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EDITORIAL

Call for special issues
Editor-in-Chief: Chee Kai Chua
Head of Pillar, Engineering Product Development, Cheng Tsang Man Chair Professor, Singapore University of Technology 
and Design, 8 Somapah Rd, Singapore - 487372
http://dx/doi.org/10.18063/ijb.v5i2.228

The idea of bioprinting was conceived more than a 
decade ago by a small circle of thought leaders in tissue 
engineering and three-dimensional (3D) printing. The 
concept gained a slow recognition initially but rapidly 
spread with the advent of new 3D printing materials and 
processes. The exponential growth of scientific publications 
in the past years is remarkable. This uptrend coincides with 
an increased number of submissions to the journal. It is a 
positive signal that we should keep our fingers crossed on 
the evaluation of the International Journal of Bioprinting for 
acceptance into scientific citation index around the fourth 
quarter of this year.

Data source: Scopus

In this July issue, 10 articles are covered. The topics 
range from the development of new bioinks[1-5] to new 
bioprinters such as microfluidics-based printers[6,7] and 
high precision inkjet printer[8], as well as in vitro 3D tissue 
models for tissue engineering[9,10].

Meanwhile, we have planned to enhance the global 
coverage of bioprinting research specifically in the 
USA and Asia. This will increase the total number of 
publications in 2019 by more than 50%, totaling between 
30 and 40 articles. Hereby, I sincerely thank Professor Leu 
and Professor Fuh for their precious time and kind support 
in editing the following special issues respectively:
1.	 Special Issue: Bioprinting in the USA (Guest Editor: 

Professor Ming Leu, Guest Editorial Assistant: 
Dr. Krishna Kolan)

2.	 Special Issue: Bioprinting in Asia (Guest Editor: 
Professor Jerry Fuh, Guest Editorial Assistant: 
Dr. Sanjairaj Vijayavenkataraman).

On a separate note, I have moved to Singapore University 
of Technology and Design to pursue my personal goals. 
However, this will not affect my commitment and 
responsibilities to the journal. Instead, I see only more and 
more opportunities brought by this new endeavor. Please 
do write to my new email address (cheekai_chua@sutd.
edu.sg) for matters related to the journal.
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PERSPECTIVE ARTICLE

Application of additive manufacturing technology in 
orthopedic medical implant - Spinal surgery as an example
Rong Feng Zhang1, Peng Yun Wang2*, Ming Yang3, Xuebo Dong1, Xue Liu1, Yiguang Sang4, 
An Tong5*
1Department of Orthopaedics, Shandong Hospital of People’s Liberation Army, 89th Hy, Weifang, Shandong Province, 
Republic of China
2Department of Spine Surgery, Central Hospital, Zibo, Zhangdian, Shandong Province, China
3Traditional Chinese Medicine Hospital, Dongying, Hekou, Shandong Province, China
4Qilu Hospital, Shandong University, Shandong, China
5Department of Orthopedics, People’s Hospital of Yan’an, Qilipu Street, Yan’an, Baota, Shaanxi Province, China

Abstract: Additive manufacturing has been used in complex spinal surgical planning since the 1990s and is now increasingly 
utilized to produce surgical guides, templates, and more recently customized implants. Surgeons report beneficial impacts 
using additively manufactured biomodels as pre-operative planning aids as it generally provides a better representation of the 
patient’s anatomy than on-screen viewing of computed tomography (CT) or magnetic resonance imaging (MRI). Furthermore, 
it has proven to be very beneficial in surgical training and in explaining complex deformity and surgical plans to patients/
parents. This paper reviews the historical perspective, current use, and future directions in using additive manufacturing in 
complex spinal surgery cases. This review reflects the authors’ opinion of where the field is moving in light of the current 
literature. Despite the reported benefits of additive manufacturing for surgical planning in recent years, it remains a high 
niche market. This review raises the question as to why the use of this technology has not progressed more rapidly despite the 
reported advantages – decreased operating time, decreased radiation exposure to patients intraoperatively, improved overall 
surgical outcomes, pre-operative implant selection, as well as being an excellent communication aid for all medical and 
surgical team members. Increasingly, the greatest benefits of additive manufacturing technology in spinal surgery are custom-
designed drill guides, templates for pedicle screw placement, and customized patient-specific implants. In view of these 
applications, additive manufacturing technology could potentially revolutionize health care in the near future.

Keywords: Additive manufacturing; biomodeling; rapid prototyping; spine deformity; complex spine surgery

1. Introduction

Spine surgeons engage in complex and innovative surgical 
procedures to stabilize and improve idiopathic, congenital, 
degenerative, and injury-related spinal deformities. Even 

though surgical treatment strategies and implants have 
evolved and improved considerably in recent decades, 
surgical correction of complex deformities remains very 
challenging. To evaluate the severity of spinal deformities 
and plan any required surgical procedures, physicians have 
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traditionally relied on imaging modalities including X-rays, 
fluoroscopy, CT and MRI. Unfortunately, two-dimensional 
projections of radiographic images or three-dimensional 
(3D) scan data will always be limited in their ability to 
accurately display the complete image of 3D anatomic 
deformities, detracting from their value during the pre-
operative planning process. As presented in the other papers 
in this article, the use of 3D modeling and rapid prototyping 
(RP) or additive manufacturing has been increasingly 
used in complex surgical pre-operative planning, as these 
techniques can accurately reproduce the anatomic details 
of highly complex deformities that could be missed or 
misinterpreted with standard imaging modalities.

The purpose of this article is to explore the existing 
uses of additive manufacturing in complex spinal surgery 
and to discuss the future potentials of this technology. 
The common techniques and requirements for additive 
manufacturing are addressed elsewhere[1]. Literature 
search was conducted using PubMed for articles 
containing the terms “additive manufacturing”, “RP”, 
“biomodelling”, or “biomodeling”, and in combination 
with “spine/spinal” and “surgery/surgical planning”. 
General reviews or discussions of this technology where 
spinal usage is only briefly mentioned were not included.

2. Method
From the 16 articles that were found, one was excluded 
from further review as it is not available in English. 
Publication years ranged between 1999 and 2015, with 
nearly half of the papers published in the past 5  years, 
consistent with the rapidly increasing interest in this 
technology. Three key areas of focus are evident: 
Complex spinal deformity cases in which models have 
been printed for surgical planning purposes; the design of 
patient-specific drill guides; and the very recent advent of 
printing custom titanium implants.

Interestingly, there is a clear change in focus of the 
publications from 2009 to 2011 when simple printing for 
surgical planning was replaced by the printing of surgical 
tools and finally the implants themselves. Although 
publications on the use of additive manufacturing for 
surgical planning have declined in numbers recently, 
the current usage rates remain unclear. Has the spinal 
surgical community adopted this as a routine technology, 
or abandoned it in the past 10 years altogether? To better 
understand this shift, we conducted a survey of spinal 
surgeons attending the 2015 Annual Scientific Meeting 
of the Spine Society of Australia and presented the results 
here.

3. Historical Usage and Current Trends
The use of additively manufactured models in complex 
spine deformity surgical planning was first reported in 
1999 by a group of researchers from Australia. D’Urso 

et al.[2] reported the previous use of the technology in 
craniomaxillofacial surgery and undertook a preliminary 
prospective study of five complex cases to determine its 
usefulness in spine deformity surgery. Members of this 
group continue to be at the forefront in this area, having 
published a number of other key papers in the field[3-5]. 
These papers include a total of 51  cases where spine 
biomodels have been utilized, with the remaining four 
papers in this field are from Japan and China, which 
describe 53 additional cases[6-9]. All the authors from 
these published articles agreed that a 3D reconstructed 
model is required to obtain comprehensive information 
about the complex spinal deformities that would have 
been unavailable if conventional imaging modalities 
were exclusively used. They found that although CT 
3D reconstruction could be displayed and viewed from 
any direction and angle on the computer, these method 
lack of tactile view which frequently view the biomodel 
separately and results in some alteration being made to 
the surgical case, be it an implant, approach, or fixation 
related[6-9].

4. Complex Spinal Deformity Surgical 
Planning
Literature findings concluded that the use of additively 
manufactured biomodels offered numerous benefits 
resulting in better surgical outcomes for the patients for 
example, Mizutani et al.[7] fifteen cases were evaluated 
and reported that 3D modeling was beneficial as a pre-
operative planning tool in rheumatoid cervical spine 
surgery. This was attributed to a better assessment of the 
trajectory and entry points of cervical pedicle screws, 
as well as allowing for the ability to determine the 
entire plate-rod contours for occipitocervical junctions, 
avoiding post-operative dysphagia. Although having 
a 3D biomodel have advantages such as a detailed 
representation of anatomy and as a tool for planning 
surgical procedures, the authors concluded that coupling 
the 3D model with computer-assisted navigation systems 
likely provided better surgical results. Izatt et al.[5] aim 
to quantify the surgeon’s perception on the usefulness of 
biomodels compared with standard imaging modalities 
as a pre-operative planning tool and as an intraoperative 
anatomic reference in 26 spinal tumor and deformity 
cases. This study entailed a survey completed by the 
surgeons after each surgical case and found that anatomic 
details were better or exclusively visible on the biomodel 
(65% and 11%, respectively) compared with the CT or 
MRI 3D reconstructions. Therefore, different decisions 
were made as a direct result of the biomodel regarding 
the materials used (52%) and implantation sites (74%), 
thereby reducing the likelihood of surgical revision being 
required. Importantly, this paper also recorded an estimated 
17% decrease in operating time for all 26 patients, with 
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an 8% reduction in surgery time for tumor patients (mean 
46 min per case) and 22% reduction in the deformity cases 
(mean 68 min per case) which directly reduced the cost of 
surgery in addition to the other reported benefits. Reasons 
given for the reduction in surgical time were included: 
easier, accurate and more efficient implant and screw 
positioning; less frequent reference to other imaging 
resources and reduced number of instrumentations due to 
better anatomic visualization; and detailed pre-operative 
planning. A  recent systematic review paper by Martelli 
et al.[10] based on 52 papers reported that time was 
saved due to additive manufacturing. Likewise, Mao et 
al.[8] also confirmed that 3D biomodels were helpful in 
improving pre-operative planning and surgical treatment 
of complex severe spinal deformities compared with 
either CT or MRI 3D spinal reconstructions. This paper 
suggested that the biomodels were a superior visual aid 
when confirming the position of an anatomic landmark, 
helped the surgeon plan the surgery, facilitated the choice 
of internal fixation instrumentation, and improved the 
accuracy, and therefore, the safety of pedicle screw 
insertion all of which would influence the direct costs of 
the surgical cases and the risk of revision surgery being 
required in the future.

Another important factor discussed by both Mao et al.[8] 
and Izatt et al.[5] was the use of additively manufactured 
biomodels as a communication tool with both colleagues 
and patients/parents. Patients (or if they were <18 years 
old, their parents/guardians) were contacted after the 
surgery, and all stated that the biomodels improved their 
anatomic understanding of the condition; the procedure 
and the risks associated with it, and, therefore, improved 
their ability to give fully informed consent. Similarly, 
biomodels enabled better communication and teaching 
within the surgical team both preoperatively and 
intraoperatively. Of course, there were also limitations 
presented in using this technology mainly related to the 
extra time, labor, and the associated costs of biomodel 
manufacture. Nevertheless, it was argued that these issues 
were offset by the cost savings from shorter surgical 
times, the reduced complication rates, and the likelihood 
of surgical revision being required in the future[3,5,7].

Presented below are two case studies performed by 
the authors of this article where additively manufactured 
biomodels were used for pre-operative planning.

4.1. Patient A
A 12 year old male, diagnosed with neurofibromatosis 
type 1 with complex occipitocervical spinal deformities 
and a large neuroma in close proximity to the upper 
cervical spine. The patient was demonstrating steadily 
worsening neurological signs in all limbs and had 
experienced a number of episodes of intermittent 
quadriparesis indicative of progressive brainstem/spinal 

cord compression, requiring surgical decompression and 
stabilization. Preoperatively, the patient had posterior-
anterior (PA) and lateral (LAT) cervical and full spine 
radiographs (Figure  1), brain and full spine MRI 
(Figure 2), and 3D CT scans (Figure 3). The CT scan was 
used to create a 3D anatomic biomodel (Figure 4).

After viewing the available imaging data, the initial 
surgical plan was to perform a posterior instrumented 
fusion from occiput to T4 with screw fixation into the 
occiput and thoracic spine only. Due to the small size 
and deformity of the cervical vertebrae, it was considered 
that the upper cervical vertebrae were too small to be 
able to insert any fixation points for the planned posterior 
construct. After receiving the biomodel, it became 
evident that the C2 laminae were of sufficient size 
for small translaminar screws to be used on each side. 
The surgical instrumentation was changed to include 
these translaminar screws in addition to the fixation 
points already planned at the occiput and T3-4 levels. 

Figure 1. Pre-operative lateral and posterior-anterior radiographs 
of the cervical and upper thoracic spine of 12-year-old male 
(neurofibromatosis type 1, plexiform neuroma posterior to cervical 
spine), which did not provide clear anatomic detail of significant 
upper cervical deformity.

Figure  2. Sagittal slices of pre-operative magnetic resonance 
imaging showing the reduced size of the spinal canal in the upper 
cervical spine with insufficient posterior element bony detail 
(patient A).
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The biomodel greatly assisted with the explanation to 
the child’s parents regarding the surgery planned and 
the associated risks involved, thereby, helped to obtain 
informed consent.

The surgeons reported that the addition of fixation to the 
upper cervical spine had made the instrumented construct 
more robust and had improved the deformity correction 
achieved by the procedure in addition to the decompression 
and stabilization components. With the additional fixation 
points, the surgeon reported that the risk of requiring 
a revision procedure in the future was also less likely. 
Although the pedicle screw placement in the thoracic spine 
was not optimum, they have held well to date, the patient’s 
neurological signs have improved and thereafter remained 
stable, with no loosening or loss of correction now 
10 months postoperative. Supine LAT and PA radiographs 
1  month after surgery and the most recent LAT view at 
10 months post-operative are shown in Figure 5.

4.2. Patient B
A 9 year old female, diagnosed with myelomeningocele 
spina bifida (neurological deficit below T10) with severe 
collapsing T10-S1 due to the total absence of posterior 
elements. The resulting kyphotic deformity was causing 
seating difficulties and the maintenance of the integrity 
of the skin over the kyphotic deformity was becoming 
challenging, with skin breakdown becoming more 
frequent. It was considered that kyphectomy and posterior 
instrumented fusion would improve the quality and length 
of life. Preoperatively, the patient had PA and LAT sitting 
spine radiographs (Figure  6), thoracolumbar spine CT 
with 3D reconstruction (Figure 7), and a biomodel was 
ordered (Figure 8).

The surgical plan was to ideally perform a 
kyphectomy between two and five levels followed by 
deformity correction and stabilization with a posterior 
instrumented fusion from the upper thoracic spine to the 
pelvis; however, the thoracolumbar anatomy, especially 
the thoracolumbar junction anatomy, remained 
unclear. Having no posterior spinal elements to fix 

Figure 4. Three-dimensional printed biomodel (sagittal, anterior, 
and upper cervical close-up views) demonstrates that the anatomy 
of the C2 laminae was of sufficient size to accept fixation posteriorly 
in addition to the previously planned fixation points in the base of 
the skull and upper thoracic spine (patient A).

Figure  3. Multiplanar views of pre-operative computerized 
tomographic (CT) scan at the C2 level and three-dimensional CT 
reconstruction (lower right), which suggested insufficient vertebral 
bone in the posterior elements of the upper cervical spine for 
posterior fixation (patient A).

Figure  6. Pre-operative sitting posterior-anterior (A) and lateral 
(B) radiographs of the entire spine of a 9-year-old female 
(myelomeningocele spina bifida) with collapsing kyphosis (patient B).

BA

Figure  5. Post-operative lateral (A) and posterior-anterior 
radiographs (B) of the cervical and upper thoracic spine with halo 
brace in situ illustrating the instrumented correction and stabilization 
achieved surgically for patient a. Follow-up radiographs, 10-month 
postoperative (C).

CBA
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instrumentation into, alternative fixation points were 
required. After receiving the biomodel, the anatomy 
of the lower thoracic and lumbar spine was clear 
and the decision was made with some confidence to 
proceed with the kyphectomy of L1-L3 followed by an 
instrumented fusion from T3-pelvis (Figures 9 and 10). 
The biomodel also greatly assisted with the explanation 
to the child’s parents regarding the planned surgery 
and the associated risks involved, thereby, helped to 
obtain informed consent. The patient recovered well, 
and the parents reported that caring for their child was 
much easier, as was her comfort when seated in her 
wheelchair. There was an added benefit of being able to 
sleep supine for the 1st time in many years. There were 
no longer any issues with skin integrity or pressure areas 
over her spine. The fixation has remained stable with no 
complications.

5. Surgical Tools and Guides
Since 2009, designing and printing guides for pedicle 
screw placement has emerged as a new area of additive 
manufacturing for spinal surgical planning, particularly 
in the cervical spine[11,12]. The anatomy in this region is 
quite compact and even more so in pediatric cases, with 
delicate neural tissue in close proximity making precise 
screw insertion of great importance.

The earlier papers from Lu et al.[11,12] utilized additively 
manufactured drill guides for two kinds of screw 
placement in the cervical spine. These plastic guides were 
placed directly in contact with the patient’s exposed bony 
anatomy in the operating room and used to insert screws 
along predefined trajectories. The author reported that 
this technique is highly accurate.  Additionally,  reduces 
both the surgery time and radiation exposure. These 

Figure  7. Sagittal views from pre-operative computerized 
tomographic (CT) scan and three-dimensional CT reconstruction 
(far right) of the thoracic and lumbar spine showing more anatomic 
detail than radiographs of the deformity, but insufficient detail to 
decide how many levels to remove and the precise fixation points 
for the instrumentation (patient B).

Figure 8. Three-dimensional printed biomodel (anterior, posterior, 
and lateral views) demonstrates the anatomy of the thoracic 
and lumbosacral spine providing the necessary detail for the 
kyphectomy and subsequent successful deformity correction and 
instrumented fusion procedure patient.

Figure  10. Pre-operative (A and B) and post-operative (C) 
photographs showing cosmetic aspects of the deformity before and 
after surgical correction assisted by the use of the three-dimensional 
printed biomodel (patient B).

CBA

Figure  9. Post-operative anterior-posterior (A) and lateral 
(B) radiographs illustrating the instrumented correction and 
stabilization achieved surgically for patient B.

BA
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papers were then followed by a series of cadaveric studies 
describing the effectiveness of additively manufactured 
plastic pedicle screw template[13,14]. In summary, the 
researchers found that by using the screw template the 
intended insertion location and angle correlate. 

As a result, titanium was proposed as an alternative to 
plastic models for surgical guides; however, it was also 
found to have disadvantages such as cost and availability. 
In the study by Takemoto et al.,[15] additive manufactured 
titanium thoracic pedicle screw templates were assessed 
specifically looking at the landmarks used as contact 
points for the template, to ensure reproducibility and 
stability. This study showed a very high success rate for 
their templates, with failure defined as perforation of the 
pedicle wall by the screw, 98.4% of pedicle screws were 
placed successfully for scoliosis patients and 100% for 
ligament ossification patients. The issue of cost was also 
addressed in this study stating that the production cost of 
10 templates in a singular patient amounted to $1000 for 
titanium versus $200 for the plastic polyamide.

The authors pointed out that even though the 
non-metallic materials have approval from the US 
Pharmacopeia for use in the human body for 24 h when 
in contact with drills and surgical tools; the plastic would 
likely produce debris, which would accumulate in the 
wound. The long-term effect of this residual material is 
unknown, and in close proximity to the spinal cord, its 
safety is clearly questionable. The titanium templates also 
have the advantage of higher strength and rigidity, being 
metallic. This ensures greater accuracy and reliability, 
reduces the chance of warping and flexing, and eliminates 
the potential of the drill or screw cutting through the 
material and/or producing debris as is the case for plastic 
guides.

6. Additively Manufactured Custom 
Implants
Recent advances and the increased availability of metal-
based additive manufacturing technologies such as 
direct or selective laser sintering (LS) and electron beam 
melting have allowed for the development of customized 
spinal implants into current surgical practice.

Off the shelf, vertebral body and intervertebral disc 
implants are already commonly used, but the ability to 3D 
print both generic and custom metal implants has a number 
of potential advantages. For instance, intervertebral discs 
that can be printed to conform to the patient’s specific 
vertebral end plate geometry have performed well in 
cadaveric studies, achieving higher compressive failure 
loads, and better stiffness characteristics than flat implants 
produced in the same manner[16]. On the other hand, 
a high-temperature LS allows fabrication layering of 
complex structure such as high-performance biomaterial 
polymer, i.e.,  polyether ether ketone was applied by 

Berretta et al. in the manufacturing of cranial implant[17]. 
Both the mechanical performance, density variation, 
and dimensional accuracy of the implants were found 
comparable to the design model and show the highest 
compressive strength resistance.

Evidently, an additively manufactured porous 
titanium structures have great potential for use as bone 
substitute biomaterials. Titanium alloys have been used 
for decades as a bioactive material[18], encouraging bony 
ingrowth onto exposed surfaces. For instance, titanium-
tantalum (Ti-Ta) alloy can be fabricated using selective 
laser melting[19]. Ti-Ta alloys are promising materials for 
biomedical applications and surgical implants because 
it has high biocompatibility, corrosion resistance, and 
good mechanical properties. Besides, electron beam 
melting allows porous implants made from titanium 
alloys to be created with control over the shape and pore 
structure. This technology has the potential to develop 
both patient-specific custom implants, as well as generic 
bone substitute implants. Yang et al.[20] examined a self-
stabilizing artificial vertebral body created this way in an 
in vivo sheep model of the cervical spine. This study found 
that these porous metal implants facilitated bony ingrowth 
and resulted in very stable fixation in a load-bearing 
application – something that is not currently possible with 
other additively manufactured scaffold structures.

Worldwide, a number of companies are already 
making additively manufactured customized surgical 
tools and templates to aid in spinal procedures, as 
well as custom spinal implants designed specifically 
for particular patients. Besides the customized spinal 
implants, the similar technologies were applied to other 
recent orthopedic regenerative medicine treatment[21]. A 
mandible that is coated with hydroxyapatite has been 
additively manufactured[22]. Furthermore, Mertens et al. 
constructed a titanium-made midfacial support and a 
graft fixture through additive manufacturing for patient 
with midface defect[23]. Customized cranial implants were 
designed and additively manufactured by Jardini et al. in 
the surgical reconstruction of a large cranial defect[24].

