO; wafer was cured with UV to weaken the photoresist
which was further developed with AZ-developer (400K,
MicroChemicals GmbH, Germany). After that, the wafer
was sputtered with a layer of 20 nm-Cr and 400 nm-Au,
and the photoresist was removed by acetone (Aik Moh,
Singapore). There are 20 strips in the width of 150 um in
each IDT with an aperture size of 2 cm.

The poly-dimethylsiloxane (PDMS) microfluidic cavity
was fabricated using the soft-lithography and mould-replica
techniques. PDMS (Sylgard 184, Dow Corning, Midland,
MI, USA) was fixed with elastomer base in a ratio of
10:1 and then poured on the mould in the length of 3 mm,

the width of 3 mm, and the height of 100 um. The PDMS
cavity was degassed in a vacuum chamber (3608-1CE,
ThermoFisher Scientific, Waltham, MA, USA) at 60 °C
for 4 h. Then the PDMS cavity was bonded directly on
LiNbO; by oxygen plasma (Harrick Plasma, Ithaca, NY,
USA) treatment and then rest at 60 °C in the vacuum
chamber for 10 min.

2.3 Experimental Setup

The PDMS cavity was punched with two holes for inlet
and outlet. Prior to loading cells, the PDMS cavity was
filled with 2% bovine serum albumin (BSA, Thermo
Fisher Scientific) for 15 min to coat the cavity surface in
order to reduce the cell adhesion. Many pressure nodes in
the shape of grid with the size of half wavelength, which
is determined by the excitation frequency of SAW and
speed of sound propagating in the LiNbO; wafer, are
generated inside the PDMS cavity after SAW excitation.
The cells suspension was filled into a 3 mL syringe that was
driven by a syringe pump (NE-1000, New era pump systems,
Farmingdale, NY, USA) to the PDMS cavity through the
inlet. The accumulation of cells and formation of cell
spheroids in the cavity was observed under an optical
microscope (CKX-41, Olympus, Tokyo, Japan) at 40x
magnification and captured by a digital camera (QIC-F-
CLR-12-C, QImaging, Surrey, BC, Canada), and the size
of formed cell spheroid was quantitatively determined
using digital image software (ImageJ, National Institute
of Health, Bethesda, MD, USA). A sinusoidal signal of
at the frequency of 10.4 or 23.8 MHz was generated
(AFG3000, Tektronix, Beaverton, OR, USA), amplified
(25A250A, Amplifier Research, Souderton, PA, USA)
and supplied to these two pairs of IDTs at an output
power of 0.7 Watt for the acoustic excitation. During the
excitation of SSAW for about 30 min, the device (PDMS
cavity on the LiNbO; wafer) was placed on a lab-made
cooling plate to reduce the generated excessive heat. The
cooling plate consists of a Peltier plate (thermoelectric
cooler in the size of 4x4 cm, Robot R Us, Singapore), heat
sink, and 5V DC brushless fan (Robot R Us). After the
formation, the cell spheroids were transferred out from the
PDMS cavity by pumping 1xphosphate-buffered saline
(PBS) solution through the inlet at a flow rate of 2 pL/min.
Then the collected cell spheroids from the outlet were
observed under the same optical microscope.

2.4 Cell Preparation

HepG2 cells, immortalized human liver carcinoma cell line
(HB-8065™, ATCC®, Manassas, VA, USA), were cultured
in HyClone™ Dulbecco’s modified eagle’s medium
(DMEM, GE Healthcare Life Sciences, HyClone Laboratories,
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Logan, UT, USA) containing 10% fetal bovine serum (FBS,
Gibco, Waltham, MA, USA) and 1% antibiotic-antimycotic
solution, including 10,000 units/mL of penicillin, 10,000
pg/mL of streptomycin, and 25 pg/mL of amphotericin B
(Gibco), in a cell culture flask (t75, ThermoFisher Scientific).
The cells were incubated at 37 °C in a humidified incubator
(Heracell 1501, ThermoFisher Scientific) under the condition
of 5% CO,. The culture medium was changed every two
or three days depending on the initial seeding. Achieving
80% confluence, the cell was dissociated using 0.25%
Trypsin 1 mM EDTA.4Na (Lonza, Basel, Switzerland),
centrifuged at 1,000 RPM (SL 8 small benchtop centrifuge,
ThermoFisher Scientific) for 5 min at room temperature,
and subsequently re-suspended in the culture medium in
a concentration of 2x10° cells/mL and a volume of about
400 pL. Cell density was estimated using hemocytometer
(Hausser scientific hemocytometer, ThermoFisher Scientific).
Live/dead cell viability assays (L3224, L/D kit for
mammalian cells, ThermoFisher Scientific) consisting of
calcein-AM and ethidium homodimer-1 were used to stain
the cells. The samples in 5 random areas were captured
by the optical microscope and processed with ImageJ using
the established protocolst***! to count the live and dead
cells stained in green and red, respectively. The cell
spheroids were then cultured in ultralow attachable culture
dish (#3262 Coming®, Thermo Fisher Scientific) to minimize
the cell attachment. The spheroid size and cell viability were
measured daily for 7 days®***.

3. Results and Discussion
3.1 Numerical Simulation of Cell Motion by SSAW

Using a network analyzer (HP8510B, Agilent Technologies,
Santa Clara, CA, USA), the §;, frequency response of
IDTs (transmission coefficient) shows several peaks!*?.
Trajectories of biological cells excited by low-frequency
(10.4 MHz) and high-frequency (23.8 MHz) were simulated

@) e .'.0. Individual
o cells /
Function /
Generator Power Amplifier Device /
—_— - 1
A\ (= |
—_—
N
\
Cel N
aspheroid

Figure 1. (A) Schematic diagram of experimental setup of forming
pairs of interdigital transducers (IDTs) and PDMS cavity.

4

and compared. It is assumed that all individual cells were
distributed uniformly across the PDMS cavity and do not
gather before reaching the pressure node. In this simulation,
the motion of cells and the time required to reach the
equilibrium state are highly dependent on the equivalent
force applied to them and their initial location. It is found
that the trajectory motion of cells in the SSAW field can
be fitted by an exponential rise curve and the rising rate is
dependent on the initial distance to the pressure node and
acoustic operating parameters, such as the excitation
frequency and power (see Figure 2). The correlationbetween
acoustics parameters (e.g., excitation frequency, power
output) and cell motion by SSAW was listed in Table 2.
Firstly, the cell motion across the cavity by either low- and
high-frequency SSAW at different initial positions is shown
in Figures 2A and B. It is clear that using the high-
frequency excitation could accumulate the cells much
more quickly. The effects of output power and cell diameter
on the trajectory motion of cell were also investigated if
the distance between the initial position and pressure node
is fixed as 42 um which is one-quarter of wavelength or
the distance from anti-pressure node to adjacent pressure
node at the high-frequency excitation. Referring to Eq.2,
acoustic radiation force is proportional to the volume of
the cell (or cube of cell diameter in the shape of a sphere)
and the power (or square of acoustic pressure). Large cells
reach the pressure node in a short time because of large
acoustic radiation force applied to them (see Figure 2C).
At the high-frequency excitation, the cells in a diameter of 8
pm, 10 um, and 15 pum at the acoustic excitation power of
1.0 W reach the pressure node after 6.26 s, 4.01 s,and 1.78 s,
respectively. In comparison, the corresponding values at
the low-frequency excitation are 13.58 s, 8.70 s, and 3.87 s,
respectively, almost twice as those at the high frequency. In
addition, the motion time required to reach the pressure
node also decreases with the output power (see Figure 2D).
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cell spheroids by SSAW and (B) zoomed photo showing two
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Figure 2. Numerical simulation of (A) 10 um-cell trajectory excited by low- (10.4 MHz) and (B) high- (23.8 MHz) frequency
standing surface acoustic wave across the cavity at the power of 0.5 W from different initial positions to the pressure nodes, and (C)
the effect of thediameter of cell (8§ um, 10 pm, and 15 pum) at the excitation power of 1.0 W and (D) the effect of excitation power
(0.1 W, 0.5 W, and 1.0 W) on motion of 10-um diameter cellat thelow and high frequency with the same initial distance to the

corresponding pressure node of 42 pm.