7. Surgeon Survey
Spinal surgeons attending the Annual Scientific Meeting 
of the Spine Society of Australia 2015 held in Canberra, 
Australia, were asked to complete a short survey on 
their knowledge and use of RP technology (additive 
manufacturing) in their surgical practices and experience. 
35 surgeons completed the survey, of which 81% (27) 
were experienced, senior consultants. Although 80% of 
respondents had heard of using additive manufacturing 
for surgical planning, only 10 had ever used it. Of these 
10, eight reported using it 0–2  times per year and two 
reported using it 3–5  times per year. Most users (7/10) 
reported that it improved the surgical outcome, with the 
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others saying that it made no difference to the surgical 
outcome. However, additionally, the comment was 
made that while they felt that the biomodel did enhance 
surgical planning and the ability to perform the surgical 
intervention, the outcome to the patient was the same as 
if they had not used it.

For those who were not using the technology, most 
reported that this was due to availability issues (44%). 
However, only 54% said that they would use it should it 
ever become available in their hospital. Other minority 
reasons given for not using biomodels were cost (4%, 
n = 1) and other reasons (12%, n = 3), predominantly 
being that they do not or have not had a suitable case for 
which to use it to date.

These results, together with discussions with the 
surgeons while they were completing the survey, 
highlighted a number of important considerations: That 
of the suitability of cases for this type of procedure in 
a particular surgeon’s practice, as well as the usefulness 
of biomodels for purposes other than developing the 
actual surgical plan. The surgeons who currently used 
additive manufacturing for surgical planning all worked 
with patients who had complex progressive deformities, 
whereas those who did not use biomodels treated less 
complex and mainly adult degenerative cases, for which 
the added expense and time delay to print the model 
was thought to likely not be of sufficient benefit to their 
surgical planning and/or surgical procedure.

According to surgeons, the usage of additively 
manufactured models are often extended,  which is 
beyond the surgical planning phase.  Hence, patient or 
their guardian needs to be aware of the this situation when 
signing the informed consent form. Having a physical 
model available of a complex spinal deformity made the 
explanation of the current condition as well as the intended 
surgical procedure to patients and family much simpler 
and easier to understand. The description of both the 
severity and the reasons for the current symptoms caused 
by the spinal deformity could be explained more clearly 
as well as exactly what the surgery would entail and the 
possible complications and consequences that may occur 
with or without the intended surgical procedure. This 
sentiment has also been reported in literature discussed 
above[4]. Furthermore, using the additively manufactured 
models with surgical trainees form an important teaching 
tool during the surgical planning phase, during the 
surgical procedure, and as retrospective case studies.

7.1. Future Perspectives
As reflected in this review, the use of additive 
manufacturing as a pre-operative planning tool in spinal 
surgery is still relatively uncommon, even though the 
technology has continued to develop over the past 
three decades. This review raises the question as to 

why the use of this technology has not progressed more 
rapidly despite the reported advantages – decreased 
operating time, decreased radiation exposure to patients 
intraoperatively, improved overall surgical outcomes, 
pre-operative implant selection, as well as being an 
excellent communication aid for all medical and surgical 
team members. Regardless of the reported clinical 
success, the lack of usage of 3D RP or printing has been 
attributed to the availability and cost of the technology, 
as well as the time delay between the scan of the patient 
is performed and the biomodel being produced (several 
days) and then delivered to the requesting surgeon. 
The other main reason given for not using physical 3D 
biomodels was that the particular surgeon did not treat the 
type of spinal deformity patients that would benefit from 
this technology, who are managed by a small contingent 
of highly specialized complex deformity surgeons.

The future success of this technology is dependent on 
how useful surgeons find the biomodels to be for pre-
operative planning and consent and/or for intraoperative 
anatomic reference compared with standard visualization 
modalities such as CT scans. Do additively manufactured 
biomodels have the potential to become part of the standard 
of care, or will it always be used only for the most complex 
deformity cases by specialist spinal surgeons and how will 
the success of the technology be measured? Answering 
these questions will be vital for additive manufacturing 
to become an essential part of spinal deformity surgery 
as the technology continues to improve, becomes more 
affordable and faster to produce. It seems clear that even 
if biomodels are only used on a limited basis during the 
surgical procedure for the most complex cases of spinal 
deformities, there is certainly value in the exercise of 
virtual planning or 3D computer modeling, a processing 
step that is generated before final additive manufacturing 
occurs. The generation of the 3D computer model allows 
for the on-screen manipulation of the patient’s-specific 
anatomy generated from their CT scan for the purpose of 
visualization of the deformity for pre-operative planning 
and rehearsal of the intended surgery. Therefore, whether 
or not the final stage of printing goes ahead; utilization of 
the technology of 3D computer modeling will most likely 
become a routine part of spinal surgery for the benefit of 
clinicians and patients alike.

It is worth noting that based on the number of 
publications found in literature, China has the appearance 
of leading the medical field in the use of RP technology. 
Why are some countries such as China more readily 
accepting RP technology and why are they at the forefront 
in using it compared with the western world? Perhaps, 
it is related to the fact that in western countries, private 
biomedical companies are driving this technology and its 
use rather than research institutions, which often does not 
translate into peer-reviewed publications.
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In contrast, for the design of surgical tools, templates, 
and personalized patient implants, additive manufacturing 
technology has found a new niche which is demonstrating 
a rapid advance and may be the most promising application 
in the medical field. We believe that the future of 
customized patient-specific implants will be the greatest 
benefit of additive manufacturing technology, potentially 
revolutionizing health care, and benefitting the largest 
number of patients. This is especially true as the trend 
continues toward less invasive and more precise surgical 
treatment strategies, and as clinicians increasingly relies 
on advanced technologies for planning and delivering 
customized and patient-specific medical care.

Further discussion on the techniques, technology, and 
limitations of additive manufacturing in health care can 
be found in other articles in this issue.
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Abstract: Alginate is a biocompatible material suitable for biomedical applications, which can be processed under mild 
conditions on irradiation. This paper investigates the preparation and the rheological behavior of different pre-polymerized 
and polymerized alginate methacrylate systems for three-dimensional photopolymerization bioprinting. The effect of the 
functionalization time on the mechanical, morphological, swelling, and degradation characteristics of cross-linked alginate 
hydrogel is also discussed. Alginate was chemically-modified with methacrylate groups and different reaction times considered. 
Photocurable alginate systems were prepared by dissolving functionalized alginate with 0.5- 1.5% w/v photoinitiator solutions 
and cross-linked by ultraviolet light (8 mW/cm2 for 8 minutes).
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1. Introduction
Three different approaches are being explored for tissue 
engineering applications[1,2]. The first approach, cell 
therapy, is based on harvesting cells, sorting, expanding, 
and implanted them. This is a simple process but presents 
limited outcomes as it is difficult to keep the cells in the 
desired region for clinically relevant periods of time[3]. 
The second approach, scaffold-based approach, is based 
on the use of three-dimensional support structures that 
provide the necessary environment for cell attachment, 
differentiation, and proliferation[4]. In this approach, 
scaffolds can be directly implanted after fabrication or 
seeded with cells and pre-cultured in a bioreactor before 
implantation[5]. Finally, the third approach (bioprinting) 
uses bioinks (hydrogels and cells) to create cell-laden 
constructs. This is a highly relevant approach allowing in 
situ printing[6,7]. Technologies such as inkjet bioprinting, 
extrusion-based, and photopolymerization-based process 
are being explored. Among them, photopolymerization 

is a very versatile method allowing a rapid crosslinking 
under biocompatible reaction conditions without the use 
of solvents[1,6]. In addition, photocurable hydrogels are 
particularly relevant for biomedical applications due 
to the advantage of being able to encapsulate cells and 
the mild processing conditions that allow their in situ 
crosslinking within a patient during a surgical procedure.

Suitable hydrogels for bioprinting must be 
biocompatible, biodegradable, present appropriate 
mechanical properties, which depend on the type of 
tissue, good printability,[8] and shear thinning properties 
to facilitate the printing process[9]. In the case of 
photopolymerization bioprinting systems, the amount 
and type of photoinitiator are also critical as determines 
the crosslinking density, cytotoxicity, mechanical 
properties, and biocompatibility[10]. The increase of 
crosslinking density is usually associated with an increase 
of printability and mechanical properties and a decrease 
of biocompatibility due to the reduction of free space to 
accommodate cell proliferation[11].

Development and characterization of a photocurable alginate bioink for three-dimensional bioprinting © 2019 Mishbak, 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-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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Alginate is a suitable material for bioprinting[12]. It is a 
natural water-soluble linear polysaccharide derived from 
alginic acid, extracted from several species of brown 
algae, such as Laminaria hyperborea, Ascophyllum 
nodosum, and Macrocystis pyrifera[13-15]. Its structure 
contains 1,4-linked β-D-mannuronic (M) and α-L-
guluronic (G) acid residues (Figure  1), arranged in a 
non-regular and block-wise fashion along the chain[16-18]. 
Alginate shows good biocompatibility, low cytotoxicity, 
and high-water content (high swelling ratio), mimicking 
the structure of the natural extracellular matrix[19-23]. 
These properties make alginate a suitable material for 
wound dressings, drug delivery systems, and soft tissue 
engineering applications[24].

This paper investigates the preparation of alginate-based 
systems for ultraviolet (UV) bioprinting applications. The 
material is characterized both before and after the curing 
process, and the effect of functionalization time on the 
rheological, mechanical, morphological, swelling, and 
degradation properties was investigated. The effect of 
photoinitiator concentration in terms of rheological and 
mechanical properties is also assessed and discussed. 
The biological characteristics are not reported in 
this manuscript, but preliminary results with human 
chondrocytes show that the materials considered here do 
not present any cytotoxicity and allow cell attachment 
and proliferation[26].

2. Materials and Methods

2.1 Synthesis of Methacrylate Alginate
Photocurable alginates were prepared through a 
functionalization mechanism with methacrylate 
anhydride (MA)[27]. Briefly, sodium alginate powder 1%, 
2%, and 3% (w/v) (Sigma-Aldrich, UK) was dissolved 
in Dulbecco’s phosphate-buffered saline (Sigma-Aldrich, 
UK) and then mixed with MA (Sigma-Aldrich, UK) at 
15 mL MA/g of alginate under vigorous stirring. The pH 
of the solution was kept around 7.4–8.0 during the reaction 
time by adding 5M of NaOH. Maintaining a higher pH 
during the reaction is crucial since higher pH enhances 
the reaction among the amine and hydroxyl groups, which 
lead to a higher degree of modification[28]. Two different 
reaction times (8 and 24 h) were used to assess the effect 
of the reaction time on the degree of functionalization. 

After the chemical modification reaction, the polymeric 
solution was precipitated and totally mixed in 100 mL of 
ethanol (100% ethanol) and dried in an oven overnight 
at 50°C. The precipitate polymer was dissolved in 
distilled water (diH2O), loaded in the dialysis tubes 
membranes (SnakeSkin Dialysis Tubing from Thermo 
Fisher Scientific, UK), sealing both sides and dialyzed 
the solution against NaCl for 7 days with periodic water 
changes every day. The solution was freeze at −80°C and 
the polymer recovered by lyophilization.

2.2 Characterization of Pre-polymerized 
Methacrylate Alginate

2.2.1 Nuclear magnetic resonance (NMR)

The chemical structure of functionalized alginate was 
assessed through 1HNMR spectroscopy, using the B400 
Bruker Avance III 400 MHz (Billerica, Massachusetts, 
USA). Polymeric materials were dissolved in deuterium 
oxide (Sigma-Aldrich, UK), transferred to NMR tubes 
and the spectra acquired with 128 scans.

2.2.2 Rheological characterization

The rheological tests were performed to characterize 
the viscoelastic behavior of both pre-polymerized and 
polymerized alginate. The rheological assessment of 
pre-polymerized alginate systems was carried out using 
the DHR2 TA Instrument (USA). Samples were placed 
between two parallel plates and two different tests 
(rotational and oscillation) were considered. Rotational 
tests were performed to evaluate the viscosity and 
material strength. In these tests it is assumed that the 
material flows by applying stress, being the response 
measured alongside time (temperature was not 
considered in this work). Controlled stress was applied, 
and the resulting movement measured. Oscillation 
tests were considered to evaluate the viscoelastic 
behavior of the material and dynamic moduli. The 
viscoelastic behavior was characterized by measuring 
the energy stored (storage modulus, Gʹ) in the material 
during shearing and the energy subsequently lost (loss 
modulus, Gʺ). Shear strain was controlled by varying 
the oscillation amplitude.

To assess the rheological changes during the 
photopolymerization process, the rheological tests were 
carried out using the Bohlin Gemini system (Malvern 
Instruments) equipped with the OmniCure® S1000 light 
source irradiating in the range of 254–450 nm wavelength, 
and oscillation tests were considered. The light intensity 
was 10 mW/cm2.

The rheological behavior of the materials is described 
by the following equation:

			 
n    � (1)

Figure 1. Alginate showing a linkage between the mannuronic and 
guluronic acid[25].



Development and characterisation of a photocurable alginate bioink for 3D bioprinting�

14	 International Journal of Bioprinting (2019)–Volume 5, Issue 2�

Where τ is the  shear stress (Pa), is the shear rate (s-1), 
ɳ the consistency index or equivalent viscosity (Pa. s), 
and n is the power law index (dimensionless) that varies 
as follows:

n<1: Shear-thinning system;
n=1: Newtonian system;
n>1: Shear-thickening system.

2.3 Hydrogel Formation
Photocrosslinked alginate methacrylate hydrogels 
were prepared by dissolving 2%  w/v alginate 
methacrylate with different photoinitiator concentration 
solutions (0.5-1.5% w/v) of VA-086 photoinitiator 
solutions (2,2’-Azobis[2-methyl-N-(2-hydroxyethyl) 
propionamide azo initiator (Wako Pure Chemical 
Industries, USA). Cross-linked disks were produced by 
pipetting the alginate solution in an acrylic mold with 
8 mm diameter and 4 mm height. Photopolymerization 
was conducted using a 365  nm UV light (Model 
Dymax 2000-EC, Dymax Europe GmbH, Wiesbaden, 
Germany) irradiating at 8 mW/cm2 during 8 min.

The photopolymerization process of alginate 
methacrylate is a radicular polymerization process started 
by the absorption of UV light by the photoinitiators 
followed by the generation of free radicals and a cross-
linking chain reaction[29]. The mechanism is briefly 
presented in Figure 2.

2.4 Characterization of Photocrosslinked 
Hydrogels

2.4.1 Morphological characterization

The morphology of the internal structure of the hydrogels 
was investigated through scanning electron microscopy 
(SEM), using the Hitachi S3000N VPSEM system. 
Alginate samples were produced using cylindrical 
molds (8 mm diameter and 4 mm high). After hydrogel 
formation, samples were extensively washed in diH2O, 
frozen at −80°C and lyophilized. Samples were fixed on 
stubs using double-sided adhesive tape and sputter coated 
with platinum sputter-coating.

2.4.2 Mechanical characterization

Compression tests were performed at a constant strain 
rate using the Instron 3344 machine equipped with 
a 10-N load cell (Instron, Buckinghamshire, UK). 
Cross-linked alginate hydrogel disks were prepared 
as described in section (2.2) and maintained in diH2O 
at 37ºC following the protocol described by Jeon 
et al.[27]. After 24 h of incubation, swollen alginate 
methacrylate hydrogel disks were measured using 
calipers to determine both the diameter and thickness 
and unconfined compression tests were performed on 
the hydrogel disks at room temperature, 0.5 mm/min of 
speed at a rate of 20% strain. Compressive modulus was 
determined from the slope of stress versus strain plots 
and limited to the first 10% of strain as recommended 
for cartilage applications[31].

2.4.3. Swelling and degradation characterization

Alginate methacrylate hydrogel disks were frozen at 
−80°C, then, lyophilized and the dry weights (Wi) were 
measured. Afterward, the dried hydrogel samples were 
immersed in diH2O and the same number of samples were 
also immersed in Dulbecco’s Modified Eagle’s Medium 
(DMEM) – high glucose (Sigma-UK) diluted with 10% 
fetal bovine serum (Thermofisher, UK) at pH  7 and 
incubated at 37°C to reach an equilibrium swelling state. 
The diH2O and DMEM were replaced every 1–2 days. Over 
the course of 3 weeks, samples were removed from the 
DMEM/diH2O and the swollen hydrogel sample weights 
(Ws) measured. The swelling ratio (water content Q) was 
calculated according to the following equation:

			 
Ws
Wi

Q = � (2)

Where Wi is the dry weight and Ws is the weight of 
the swollen hydrogel sample. After this, the swollen 
hydrogels were lyophilized and weighed again. The 
percentage of mass loss was calculated as follows:

		  (Wi–Wd)/Wi×100� (3)

Figure  2. Schematic representation of the photopolymerization 
process of alginate methacrylate. (a) After exposing the polymer 
solution to ultraviolet radiation, the photoinitiators generated free 
radicals that react with the vinyl methylene starting the crosslinking 
reaction; (b) the reaction propagates with macroradicals reacting 
with unreacted carbon-carbon double bonds. (c) At the end through 
a bimolecular termination mechanism, a three-dimensional network 
of the cross-linked hydrogel is formed [30].

a

b

c
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Where Wd is the weight after lyophilization (n = 3 for 
each time point).

3. Results and Discussion

3.1 Alginate Functionalization
The alginate modification with MA was performed 
under standard conditions, allowing the introduction of 
photo-reactive methacrylate groups into the polymer 
backbone, as confirmed by 1HNMR analysis (Figures 3-5). 
Results indicate the presence of new characteristic 
peaks of methacrylate (MA) at 5.63 ppm and 6.09 ppm 
attributed to the methylene group in the vinyl bond, and a 
peak at 1.82 ppm assigned to the methyl group, which are 
not present in the non-modified polymer, showing that the 
polymers were successfully functionalized.

Two different functionalization reaction times (8 and 
24 h) were also considered and the degree of modification 
determined by dividing the relative integrations of 
methylene to carbohydrate protons[32,33]. Results, 
presented in Table 1, show that the degree of modification 
increases by increasing the reaction time, reaching a 
maximum value of 33% at 24 h.

3.2 Rheological Behavior of Pre-polymerized 
Alginate Methacrylate Systems
Figures 6-9 showed the stress versus shear rate behavior 
of solutions containing 1, 2, and 3%  (w/v) of alginate 
methacrylate reacted for 8 and 24 h. Key rheological 
parameters are presented in Tables 2 and 3. A non-linear 
behavior is observed for all samples. Samples containing 

2% w/v obtained after 24 h of reaction show a clear Bingham 
behavior[34]. Results also show a decrease of the equivalent 
viscosity by increasing the alginate concentration for 
samples obtained after 24 h of reaction, while no trend 
was observed for samples obtained after 8 h of reaction. 
The flow behavior is also closer to a Newtonian fluid for 
samples containing high concentrations of alginate. Based 
on these results, the system containing 2% w/v of alginate 

Figure 3. (a) Non-functionalized alginate (1% w/v), (b) functionalized alginate (1% w/v) after 8 h of reaction, (c) functionalized alginate 
(1% w/v) after 24 h of reaction. The functionalization is confirmed by the presence of new peaks in the spectra at 5.63 ppm and 6.09 ppm 
attributed to the methylene group and a peak at 1.82 ppm that corresponds to the methyl group.

Table  1. Effect of reaction time on the modification degree of 
alginate methacrylate

Composition (% w/v) Reaction 
time (hours)

Degree of 
modification (%)

2% 8 21
2% 24 33

Table 2. Rheological constants for solutions containing 15 mL of 
methacrylate and different alginate concentrations, 24 h

Composition (%w/v) Equivalent 
viscosity (Pa. s)

Power law 
constant

1 4.36 0.23
2 0.54 0.68
3 0.16 0.72

Table 3. Rheological constants for solutions containing 15 mL of 
methacrylate and different alginate concentrations, 8 h

Composition (%w/v) Equivalent 
viscosity (Pa. s)

Power law 
constant

1 0.09 0.81
2 0.48 0.48
3 0.08 0.74
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Figure 4. (a) Non-functionalized alginate (2% w/v), (b) functionalized alginate (2% w/v) after 8 h of reaction, (c) functionalized alginate 
(2% w/v) after 24 h of reaction. The functionalization is confirmed by the presence of new peaks in the spectra at 5.63 ppm and 6.09 ppm 
attributed to the methylene group and a peak at 1.82 ppm that corresponds to the methyl group.

Figure 5. (a) Non-functionalized alginate (3% w/v), (b) functionalized alginate (2% w/v) after 8 h of reaction, (c) functionalized alginate 
(2% w/v) after 24 h of reaction. The functionalization is confirmed by the presence of new peaks in the spectra at 5.63 ppm and 6.09 ppm 
attributed to the methylene group and a peak at 1.82 ppm that corresponds to the methyl group.
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Figure 6. Stress versus shear rate profiles for alginate methacrylate solutions containing different alginate methacrylate concentrations, 
reacted for 8 h. (a) 1% w/v of alginate, (b) 2% w/v of alginate, (c) 3% w/v of alginate, (d) comparison of all compositions.

a

c

b

d

Figure 7. Stress versus shear rate for solutions containing different alginate methacrylate concentrations reacted for 24 h. (a) 1% w/v of 
alginate, (b) 2% w/v of alginate, (c) 3% w/v of alginate, (d) comparison of all compositions.

a

c

b

d
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Figure 8. Viscosity versus shear rate for solutions containing different alginate methacrylate concentrations reacted for 8 h. (a) 1% w/v, 
(b) 2% w/v, (c) 3% w/v, (d) comparison of all compositions.

a

c

b

d

Figure 9. Viscosity versus shear rate for solutions containing different alginate methacrylate concentrations reacted for 24 h. (a) 1% w/v,  
(b) 2% w/v, (c) 3% w/v, (d) comparison of all compositions.

a

c
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was selected as presents less variation of viscosity with 
the reaction time and a clear shear-thinning behavior 
being also less dependent with the reaction time compared 
to the other systems.