Table 2. Correlation between acoustic parameters and cell motion

by SSAW
Distance . . .
Cell motion Time to reach Size of cell
Parameters between . .
velocity pressure node spheroid
pressure nodes
Excitation Decrease Increase Decrease Decrease
frequency
Power output Constant Increase Decrease Constant
Cell diameter Constant Increase Decrease Increase

At the high frequency, cells in the diameter of 10 pm reach
the pressure node at 37.79 s, 8.00 s, and 4.01 s at the output
power of 0.1W, 0.5W, and 1.0W, respectively. In comparison,
the corresponding values at the low-frequency excitation
are 89.27s, 17.37s, and 8.70s, respectively. The enhancement
of high-frequency excitation for cells in different sizes at
varied output power is similar, ~2.2 fold, which is slightly
lower than the ratio of excitation frequency (2.4 fold).
The trajectory motion of microparticles, either solid
microspheres or cells, by the SSAW is able to be calculated
and validated™**"). The high output power and large size

of microparticles have already been found to enhance the
motion velocity of microparticles'****]. In comparison to
the solid microparticles in the similar size, cells usually
have lower compressibility and density so that their motion
speed is slower'™"). In order to reduce the time of reaching
the pressure node higher output power is required, which
leads to high temperature elevation of the substrate during
the IDTs excitation. Another potential side effect of acoustic
manipulation of cells is due to the mechanical impact.
However, previous studies show that acoustic excitation at
the power of about 0.87 W does not decrease the cell viability
significantly, but occasionally could even enhance the cell
activities®*>!, Moreover, the initial location is one of the
important factors for the cell accumulation time. The
distribution of an acoustic radiation force from the standing
waves is not uniform across the microchannel width[sz],
pointing from the anti-pressure node toward the pressure
node. Both pressure nodes and anti-pressure node locations
have the lowest magnitude of acoustic radiation force in
the standing wave field. Thus, cells located nearby the anti-
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pressure node have the low initial acceleration, especially at
the high-frequency excitation and low output power in
comparison to that at the low-frequency excitation and
the same output power input (see 0.1 W in Figure 2D).

It is noted that if the height of PDMS cavity is larger
than the half wavelength of SSAW excitation multiple
pressure nodes will be generated in the vertical direction.
The magnitude and distribution of these pressure nodes
in the central region of the cavity are quite uniform, but not
at the edge™. Those cells accumulated at the middle region
of pressure nodes are in the suspension and may have
low possibility of attachment to the cavity. However, higher
PDMS cavity may not allow the accurate measurement of
the size of cell spheroids aligned vertically, but increase
the production, which will be evaluated later.

3.2 Formation of Cell Spheroids by SSAW

Cell spheroids were gathered and formed from suspended
individual cells under acoustic excitation, usually within
30 sec. The diameter of spheroids relies on the number of
cells in the adjacent region of pressure nodes. The distance
between pressure nodes in the PDMS cavity, which is the
half wavelength and inverse proportional to the excitation
frequency, is one of the important factors for the size of
produced cell spheroids. In this experiment, both low-
and high-frequency excitations could accumulate cells at
the pressure nodes successfully (see Figure 3). However,
the size of cell spheroids and number of accumulated cells
at each pressure nodes are not exactly same. The main
reason may be non-uniform cell distribution in the PDMS
cavity”* with low Reynold number, <20 (see Figure 3C).
Accumulation of cells and subsequently, the formation of
cell spheroids is a quite complicated phenomenon involving
several factors, such as cell aggregation™, lateral shear
forceP, and culture medium (e.g., nutrients””, growth
factor”™), and waste®"™). Initial average size of cell spheroids
generated by the low-frequency excitation is slightly larger
than the reported value in the previous study”® at the same

cell density (2x10° cells/mL), 32.8 + 4.3 um vs. 18.8 + 3.0
pm. Low-frequency could gather more cells from a wide
region due to its large wavelength for the generation of
larger cell spheroids. Overall, it is a tradeoff between the
size and accumulation speed of cell spheroids. New strategies
or techniques are desired to produce large uniform cell
spheroids in a short time. It is noted that low power output
(e.g., 0.1 W) was applied after the cell spheroid formation
for 30-90 min in order to allow sufficient ECM being
secreted to hold them in place and avoid the sedimentation.
No mergence of cell spheroids was found inside the PDMS
cavity at the cell density used in this study. Afterwards, the
spheroids are stable enough for handling and transferring.
During the excitation, most cells initially move toward
and gather with the others at the nearby pressure nodes.
However, it is found that some cells locate slightly away
from the pressure nodes, which may be due to attachment
of cells on the surface of PDMS cavity or LiNbO; wafer
and curved wave front of SSAW inside the cavity. Cells
attachment on the surface of microchannel is a common
issue due to complicated surface properties””"\. Briefly,
the attractive forces from the surface are stronger than the
combination of electrostatic repulsion force and acoustic
streaming forces applied to the cell®. Subsequently, cells
could not move and follow the acoustic radiation force.
When the waves travel through PDMS and fluid medium
at a long distance, acoustic attenuates particularly at the
high frequency is not spatially uniform because of the
heterogeneous properties distribution of each medium. The
diffraction waves generated from the flat IDTs lead to
the slightly curved wave front, but the flat grid in the
numerical simulation. In addition, cell density may also
determine the magnitude of force required to tightly pack
cells into spheroid. In the recent study, during of cells
High cell density results in the formation of large cell were
found located away from the pressure node at high cells
density™®. Furthermore, cell density is an important issue.
spheroids, but also high possibility of cell attachment and

Figure 3. Accumulation of HepG2 cells by SSAW at the frequency of (A) 10.4 MHz, (B) 23.8 MHz, and (C) distribution of

suspended cells without excitation, scale bar of 50 um.
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cell spheroid may also be possible using SSAW at the
excitation frequency of 7.4 MHz at the cell density of
clogging at the outlet of cavity when collecting them. Some
cell spheroids generated are about 200 um. Such a large
30x10° cells/mL.

3.3 Growth of Cell Spheroids

After the acoustic excitation, cell spheroids were collected
and cultured in the incubator for up to 7 days to monitor
their growth. All formed cell spheroids grow quite well
(see Figure 4). After 7 days of culture, the cell spheroids
prepared by the low-frequency excitation increase from
32.844.3 pum to 58.7£9.2 um (1.79 fold) while those
prepared by the high-frequency excitation increase from
18.843.0 um to 38.5£7.9 pum (2.05 fold) as shown in
Figure 4A. In addition, the collected cell spheroids in the
petri dish were not found to merge with each other during
the 7-day culturing.

Overall, growth trends of cell spheroids generated by both
low-frequency and high-frequencyexcitations are similar.
The slope of growth seems slightly steeper after 5 days
of cell culture. The cell spheroids generated by the high-
frequency excitation have a slightly faster growth rate (2.05
fold in 7 days) than that by the low-frequency excitation
(1.79 fold in 7 days). For large cell spheroids, the cells at
the center may be less exposed to the nutrient and oxygen

80

from the culture medium® "), which may slow down cell

growth and lead to necrotic death!®™. After being transferred
out of the PDMS cavity and collected in a culture dish,
the fresh cell spheroids have clear outlines of individual
cells. After 4 h, the cells in the formed spheroids start to
merge with the adjacent cells. Within a day, the cell outlines
in the spheroid become blurred, showing the significant
cell mergence. On day 3, all cells inside the spheroid merge
almost completely with the disappearance of cell outlines,
especially those at the center. After that, there are no more
significant changes in the morphology of the formed cell
spheroids.