Figures  10 and 11 show the variation of storage 
modulus (Gʹ), loss modulus (Gʺ), complex modulus, and 
tan δ as a function of frequency and strain for systems 
containing 2% w/v alginate methacrylate concentrations 

Figure 10. 2% wt. alginate solution reacted for 8 h. (a) storage and loss modulus versus strain (b) storage and loss modulus versus frequency, 
(c) complex modulus versus frequency, (d) tan δ versus frequency.

a

c

b

d

Figure 11. 2% wt. alginate solution reacted for 24 h. (a) storage and loss modulus versus strain, (b) storage and loss modulus versus 
frequency, (c) complex modulus versus frequency, (d) tan δ versus frequency.

a

c

b

d
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Figure 12. 2% wt. methacrylate alginate with different concentration of VA-086 photoinitiators functionalized for 8 h (a) 0.5% w/v of 
VA-086, (b) 1% w/v of VA-086, (c) 1.5% w/v of VA-086, d) 0.05%.

a

c

b

Figure 13. 2% wt. methacrylate alginate with different concentration of VA-086 photoinitiators functionalized for 8 h (a) 0.5% w/v of 
VA-086, (b) 1% w/v of VA-086, (c) 1.5% w/v of VA-086, (d) 0.05%.

a

c

b
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and different reaction times. The results show that both 
the storage and loss modulus are higher in samples 
obtained after high functionalization times. In both cases, 
the complex modulus increases with frequency, while the 
variation of Gʹ and Gʺ with strain shows a shift point after 
which Gʺ becomes higher than Gʹ. This shift occurs at 
high frequencies for alginate samples obtained with high 
functionalization times.

3.3 Rheological Changes during the 
Photopolymerization Process
Based on the characterization of the pre-polymerized 
samples, only systems containing 2%  w/v of alginate 
were considered for photopolymerization studies. 
The curing kinetics was assessed by monitoring the 
variation of Gʹ and Gʺ at room temperature through a 
controlled frequency of (1Hz). Photorheology was used 
to characterize the curing process (photopolymerization) 

of functionalized alginate polymers obtained after 8 and 
24 h of reaction time, mixed with 0.5-1.5% w/v, and of 
VA-086 photoinitiator solutions.

As observed from Figures 12 and 13 by increasing the 
curing time Gʹ increases becoming significantly higher 
than Gʺ. It is also possible to observe that by increasing 
the photoinitiator concentration the gelation time, which 
corresponds to the time point where the Gʹ curve crosses 
the Gʺ curve, decreases. Notably  observed that by 
increasing the amount of photoinitiators concentration 
Gʹ seems to tend to a plateau which corresponds to 
a verification stage of the curing process[35,36]. The 
possible explanation for this observation is that, for the 
layer thickness considered in this study (~100 µm), the 
photoinitiator concentration is approaching a critical 
value. By increasing the photoinitiator concentration 
above the critical values, the polymerization occurs very 
fast at the polymer surface, reducing the light penetration 
and, consequently, the overall polymerization reduces.

Figure 14. 2% wt. methacrylate alginate hydrogel with different concentration of VA-086 functionalized for 8 h. (a) 0.5 w/v % of VA-086, 
(b) 1 w/v % of VA-086, (c) 1.5 w/v % of VA-086.

a

b

c
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3.4 Viscoelastic Properties of Formed Hydrogels
Hydrogel disks (4 mm of height and 8 mm of diameter) 
were produced using an acrylic machined mold. Samples 
of 2 % w/v of alginate methacrylate obtained after 
both 8 and 24 h of reaction time containing different 
concentrations of photoinitiator (0.5,  1,  and  1.5%  w/v) 
were polymerized during 8  min under a light intensity 

of 8  mW/cm2. Produced disks were then assessed 
and both Gʹ and Gʺ measured at room temperature 
through a controlled frequency of 1Hz as presented in 
Figures 14 and 15. In the case of alginate methacrylate 
samples obtained after 8 h of reaction time, its possible 
to observe that there is no significant change of both Gʹ 
and Gʺ (the storage modulus is always higher than the 
elastic modulus) with the increase in the photoinitiator 
concentration. In the case of alginate methacrylate 
samples obtained after 24 h of reaction time, results 
show that by increasing the photoinitiator concentration 
Gʹ and Gʺ increases. In this case, it is also possible to 
observe that the difference between Gʹ and Gʺ increases 
with the increase of photoinitiator concentration, which is 
associated with the high cross-linked density.

The viscoelastic nature of the cross-linked disks is 
also observed from the Gʹ and Gʺ versus strain graphs. 
In this case, it is possible to observe for all samples 
that, till a critical strain value, the storage modulus is 

Figure 16. Scanning electron microscopy images of cross-linked 
methacrylate alginate hydrogel structures obtained from alginate-
methacrylate at different reaction times: 8 and 24 h.

Figure 15. 2% wt. methacrylate alginate with different concentration of VA-086 functionalized for 24 h. (a) 0.5 w/v % of VA-086, (b) 1 w/v % 
of VA-086, (c) 1.5 w/v % of VA-086.

a

b

c
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Figure 17. Compression tests for alginate methacrylate samples (8 h) with different photoinitiator concentrations (a) 0.5% w/v VA-086, 
(b) 1% w/v VA-086, (c) 1.5% w/v VA-086.

a b c

Figure 18. Compression tests for alginate methacrylate samples (24 h) with different photoinitiator concentrations (a) 0.5% w/v VA-086, 
(b) 1% w/v VA-086, (c) 1.5% w/v VA-086.

a b c

Figure 19. Swelling and degradation rate for 2% wt. functionalized alginate (24 and 8 h) reaction time in (a) distilled water (diH2O), 
(b) degradation rate in diH2O, (c) Dulbecco’s Modified Eagle’s Medium (DMEM), (d) degradation rate in DMEM.

dc

ba
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higher than the loss modulus. After the strain critical 
value, the loss modulus becomes more significant due 
to the break of the cross-linked network. In the case of 
alginate methacrylate samples obtained after 24 h of 
reaction time, Gʹ-24h modulus is always higher than 
Gʹ-8h of alginate methacrylate samples obtained after 8 
h of reaction time. This is due to the high-crosslinking 
density of the alginate methacrylate samples obtained 
after 24 h of reaction time.

3.5 Internal Morphology of Alginate Hydrogels
The internal structure of cross-linked alginate 
methacrylate is presented in Figure  16. SEM images 
were obtained for samples containing 2% w/v of alginate 
prepared during 8 and 24 h of reaction time and 1 w% 
of a photoinitiator. Results show that the reaction time 
influences the hydrogel morphology, with high reaction 
times being associated with structures presenting both 
small pore size and number of pores. In addition, results 
seem to indicate that long reaction times generate 
structures with more closed pores.

3.6 Mechanical Characterization
The mechanical performance of cross-linked alginate 
structures is presented in Figures 17 and 18. As observed, 
high compression moduli was obtained for cross-
linked disks produced with high functionalization times 
(13.16 kPa for 24 h of reaction time and 2.63 kPa for 8 h of 
reaction time) and 0.5% w/v photoinitiator concentration. 
These results can be explained by the high crosslinking 
density that characterizes the structures obtained from 
alginate samples functionalized during long reaction 
times and the corresponding internal morphology 
characterized by small size and a low number of pores. It 
is also possible to observe that the mechanical properties 
increase by increasing the photoinitiator concentration. 
For samples containing 1.5%  w/v of photoinitiator, 
compression moduli was obtained (75.4 kPa for 24 h of 
reaction time and 7.23 kPa for 8 h of reaction time).

3.7 Swelling and Degradation Kinetics
The swelling and degradation behavior of cross-linked 
alginate hydrogel disks are presented in Figure 19 (a,b,c 
and d). Results show that samples absorb both DMEM 
and diH2O until reaching a state of equilibrium. This 
state is accomplished when the osmotic pressure from 
the swelling and the elasticity of the hydrogel network 
is equal. It is also possible to observe that cross-linked 
samples prepared with alginate methacrylate obtained 
after 24 h of functionalization present low swelling ratio, 
which shows that the degree of crosslinking controls the 
swelling properties of the hydrogel. In all samples, the 
equilibrium status was reached on day 3. Cross-linked 

alginate structures based on functionalized alginate 
prepared during 24 h of reaction time swelled up to 
155%, while alginate structures based on functionalized 
alginate prepared during 8 h of reaction time swelled up 
to 190%. Moreover, it is also possible to observe that the 
level of functionalization of the pre-polymerized alginate 
not only determines the internal morphology of the cross-
linked structures but also the degradation process as 
shown in Figure 19b and d.

4. Conclusion
This paper describes the synthesis and characterization of 
alginate systems for UV-based bioprinting applications. 
The alginate was successfully functionalized in the 
presence of methacrylate to introduce the necessary 
number of unsaturation allowing its crosslinking on 
photopolymerization. Two different functionalization 
reaction times were considered and photocurable systems 
containing different photoinitiator concentrations 
prepared. From the results, it is possible to conclude that 
high functionalization reaction times originates cross-
linked structures with less porosity, smaller pores and 
a larger number of closed pores, less swelling, higher 
degradation properties, and higher mechanical stiffness. 
By increasing photoinitiator concentration, it was possible 
to observe an increase of mechanical properties and 
gelation time. Moreover, for high values of photoinitiator 
concentration, the reaction tends to reach verification.
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live cell bioprinting
Daisuke Takagi*, Waka Lin, Takahiko Matsumoto, Hidekazu Yaginuma, Natsuko Hemmi, 
Shigeo Hatada, Manabu Seo
Ricoh Company Ltd., Healthcare Business Group, Biomedical Business Center, Kawasaki-city, 210-0821, Japan

Abstract: In recent years, bioprinting has emerged as a promising technology for the construction of three-dimensional (3D) 
tissues to be used in regenerative medicine or in vitro screening applications. In the present study, we present the development 
of an inkjet-based bioprinting system to arrange multiple cells and materials precisely into structurally organized constructs. 
A novel inkjet printhead has been specially designed for live cell ejection. Droplet formation is powered by piezoelectric 
membrane vibrations coupled with mixing movements to prevent cell sedimentation at the nozzle. Stable drop-on-demand 
dispensing and cell viability were validated over an adequately long time to allow the fabrication of 3D tissues. Reliable 
control of cell number and spatial positioning was demonstrated using two separate suspensions with different cell types 
printed sequentially. Finally, a process for constructing stratified Mille-Feuille-like 3D structures is proposed by alternately 
superimposing cell suspensions and hydrogel layers with a controlled vertical resolution. The results show that inkjet technology 
is effective for both two-dimensional patterning and 3D multilayering and has the potential to facilitate the achievement of live 
cell bioprinting with an unprecedented level of precision.
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1. Introduction
The field of tissue engineering has developed 
considerably in recent years, along with the increasing 
interest in regenerative medicine globally. Advances in 
stem cell research, particularly the discovery of induced 
pluripotent stem cells[1], have provided a means to culture 
and manipulate cells from organs, which were once 
considered impossible to regenerate. In vitro production 
of functional tissue analogs has become a reality, and 
tissue engineering has numerous potential applications 
in therapeutic areas including tissue repair and organ 
replacement, in addition to developing applications for 
drug discovery, disease modeling, and alternatives for 
animal testing. Today, one of the major challenges remains 
how to reproduce three-dimensional (3D) structures of 
tissues with matching complexity and functionality. The 

development of novel technologies for biofabrication, 
particularly bioprinting, has attracted a lot of attention 
considering their potential to arrange cells and materials 
into structurally organized constructs[2].

Current bioprinting technologies are based on three 
major approaches, including inkjet, extrusion, and laser 
printing methods[3,4]. Extrusion-based strategies are 
the most extensively developed due to their capacity 
to develop 3D constructs and networks in a relatively 
straightforward manner using high viscosity materials 
that can integrate extracellular matrix (ECM) such as 
collagen. However, the approach is not suitable since it 
does not facilitate precise control over the deposition of a 
small number of cells. Although laser facilitates printing 
with a very high resolution, its productivity remains 
limited due to the complexity and cost of the system, in 

High-precision three-dimensional inkjet technology for live cell bioprinting © 2019 Takagi, 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-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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addition to the requirement for the preparation of ribbons 
of cells and hydrogels. Conversely, inkjet printing, and 
more generally, droplet-based bioprinting[5], have great 
promise as a simple and efficient method for the precise 
patterning of multiple cell types and bioink components 
including active biomacromolecules[6], especially since 
a drop-on-demand control of small volumes down to a 
few hundred picoliters can be expected. However, inkjet 
technology has several limitations that impair its further 
adoption in 3D construction. Although some of the earliest 
reports of successful bioprinting in the mid-2000s were 
inkjet based[7-9], few concrete results of fully functional 
inkjet-produced tissues have been reported to date.

The first notable limitation of inkjet bioprinting is 
that ejecting large cell-sized particles from common 
printheads is a challenge. Successful ejection has been 
reported[10-13], and acoustic ejection achieved in live 
cell printing[13]; however, cell sedimentation inside the 
printhead chamber and clogging of the nozzle is expected 
to rapidly compromise any reliable control of droplet 
formation over the length of time required to produce a 
3D tissue. Second, the range of materials that can be used 
as substrates to carry the cells is limited to ejectable low-
viscosity liquids so that shaping fine 3D structures with 
suitable mechanical properties is particularly challenging. 
Various strategies have been reported including coprinting 
hydrogel precursors with the appropriate cross-linking 
agent, which facilitates rapid gelation on contact[14-16] or 
deposition of one liquid into a bath of the other one[17]. 
However, so far, the results have been generally limited to 
two-dimensional (2D) cell patterning or roughly shaped 
3D cell-laden structures with no spatial positioning at the 
cellular level.

To address the above challenges, we report here the 
development of an inkjet bioprinter equipped with 
a newly designed printhead specially optimized for 
live cell ejection. For this purpose, we have adapted a 
bending-type piezoelectric actuator coupled to a simple 
open head chamber without any narrow flow channel. 
Such a piezoelectric device has been applied in some 
previous publications from other groups for continuous 
cell spraying, but very few studies have reported its 
application to drop-on-demand cell deposition[18]. The 
present study integrates the droplet formation and 
mixing mechanism in our prototype printhead. Stability 
of cell dispensing and viability is validated over an 
adequately extended period to facilitate the fabrication 
of a substantial tissue construct. We then demonstrate 
the feasibility of building a multi-ink printing system 
to construct stratified Mille-Feuille-like structures with 
controlled thickness by alternating cell suspension and 
hydrogel layers. Therefore, exploiting the full potential 
of inkjet technology promises to facilitate high-precision 
multi-ink 3D bioprinting.

2. Materials and Methods

2.1. Cell Cultures
All cells were cultured in a 5% CO2 incubator at 37.0°C 
and passaged manually every 2 to 3 days to maintain a 
subconfluent state. NIH/3T3 mouse fibroblast cell line 
(clone 5611, JCRB Cell Bank) and normal human dermal 
fibroblasts (NHDF, CC-2509, Lonza Inc.) were cultured 
in Dulbecco’s Modified Eagle’s Medium (Thermo 
Fisher Scientific Inc.) supplemented with 10% fetal 
bovine serum (Biowest) and 1% penicillin-streptomycin 
(26253-84, NACALAI TESQUE, INC). Human umbilical 
blood vein endothelial cells (HUVEC, CC-2519, Lonza 
Inc.) were cultured in endothelial cell growth medium 
(EGM, Lonza Inc.) with supplements as recommended 
by the manufacturer. For bioink preparation, the cells 
were washed twice with Dulbecco’s phosphate-buffered 
saline without calcium and magnesium (DPBS, Thermo 
Fisher Scientific Inc.), detached with 0.05% Trypsin-
EDTA (25300054, Thermo Fisher Scientific Inc.), and 
centrifuged at 400 g for 5 min at 4°C. The cell pellets 
were re-suspended in fresh DPBS at room temperature 
and used within 30 min after suspension.

2.2. Inkjet Print Head Development
The cell-printing head in Figure 1A presents an original 
architecture comprising a chamber holding the cell 
suspension, a disk membrane (which is fixed at the 
circumference of the bottom of the chamber), a nozzle with 
an aperture at the center of the membrane, and an annular 
piezoelectric actuator fixed outside below the membrane

We were able to perform subsequent experiments with 
more advanced processes for the spatial positioning of 
cell-containing droplets by achieving a reliable ejection 
of living cell. 

2.3. Evaluation of Inkjetting Condition
To determine the optimal printing conditions, optical 
monitoring devices were assembled as follows. Observation 
of drop formation was carried out with an experimental 
apparatus with a high-speed camera (HPV-2, Shimadzu 
Corporation) and a stroboscopic flash lamp (PE60-SG, 
Panasonic) aligned on a horizontal axis under the printhead 
nozzle. The chamber was filled with NIH/3T3 suspension 
with DPBS solution. By applying a signal to the piezoelectric 
actuator of the cell-printing head, a droplet is ejected from 
the cell-printing head. The frequency of the applied signal 
was fixed to the fundamental frequency of the membrane.

2.4. Evaluation of Mixing Condition
Observation of cell suspension mixing was carried out with 
an experimental apparatus with a ring-type illumination 
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source, a macro zoom lens (TS-93005, SUGITOH), and 
a CCD image sensor (DFK23U618, Imaging Source) 
placed above the print head chamber. The chamber was 
filled with 3T3 suspension with DPBS solution, and the 
signal with several frequency components was applied to 
the piezoelectric actuator for observation.

2.5. Evaluation of Cell Ejection Stability
To evaluate ejection stability, NIH/3T3 cell suspensions 
were fluorescently labeled with Cell Tracker Green 
(Thermo Fisher Scientific Inc.) and diluted in DPBS at 
determined densities before being loaded into the inkjet 
printhead chamber. Ejecting mode signals and mixing 
mode signals as defined above were applied alternately 
at intervals of 500 ms, which allowed the deposition 
of droplets at a frequency of 2 Hz. The droplets were 
deposited onto glass slides fixed to an automated moving 
stage so that the number of cells in each droplet could be 
counted after printing under a fluorescence microscope 
(Axio observer D1, Carl Zweiss).

2.6. Cell Viability Assay After Ejection
NIH/3T3 or HUVEC cell suspensions were prepared at 
concentrations of 1 × 106 cells/ml in DPBS. 30 μL of the 
cell suspension was loaded into the inkjet head chamber. 
The cells were ejected for about 30 min with a droplet 
ejection frequency of 100 Hz into a microcentrifuge 
tube containing 1 ml of the appropriate culture medium 
and then counted and dispensed into a 96-well culture 
plate at a density of 3 × 103 cells per well. Cell ejection 
experiments were conducted in triplicate. As control 
samples, the initial cell suspensions before ejection were 
manually dispensed into a 96-well culture plate using 
a 100 μL micropipette. The plates were placed in a 5% 
CO2 incubator at 37.0°C until measurement. Apoptotic 
and necrotic cells were quantified in each well using 
the Apoptotic/Necrotic cell detection kit (Promokine, 
PromoCell GmbH) according to the instructions of 

the manufacturer. The stained cultures were observed 
under a fluorescence microscope (Axio observer D1, 
Carl Zeiss), and images were taken so that between 200 
and 500 cells could be analyzed for each sample. Early 
apoptotic cells were identified on the basis of green 
fluorescent staining (FITC-Annexin V) of their plasma 
membranes and necrotic cells based on red fluorescent 
staining (EthD-III) of their nuclei. Double positive cells 
exhibiting both green and red fluorescent staining were 
considered late apoptotic cells. The total number of cells 
was determined by counting all the nuclei stained in blue 
by Hoechst 33342.

2.7. Cell Proliferation Assay
The cell suspensions were ejected into a microcentrifuge 
tube for the cell viability assay and dispensed into a 
96-well culture plate at a density of 3 × 103 cells per 
well. The WST-1 colorimetric assay (Premix WST-1Cell 
Proliferation Assay System, Takara Bio Inc.) was used to 
evaluate the proportion of actively metabolizing live cells 
in each well. Measurements were performed in triplicate 
using three wells at each time point. 10 μL of the WST-1 
reaction solution was added to each well containing the 
cells and 100 μL culture medium. The plates were returned 
to the 5% CO2 incubator for 1 h and incubated at 37.0°C. 
Absorbance at 420 nm was measured using a plate reader 
(Cytation 5, BioTek Instruments, Inc.). The measured data 
were normalized relative to the measurements obtained 4 
h post-ejection.

2.8. Embryonic Stem Cell Clonogenic Assay and 
Immunostaining
Mouse embryonic stem cells (mES cells, Merck) were 
maintained in gelatin-coated dishes with feeder cells 
(Merck) as recommended by the manufacturer. The cells 
were detached using Accutase (Merck), centrifuged at 
100 g for 5 min at 4°C, and suspended in DPBS through 
a 20 mm filter to make bioinks. After ejection, the cells 

Figure 1. Overview of the inkjet bioprinting system. (A) Schematic cross-sectional three-dimensional (3D) view of the cell-printing head. 
(B) Photograph of the 3D bioprinting system setup composed of (a) three cell-printing heads controlled in the X and Z directions, (b) cameras 
for real-time observation of the mixing state in the inkjet head chambers, (c) two industrial inkjet heads for hydrogel printing controlled in 
the same directions as (a), and (d) a plate/slide holding stage controlled in the Y direction.

A B



A novel inkjet system for live cell bioprinting�

30	 International Journal of Bioprinting (2019)–Volume 5, Issue 2�

were seeded at a density of 2.5 × 104 cell/well in 24-well 
plates and cultured for 3 days. The average numbers 
of colony-forming units were counted after staining 
with red alkaline phosphatase substrate kit (VECTOR 
laboratories). For immunostaining, the cells were fixed 
with 4% paraformaldehyde and incubated overnight 
at 4°C with primary antibodies, Nanog (abcam) 1:200, 
SSEA-1 (abcam) 1:100, 2 h at room temperature with 
secondary antibodies, and 5 min with 1:10,000 Hoechst 
33342 (Thermo Fisher Scientific).

2.9. 3D Bioprinting System Setup
A bioprinting system has been designed as shown in 
Figure  1B for constructing 3D tissues with multiple 
cell types. The present system is equipped with newly 
developed cell-printing inkjet heads and commercial 
industrial inkjet heads for ejecting biomaterials. 
A maximum of three cell-printing inkjet heads can 
be mounted in parallel so that three types of cells 
can be printed sequentially to develop tissues with 
heterogeneous patterns. The position of the nozzle is 
controlled horizontally on the X-axis and vertically 
on the Z-axis to allow the deposition of cells not only 
for surface patterning but also in three dimensions. 
In addition, two industrial multi-nozzle inkjet heads 
(MH2420 Print Head, Ricoh) allow the successive 
printing of two different liquids such as a hydrogel 
precursor and an appropriate cross-linking reagent, 
enabling the formation of fast-gelling layers over a 
large area. The industrial heads can also be controlled 
independently on the X- and Z-axis. The stage is 
controlled on the Y-axis and can hold glass slides at the 
back and culture plates at the front.