3.4 Cell Vability

Cell viability of HepG2 was measured on day 1, 3, 5,
and 7 to investigate the influence of acoustic excitation
on the formed cell spheroids. The cells undergone SSAW
excitation showed a clear accumulation with adjacent cells
comparing with those wihtout acosutic excitation, but
without significant difference on the cell viabilities (see red
fluorescent intensity in Figure 5). On day 0, the cell outlines
in the cell spheroids were still clear. After 7 days of cell
culture, cell spheroids became more compact and round
with cell viability of 94% (see Figure 5C). Although the
cell viability decreased slightly over such a period, there
are always no significant differences between the cells in
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Figure 4. Progressive growth of the cell spheroids after the formation by SSAW (A) at 10.4 MHz (solid circle) and 23.8 MHz
(hollow circle) over seven days of culture, and representative photo of cell spheroid of 10.4 MHz at (B) hour 0 (immediately after
the formation), (C) hour 4, on (D) day 1, and (E) day 3 with a scale bar of 20 um.
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acoustically formed cell spheroids and suspended HepG2
the control group (p = 0.492, 0.849, 0.566, and 0.492 on day
1, 3, 5, 7, respectively, all p> 0.05, see Figure 5D). Both
experimental and control group had high cell viability
over 90% which represents healthy cell condition and
suggests the safety of our approach. It is found that the
cell viability by the high-frequency excitation was
slightly lower than that by the low-frequency excitation
despite without statistical difference (p< 0.05), which may
be due to greater acoustic radiation force applied to the
cells. The slight decrease of cell viability over time is due
to the cell spheroids being cultured in non-attachable
environment. If transferred to a scaffold, cell spheroids
will be able to grow into a stable construct.

There are two major contributions to the death of cell
spheroids formed after acoustic manipulation: temperature
and magnitude of acoustic radiation force applied to the
cells during the acoustic excitation for approximately 30
min continuously. As the cell viability is highly sensitive
to the environment temperature, a lab-built cooling plate
was placed underneath the LiNbO; substrate to release
the excessive heat and control the temperature in order to

reduce the thermal effects on the viability of the formed
cell spheroids. The temperature of PDMS cavity was
measured to be around 26 °C by an infrared thermometer
(MAX IR Thermometer, Fluke, Everett, WA USA).
Nevertheless, the acoustic radiation force at the pressure
node for the generation of cell spheroid has a theoretical
magnitude of 0. In this experiment, the cell spheroids in
the diameter range of about 15 um to 70 pm were over
90% in viability after at least 7 days of cell culture. This
result is in good agreement with previous studies?>*°¢7)
where the cell spheroids in diameter below 100 pm could
survive at a very high percentage (over 85%). However,
large cell spheroids may also result in some dead cells at
the center after incubation for a long time. Such limitation
of spheroid size is dependent on the type of cells and the
conditions of cell culture. As for hepatocyte, the mostly

viable spheroid diameter could reach about 120-180 pm'*®
"1 Since oxygen is difficult to permeate through the
thick cell structure, further increase in size results in a
depletion of oxygen (hypoxic conditions) and causes cell

. . . 65.71
necrosis in the core of large spheroids'®>’"].

Figure 5. Cells stained with live/dead assay, (A) individual HepG2 cellswithout acoustic excitation in the control group, in the
formed cell spheroids by the acoustic excitation on (B) day 0, (C) day 7, and (D) thepercentage of cell viability of cells with and

without acoustic excitation on day 1, 3, 5, and 7.
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4. Conclusion

In this study, the device with PDMS cavity and IDTs to
form cell spheroids by SSAW was developed, and its
performance was evaluated. The effects of excitation
frequency on the accumulation time and the size of cell
spheroids immediately after the formation and growth
and cell viability after culturing for up to 7 days were
studied. The cell accumulation time by SSAW using the
high-frequency (23.8 MHz) excitation could be reduced
by ~2.5 fold compared to that using the low-frequency
(10.4 MHz) frequency excitation in the simulation. Size
of cell spheroids formed by the high-frequency excitation is
smaller than that by the low-frequency excitation by
about 43% on day 0 and 34% on day 7, respectively. The
viability of HepG2 cell spheroids is over 90% up to 7 days
of cell culture and similar to the control group, which
illustrates no influence of acoustic manipulation and suggests
the acoustically prepared cell spheroids as good candidate
of bioink. In the future, this technology could be applied
for various biotechnology applications (e.g., drug testing,
tissue engineering, and 3D bioprinting).
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