2.10. 2D Drop-on-demand Patterning Evaluation
To evaluate the control of droplet deposition using two 
cell-printing heads in a sequential manner, two separate 
suspensions of NIH/3T3 cells were prepared at a 
concentration of 3 × 106 cells/ml in DPBS. To distinguish 
between the suspensions, the cells were fluorescently 
labeled with CellTracker Green or Orange (Thermo 
Fisher Scientific Inc.) according to the instructions of the 
manufacturer. Cell-containing droplets were deposited 
with a sinusoidal waveform and an ejection frequency of 
50 Hz onto a glass slide. Phase-contrast and fluorescent 
microscopy images were taken using a laser scanning 
confocal microscope (FV10i, Olympus Corporation).

2.11. 3D Multilayering Evaluation
For 3D constructs, the general process for developing 
multilayered structures with alternating cell and hydrogel 
deposition is described in Figure 2 in section 3. Four 
separate bioinks were prepared as follows: 0.5 wt% sodium 

alginate as scaffold bioink 1; 100 mM calcium chloride 
(CaCl2) as scaffold bioink 2; 5 × 107 cells/ml NHDF cells 
stained with Cell Tracker Green and suspended in DPBS 
and 0.5 wt% sodium alginate as cell-laden bioink 1; and 
5 × 107 cells/ml NHDF cells stained with Cell Tracker 
Orange and suspended in DPBS and 0.5 wt% sodium 
alginate as cell-laden bioink 2. Printing was performed 
on a glass slide as follows: (a) A layer of sodium alginate 
was deposited by ejecting scaffold bioink 1 using the first 
industrial head at 10 Hz, immediately followed by (b) a 
layer of CaCl2 using the second industrial head for rapid 
gelling of a thin alginate hydrogel scaffold layer; (c) cell-
laden bioink 1 was deposited with a cell-printing printhead 
at 10 Hz to draw a 10 mm line along the X-axis; (d) a 
hydrogel scaffold layer was superimposed onto the cell 
layer using the same procedure in (a) and (b); and (e) the 
cell-laden bioink 2 was deposited with a cell-printing 
printhead at 10 Hz to draw a 10 mm line along the Y-axis. 
The steps from (a) to (e) were repeated until a 10-layer 
construct was achieved. To observe the superposition of 
layers, cross-sectional Z-stack images of the multilayered 
constructs were acquired using a confocal laser scanning 
microscope (TCS SP8 STED CW, Leica Microsystems) 
at the intersection of the green and orange cell lines after 
fixation in ethanol.

3. Results

3.1. Inkjet Printhead Design
Ejecting living cell suspensions using inkjet technology 
generally presents several challenges. Figure 3A  illustrates 
a simplified representation of a common piezoelectric 
inkjet printhead and summarizes the three most notable 
issues when using such a device. First, the typical cell 
size is 100 times larger than typical pigments in printing 
ink solutions so that nozzle and channel clogging occurs 
as cells rapidly sink to the bottom. Cell sedimentation also 
makes it a challenge to obtain a stable number of cells 
per droplet since the density inside the chamber is not 
maintained at a homogeneous state. Second, air bubbles 
are trapped in the cell suspension due to high surface 
tension, which negatively affects the reliability of droplet 
ejection. Third, a cell suspension with a large volume 
is required to fill up the entire chamber and enable the 
piezoelectric actuator induce liquid pressure for droplet 
ejection.

Therefore, here, we have developed a novel printhead 
optimized for live cell-printing (cell-printing head) that 
could replace conventional printheads. As shown in 
Figure 3B, the cell-printing head is composed of an open 
chamber where the cells are directly loaded, a disc-shaped 
membrane fixed at the circumference of the bottom of the 
chamber, a nozzle with an aperture at the center of the 
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membrane, and an annular piezoelectric actuator fixed on 
the outer side of the membrane. The advantages of the 
cell-printing head are that first, as illustrated in Figure 3B, 
membrane movements driven by the piezoelectric actuator 

can establish a recirculating flow inside the chamber to 
prevent cell sedimentation. Second, air bubbles trapped 
during droplet ejection can be easily evacuated from the 
open side. Third, the cell-printing head can be loaded 

Figure 2. Analysis of cell survival after ejection from the new inkjet head. (A) Percentages of unstained viable cells, EthD-III positive 
(necrotic) cells, FITC-Annexin V positive (apoptotic) cells, and double positive (late apoptotic) cells in NIH/3T3 cell cultures from 0 to 48 h 
post-ejection compared with control cultures seeded by manual pipetting. Error bars show the standard deviations of triplicate cultures with 
200-500 cells analyzed per sample. (B) Same as (A) for human umbilical blood vein endothelial cell (HUVEC) cultures. (C) Representative 
fluorescence microscopy image of NIH/3T3 cells stained using the Apoptotic/Necrotic cell detection kit. White arrows indicate the three 
different types of stained cells: Red cells for EthD-III, green cells for FITC-Annexin V, and double positive yellow cells. All cell nuclei are 
stained blue with Hoechst 33342. Scale bar: 50 μm. (D) Quantification of active live cells in NIH/3T3 and HUVEC in WST-1 proliferation 
assay. The data were normalized and reported as a ratio relative to the measurement at 4 h.
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Figure  3. Schematic diagram of a cross-sectional view of inkjet heads. (A) Common printhead showing nozzle clogging with the 
sedimentation of cells. (B) Cell-printing head, with a recirculation flow generated by membrane vibration to prevent nozzle clogging.

A B



A novel inkjet system for live cell bioprinting�

32	 International Journal of Bioprinting (2019)–Volume 5, Issue 2�

with volumes as low as a few dozen microliters without 
compromising droplet formation.

3.2. Evaluation of Inkjetting Condition
To determine the optimal printing conditions, optical 
monitoring devices were assembled as follows. 
Observation of drop formation was carried out, as 
illustrated in Figure 4A. By applying a signal as shown 
in Figure 4B to the piezoelectric actuator of the cell-
printing head, a droplet is ejected from the cell-printing 
head. Frequency of the applied signal was fixed to the 
fundamental frequency of the membrane.

Results of drop formation with voltage amplitudes 
between 4.4 and 5.8 V are shown in Figure 4C. One drop 
formation is achieved when the voltage V ranges from 
4.8 to 5.4 V. When the voltage is lower than 4.8 V, the 
pressure required for drop formation cannot be achieved. 
Conversely, when the voltage is higher than 5.4 V, minute 
droplets (mist and satellite) are formed.

A droplet forming process in the cell printhead will be 
described with reference to the schematic view as shown 
in Figure 4E and F. When the membrane is displaced from 
the original state to the liquid chamber side and suddenly 

pushes the liquid; pressure is generated at the interface 
between the membrane and liquid. Since the pressure is 
easily released into the atmosphere through the nozzle 
rather than through the upper aperture of the chamber 
or pushes back the membrane, the meniscus protrudes 
out of the nozzle (Figure 4E). Thereafter, the membrane 
attempts to revert to the original position. However, if 
the liquid in the nozzle portion at the time receives an 
adequate velocity, the liquid droplet is considered to be 
formed, as shown in Figure 4F.

3.3. Evaluation of Mixing Condition
Observation of cell suspension mixing was carried 
out as illustrated in Figure 5A, and the signal is shown 
in Figure  5B with several frequencies applied to the 
piezoelectric actuator for the observation.

The circle in each figure indicates the membrane. 
The nozzle is located in the center of the membrane, 
and ring-shaped mirror images of the illuminations are 
seen in each figure. In Figure 5C, uniform mixing mode 
is observed by applying the signal at a frequency near 
the fundamental frequency of the membrane (20 kHz). 
Conversely, the periodic pattern is observed by applying a 

Figure 4. Observation of droplet formation from the cell printhead. (A) Observing mechanism of droplet formation using a high-speed 
camera and a flash lamp. (B) Addition of sine curve signals to piezoelectric actuator. (C) Observation of droplet after 200 µs, addition of 
4.4, 4.8, 5.0, 5.4, 5.6, and 5.8 V and compare each droplet formation. (D) Observation of droplet after 316 µs, one drop ejection with 4.8, 
5.0, and 5.4 V. (E) Schematic diagram of droplet formation in 200 µs. (F) Schematic diagram of droplet forming in 316 µs.
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higher frequency such as 72.0 kHz. 74.0 kHz is applied in 
Figure 5D and E. The phenomena are expected to induce 
higher-order vibration modes. At such a higher-order 
vibration mode, the antinodes and nodes of vibration are 
generated, and cells gathering into the node position were 
observed, as shown in Figure 5D and E. Therefore, the 
preferred signal frequency for mixing cells is not one of 
a higher-order vibration mode of the membrane but one 
near the fundamental mode.

Appropriate single cell droplet formation was achieved 
when a single peak sinusoidal signal was applied to the 
piezoelectric actuator with a voltage amplitude between 
4.8 and 5.4 V (ejecting mode), whereas uniform mixing 
was achieved when the signal had a frequency close to 
the fundamental frequency of the vibrating membrane at 
a fixed amplitude of 3 V (mixing mode).

3.4. Evaluation of Ejection Stability
Developing bioprinted tissue at any substantial volume 
or amount, as required in applications such as organ 
regeneration or drug screening, would require a reliable 
deposition of cell-containing droplets over a considerable 
period. Therefore, maintaining a stable number of cells 
per droplet for an adequately long time is critical in inkjet 
bioprinting. Optimization of the signals applied to the 
piezoelectric actuator to enable the use of the cell-printing 
head is described in section 2.2. Briefly, a single peak 
sinusoidal signal with a voltage amplitude between 4.8 
and 5.4 V (ejecting mode) allows a single cell-containing 
droplet to be ejected by the movement of the membrane 
at the nozzle. Drop-on-demand ejection, therefore, can 
be achieved by controlling the signal applied to the 

printhead. Between each ejection, a weak sinusoidal 
vibration is applied to the membrane to maintain the cells 
in suspension (mixing mode). Alternating the ejecting 
mode and mixing mode signals at fixed time intervals 
allows the deposition of droplets at a constant frequency. 
The results for the evaluation of ejection stability are 
shown in Figure 6A. Droplets were ejected at a frequency 
of 2 Hz using cell suspensions at three different cell 
densities and were ejected without mixing mode as a 
reference. The number of cells per droplet was stable for 
over 15 min at any of the tested cell densities with mixing 
mode. Conversely, unstable ejecting was observed with 
the reference sample. At 0 min, the same cell number 
was observed with mixing and without mixing; however, 
average cell number increased with the lapse of time. The 
observations indicate that mixing mode could be ejected 
with stable cell number. The graph in Figure 6B illustrates 
the average cell number and the standard deviation with 
mixing mode samples calculated over the entire length 
of the 15 min ejection experiment. The average number 
of cells per droplet had a linear relationship with the 
initial density of cell suspension, which suggests that the 
number of cells per droplet can be adjusted by selecting 
the appropriate cell density when preparing the bioink 
cell suspension. Here, using a bioink with a cell density 
of 3 × 106 cells/ml would allow the deposition of around 
1.5 cells per droplet on average. This indicates that 
high accuracy control of cell number in each droplet is 
achieved using the cell-printing head.

In addition, the histograms in Figure 7 show that the 
number of cells per droplet at 0 and 15 min is consistent 
with a Poisson distribution profile at any of the tested cell 

Figure 5. Observation of mixing cell suspension in the chamber. (A) Mixing status is checked by CCD, a micro zoom lens, and ring 
illumination. (B) For mixing cell suspension, a sinusoidal signal was applied with a fixed amplitude of 3.0 V. (C) Mixing status with the 
fundamental frequency of the membrane, 20 kHz. (D) and (E) Mixing mode with higher-order vibration mode, 72.0 and 74.0 kHz.
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densities. The observation indicates that the cells inside 
the head chamber were maintained in suspension with a 
random distribution for a long time, which confirms that 
the mixing mode of the cell-printing head achieved its 
function.

3.5. Cell Viability and Proliferation after Ejection
Cell viability was evaluated at 0, 4, 24, and 48 h after 
ejection into the culture medium. Printing was carried 
out with the voltage previously applied but with the 
droplet ejection frequency increased to 100 Hz to enable 
the collecting of a higher number of cells. The cells were 
ejected into the culture medium for 30 min and then 

aliquoted into a 96-well plate and placed in a 5% CO2 
incubator at 37.0°C. The cultures were then fluorescently 
stained with FITC-Annexin V to identify early apoptotic 
cells in green and with Ethidium Homodimer III (EthD-
III) to identify necrotic cells in red. The percentages 
of each cell type relative to the total number of cells 
analyzed post-ejection were compared with those of 
control cultures seeded by manual pipetting.

As shown in Figure 2, very high viability of between 97% 
and 99% was demonstrated for NIH/3T3 and HUVEC after 
printing. No significant difference was observed compared 
with the control cultures, either for apoptotic cells or for 
necrotic cells. The WST-1 proliferation assay revealed 

Figure 6. Evaluation of ejection stability. Droplets of cell suspensions were ejected at a frequency of 2 Hz onto a glass slide. Then, the cell 
number in each droplet was counted under a fluorescence microscope. (A) Average cell count per droplet for the three initial cell densities: 
1.2E + 06, 2.9E + 06, and 7.5E + 06 cells/mL. As a reference, 2.9E + 06 cells/ml were ejected without mixing mode. (B) Average cell 
number in droplet are plotted with each cell density. Error bar is 1 sigma.

A B

Figure 7. Histogram plot of cell number in each droplet. (A) Result with 1.2E + 06 cells/ml in 0 and 15 min. Dot is value with the Poisson 
distribution. The blue bar is experimental value. (B) Result with 2.9E + 06 cells/mL. (C) Result with 7.5E + 06 cells/mL.
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that despite a slight decrease at 24 h in NIH/3T3 cells 
and between 24 and 48 h for HUVEC, the post-ejection 
samples recovered normally and achieved a proliferation 
rate similar to that of the manually seeded controls after 
48-72 h. To further assess functional recovery in a more 
sensitive type of cells, a similar experiment was performed 
using mES cells, as shown in Figure 8. No significant effect 
was observed on the clonogenic ability and the expression 
of stem cell markers in mES cells cultured for 3 days after 
ejection. Overall, the results demonstrate that using our 
newly developed inkjet printhead does not significantly 
affect cell viability and functionality, at least for the cell 
types used in the present study.

3.6. Precise Drop-on-demand Live Cell Patterning
A novel inkjet bioprinting system has been developed as 
described in Figure 1B of section 2 to demonstrate the 
feasibility of multi-ink live cell deposition. Our bioprinter 
is equipped with three of the novel cell-printing heads 
described previously, which allow handling of up to three 
independent cell suspensions simultaneously.

Drop-on-demand control of cell deposition was 
evaluated by ejecting a predefined number of droplets of 
cell suspensions onto a glass slide. Figure 9A shows the 
results using two different suspensions of fibroblast cells at 
a density of 3 × 106 cells/ml, one labeled with fluorescent 
cell tracker green and the other with cell tracker orange, 
with a distance of 500 μm between the dots. The previous 
results for ejection stability showed that when using a 
suspension with an initial density of 3 × 106 cells/mL, 
about 1.5 cell count per droplet can be expected on average. 
Here, two droplets were deposited per dot, which allowed 
the observation of an average of three cell counts per dot.

In addition, the ability to control cell number with 
variable droplets was assessed, as shown in Figure 9B. 
The average number of cells per deposition exhibited a 
linear relationship with the number of ejected droplets, 
which suggests that the number of cells per deposition 
can be adjusted by selecting the appropriate number of 

droplets. This indicates that high accuracy control of cell 
number in each deposition is also achieved with the cell-
printing head.

3.7. Biofabrication Process for the Development 
of 3D Mille-Feuille-like Constructs
A multilayering process for constructing 3D tissues was 
developed, as described in Figure 10. In addition to being 
equipped with cell-printing heads, our inkjet bioprinting 
prototype has two industrial multi-nozzle heads, which 
allow rapid deposition of two liquid materials such as 
precursors of hydrogel scaffolds into thin layers.

By alternating hydrogel scaffold layers made of 
sodium alginate deposition, followed immediately by 
CaCl2 ion cross-linking, and fluorescently labeled cell 
suspension layers, Mille-Feuille-like bicolor constructs 
could be produced, as reported in Figure 11A. Cross-
section images along the vertical Z-axis acquired under 
confocal laser scanning microscopy revealed that the 
finely stratified multilayer structure was well preserved. 
As reported in the example of Figure 11B, it was also 
demonstrated that the distance between each cell layer 
could be controlled by increasing the number of steps 
during the deposition of hydrogel scaffold layers.

4. Discussion
The newly developed inkjet printhead introduced in the 
present study has been particularly optimized for live 
cell bioprinting. The unique features of the cell-printing 
head allow the controlled ejection of single droplets on 
demand while maintaining the cells in suspension inside 
the printhead chamber. The analysis of the number of 
cells per droplet revealed that a stable ejection could be 
maintained for dozens of minutes of continuous printing, 
which is a significant improvement over conventional 
piezoelectric printheads. Notably, achieving a consistent 
cell count per droplet and, more preferably, approaching 
a state where a single cell is contained in each droplet 

Figure 8. Analysis of mouse embryonic stem (mES) cell clonogenic cell survival. (A) Immunostaining of mES colonies with stem cell 
markers. (B) Average number of colony-forming unit counted at day 3 of culture after seeding by manual pipetting (control) or by inkjet 
(post-ejection). Error bars show the standard deviations of four microscopic images.
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would be a major step toward the modeling of highly 
detailed 3D structures at the resolution of a single cell. 
The results showed that the new cell-printing head could 
eject cells with a cell per droplet consistent with the 
Poisson distribution profile, which indicated that the cell 
suspension was maintained in a well-homogenized state 
by the mixing system.

However, to achieve an even narrower distribution and 
further increase the precision of deposition, it would be 
necessary to bring the state of random distribution closer 
to a state of uniform distribution for the cells in suspension 
inside the printhead chamber. This would require a strong 
repulsive force that acts between the cells, so that they 
are not brought close to each other, for example, by 
introducing a polymer with a charge polarity that could 
provide an electrostatic repulsive force between the cells. 
We are also investigating the potential of employing 
additional optical cell count systems to further control the 
number of cells per droplet.

Regarding the suitability of using the new printheads 
with living cells, analysis of cell viability and 
proliferation revealed that the ejected cells were not 
significantly affected, even following the application 
of sensitive cells such as undifferentiated stem cells. In 

contrast to a previous report evaluating cell injury during 
laser bioprinting[19], no marked increase in necrotic nor in 
apoptotic cells was observed from 0 to 48 h. The results 
are potentially because the level of stress induced by our 
current process is lower than that in laser printing. The 
cells recovered and proliferated normally after inkjet 
printing and were expected to maintain the integrity of 
their functions, including the clonogenicity of stem cells.

Our printheads bear several features are considerably 
different from common industrial inkjet heads and could 
minimize cell damage. The open chamber structure and 
the mixing system allow use over extended periods 
without compromising gaseous exchange, whereas 
rapidly evacuating bubbles before their accumulation 
increases the risk of damage following rupture[20]. The 
simplicity of the printhead chamber architecture and the 
use of membrane vibration for droplet generation avert 
any excessive increase in liquid pressure and shear stress 
before ejection. Further investigations are required to 
assess the physical mechanisms that negatively influence 
cell viability and function the most.

It is also worth noting, from a practical point of view, 
particularly considering potential biomedical applications 
that the printhead chamber was intentionally kept simple 
to ensure that low volumes of cell suspensions could be 
loaded easily. Simplifying the procedures for loading 
and exchanging cell suspensions could further reduce 
the risks of environmental stress and contamination. This 
could also be a major advantage when using rare cells 
that are difficult to expand since our system does not 
require filling ink cartridges or wasting cell suspensions 
for maintenance.

Achieving a reliable ejection of living cells allowed 
us to subsequently experiment with more advanced 
processes for the spatial positioning of cell-containing 
droplets. We have demonstrated that an on-demand 
patterning of cells over a flat surface is feasible with 
precise control of cell number at each deposition. Most 
notably, the potential to draw intricate patterns with arrays 

Figure 9. Drop-on-demand two-dimensional patterning evaluation 
(A) Fluorescence microscope image of green-  and red-labeled 
NIH/3T3 cells deposited alternately at 500 μm intervals with two 
cell-containing droplets ejected at each position. (B) Ability to 
control the number of cells based on the number of ejected droplets. 
Cell ink was formulated to contain one cell in two droplets. Error 
bars show the standard deviations.
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Figure  10. Schematic of three-dimensional inkjet cell-printing process. (A) Printing of a scaffold hydrogel precursor before gelation. 
(B) Printing of gelation factor. (C) Printing of the first cell ink. (D) A hydrogel scaffold layer is superimposed onto the cell layer by the 
same procedure in (A) and (B). (E) Printing of the second cell ink. (F) The steps from (A) to (E) are repeated until a multilayer construct 
is achieved.
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of multiple cell types and density gradients is a promising 
feature of inkjet bioprinting that would be unmatched 
by other methods. Bicolor arrays have been successfully 
printed in the present study to test the principle, and 
even more complex pattern designs could be achieved 
should the need arise. Our unique combination of cell-
printing printheads and industrial printheads also allowed 
us to develop multilayered structures by association 
with hydrogel biomaterials, with a controlled thickness 
down to only a dozen micrometers between each layer. 
Various strategies for layer-by-layer cell deposition have 
been attempted previously[21,22]; however, to the best 
of our knowledge, this is the first report of such finely 
stratified cellular constructs developed entirely based on 
an inkjet system. One ultimate goal would be to achieve 
true drop-on-demand printing at single-cell resolution, 
which would signal the potential for novel approaches 
for the reconstruction and exploration of the complexity 
of tissue microenvironments in synergy with the recent 
rapid advances in single cell analysis.

Despite considerable progress, our technology still 
faces several limitations that are yet to be resolved. The 
first issue is that the X-Y surface printing resolution 
decreases when attempting to draw continuous lines 
or to increase the density of cellular deposition. Our 
lines are generally around 100 μm wide, which can be 
considered quite thick compared with the high resolution 
we have achieved on the vertical Z direction. This is 
essentially due to physical properties such as surface 
tension of the printed materials that can result in the 
cells moving away from the droplet impact point before 
their immobilization. Therefore, further optimization and 
validation are required by taking into account variable cell 
size, cell density, and materials used as bioink. Finally, 
the development of bioink materials is also crucial for 
improving tissue construction in 3D. To obtain fully 
functional tissues, hydrogel materials that hold the cells 
together should not only provide physical support but 
also be biocompatible and able to promote appropriate 

cellular growth and maturation[23]. In this regard, our 
method requires fast-gelling materials with rheological 
properties that are compatible with a stable ejection from 
the inkjet printhead while ensuring precise deposition and 
rapid immobilization of cells into layers. We are currently 
using alginate hydrogel as the material of choice since 
both its precursor and its cross-linking agent (calcium 
chloride) can be inkjet-printed and provide adequate 
mechanical strength by forming a solid scaffold layer 
on contact. However, alginate is not often appropriate 
for long-term culture since it lacks the cell-adhesive 
properties required for the cells to interact and function 
properly[17]. Investigations on more suitable materials 
are underway to provide cellular environments closer 
to native ECM, including the use of modified alginate, 
or blending with other cell-adhesive and biodegradable 
polymers such as fibrin and gelatin[24].

5. Conclusions
The present study demonstrates that inkjet bioprinting 
has the potential to become one of the most powerful 
technologies for precise tissue construction. Our 
experience in industrial printing allowed us to address 
each challenge with systematic engineering solutions. 
First, an innovative printhead specifically designed to 
eject living cell suspensions has been developed, and 
the printing conditions have been optimized for reliable 
dispensing and cell survival. In addition, a multi-
ink bioprinting system has been built to demonstrate 
that cells and materials can be effectively arranged in 
both 2D high-precision patterns and 3D multilayered 
constructs in a unique manner. Mechanical refinements 
and biomaterial development are still required to improve 
patterning resolution and 3D tissue formation. However, 
inkjet bioprinting could evolve into a versatile system for 
the production of structurally organized multicomponent 
constructs tailored to meet the requirements of various 
applications such as regenerative medicine, in vitro 
testing, or disease modeling.
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Abstract: Multimaterial bioprinting provides a promising strategy to recapitulate complex heterogeneous architectures of 
native tissues in artificial tissue analogs in a controlled manner. However, most of the existing multimaterial bioprinting 
techniques relying on multiple printing nozzles and complicate control program make it difficult to flexibly change the material 
composition during the printing process. Here, we developed a multicomponent bioprinting strategy to produce heterogeneous 
constructs using a microfluidic printhead with multiple inlets and one outlet. The composition of the printed filaments can be 
flexibly changed by adjusting volumetric flow rate ratio. Heterogeneous hydrogel constructs were successfully printed to have 
predefined spatial gradients of inks or microparticles. A rotary microfluidic printhead was used to maintain the heterogeneous 
morphology of the printed filaments as the printing path direction changed. Multicellular concentric ring constructs with 
two kinds of cell types distribution in the printed filaments were fabricated by utilizing coaxial microfluidic printhead and 
rotary collecting substrate, which significantly improves the printing efficiency for multicomponent concentric structures. The 
presented approach is simple and promising to potentially print multicomponent heterogeneous constructs for the fabrication 
of artificial multicellular tissues.

Keywords: multicomponent printing; microfluidic printhead; bioprinting; heterogeneous constructs
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1. Introduction
Recent achievements in bioprinting have showed 
significant promise in fabricating artificial tissues to meet 
the increasing demands for tissue engineering and drug 
screening[1,2]. The most prevailing bioprinting techniques 
are based on jetting and extrusion, which have less damage 
to cells during printing and widely adopted to produce 
structures mimicking native tissues[3-6]. However, native 
tissues are extremely complicated in both architectures 
and cell compositions. Extrusion-based printing with a 
single printhead cannot meet the increasing demands for 
complex tissues with multiple cell types. To address this 
challenge, multimaterial printing strategies are developed 
by incorporating multiple separated printheads to print 
several kinds of inks[7-14]. During printing, different 

inks can be deposited at predefined positions through 
switching the printheads. However, as types of inks 
increase, the number of printheads in a printing system 
increases correspondingly, which brings complexity 
of design and printing control. The printing efficiency 
and accuracy might be negatively affected due to the 
switching of different printhead. In addition, it is almost 
impossible to continuously change the concentrations of 
various inks during the printing process.

Microfluidics showed great advantages in manipulating 
multiple types of material flows by flexibly designing 
internal microchannel networks, which provide a 
promising way to achieve multimaterial bioprinting in 
a relatively simple manner[15-22]. Amir et al. designed a 
stereolithography-based bioprinting platform which 
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used a microfluidic device to fabricate multicomponent 
hydrogel constructs. It enabled different bioinks flow into 
the microfluidic device and cross-link by ultraviolet[23]. 
Ghorbanian et al. developed a microfluidic direct writer 
who is capable of alternatively delivering two different 
alginate gel solutions during the fabrication three-
dimensional (3D) hydrogel constructs[24]. Hardin et al. 
developed a microfluidic printhead for the printing of 
multiple viscoelastic inks such as polydimethylsiloxane 
(PDMS) and investigated the interface of two inks during 
printing[25]. However, the effect of laminar flow within the 
printhead and proportion of flow rate are neglected, which 
can change the morphology of the printed heterogeneous 
filaments and further influence printing controllability.

Here, we developed a multicomponent bioprinting 
system based on microfluidic printhead with three 
inlets and one outlet, which enables simultaneous 
multicomponent extrusion and printing of heterogeneous 
constructs through only one printhead. During the 
printing process, different inks were connected to 
different inlets of the printhead and simultaneously 
or alternatively extruded through the same outlet. We 
mainly studied spatially controlled distribution of 
different inks when altering the proportion of volumetric 
flow rate of different inlets in printing process. In 
this way, heterogeneous filaments and constructs can 
be printed along which diverse materials could be 
spatiotemporally coded. In addition, a rotating motor was 
added into printing system for printing heterogeneous 
filament along different printing directions and a coaxial 
printhead was developed to improve the cross-linking. 
It could be a possible way to create macro-microscopic 
integrative multicomponent constructs mimicking native 
tissues with multiple cells.

2. Materials and Methods

2.1 Materials
Polydimethylsiloxane (PDMS, Sylgard 184) was obtained 
from Dow Corning (Midland, MI, USA). Alginate with 
medium viscosity was purchased from Sigma Aldrich 
(St. Louis, MO, USA). Calcium chloride powder was 
bought from Aladdin (Shanghai, China). Agarose powder 
with low melting temperature (87–89°C) was bought 
from Biowest (Spain). Green fluorescent particles with 
a particle size of 10 µm and red fluorescent particles 
with particle size of 10 µm and 3.2 µm were purchased 
from Base Line (Tianjin, China). Red/green/blue/yellow 
pigment was purchased from M and G (China). Alginate 
solutions with different concentration of 1%, 2%, and 3% 
(w/v) were prepared by dissolving alginate powder into 
distilled water or culture medium. About 2% (w/v) agarose 
solution with 2% (w/v) calcium chloride was prepared by 

dissolving agarose and calcium chloride powders into 
distilled water at 100°C. After boiling, agarose solution 
was poured in a Petri dish and cooled down to form a 
flat agarose hydrogel with a thickness of 3  mm as the 
collecting substrate. For cell printing, GFP expressing 
human umbilical vein endothelial cells (GFP-HUVEC; 
ATCC, Manassas, VA, USA) and red fluorescent protein 
embryonic rat cardiomyocytes (H9C2, ATCC, Manassas, 
VA, USA) were added into 3% alginate solution with a 
density of 5 × 105 cells mL−1.

2.2 Design and Fabrication of Microfluidic 
Printhead for Multicomponent Printing
The microfluidic printhead was designed to have three 
inlets and an outlet as shown in Figure  1A. The width 
(w1) and height (h1) of the inlet channels are 200 µm. 
The width (w2) and the height (h2) of the outlet channel 
are 300 µm and 200 µm, respectively. The length of 
different channels is l1=5 mm and l2=3 mm, respectively. 
To fabricate the microfluidic printhead, two PDMS 
components with semi-channels were created by casting 
PDMS in the designed molds printed by stereolithography 
technique. During the cast process, the PDMS components 
were vacuum treated to remove any bubbles and cured 
at 65ºC for a minimum of 2 h. Then, they were bonded 
together after oxygen plasma treatment. Finally, the 
capillary nozzle was inserted into the cylindrical channel 
(Figure S1, supporting information). The diameter (d1) 
and the length (l3) of the nozzle is 200 µm and 12 mm. 
Figure  1B schematically illustrates components of the 
microfluidic printhead and the fabricated microfluidic 
printhead is shown in Figure 1C.

2.3 Multicomponent Printing Platform Based on 
Microfluidic Printhead
The microfluidic printhead was connected with a rotating 
motor and then mounted on the z moving stage (Xiamen 
Heidelstar Co., China). Different alginate inks were 
separately loaded into 1  mL syringes, respectively, and 
the flow rate was controlled by a syringe pump (TJ-
2A, Longer Pump, Baoding, China). Each syringe was 
connected to different inlets of the printhead through 
PTEE soft tubes. Agarose hydrogel with calcium ions was 
placed on the x-y moving stage (Xiamen Heidelstar Co., 
China) as the collecting substrate (Figure 1D and E). The 
distance between the nozzle tip and the collecting substrate 
was fixed at 100 µm. During printing, different inks were 
pushed into the separate inlets and then extruded out of 
the printhead through the same nozzle. The proportion 
of different inks in printed filaments was adjusted by 
controlling the volumetric flow ratio when the total 
volume flow rate of all inlets was fixed. A 3D structure 
with different materials can be printed by precisely 
stacking the filaments in a layer-by-layer manner.
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2.4 Printing of Heterogeneous Filaments
The effect of volumetric flow ratio of different inks on the 
composition of heterogeneous filament was studied. To 
code compositions in single printed filament, 3% alginate 
solutions mixed with green and yellow pigments were used 
and the flow rate of each inlet was independently controlled 
by a multichannel syringe pump system. The volumetric flow 
ratio of two kinds of inks (Q1:Q2) was gradually changed 
from 3:7 to 7:3 when the total flow rate was 600 µL/h and 
the speed of moving stage was fixed at 5 mm/s. The line 
width of different compositions within a single filament was 
measured, respectively, and the ratio of them was compared 
with the proportion of flow rate (Q1:Q2). The filaments with 
three kinds of inks can also be printed by injecting alginate 
solution with green fluorescent beads through the middle 
inlet and alginate solution with red fluorescent beads through 
the left and right inlets. The flow rate of the middle inlet was 
changed from 200 µL/h to 120 µL/h when the total flow rate 
of the three inlets was kept at 600 µL/h.

2.5 Printing of Multilayer Heterogeneous 
Constructs
To demonstrate the ability of microfluidic printhead to 
print heterogeneous constructs, a heterogeneous grid was 
printed by altering the proportion of flow rate of different 
3% alginate solutions mixed with black and white pigment, 

respectively. The proportion of flow rate was changes 
from Qblack:  Qwhite=0:1 to Qblack:  Qwhite=1:0. In a similar 
way, 3% alginate solutions mixed with yellow and blue 
pigment were chosen to fabricate heterogeneous parallel 
and multilayered grid constructs. When printing the 
heterogeneous parallel construct, the proportion of flow 
rates was altered every 10 lines (Qblue:Qyellow=2:1, 1:1, 1:2, 
and 0:1). During the printing of multilayer heterogeneous 
construct, the proportion of flow rate was changed every 
two layers (Qblue:Qyellow=0:1, 1:3, 1:1, 3:1, and 1:0).

To quantitatively analyze and simulate the distribution 
of different cells in one construct, a coded compositional 
gradient structure was printed. Green and red fluorescent 
particles (10 μm) were added into 3% alginate solution 
and printed by the microfluidic printhead. During printing, 
the proportion of their flow rate was changed every four 
layers (Qtotal=600 µL/h, Qred:  Qgreen=0:1, 1:2, 1:1, 2:1, 
and 1:0). The fluorescent profiles of the printed constructs 
were reconstructed using a confocal laser scanning 
microscope (OLS4000, Olympus, USA). The number of 
fluorescent particles in specific layers with different flow 
rate proportion was quantified by ImageJ software.

2.6 Design of Coaxial Microfluidic Printhead for 
3D Multicellular Constructs
To realize the instant cross-linking of the printed 
filaments for the fabrication of 3D constructs, a coaxial 

Figure 1. Design of microfluidic printhead for multicomponent bioprinting. (A) Schematic illustration of microfluidic printheads with 
multiple inlets and an outlet. (B) The assembly of the printhead. (C) Photograph of the fabricated microfluidic printhead. Scale bar=5 mm. 
(D and E) Schematic and photograph of multicomponent bioprinting platform with microfluidic printhead. Scale bar=5 cm.
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microfluidic printhead was developed. Two kinds of 
3% alginate solutions were loaded into two syringes 
and injected into the printhead at the same flow rate of 
300 µL/h. The collecting substrate was fixed on a rotating 
motor, which was mounted on the x-y moving stage. 
During the printing process, the collecting substrate was 
rotating and the heterogeneous filaments were deposited 
to form a layer of concentric ring structure. Multilayer 
structures can be obtained by repeating this process in a 
layer-by-layer manner and simultaneously moving up the 
nozzle to a certain distance after the completion of each 
layer printing. The diameter of the ring was determined 
by eccentric distance between axes of the nozzle and 
the rotating motor. A multicellular concentric ring was 
printed using two kinds of inks mixed with HUVECs and 
H9C2s, respectively.

3. Results and Discussion

3.1 Printing of Heterogeneous Filaments
Unlike laminar flow of two solutions in microfluidic 
channel, the printing of heterogeneous filaments with 
microfluidic printhead will subsequently experience 
deposition and cross-linking processes as shown in 

Figure  2A. To investigate the effect of these processes 
on the filament morphology and composition, two kinds 
of 3% alginate solutions mixed with different color were 
injected into the microfluidic printhead and extruded from 
the same outlet. Figure 2B, C, D, E, F illustrates the printed 
heterogeneous filaments as the flow rate ratio of the two 
solutions was gradually changed. When the total volumetric 
flow rate was 600 µL/h, the width of printed filaments was 
250±8.89 µm. Since the viscosity of the two solutions was 
similar, the variation of flow rate ratio had little effect on the 
filament size. There was a clear boundary of two colored 
inks in the printed filament. The proportion of two colored 
materials was approximately equal to that of the flow rate 
(Figure  2G). This verified that the deposition and cross-
linking processes will not affect the printing of heterogeneous 
filaments. Figure 2H, I, J shows fluorescent images of the 
filaments printed by injecting different ink from three 
inlets. As the flow rate of the solution in the middle inlet 
increased, the number of green fluorescent microbeads in 
the printed filament increased correspondingly (Figure 2K). 
Such capability can potentially find various biomedical 
applications such as accurate patterning of multiple cell 
types in a single hydrogel filament.

We further investigated the influence of solution 
viscosity on the morphology of heterogeneous filaments 

Figure 2. Printing of heterogeneous filaments by changing flow rate ration of different solutions in the microfluidic printhead. (A) Schematic 
for the deposition of heterogeneous filaments from the microfluidic printhead. (B, C, D, E, F) Microscopic images of heterogeneous 
filaments printed by changing the flow rate ratio of two solutions. Scale bar=200 µm. (G) Quantification of the composition distribution of 
two inks in the printed filaments. (H, I, J) Fluorescent images of the heterogeneous filaments printed through the three inlets with different 
flow rate of middle inlet. Scale bar=200 µm. (K) Quantification of the number of green fluorescent particles at different flow rate of the 
middle inlet.
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by injecting 3% alginate solution (high viscosity) and 
1% alginate solution (low viscosity) into the microfluidic 
printhead simultaneously (Figure  3). It was found that 
the ink viscosity significantly affected the flow pattern in 
the microfluidic channel and further changed the spatial 
distribution of different bioinks in the printed filament. 
When two kinds of solutions were initially injected into 
the printhead at the same flow rate, only a small proportion 
of low-viscous ink flowed into the outlet channel and 
gradually diffused into the high-viscous side along the 
flow direction forming a slanted interface (Figure  3C). 
When the two inks were extruded out from the nozzle, 
low-viscous ink was found to fully cover the surface of 
high-viscous inks (Figure 3D).  Parallel heterogeneous 
filaments were not clearly formed even when the flow rate 
of low-viscous solution gradually increased (Figure S2A, 
B, C, D). This implied that the presented multicomponent 
bioprinting is applicable to the inks with similar viscosity. 
The previous studies indicated that when the fluids have 
various viscosities, multiphase flow (liquid-liquid two 
phase) occurs[26-31]. Since most of the bioinks are miscible 
fluid and surface tension, diffusivity at the interface is an 
important factor to regulate the flow pattern[32].

3.2 Printing of Constructs With Graded 
Component Composition
Figure  4A demonstrated a 2D filament pattern with 
gradually changed ink proportion by continuously 
varying the flow rate ratio of two color-coded inks from 
2:1 to 0:1 during printing. A grid pattern with five layers 
was printed with continuous changed composition as 
shown in Figure  4B. For each layer, the color of the 
printed filaments gradually changed from black to white 
through dynamically adjusting the flow rate of each 
inlet. Figure 4C schematically illustrates the printing of 
a multilayered construct with serials of color coding. By 
sequentially printing two kinds of colored inks with five 
different flow rate ratios, a vertically gradient structure 
with 10 layers was finally printed and color of the specific 
layer was gradually changed from yellow to green and 
finally to blue as shown in Figure 4D, E, F, G, H.

The microfluidic printhead can also be potentially 
used to fabricate gradient multicellular 3D constructs. 
As a proof of concept, fluorescent microparticles with a 
similar size to living cells were used to demonstrate the 
feasibility. As schematically shown in Figure  5A, the 
concentration of green fluorescent particles gradually 
decreased while that of red fluorescent particles increased 
from the bottom layer to the top layer by dynamically 
changing the flow rate ratio of two kinds of inks from 1:0 to 
0:1 during printing. Figure 5B illustrates the actual spatial 
distribution of green and red fluorescent particles within 
the printed grid hydrogel structure, which are accordant 
with the predefined situation. Figure 5C, D, E, F, G shows 

the representative distribution of fluorescent particles 
within different heights ranging from 65 µm to 585 µm 
with spacing of 130 µm, which related to the layers 
consisted of different ink proportion. To quantitatively 
evaluate the spatial distribution of fluorescent particles, 
the number of green and red fluorescent particles within 
these specific heights was counted as shown in Figure 5H. 
It indicates that the ratio of green and red particles was 
approximately equal to the ratio of flow rate of two 
kinds of inks within the printhead, which can finally 
achieve the spatial gradient distribution of the particles as 
designed. The unique advantage of this method is that it 
can generate multicellular constructs with spatiotemporal 
cell positioning in a controllable manner. These kinds of 
heterogeneous constructs have the potential to meet the 
demand of biological scaffold involving different kinds 
of matrix. Together these results demonstrated the unique 
ability to continuously print heterogeneous construct in 
both horizontal and altitude direction without interrupt, 
which could be an efficient and promising method to 
create constructs with different properties and functions.

Although the switching process among different 
printheads is avoided using microfluidic printhead, the 
transition time to change the proportion of the inks exists 
during the printing process, which means when changing 
the flow rates through the syringes, the proportion of inks 
in the printhead cannot be switched simultaneously. It was 
found that both flow rate and the concentration influence 
the transition time (Figure S3 and S4). For inks of alginate 
solution with concentration ranging from 1% to 3%, all of 
their transition time decreased with the increase of the 
flow rate. However, there existed a great drop for the 3% 
alginate solution, whose transition time was about 430 s 
at the flow rate of 100 µL/h and about 50 s at the flow rate 
of 1000 µL/h. For the 1% alginate solution, the transition 

Figure 3. Flow pattern and printed filaments of alginate solution 
with different viscosities. (A) Injecting 3% alginate solution (high 
viscosity) simultaneously and (B) printed heterogeneous filaments. 
(C) Injecting 3% alginate solution and 1% alginate solution and 
(D) printed filaments. Scale bars are 200 µm and 1 mm.
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time was below 50 s at the flow rate of 100 µL/h and 
1000 µL/h. The effect of concentration on the transition 
time might be due to the different viscosity of the alginate 
solution, which will produce different resistance for 
ink transition. Thus, the optimum flow rate (600 µL/h) 

was chose and proportion of flow rate was changed in 
advance before the designed position. For achieving real-
time transition among different inks, integrating small 
pneumatic valves into microfluidic printhead might be a 
possible way in the future work.

Figure 4. Color-coded heterogeneous constructs. (A and B) Dynamically altering the proportion of different inks during printing. (C) 
Schematic of color-coded gel structure (10 layers) printed under different proportion of flow rate (Qtotal=600 µL/h, Qblue: Qyellow=0:1, 1:3, 1:1, 
3:1, and 1:0) changed per two layers. (D, E, F, G, H) Photograph showing a gradient of colors from yellow to blue during printing. Scale 
bar=2 mm.
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Figure  5. Heterogeneous constructs containing red and green fluorescent microparticles. (A) Schematic of distribution of green/red 
fluorescent particles in printed constructs. (B) The 3D fluorescence profile of local part of the printed constructs. (C, D, E, F, G) The 
representative distribution of green/red fluorescence particles at the different heights of the printed construct. Scale bar=100 µm. (H) 
Quantification of green/red fluorescence particles at different heights in hydrogel structure.
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3.3 Rotating Microfluidic Printhead
As shown in Figure 6A, multicomponent filaments with 
half-green and half-yellow color can be obtained along 
the printing direction using microfluidic printhead. 
However, when the printing direction was changed 
with 90° to print the next layer of the grid structure, the 
filaments changed from the left-right multicolor into the 
top-bottom multicolor. To address this issue, a rotating 
motor was introduced to this printing system, which 
enabled the printhead to rotate with the designed angles 
during the printing process for creating heterogeneous 
filaments along different directions. Figure  6B shows 
a grid structure consisting of the filaments with 
left-right multicolor along the different directions, 
which is achieved by rotating printhead with 90° as 
designed during the printing process. Furthermore, 
a triangular pattern with heterogeneous filaments 
along three directions and a grid structure coded with 
three compositions within the filaments was printed 
through rotating printhead (Figure 6C and D). It could 
provide a way to create a heterogeneous constructs for 

bioengineering research, such as controlling of cell 
distribution and study of the interaction among different 
types of cells.

3.4 Printing of Multicellular Constructs Using 
Coaxial Microfluidic Printheads
To cross-link the printed hydrogel filament during the 
printing process, a coaxial microfluidic printhead was 
designed and added into the printing system, as shown in 
Figure 7A and B. The inner and outer channels were used 
to deliver the hydrogel ink solution and cross-linking 
solution independently. The gelation of the inks took 
place at the tip of the inner nozzle, where these two kinds 
of solution met. Here, alginate hydrogel solution was 
printed, which underwent instantaneous gelation when 
exposed to calcium ions solution. Figure 7C shows the 
25-layer heterogeneous hydrogel constructs successfully 
printed by coaxial printhead.

To improve efficiency of printing multicomponent 
concentric ring, a rotary substrate was introduced here 
(Figure 7D). During the printing process, the printhead 

Figure 6. Printing of multicomponent grid structure using rotating microfluidic printhead. (A) Schematic and photograph illustrating printed 
grid structure without the rotating printhead. (B) Schematic and photograph illustrating printed grid structure with the rotating printhead. 
(C) Printed triangular pattern with the rotating printhead. (D) Grid structure consists of heterogeneous filaments (red, blue, and purple).
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did not move while the collecting substrate rotated 
along printhead as the center. Figure  7E and F shows a 
heterogeneous concentric ring with the yellow-coded and 
green-coded alginate hydrogel at the inner and outer side, 
respectively. As a proof of concept, a multicellular concentric 
ring was fabricated “on-the-fly” with the diameter of about 
8 mm (Figure 7G). Most of the red H9C2s distributed at the 
inner side, while green HUVECs mainly distributed at the 
outer side (Figure 7H and I). This printing method shows 
the promise to fabricate artificial vessels with multilayer in 
an “on-the-fly” way, especially those with large diameters 
such as the inferior vena cava whose internal diameter is 
approximately from 1.7 cm to 2 cm.

4. Conclusion
Here, we demonstrated a multicomponent bioprinting 
technique based on microfluidic printheads for 
printing heterogeneous constructs. The microfluidic 
printhead enables printing of heterogeneous filaments 

and constructs spatially incorporated with different 
materials such as particles and cells. Moreover, the 
constructs consisting of continuous compositional 
gradient can be fabricated by dynamically altering the 
flow rates during printing, which is difficult for the 
multicomponent system with separated printheads to 
achieve. It was found that the rotating printhead enabled 
printing the filaments of heterogeneous morphology 
along different printing directions. The coding of 
diverse materials on the printed filaments could offer 
a new way to create functional constructs. Coaxial 
microfluidic printheads could significantly improve 
the cross-linking condition. Further exploration of 
printing multimaterial/cellular concentric rings through 
the rotating collecting substrate will allow fabrication 
of artificial vessels efficiently. The proposed method 
is able to print heterogeneous construct with different 
components as designed flexibly, which shows promise 
for a various applications including tissue engineering 
and soft robots.

Figure 7. Printing heterogeneous constructs through coaxial microfluidic printheads. (A) Schematic of the coaxial microfluidic printhead. 
(B) Photograph of the coaxial microfluidic printhead. Scale bar=1 cm. (C) Heterogeneous grid structure (25 layers) printed through using 
the coaxial microfluidic printhead. Scale bar=2 mm. (D) Schematic of rotating substrate for creating concentric ring “on-the-fly.” (E and F) 
Fabrication of a heterogeneous concentric ring. Scale bars are 2 mm and 1 mm, respectively. (G) Fabrication of multicellular (H9C2 and 
HUVEC) concentric rings through coaxial microfluidic printhead. Scale bar=4 mm. (H and I) Fluorescence microscopy image (top view) 
of multicellular rings. Scale bars are 1 mm and 500 µm, respectively.
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Abstract: Mg alloys degrade rather rapidly in a physiological environment, although they have good biocompatibility and 
favorable mechanical properties. In this study, Ti was introduced into AZ61 alloy fabricated by selective laser melting, 
aiming to improve the corrosion resistance. Results indicated that Ti promoted the formation of Al-enriched eutectic α phase 
and reduced the formation of β-Mg17Al12 phase. With Ti content reaching to 0.5 wt.%, the Al-enriched eutectic α phase 
constructed a continuous net-like structure along the grain boundaries, which could act as a barrier to prevent the Mg matrix 
from corrosion progression. On the other hand, the Al-enriched eutectic α phase was less cathodic than β-Mg17Al12 phase in 
AZ61, thus alleviating the corrosion progress due to the decreased potential difference. As a consequence, the degradation 
rate dramatically decreased from 0.74 to 0.24 mg·cm-2·d-1. Meanwhile, the compressive strength and microhardness were 
increased by 59.4% and 15.6%, respectively. Moreover, the Ti-contained AZ61 alloy exhibited improved cytocompatibility. 
It was suggested that Ti-contained AZ61 alloy was a promising material for bone implants application.
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1. Introduction
Mg alloys are potential bone implants in the orthopedic 
field due to their good biocompatibility, natural 
biodegradability, and similar density and Young’s modulus 
to nature bone[1-5]. Compared with other Mg alloys, 
Mg-Al series alloys exhibit more favorable mechanical 
strength with the help of Al solid solution strengthening 
and precipitation strengthening, thus attracting intensive 
researches in recent years[6-8]. Witte et al.[9] investigated 
the degradation behavior and the bone response of Mg-Al 
series alloys, including AZ31 and AZ91. They reported 
that a small amount of Al released during the degradation 

could be tolerable. Wen et al.[10] investigated the corrosion 
behavior of Mg-Al series alloys and claimed that their 
corrosion resistances were closely related to Al content. 
Nevertheless, Mg-Al series alloys degrade rather rapidly 
in physical environments, because the high potential 
differences between α-Mg grains and β phase cause severe 
galvanic corrosion[9,10]. The rapid degradation results in a 
fast loss of mechanical strength, as well as a large amount 
of hydrogen accumulation and local alkalization, which 
significantly limits their clinical applications.

A workable strategy to improve the corrosion 
resistance is to change the component of the second 

A continuous net-like eutectic structure enhances the corrosion resistance of Mg alloys © 2019 Shuai, 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-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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phase toward reducing their electrochemical nobility. For 
example, Baek et al.[11] investigated the effect of Y on the 
corrosion behavior of Mg-Al-Ca alloy. It was found that 
the Y-containing phase was less cathodic and drastically 
weakened the galvanic corrosion tendency. Liu et al.[12] 
reported that rare earth element enhanced the corrosion 
resistance of AM60, because the deposited phases 
containing rare earth were less cathodic than β-Mg17Al12 
phase. Another strategy to increase the corrosion 
resistance is to ameliorate the distribution of the second 
phase in Mg matrix. Wu et al.[13] confirmed that adding 
proper Al into Mg-Ca alloy formed a continuous second 
phase, which provided barrier effect, resulting in better 
corrosion resistance. Shuai et  al.[14] also reported that 
Nd-introduced continuous second phase enhanced the 
corrosion resistance of Mg matrix, with the degradation 
rate decreased from 5.25 to 1.56 mm/y.

In this study, Ti was introduced into AZ61 to ameliorate 
the characterizations of precipitates, with an aim to 
improve the corrosion resistance. In Al-Ti-Mg system, Ti 
will combine with Al to form precipitates and increase the 
diffusivity of Al in Mg solute, resulting in the increase of 
Al content near the eutectic point during the solidification 
process[15]. Thus, it was expected that Ti could promote 
the formation of less cathode eutectic α phase, which can 
reduce the electrode potential differences of the matrix. 
On the other hand, the precipitation of eutectic α phase 
will consume Al atoms, which is conducive to reducing 
the formation of β-Mg17Al12 phase, thus further alleviating 
the galvanic corrosion in the matrix. The microstructures, 
mechanical properties, and corrosion behaviors of 
Ti contained AZ61 alloys fabricated with selective 
laser melting (SLM) were systematically investigated. 
Moreover, the biocompatibility was also studied through 
in vitro cell culture experiments.

2. Experimental Methods

2.1 Specimens Preparation
The gas-atomized AZ61 powder (Weihao Magnesium 
powder Ltd., China) had a particle size distribution of 
d10=29.04  µm, d50=52.68  µm, and d90=84.71  µm. The 
Ti powder (Naiou Nano Science and Technology Ltd., 
China) had a particle size varying from 20 to 50 nm. The 
AZ61-xTi (x=0, 0.25, 0.5, 0.75, and 1.0 wt.%) mixed 
powders were prepared using a ball mill with a rotation 
speed of 200  rpm for 8  h under Ar atmosphere. The 
morphologies of mixed powders were observed using 
a scanning electron microscope (SEM, Phenom proX, 
Phenom-World BV, Netherlands) coupled with an energy 
dispersive spectroscopy (EDS), with results presented in 
Figure 1. The element mapping results corresponding to 
AZ61-0.5Ti mixed powders indicated Ti nanoparticles 
homogeneously dispersed over the AZ61 particle surface.

Cubic samples (10 × 10 × 10 mm3) were fabricated 
using a SLM system equipped with an YLR-500-WC 
fiber laser (IPG Photonics Inc.). The process parameters 
were determined at a laser power of 120 W, a scanning 
speed of 10  mm/s, a layer thicknesses of 150  µm, a 
scanning spacing of 80  µm, and a spot size of 80  µm. 
All the experiments were performed under a high-purity 
Ar atmosphere. A zigzag pattern was applied to scan the 
powder layer.

2.2 Microstructural Characterizations
The specimens were grounded, polished, and ultrasonically 
cleaned with ethanol. Then, the microstructures were 
investigated using SEM. Moreover, the crystalline 
structure was observed using an optical microscope (Leica 
DM200, Leica Microsystems, Germany) after etching 
with a nitric acid alcohol solution (4%). Furthermore, 
the phase compositions were identified using X-ray 
diffraction (XRD, D8 Advance diffractometer, Bruker 
Inc., German) at a scanning rate of 8 min−1.

2.3 Mechanical Characterizations
The SLM fabricated samples were cut into 8  mm in 
length and 4 mm in diameter for compressive tests. The 
compressive tests were carried out using a universal 
mechanical testing machine (Instron, USA) with a 
compression speed of 0.5  mm/min. Microhardness 
was measured on a microhardness tester with a load of 
0.98 N and a holding time of 15 s. The microhardness 
measurements were taken 5  times for each specimen, 
and the distance between each adjacent indentation was 
500 µm.

2.4 Electrochemical Experiments
Electrochemical experiments were performed three a 
three-electrode system in which the sample was used as the 
working electrode, a platinum foil as a counter electrode, 
and a saturated calomel electrode as a reference electrode. 
All the electrodes were connected to an electrochemical 
workstation (Interface 1000, Gamry Instrument, USA) 
and immersed in simulated body fluid (SBF) at 25±0.5°C. 
The SBF was prepared according to reference[16]. The open 
circuit potential was first monitored for 2400 s. Then, the 
potentiodynamic polarization testing was conducted with 
a scanning rate of 0.333 mV/s.

2.5 Immersion Experiments
Immersion experiments were carried out to study the 
corrosion behavior. Specimens were immersed in 
SBF at 37°C, with a volume to exposure area ratio of 
20 mL cm−2. The hydrogen release rate and the pH values 
during immersion were monitored. Meanwhile, the ion 
concentrations of the soaked media were measured 
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using an inductively coupled plasma atomic emission 
spectroscopy (ICP-OES, PerkinElmer, Optima 5300DV, 
USA). The corrosion morphologies after immersion for 2 
and 7 days were characterized using SEM. Besides, mass 
loss was obtained after removing the corrosion products 
in chromic acid solution (200 g/L CrO3, 10 g/L AgNO3). 
Then, corrosion rates (CR) were obtained using the 
following equation, CR=3.65 ∆W/ρ, where ∆W was the 
mass loss rate (mg cm-2/d) and ρ was the density (g cm−3).

2.6 Cell Culture
Human osteosarcoma cells (MG63, American 
Type Culture Collection, USA) were employed for the cell 
tests. DMEM (Gibco, Grand Island, USA) supplemented 
with 10% fetal bovine serum (Gibco, Grand Island, 
USA), 100 U/mL penicillin and 100 mg/mL streptomycin 
(BI, Kibbutz Beit Haemek, Israel) were used as culture 
medium. The extracts of AZ61-Ti were prepared by 
immersing the samples in DMEM for 72 h. The ratio of 
exposed areas to solution volume was 1 cm2/mL. The 
obtained 100% extracts were then diluted to 50% and 
10% concentrations. The pH value and ion concentration 
of the extracts were also evaluated.

Cell counting kit-8 (CCK-8) assays were adopted to 
evaluate cell viabilities. Cells were seeded in 96-well 
plates at a density of 5×104/mL and cultured for 24 h. Then, 
the cell culture media were replaced by extracts (100%, 
50%, and 10%). Pure DMEM was used as control. After 
incubating for 1, 3, and 5 days, 10 µL of CCK-8 (5 mg/ml, 
Sigma-Aldrich, USA) solution was added to each well for 

2 h at 37°C. After that, the spectrophotometric absorbance 
was recorded at a wavelength of 570  nm referenced to 
630  nm on a paradigm detection platform (Beckman 
Coulter, USA).

For LIVE/DEAD cell assay, cells were seeded in 48-
well plates with extracts. At each period, the cells were 
gently rinsed with phosphate-buffered solution (PBS) 
and stained using Calcein-AM (2 µM) and ethidium 
homodimer-1  (4 µM). Afterward, the cells were gently 
washed with PBS and observed under fluorescence 
microscopy (Olympus, BX60, Japan).

2.7 Statistical Analysis
All the experiments in this work were repeated for 3 times. 
The experimental data were expressed as the average ± 
standard deviation. One-way analysis of variance was 
used to analyze the statistical analyses followed by Tukey 
posthoc analysis. Statistical significance was considered 
when P<0.05.

3. Results

3.1 Microstructure
SEM and EDS were combined to study the microstructure 
of the AZ61-Ti, as displayed in Figure 2. In AZ61, some 
β phases (bright particles) homogeneously distributed in 
Mg matrix (dark regions), as shown in Figure 2A. A close 
observation revealed that there was some divorced 
eutectic α phase formed along grain boundaries and 
interfaces. Combining with the elemental surface analysis, 

Figure 1. Morphologies of original powders: (A) AZ61, (B) Ti and (C) AZ61-0.5Ti mixed powder; (D)-(F) were the element distributions 
of Mg, Al, and Ti of AZ61-0.5Ti mixed powder.
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the eutectic α phase was enriched in Al. With addition of 
0.25 wt% Ti, more Al-enriched eutectic α phase and less 
β phase were observed. In AZ61-0.5Ti, the Al-enriched 
eutectic α phase continuously distributed and constructed 
a net-like structure, which was also proved by the EDS 
mapping results. Moreover, only a few β phase particles 
were observed. With Ti further increasing to 0.75 and 1.0 
wt%, the β phase particles were coarsened and increased, 
which were enriched in Al and Ti, as revealed by EDS 
analysis.

The quantitative elemental compositions were obtained, 
as shown in Figure 2B, in which point 1, point 4, and point 
7 represented position in the vicinity of the Al-enriched 
eutectic α phase, point 2, point 5, and point 8 represented 
the position in the β phase, and point 3, point 6, and point 
9 represented the position in the α-Mg grains, respectively. 
It could be seen that the Al contents dissolved in α-Mg 
grains were 2.92±0.74 wt.%. With Ti increasing to 0.5 
wt% and 1.0 wt%, the Al contents were dissolved in α-Mg 
grains gradually decreased to 1.93 ± 0.51 and 1.13 ± 0.46 
at.%, respectively. Similarly, the Al content in β phase 
was also decreased with increasing Ti content, which 
was 20.46 at.% for AZ61, 10.29 at.% for AZ61-0.5Ti, 
and 9.08 at.% for AZ61-1.0Ti. However, the Al content 
in Al-enriched eutectic α phases showed a different trend. 
Al-enriched eutectic α phases in AZ61-0.5Ti exhibited the 

lowest Al content of 5.89 at.%, which was lower than that 
in AZ61  (6.42 at.%) and AZ61-1.0Ti (6.28 at.%). Their 
results indicated that the diffusivity of Al was increased 
with increasing Ti. Besides, Zn was detected in all of 
the AZ61-Ti alloys. Moreover, a small amount of Ti was 
detected in the β phase of AZ61-1.0Ti.

The area fraction of Al-enriched α phase and β phase 
was measured by the Image-Pro Plus 6.0 software, with 
results displayed in Table  1. The area fraction of Al-
enriched eutectic α phase in AZ61 was 17.3%. With 
Ti gradually increased to 0.5 wt%, the area fraction of 
eutectic α phase gradually increased to 42.0%, which 
indicated that the Al atoms in Mg solute were consumed 
to constitute more Al-enriched eutectic α phase. With Ti 
further increased to 1.0 wt%, the area fraction of eutectic 
α phase was reduced to 27.8%. It was believed that excess 
Ti reacted with Al to form β phase, thus reducing the Al 
content in eutectic.

The optical microstructure and the calculated grain 
sizes of the AZ61-Ti are presented in Figures 3A-F. The 
grain sizes for the AZ61, AZ61-0.25Ti, AZ61-0.5Ti, 
AZ61-0.75Ti, and AZ61-1.0Ti were 16.4 ± 2.3, 12.7 ± 
2.1, 10.4 ± 1.6, 9.5 ± 1.1, and 9.1 ± 0.8 µm, respectively, 
indicating that Ti significantly refined the grain sizes. 
The XRD patterns indicated that α-Mg was a major 
phase. Moreover, the β phase of AZ61, AZ61-0.25Ti, and 

Figure 2. (A) Microstructure of AZ61-Ti observed under scanning electron microscope and the corresponding elemental distribution of Al; 
red arrow indicates the eutectic α phase. (B) Energy dispersive spectroscopy results corresponding to particles in Figure 2A.
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AZ61-0.5Ti was Mg17Al12 (Figure  3G). The diffraction 
intensities corresponding to Mg17Al12 phase decreased 
with increasing Ti content. Moreover, the peaks of 
Mg17Al12 were not detected in AZ61-1.0Ti. Meanwhile, 
TiAl3 phase could be identified in AZ61-0.75Ti and 
AZ61-1.0Ti and its diffraction intensities increased with 
Ti content increasing.

3.2 Degradation Behavior
The open circuit potential of AZ61-Ti is given in 
Figure  4A. During the electrochemical test, the open 
circuit potential gradually increased and eventually 
stabilized. From the thermodynamic point of view, a 
higher open circuit potential indicated a more stable 
surface. It was believed that the increased open circuit 
potential was due to a protective Mg(OH)2 layer 
formed with the dissolution of Mg matrix[17]. More 
importantly, AZ61-0.5Ti exhibited the highest open 
circuit potential.

The potentiodynamic polarization curves of the AZ61-
Ti are given in Figure 4B. Moreover, the corrosion potential 
(Ecorr) and cathodic polarization corrosion current density 
(icorr) derived from the potentiodynamic polarization 
curves are given in Figure  4C and D. The Ecorr, which 
represented the corrosion tendency, could be ranked as 
AZ61-0.5Ti >AZ61-0.75Ti >AZ61-0.25Ti >AZ61-1.0Ti 
>AZ61. Moreoverm the AZ61-0.5Ti exhibited the lowest 
current density of 9.2±1.4 μA·cm-2. It was well known 
that icorr mainly reflected the intensity of the chemical 
reaction during the electrochemical corrosion[18,19]. Thus, 
AZ61-0.5Ti with highest Ecorr and smallest icorr exhibited 
the optimal corrosion resistance.

Immersion tests were conducted to further study the 
corrosion behavior, with results shown in Figure 5. The 
hydrogen evolution curves are depicted in Figure  5A 
and the pH value variations are depicted in Figure  5B. 
Clearly, the degradation behaviors differed with Ti 
content. AZ61 exhibited the relatively fast hydrogen 
release and pH increase. When Ti was incorporated, the 
released hydrogen decreased and the increase rate of 
pH slowed down. The AZ61-0.5Ti exhibited the least 
hydrogen evolution volume and the lowest pH compared 
with other investigated alloys. However, the hydrogen 
volumes and pH were rapidly increased in AZ61-0.75Ti 

and AZ61-1.0Ti, implying that the excessive Ti decreased 
the corrosion resistance.

The variation of Mg ion-releasing behavior during 
immersion was similar to that of the hydrogen evolution 
volume and pH variation (Figure 5C). Mg2+ concentrations 
tended to increase with immersion time increasing, 
indicating the dissolution of specimens. AZ61-0.5Ti 
released the least amount of Mg2+, indicating it has the 
slowest degradation rate. The CR calculated by mass loss 
exhibited a similar trend to that of the Mg ion-releasing 
(Figure  5D). All the immersion tests demonstrated that 
AZ61-0.5Ti had the best corrosion resistance.

The typical corrosion morphologies and composition 
analyses of the corrosion product are displayed in 
Figure 6. A corrosion product layer was formed on the 
specimen with some particles deposition. A lot of micro-

Table 1. The calculated area fraction of eutectic 
α‑Mg phase, β‑phase, and matrix.

Samples Eutectic α β phases Matrix

AZ61 17.3% 7.0% 75.7%

AZ61‑0.25Ti 25.8% 2.1% 72.1%
AZ61‑0.5Ti 42.0% 0.7% 57.3%
AZ61‑0.75Ti 36.1% 1.6% 50.3%
AZ61‑1.0Ti 27.8% 2.6% 69.6%

Figure 3. Optical microstructure of (A) AZ61, (B) AZ61-0.25Ti, 
(C) AZ61-0.5Ti, (D)AZ61-0.75Ti, and (E) AZ61-1.0Ti. (F) The 
measured average grain sizes. (G) X-ray diffraction patterns of 
AZ61-Ti. Mg17Al12 and TiAl3 phases were marked by black dash 
arrow and red solid arrow, respectively.
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cracks appeared on the surface were due to the shrinkage 
of the corrosion product layer during dehydration. It was 
obvious that AZ61 suffered the most severe corrosion, 
which was consistent with its fastest degradation rate 
(Figure  6A). As a comparison, AZ61-0.5Ti suffered 
homogeneous corrosion, as depicted in Figure 6C. Some 
particles were deposited on this layer, which was enriched 
in Mg, Ca, P, C, and O (area 2), with a higher content of 
Ca and P than that on area 1 (Figure 6F). Nevertheless, 
AZ61-0.75Ti and AZ61-1.0Ti both suffered severely 
localized corrosion. With increasing immersion period to 
7 days, the AZ61-0.5Ti was also compact, except for some 
micro-cracks and particles on the surface. Large cracks 
and flaking of corrosion product could be observed on 
AZ61 and AZ61-1.0Ti. The flaking of corrosion products 
resulted from the thickening of the corrosion layer and 
dehydration process[20].

3.3 Cytotoxicity
The pH and ion concentration of the extracts during the 
72 h incubation is summarized in Figures 7A and B. There 
were no significant differences in the pH of the 100% 
extracts (all closing to 9). The pH only slightly reduced 
in 50% extracts due to the buffer effect of the culture 
medium. When further diluted to 10%, the pH values were 

decreased to 7.89 (Figure 7A). The Mg2+ releasing during 
the incubation reflected the degradation rate of AZ61-Ti 
in the culture medium. AZ61-0.5Ti showed the lowest 
Mg2+ concentration, indicating its optimal corrosion 
resistance. The Zn2+ concentrations in the extracts were in 
the single-digit µg/mL range (Figure 7B). In addition, Al3+ 
concentrations in all the extracts were not detected, due 
to the small solubility products of aluminum hydroxide 
(1.3×10−33)[21].

The cell viability of the MG63 incubated in AZ61-Ti 
extracts is depicted in Figure 7c. After 3 days’ culture, all 
the undiluted extracts (100%) resulted in a significantly 
reduced cell viability compared to the negative control. 
However, the toxic effects could be mitigated by dilution. 
The cell viability was about 90% for AZ61-0.5Ti in 50% 
extracts, suggesting the AZ61-0.5Ti alloy had good cell 
compatibility. The cell viability level was further improved 
with 10% extract dilution. The cell viability was improved 
with extract dilution which may be in consonance with 
the clinical condition in which the material becomes 
diluted with the surrounding tissue fluid[22]. According 
to ISO 10993-5, all the samples showed acceptable cell 
viabilities, which were higher than 80%[23-25].

LIVE/DEAD staining assay was further used to 
evaluate the biocompatibility (Figure  8). Obviously, all 

Figure 4. Electrochemical testing results of AZ61-Ti: (A) open circuit potential curves, (B) potentiodynamic polarization curves, (C) Ecorr 
and (D) icorr derived from the potentiodynamic polarization curves by Tafel extrapolation.
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Figure 5. Immersion degradation behaviors of AZ61-Ti: (A) Hydrogen evolution volumes, (B) pH during immersion, (C) ion-releasing 
behavior during immersion, and (D) corrosion rate calculated from the mass loss.
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Figure  6. Corrosion surfaces of (A) AZ61, (B) AZ61-0.25Ti, (C) AZ61-0.5Ti, (D) AZ61-0.75Ti, and (E) AZ61-1.0Ti observed under 
scanning electron microscope after immersion for 2 and 7 days; (F) energy dispersive spectroscopy results of specific areas in AZ61-0.5Ti.
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the AZ61-Ti extracts exhibited improved cell viability 
compared with AZ61 as the cell density (number of cells) 
was enhanced. Specifically, AZ61-0.5Ti exhibited the 
best cell viability. There were few apoptotic cells (red 
fluorescence in the nuclei) in each group for all culture 
periods. Moreover, cells exhibited similar shape after 
culturing for 24 h and 72 h. Clearly, AZ61-0.5Ti exhibited 
improved biocompatibility as compared with AZ61. It was 
believed that the enhanced corrosion resistance should 
be responsible for the improved biocompatibility[26]. For 
AZ61-0.5Ti, the enhanced corrosion resistance resulted in 
a reduced degradation rate, thus decreasing the corrosion 
products, which might alleviate the cytotoxicity[27].

3.4 Mechanical Properties
The compressive strength and microhardness of AZ61-
Ti are displayed in Figure 9. AZ61 exhibited a relatively 
low compressive strength of 110.4 ± 15.2 MPa. With Ti 
gradually increasing to 0.5 wt%, the compressive strength 
was gradually improved to 175.6±21.3 MPa. However, 
with Ti content further increasing to 0.75 wt% and 1.0 
wt%, the compressive strength was decreased to 145.3 ± 
30.9 MPa and 123.9 ± 34.7 MPa, respectively. AZ61 had 
a relatively low microhardness of 84.8 ± 3.7 HV. With the 

increase of Ti, the microhardness gradually increased to 
90.1 ± 4.0 HV for AZ61-0.25Ti, 95.2 ± 3.4 HV for AZ61-
0.5Ti, 96.3 ± 3.1 HV for AZ61-0.75Ti, and 97.8 ± 4.3 HV 
for AZ61-1.0Ti, respectively (Figure 9B).

4. Discussion

4.1 Microstructure and Mechanical 
Properties
In the present study, the incorporation of moderate Ti 
induced the formation of continuous net-like eutectic 
α phase. It was believed that Ti, which had low solid 
solubility in Mg, would be first rejected into the 
interdendritic liquid phase during the solidification of the 
molten pool[28]. From the perspective of thermodynamics, 
Ti in the interdendritic liquid would catch the Al atoms 
in Mg solute to form the second phase due to the high 
affinity between Ti and Al[15]. Thus, the diffusivity of Al 
would be enhanced during the solidification, resulting in 
an increased Al content near the eutectic location. With 
the liquid phase cooling to the eutectic temperature and 
the Al content close to eutectic composition, the eutectic 
reaction would occur to form the eutectic phases.

Figure 7. (A) pH of the extracts; (B) Mg and Zn concentration in the extracts; (C) relative viability of MG63 cells culture in AZ61-Ti 
extracts.
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On the other hand, the rapid solidification occurred in 
SLM also played a key role in the formation of continuous 
net-like eutectic α phase. According to the Mg-Al binary 
equilibrium phase diagram[29], the maximum solid 

solubility of Al in α-Mg is about 12.7 wt% at the eutectic 
temperature of 437°C and its solid solubility at room 
temperature is about 2 wt%. In the present study, SLM, 
which involved a fast cooling rate, was applied to fabricate 
AZ61-Ti alloy. Moreover, such a rapid solidification was 
believed to promote the occurrence of eutectic reaction 
at lower eutectic temperature and critical hypoeutectic 
Al content (as compared with equilibrium). The eutectic 
reaction precipitated the eutectic α phase and eutectic β 
particles, which would attach to the primary α-Mg grains 
and distribute in grain boundaries, respectively. Moreover, 
the fast cooling rate was conducive for the homogeneous 
precipitation of the eutectic α phase and eutectic β particles. 
Therefore, the eutectic α phase distributed continuously 
and formed a net-like structure along the grain boundaries.

Impacts of Ti on the grain sizes were also observed in this 
study. In Ti containing Mg-Al alloys, Ti element served as 
a surface active element, which could significantly reduce 
the alloy solid-liquid interfacial tension and decrease the 
nucleation energy during the solidification process[30]. 
According to the nucleation formula, r*=−2σLS/∆Gm;[31] 
where r* was the critical nucleation radius, σLS was the 
solid-liquid interfacial tension, and ∆Gm was the Gibbs 
free energy of solidification. Ti reduced the solid-liquid 
interfacial tension, thereby reducing the critical nucleation 
radius. As a result, the ultimately nuclear volume of the 
primary α-Mg was improved, thus forming refined grain 
size. Furthermore, in AZ61-0.75Ti and AZ61-1.0Ti, 
excessive Ti combined with Al to form the TiAl3 phase. 
Although the TiAl3 phase was not regarded as the core 
of crystal formation, it would be pushed to the front of 
solid-liquid interfaces and prevented the grain growth. 
Therefore, the grain sizes decreased continuously with 
increasing Ti content.

4.2 Corrosion Behaviors
It is known that an ideal bone implant should 
progressively degrade at a suitable rate (approximately 

Figure 8. LIVE/DEAD staining of MG63 cells seeded in AZ61-Ti 
100% extracts for 24 h and 72 h.

Figure 9. Mechanical performances of AZ61-Ti: (A) Compression strength and (B) microhardness.
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0.2~0.5  mm/year) to match the bone healing process. 
In the present work, the degradation rate of AZ61 alloy 
was dramatically decreased from 0.74 (1.56 mm/year) to 
0.24 mg·cm−2/d−1 (0.51 mm/year1) after adding 0.5 wt% 
Ti. The improved corrosion resistance could be explained 
from two aspects as follows. On the one hand, Ti 
promoted the formation of divorced eutectic α phase and 
reduced  the formation of divorced β-Mg17Al12 phase. 
Significantly, the potential difference between the eutectic 
α phase and α-Mg grains was slighter than that between 
β-Mg17Al12 phases and α-Mg grains, due to the lower 
potential of eutectic α phase[32] and a reduced potential 
difference would decrease the susceptibility to galvanic 
corrosion of AZ61-0.5Ti.

On the other hand, the continuous net-like eutectic 
α phase also did a favor for the enhanced corrosion 
resistance. During degradation, the α-Mg grains 
dissolved preferentially, leaving the eutectic α phase on 
the surface[33]. Al-enriched eutectic α phase was relatively 
inert in the physiological environment. Thus, the exposed 
eutectic α phase would act as a barrier and retard the 
corrosion to a certain extent. For AZ61 and AZ61-0.25Ti, 
the discontinuous eutectic α phase did not form an 
effective barrier to corrosion attack, as shown in Figure 2. 
Resultantly, the AZ61-0.5Ti exhibited higher corrosion 
resistance compared with AZ61 and AZ61-0.25Ti.

It should be noted that with Ti further increasing to 
1 wt%, the TiAl3 phase precipitated in grain boundary 
(Figure  2), which exhibited higher potential difference 
with α-Mg grains than that between the eutectic α phase 
and α-Mg grains. Hence, the TiAl3 phase was considered 
as the cathode and form galvanic cells with α-Mg grains, 
resulting in dramatically galvanic corrosion. Thus, the 
galvanic corrosion was considerably enhanced, which 
decreased corrosion resistance of AZ61-1.0Ti.

4.3 Mechanical Properties
Mechanical properties were closely related to 
microstructure. In the present study, AZ61-Ti exhibited 
equiaxed grains with eutectic α and β phases on the 
interdendritic regions (Figure 2). The formation of the 
Al-enriched eutectic α phase was a solid solution of Al 
in α-Mg phase, which caused a negative deformation 
of the lattice structure and increased the dislocations 
resistance that occurred in grains[34,35]. Moreover, the 
addition of Ti significantly refined the grains, increased 
the grain boundaries, and suppressed the formation of β 
phase. Resultantly, the crack tendency and the fracture 
propagation were reduced. Thus, the compressive 
strength of AZ61-Ti was improved. However, as Ti 
was more than 0.5 wt%, the coarse TiAl3 particles 
precipitated and aggregated at the grain boundaries, 
which broke the connection between the adjacent 
grains. As external force was applied to specimen, stress 

concentration, and porous around the TiAl3 particles 
would form, which made the alloys easily to crack in 
the grain boundary, resulting in reduced compressive 
strength[36]. The microhardness of AZ61-Ti was 
increased with the increase of Ti content, which could 
be attributed to the fine grain strengthening. Besides, 
the eutectic α and β phases had higher microhardness 
than α-Mg matrix, which could also contribute to the 
increase of microhardness.

5. Conclusions
In this study, Ti-introduced AZ61 alloy was fabricated 
with SLM to enhance the corrosion resistance. Results 
indicated that Ti promoted the formation of eutectic α-Mg 
phase and reduced the formation of β-Mg17Al12 phase. 
When the Ti content reached to 0.5 wt%, the eutectic α-Mg 
phase formed a continuous net-like structure providing 
resistance for α-Mg matrix. Polarization test, hydrogen 
evolution, pH value, Mg2+ concentration, and mass 
loss suggested that AZ61-0.5Ti exhibited the optimal 
corrosion resistance. The typical corrosion morphologies 
demonstrated that the AZ61-0.5Ti suffered uniform 
corrosion. Besides, AZ61-0.5Ti showed improved 
compressive strength and microhardness compared to 
AZ61 due to solid solution strengthening and fine-grain 
strengthening. In addition, the Ti contained Mg alloys 
exhibited good cytocompatibility.
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becomes more complex, and more sophisticated fabrication techniques are in demand. Therefore, it is sensible to fabricate 
microfluidic devices by three-dimensional (3D)-printing, which is well-recognized for its unique ability to monolithically 
fabricate complex structures using a near-net-shape additive manufacturing process. Many 3D-printed microfluidic platforms 
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1. Introduction
Microfluidics is already a mature technology that is 
widely adopted in the bioanalytical investigation, 
clinical diagnostics, and chemical sensing and synthesis. 
Microfluidic technology has many compelling advantages 
over its bulk flow counterpart, such as low reagent 
and sample consumption, favorable thermodynamics 
and chemical reaction kinetics, laminar flow profile, 
precise handling of single bioparticles, and high degree 
of parallelization and multiplexing[1-4]. Many advanced 
analytical systems, such as next-generation sequencers 
and molecular diagnostic platforms, incorporate certain 
microfluidic components these days.

Conventional fabrication of microfluidic devices 
heavily relies on micromachining techniques. The 
earlier fabrication methods are derived from techniques 

used in microelectronic and mechanical systems 
(MEMS). Various microfluidic components are created 
by etching microstructures into silicon. The well-
established MEMS technology is readily applied to the 
fabrication of microfluidic chips, giving microfluidics 
a Kickstart. Innovations in silicon-based microfluidic 
networks, actuators, pumps, mixers, and valves emerge 
at a rapid rate, giving rise to many novels and unique 
microfluidic applications such as cell sorting and 
trapping, biochemical sensing, genetic analysis, and 
drug delivery[5-9]. In spite of their great potential to 
revolutionize biomedical research, these silicon-based 
microfluidic devices experience difficulty when trying to 
find their way into biological laboratories, and one of the 
main obstacles is the complicated fabrication workflow. 
Although engineers may think that the fabrication of 
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silicon-based microfluidic devices is simpler compared to 
MEMS devices, it is still a daunting task for biomedical 
researchers to take on. This issue is not resolved until the 
polydimethylsiloxane (PDMS)-based soft lithography, 
which is a simple molding-based fabrication technique, 
is developed[10]. Although traditional micromachining 
process is still involved in PDMS-based fabrication, it 
is limited to the making of molds. With the ready-made 
mold, the chip fabrication workflow is reduced to pouring 
PDMS, punching access ports and bonding PMDS to 
glass. Compared to the silicon-based microfluidic devices, 
PMDS-based devices find a bigger audience among 
biomedical researchers. The PDMS-based device is made 
more popular by the invention of PDMS-based multilayer 
pneumatic valves and pumps[11], which enables system-
level integration of multifaced devices for intricate tasks 
such as single-cell analysis[3,12].

The PDMS-based microfluidics has its pros and cons. 
On the one hand, PDMS is able to precisely replicate 
the lithographically defined patterns with nanometer 
resolution. In addition, PDMS is biocompatible and 
well-suited for cell studies[13-15]. It also has favorable 
optical properties such as great transparency and low 
autofluorescence, which is compatible with various 
optical sensing modalities. The low cost of PDMS and the 
reusability of the mold make PDMS-based microfluidic 
devices reasonably affordable. On the other hand, PDMS 
is water vapor permeable. Samples in PDMS chips are 
susceptible to evaporation and bubbles in the event of 
a heating or prolonged incubation. PDMS is also prone 
to protein fouling, which would affect the accuracy of 
biosensing. Furthermore, the fabrication of a PDMS-
based microfluidic device still heavily relies on manual 
assembly.

Nowadays, as microfluidic devices are designed to 
tackle more intricate tasks, the architecture of microfluidic 
devices becomes more complex, and more sophisticated 
fabrication techniques are in demand. Therefore, it 
is sensible to fabricate microfluidic devices by three-
dimensional (3D)-printing, which is well-recognized for 
its unique ability to monolithically fabricate complex 
structures using a near-net-shape additive manufacturing 
process. As a matter of fact, a great number of 3D-printed 
microfluidic devices have been reported in the past few 
years followed by several review papers that provide a 
fairly comprehensive evaluation of these devices and an 
optimistic future outlook on 3D-printed microfluidics[16-20]. 
One of the reviews even touts 3D-printing as the upcoming 
revolution in microfluidics[21].

While majority studies employ 3D-printing for 
microfluidic device fabrication, a number of studies 
go the other way around and incorporate microfluidic 
components in 3D-printers for added functions and 
improved printing performance. These microfluidic 

components offer excellent fluidic control of 3D-printing 
inks, simplifying multi-material, and high-throughput 
parallel printing. The laminar flow profile of microfluidics 
allows concurrent printing of multiple inks through a single 
nozzle and time-controlled crosslinking of hydrogel inks 
using hydrodynamic focusing. Furthermore, additional 
functional components, such as surface acoustic waves, 
can be incorporated to modulate the distribution of 
chemical constituents in multiphase inks. These works 
point out a new direction in which 3D-printing and 
microfluidics could work synergistically to accomplish 
previously unattainable tasks.

In this perspective article, we evaluate the up-to-
date development of 3D-printed microfluidics and 
microfluidics-enabled 3D-printing with a strong emphasis 
on their limitations. We would express our opinions on the 
future innovations required to overcome these limitations 
and to develop new high-value applications. We hope 
to answer whether 3D-printing is more well-suited for 
microfluidics or it is the other way around, but we will 
leave the discussion open.

2. 3D-printing for Microfluidics
3D-printing is an umbrella term encompassing a number 
of additive manufacturing technologies, but not all of 
them are applicable to printing microfluidic devices. 
Based on their suitability for microfluidics, we loosely 
categorize 3D-printing into extrusion-based technology 
(e.g.,  fused deposition modeling [FDM]), liquid resin-
based technology (e.g.,  stereolithography [SLA], 
digital light processing, and two-photon polymerization 
[2PP]) which also includes inkjet-based 3D-printing 
(e.g.,  material jetting) due to the similar curing 
mechanism, powder-based technology (e.g.,  Multi Jet 
Fusion [MJF], selective laser sintering [SLS], selective 
laser melting [SLM], and electron beam melting), 
and other less common 3D-printing technologies. The 
technical aspects of these 3D-printing technologies have 
been discussed extensively in many reviews[16-21]; hence, 
we will skip it in this article. Majority of microfluidic 
devices are fabricated with extrusion-based technology 
or liquid resin-based technology.

The fabrication of microfluidic devices by 3D-printing 
can be either direct or indirect. Direct 3D-printing 
constructs the microfluidic chip by enclosing the 
microchannels and other microfluidic components with 
the ink materials. Indirect 3D-printing produces a mold 
using the ink materials, and the chip is fabricated by 
casting PMDS against the mold. The final microfluidic 
chip does not consist of any ink materials. In this 
perspective article, we will mainly focus on the direct 
printing approach except in a few cases in which a 
sacrificial mold is required for complex 3D microfluidic 
networks.
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2.1. Current Development in 3D-printed 
Microfluidics
Research in 3D-printed microfluidics aims to create 
functional microfluidic components, realize complex 
microfluidic architecture, and demonstrates biomedical 
applications.

Earlier work in this field primarily focused on the 
monolithic fabrication of conventional microfluidic 
devices to bypass the traditional microfabrication. These 
microfluidic devices fabricated by 3D-printing were 
limited to those with only basic passive microfluidic 
components, such as microchannels and microchambers. 
Donvito et  al. printed a monolithic microfluidic device 
with a T-junction using inkjet-based 3D-printing for 
microdroplet generation[22]. Chen et  al. fabricated a 
microplate reader-compatible microfluidic device using 
an inkjet-based technique and demonstrated quantitative 
blood testing on this device[23]. Kitson et  al. developed 

several types of 3D-printed chemical reactionware 
using FDM for both organic and inorganic synthesis[24]. 
Bishop et  al. also printed a single-channel microfluidic 
device with standard interface connectors using FDM for 
nanoparticle preparation[25]. Takenaga et  al. developed 
an SLA-printed biocompatible microfluidic device 
with integrated biosensor for the study of cell culture 
conditions[26].

The most notable revolution that 3D-printing brings to 
microfluidics is the ability to freely design and fabricate 
in the third dimension. 3D-printing transforms the 
conventional planar microfluidic features into convoluted 
3D microfluidic networks packed into a small footprint. 
It enables monolithic fabrication of overlapping 
microfluidic components stacked in the vertical direction, 
bypassing the multi-layer bonding process required 
in traditional microfluidic fabrication. The true 3D 
microfluidic architecture offers an additional degree of 
freedom for fluidic manipulation. Several groups explore 

Figure 1. A three-dimensional (3D)-printed true 3D microfluidic device with standard fluidic coupling. (A) The schematic illustration of the 
3D-printed device showing the cross-section of the 3D helical channel. (B) The cross-section of the channel is trapezoid in shape. (C) The 
actual 3D helical microfluidic device. Reproduced from Ref. Lee et al.[27] with the permission granted under the creative common license.
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3D-printing’s unique ability to monolithically create 3D 
structures to realize true 3D microfluidic architectures 
that were unattainable by the traditional microfabrication 
techniques. Lee et al. fabricated a helical channel using 
SLA for inertia-based bacteria separation (Figure 1). 
The helical channel spiraled up in the z-direction and 
formed a true 3D microchannel with a trapezoid cross-
section[27]. The 3D helical design significantly reduced 
the device footprint compared to the planer spiral design. 
Shallan et  al. used a liquid resin-based 3D printer to 
fabricate 3D microchannels for more efficient passive 
mixing[28]. Monaghan et al. developed a 3D microfluidic 
device coupled with optical fibers to monitor chemical 
synthesis[29]. The group used the same approach to fabricate 
a 3D tree-like chemical gradient generator with reduced 
footprint and high portability[28]. Cabot et  al. used a 
similar 3D-printed microfluidic passive mixer to improve 
sample mixing in a capillary electrophoresis assay that 
measured the pKa

[30]. A  highly complex interconnected 
3D microfluidic network was fabricated by casting epoxy 
or agarose against a 3D-printed sacrificial mold[31]. After 
casting, the mold made of isomalt was dissolved to clear 
space for microfluidic channels. 3D-printing also enabled 
easy integration of chip-user interface that coupled the 
external fluid into the microfluidic chip. A good example 
was demonstrated by Anderson et  al. who fabricated a 
microfluidic drug screening platform that incorporated 
standard membrane devices for the cell culture and 
standard thread fitting for the coupling of tubing[32]. 
Another example was demonstrated by Au et  al. who 
printed a Luer lock fitting on the microfluidic device as a 
standard fluid connector[33].

One of the reasons for PDMS being so popular in 
microfluidics is due to its high flexibility that enables 
the fabrication of multilayer pneumatic valves and 
pumps. Each multilayer pneumatic valve consists of 
two overlapping crisscross microchannels separated by 
a thin PDMS membrane at the intersection. One of the 
microchannels carries the sample fluid, and the other one 
carries the control fluid (sometimes just air). When the 
control channel is pressurized, the thin PDMS membrane 
deflects, creating a bulge that blocks the fluidic channel. 
The enabling factor of the multilayer pneumatic valve 
is the low Young’s modulus of PDMS, which allows 
the thin membrane to deflect easily. In contrast, most 
3D-printed plastic materials have Young’s modulus 
hundreds or thousands of times larger than PDMS, which 
makes it difficult to pneumatically deflect the 3D-printed 
membrane. Nevertheless, using relatively flexible plastic, 
active valving has been demonstrated in a 3D-printed 
monolithic microfluidic device (Figure 2). In this work, 
Au et  al. printed a multilayer membrane valve using 
watershed (a biocompatible resin) with Young’s modulus 
of 2.7 GPa[20]. The diameter and thickness of the circular 

membrane were 5  mm and 100 µm, respectively. The 
membrane would deflect by ~200 µm under 2.9 psi 
pressure. Due to the large Young’s modulus, the size of the 
membrane was considerably larger than the PDMS-based 
valve to achieve the required deflection for valve closure. 
A similar circular membrane valve was demonstrated by 
Gong et al.[34] By pushing the thickness of the membrane 
down to ~20 µm, they were able to reduce the diameter 
of the membrane to ~1 mm and pack the valves into a 
dense array. The required diameter of the membrane in 
the valve at various membrane thickness was studied 
by Rogers et  al.[35] The same design was also used as 
an active Micropump in 3D-printed microfluidics[34]. 
A 3D-printed Quake valve was demonstrated by Keating 
et al. using an inkjet-based technique that is capable of 
printing multiple materials[36]. Tangoplus, a rubber-like 
flexible material was used to print the membrane while 
other parts of the microfluidic device were printed with 
rigid plastic material. Nonetheless, Tangoplus was less 
flexible than PDMS, and the dimension of the control 
channel was in the millimeter range. In addition to active 
valves, passive valves were also created in 3D-printed 
microfluidic devices. These were usually one-way check 
valves similar to those in silicon-based MEMS device. 
Sochol et al. printed microfluidic circuitry components, 
such as fluidic diodes and transistors, by incorporating 
these designs[37]. Chen et  al. incorporated these passive 
valves to prevent backflow in a 3D-printed microfluidic 
multi-chamber cell culture device that modeled the 
circulatory system[38].

Another enhancement brought to microfluidics by 
3D-printing is device modulation. With 3D-printing 
technology, it is straightforward to fabricate individual 
modules, each of which contains a single microfluidic 
component and to incorporate standard connectors on 
the individual modules for easy assembly. Bhargava 
et  al. 3D-printed cubes with a female port and a male 
connector (Figure  3)[39]. These cubes, which functioned 
as microfluidic modules, created elastic reversible 
liquid-tight seals when coupled together. Microfluidic 
components, such as straight channels, helical channels, 
and reaction chambers, were embedded in these modules. 
Non-fluidic components, such as optical components, 
were also introduced into individual modules. A  fully 
functional 3D microfluidic network was constructed 
by plug-and-play. Lee et  al. developed a 3D-printed 
modular microfluidic system assembled together with 
horseshoe-shaped pins that functioned somewhat like a 
stapler bullet[40]. To prevent leakage, O-rings were used 
at the fluidic interface between the modules. Nie et  al. 
designed lego-like microfluidic modules with press-fit 
connectors along the edge of each modular block. Due 
to the poor sealing, this system was only designed for 
capillary-driven flow and could not operate under high 
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pressure. Vittayarukskul and Lee built a truly Lego-like 
modular microfluidic platform with 3D-printed parts[41]. 
The microfluidic modules were embedded in the Lego-
patented building block[42]. In this design, the motherboard 
was fabricated by direct 3D-printing, whereas the 
individual modules were fabricated by casting PDMS 
against 3D-printed molds. A 3D microfluidic network was 
constructed by stacking the modules through the press-
fit Lego interface. The PDMS acted as a rubber seal to 
prevent the leakage. Another reconfigurable microfluidic 
system was reported by Po, which used magnets to 

couple of individual modules[43]. Two ring magnets were 
embedded at the two ends of each modular block. The 
magnetic force pulled two adjacent modules together 
tightly enough to prevent fluid leakage. The center hole in 
the ring magnet provided access for fluids at the interface.

2.2. 3D-Printed Microfluidics, Are We There Yet?
It seems 3D-printing technology has brought many 
innovations to microfluidics. Many complex microfluidic 
architectures and novel fabrication approaches have 
only been made possible through the use of 3D-printing. 

Figure 2. Three-dimensional (3D)-printed active microfluidic membrane valve. (A) The valve is open and closed configuration. (B) Fluidic 
control with the valve. (i) Valve 1 (V1, left) is open and valve 2 (V2, right) is closed. Only blue liquid flows in the central channel. (ii) V1 is 
closed and V2 is open. Only red liquid flows in the central channel. (iii) Both valves are open. A mixture of blue and red liquids flow in the 
central channel. Reproduced from Ref. Au et al.[20] with permission from Royal Chemical Society.
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3D-printing also shortens the time required from design 
to fabrication, providing a valuable rapid prototyping 
tool for microfluidic devices. But has microfluidics 
truly benefited from these innovations? Since the first 
demonstration of the microfluidics-based “lab on a chip” 
in the 1990s, microfluidics has made a significant process. 
Nowadays, microfluidics is already a mature technology 
that enjoys its prosperity in biomedical fields. The 
research emphasis on microfluidics has gradually shifted 
from the device fabrication techniques, the fundamental 
physics of fluidic behaviors, and fluidic actuation and 
sensing mechanisms, to high-value applications, such 
as large-scale single-cell/molecule analysis for genomic 
and proteomic studies as well as sample-to-answer total 
analysis for point-of-care diagnostics[1]. Therefore, any 
present and future development in microfluidics ought to 
be oriented toward specific applications for high scientific 
and social impact. That is not to say new fabrication 

technologies, such as 3D-printing, are not in demand, but 
these new technologies must bring new values and fulfill 
requirements dictated by the applications.

In spite of its many compelling advantages, 3D-printing 
faces unique problems that may hinder its applicability in 
microfluidics for high-value applications.

One of such problems is the limited printer resolution, 
particularly in the lateral direction. The lateral resolution 
of a 3D-printer is determined by the minimal line width 
generated in a single pass, and the vertical resolution 
is determined by the minimal thickness of each layer. 
The extrusion-based printers, such as FDM, have a 
lateral resolution of hundreds of microns and a vertical 
resolution of tens of microns. The resolution of liquid 
resin-based printers, such as SLA and inkjet, has a lateral 
resolution of tens of microns and a vertical resolution 
of down to single-digital microns[44]. (Although 2PP is 
also a liquid resin-based 3D-printing technology, it is a 

Figure 3. Three-dimensional (3D)-printed modular microfluidics. (A) Individual microfluidic module. (B) A microfluidic droplet generator 
is constructed by cascading three 3D-printed modules. (C) Several complex 3D microfluidic configurations constructed from 3D-printed 
microfluidic modules. Reproduced from Ref. Bhargava et al.[39] with permission from the National Academy of Science (US). Copyright 
(2015) National Academy of Sciences.
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breed of its own, which we will discuss separately in later 
sections.) Although many 3D-printing systems claim a 
printing resolution in the true microscale (<100 µm), the 
actual size of 3D-printed microfluidic features mostly 
fall in the millimeter to the submillimeter range, because 
each feature is constructed by several 3D-printed lines. 
In a rough estimate, the minimal size of a microfluidic 
feature is one order of magnitude larger than the printer 
resolution[45]. Many current high-value applications of 
microfluidics require a high degree of parallelization 
and the ability to handle micro-objects such as single 
cells, both of which demand microfluidic features with 
a size ranging from several microns to tens of microns. 
For example, the microfluidic feature in the microdroplet 
generator chip, which is used to create microscale droplets 
to encapsulate single cells, usually contains features in 
the range of tens of microns[3,46]. To achieve a microfluidic 
feature in this size range, the printer resolution has to reach 
single-digital microns or even lower. Although some of 
the latest liquid resin-based 3D printers have a submicron 
vertical resolution, their lateral resolution is still not high 
enough[47]. So far, the only 3D-printing technology that is 
capable of true microscale fabrication is 2PP. 2PP pushes 
the printer resolution to the diffraction limit of the optics, 
reaching a submicron printer resolution in both lateral and 
vertical directions. Many amazing 3D microstructures 
have been fabricated using 2PP. However, the problem 
of 2PP is its slow printing speed. In addition to the 
microscale features, the microfluidic devices also consist 
of other macroscale features. These large features would 
take too long for 2PP to print, which defeats the whole 
purpose of rapid prototyping using 3D-printing.

The quality of the 3D-printed microfluidic devices 
is another big concern. First, the dimension fidelity of 
3D-printing is poor at the microscale. In one study, the 
measured dimension of millimeter and submillimeter 
features is <6% off nominal[29]. However, when attempting 
to print true microscale features (<100 µm), the measured 
dimension is more than 60% off-nominal (Table  1). In 
addition, the side wall of the 3D-printed microfluidic 
channel may be leaning, resulting in an undesired 
trapezoid cross section. Second, the surface of 3D-printed 
parts is known to be rough with evident welding lines 

between layers. In bulk parts, the external surface can 
be easily polished. In 3D-printed microfluidic devices, 
it is almost impossible to polish the internal surface of 
the microfluidic components. Besides the welding lines, 
the surface of 3D-printed microfluidic components is 
often speckled with particulates and microcavities[48]. 
The desire to achieve a smooth surface in microfluidics 
is beyond esthetics but rather a practical concern. The 
imperfections may substantially alter the flow behavior 
and the way the surface interacts with biomolecules, 
leading to unexpected analytical outcomes. To improve 
the surface quality of 3D-printed microfluidic features, 
one could either improve the printer resolution or develop 
micro polishing techniques to smoothen the surface post 
printing.

Several other issues of 3D-printed microfluidic devices, 
such as biocompatibility and optical transparency, have 
also been noted[16,18,21]. However, these problems have 
been mitigated with the development of new materials. 
Nevertheless, a more systematic investigation of these 
materials would greatly benefit the community.

2.3. Future of 3D-printed Microfluidics
To answer the question set in the previous section, I 
do not believe 3D-printed microfluidics is quite there. 
The upcoming 3D-printing revolution in microfluidics 
might be on its way, but definitely not in sight yet. Thus 
far, 3D-printing has only been used as an alternative 
fabrication technique for microfluidics, hence does not 
add much new value to the field. The functions of most 
reported 3D-printed microfluidic devices can be easily 
realized by conventional microfluidic devices fabricated 
using 2D lithography techniques. Compared to the 
flattened 2D microfluidic network, the 3D microfluidic 
network does not show significant advantages.

3D-printing adds value by offering monolithic near-
net-shape fabrication of complex structures. To truly 
revolutionize microfluidics, in addition to improving 
the printer resolution, 3D-printing must also improve its 
capability of multi-material, multiprocess, and multiscale 
printing to monolithically create highly integrated and 
multifunctional microfluidic devices for high-value 
biomedical applications.

Besides the microfluidic architecture, a fully functional 
bioanalytical microfluidic platform also includes sensing 
elements, solid substrate for molecule and cell adsorption, 
active actuators, and other components. In traditional 
lithography-based microfabrication, these components 
are usually fabricated separately and assembled manually 
at the chip bonding stage. Solid substrate and surface 
modification are usually introduced post-fabrication 
by packing additional materials (e.g.,  particles or gel 
matrix) in the microfluidic network or through in situ 
chemical reactions. At present, several inkjet-based 3D 

Table 1. Dimension fidelity of microfluidic channels printed with 
SLA. Reproduced from Ref. Monaghan et al.[29] with permission 
from the Royal Chemical Society.

Channel 
width (μm)

Distance to the next channel 
in CAD model (μm)

Measured width 
on test piece (μm)

500 1000 949±2.64
500 500 494±2.10
500 250 258±1.94
500 125 130±4.49
500 62.5 104±0.84

SLA: Stereolithography; CAD: Computer-aided design
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printers are able to concurrently print multiple materials. 
A  rigid microfluidic device with flexible membranes as 
the pneumatic valve has been demonstrated using this 
approach[36]. Nevertheless, the number of materials that 
can be printed concurrently is small, and they can only 
be printed using the same process. The ultimate goal is to 
be able to print complex microfluidic devices with many 
types of materials, such as a rigid plastic microfluidic 
chip with flexible membranes, metal electrodes, 
hydrogel matrix, nanoparticle-packed beds, and magnetic 
composite actuators, all in one go.

To accomplish multi-material printing, multiple 
printing processes must be integrated to cope with 
different bonding mechanisms. While plastic materials 
can be printed by extruding molten plastic or crosslinking 
photopolymer resins with a low-energy light source, 
metal powders require a high-energy laser or electron 
beam to bond together. Furthermore, the material 
feeding mechanisms are also drastically different for 
different 3D-printing processes. In FDM, material is fed 
to the extruder in the form of filaments; in SLA, liquid-
resin is kept in a reservoir and reflows after each layer 
is printed; in inkjet printers, liquid resins are feed to 
the printhead through a tubing; and in SLS and SLM, 
precursor materials in the form powders are loaded into 
a powder bed and spread by a roller after each layer is 
printed. These material bonding and feeding mechanisms 
are incompatible. To realize multiprocess printing, the 
partially printed parts need to be transferred between 
platforms, and the printing processes must have the ability 
to resume from the breakpoint. A technique known as the 
print-pause-print (PPP) is able to suspend the printing 
process for users to add prefabricated components 
(e.g., electrodes) to the partially printed parts and resume 
the printing from the breakpoint to embed these added 
parts within the 3D-printed microfluidic device[49]. This 
technique points out a possible direction for multiprocess 
3D-printing. However, it does not address the challenges 
associated with the cross-platform transfer of the partially 
printed parts.

The quality of 3D-printed microfluidic devices can 
be significantly improved using ultrahigh-resolution 
3D-printing technologies such as 2PP. However, it would 
be impractical to print the entire microfluidic device 
solely using 2PP due to the extremely slow printing 
speed. In many microfluidic devices, a large portion of 
the device body plays a structural rather than functional 
role, which means a big part of the device body can be 
printed with a fast and low-resolution process. Only the 
parts that form the microfluidic architectures need to be 
printed with a high-resolution process. These parts contain 
microscale structures that directly interact with the fluids; 
hence, their surface quality is more critical. Therefore, 
multiscale 3D-printing that provides both high-speed 

and high-resolution fabrication of microfluidic devices 
is highly coveted. The multiscale 3D-printing must be 
able to adjust the printing resolution and printing speed 
according to the required specifications.

3. Microfluidics for 3D-printing
The relationship between 3D-printing and microfluidics 
could go the other way around. Microfluidics could 
also serve as the enabler of 3D-printing technologies. 
Extrusion-based 3D-printing is one of the most popular 
technologies, especially in bioprinting. As the scope of 
bioprinting expands, the type of materials to be printed 
becomes more and more intricate. New applications 
often require printing multiphase and multicomponent 
materials that cannot be handled by the conventional 
extrusion printhead. Microfluidics, with its exceptional 
ability to manipulate a small amount of fluids, has been 
incorporated into the printhead to add a layer of fluidic 
control for sophisticated bioprinting.

3.1. Current Development in Microfluidics-
enabled 3D-printing
As a matter of fact, microfluidic components are employed 
in inkjet 3D printer, such as MJF, to dispense liquid in the 
form of droplets through microfabricated nozzles. More 
complex microfluidics-enabled 3D-printing arises from 
the need to print hydrogel fibers with controlled gelation 
and composition. Early solutions employ coaxial flow to 
extrude hydrogel microfibers with cells encapsulated in 
the fiber core. Ozawa et al. created a coaxial flow system 
by cascading tapered capillary tubing[53]. The coaxial flow 
focused the cell suspension in the first capillary into the 
core of the fiber. The gel matrix precursor was injected 
from the second capillary to encapsulate the core flow. 
The gelling agent was introduced as the sheath flow 
from the third capillary, crosslinking the gel matrix and 
forming a coaxial fiber. Pancreatic β cells encapsulated in 
these microfibers maintained their viability and functions. 
Similar approaches were demonstrated by several other 
groups. Instead of cascaded capillary tubing, a manifold 
with two orthogonal inlets and a nozzle outlet as the 
printhead was used to couple the gel matrix precursor 
and the gelling agent into a coaxial flow. The printing of 
alginate hydrogel microfibers was demonstrated using 
this setup in which the cell-laden alginate was focused 
by the sheath flow containing Ca2+[54-56]. The manifold 
could be replaced by a microfluidic chip with the same 
configuration and function[57,58]. Capillary tubing or 
needles were inserted into the microfluidic channel to 
generate the coaxial flow.

Microfluidics has since moved beyond the simple 
coaxial flow. In addition to microchannels, various 
types of microfluidic components have been included in 
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the printhead to achieve more sophisticated extrusion-
based 3D-printing. Microfluidics is skilled at combining 
multiple flows from separate inlets into a single stream. 
Due to the low Reynolds number, materials stay in separate 
laminar layers in a single microfluidic channel; hence, 
different materials can be printed in close proximity. 
Colosi et  al. fabricated a simple two-inlet microfluidic 
chip as the printhead (Figure 4A and B)[50]. Two separate 
bioinks were introduced into the microfluidic chip 
from the two inlets and combined into a single stream. 
Although extruded as a single hydrogel fiber, the two 
bioinks stay separate. A similar two-channel design was 
demonstrated by Hardin et al.[59] By adjusting the flow rate 
at the two inlets, seamless switching between different 
materials during printing was accomplished. Wei et  al. 
demonstrated a multi-inlet microfluidic printhead[60]. 
Cells, hydrogel precursors, sacrificial material, and water 
were introduced into the microfluidic chip from separate 
inlets. These materials were hydrodynamically focused 
into a single outlet channel and extruded from the nozzle 
for bioprinting. By adjusting the relative flow rate at the 

inlets, the same printhead could print cell-laden solid 
hydrogel fiber, cell-laden hollow hydrogel fiber, and 
hollow double-layered hydrogel fiber. Leng et al. took a 
step further and developed a programmable multi-inlet 
microfluidic printhead[61]. The seven inlets for bioinks 
were individually controlled by solenoid valves. A base 
biopolymer was introduced into the printhead from a 
separate channel and extruded continuously from a wide 
nozzle, forming a polymer ribbon that served as a substrate 
on which the bioinks were deposited. The opening and 
closing periods of the solenoid valves determined the 
extrusion length of the bioink from each of the seven 
nozzles thus the patterns printed with the bioinks on the 
base biopolymer substrate. Using this approach, authors 
were able to print hydrogel sheets with well-controlled 
pores.

Microfluidics is capable of keeping different bioinks 
in separate layers; even they are in close proximity. 
Nonetheless, in certain scenarios, it is desirable to 
blend multiple materials to create a multicomponent 
but homogeneous bioink. Fortunately, the mixing in 

Figure 4. Microfluidics-enabled three-dimensional-printing. (A) Two-inlet microfluidic devices used as the printhead. Two bioinks are 
combined into a single micro hydrogel filament for extrusion. (B) Hydrogels printed using the microfluidic printhead shown in A. Each 
filament consists of two bioinks combined by the microfluidic printhead. (C) A three-inlet microfluidic printhead with passive mixer. 
(i)  Schematic illustration of bioprinting with the microfluidic printhead. (ii)  Herringbone passive mixer in the microfluidic printhead. 
(D) High-throughput parallel microfluidic printhead. (i) A high-degree of parallel printing with a bifurcating microfluidic network. (ii) and 
(iii) Microfilament arrays printed with the microfluidic printhead. A and B are reproduced from Ref. Colosi et al.[50] with permission from 
Wiley. C is reproduced from Ref. Serex et al.[51] with the permission granted under the creative common license. D is reproduced from Ref. 
Hansen et al.[52] with permission from Wiley.
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microfluidics has been studied extensively. Numerous 
mixing strategies have been developed specifically for 
microfluidics. Designs of microfluidic mixers, both 
passive and active, have been incorporated into the 
extrusion printhead to homogenize multiple bioinks. 
Serex et al. developed a 3-inlet microfluidic printhead[51]. 
Materials from the inlets merged in the outlet channel. 
Various microfluidic components could be added to the 
outlet channel for different purposes. To promote the 
mixing, a herringbone structure was added to the surface 
of the outlet channel. As the materials traveled down the 
outlet channel, the herringbone induced chaotic mixing 
and homogenized the mixture before extruding it for 
printing (Figure  4C). Ober et  al. studied a propeller-
based active mixer for the printhead[62]. As materials from 
different inlets entered the mixing chamber, the propeller 
efficiently homogenized them in low volumes over a 
short timescale. Using this approach, the authors printed 
a structure with a fluorescent concentration gradient 
obtained by mixing inks at different ratios.

Microfluidics also enables a range of unique fluidic 
operations, which leads to unique 3D-printing strategies. 
Microfluidics is well known for its capability of high-
degree parallelization which has been explored for 
high-throughput printing. Hansen et  al. developed a 
printhead with a multi nozzle array for parallel printing 
(Figure 4D)[52]. Bioinks were introduced to the printhead 
from a single inlet which bifurcated several times, forming 
up to 64 outlet channels and nozzles. The bifurcating 
microfluidic network ensured that the extrusion rate at all 
nozzles was the same. This printhead could significantly 
improve the printing speed of tissue engineering scaffolds, 
which usually consisted of a large number of repetitive 
structures. Composite materials were often printed with 
multiphase inks composed a liquid-phase resin and solid-
phase particles. Microfluidic components were added 
to the printhead to pre-condition the multiphase ink for 
printing. One such operation was to concentrate the 
particles. Serex et al. added a passive crossflow filter to 
the microfluidic printhead, which removed liquid from 
the ink as it moved toward the nozzle, leading to a high 
concentration of particles in the extruded ink[51]. The 
particle concentration could also be realized with an 
active concentrator. Collino et al. incorporated an acoustic 
wave generator to localize the particles in the microfluidic 
printhead[63]. When particles were localized to the center 
of the channel, liquid on both sides was removed by side 
channels, concentrating the particles to the central channel 
for printing. The same strategy was used to distribute 
particles along the print line. Particles with different 
morphologies would respond differently to the acoustic 
wave, hence were localized to different positions along the 
microfluidic channel. Droplet microfluidics was a special 
type of microfluidic system in which one of the liquids 

was sheared into the discrete volume by another liquid, 
resulting in a train of droplets in the microfluidic channel. 
Li et al. used a droplet microfluidic device as the printhead 
to print hydrogels with embedded liquid droplets[64]. The 
printhead used the resin to shear the aqueous solution 
into droplets. Authors demonstrated the printing of self-
healing polymer using this approach. When damaged, 
the embedded droplets at the damaged surface released 
chemical agents to repair the fracture. Visser et  al. also 
used droplet microfluidics for bioprinting[65]. Instead of 
generating droplets in a microfluidic channel, a piezo-
actuated dispenser ejected droplets of hydrogel precursor 
in the air which later ran into a liquid stream of crosslinker 
that was also ejected in air. The hydrogel beads generated 
by the free-space droplet microfluidic system were used as 
the building block for bioprinting.

3.3. What is Next for Microfluidics-enabled 
3D-printing?
The incorporation of microfluidic technology in 3D 
printing could potentially disrupt the current norm. 
Fluidic operations, such as mixing, sorting, and 
hydrodynamic focusing, can be further explored to 
promote the development of new 3D printers or even 
hybrid 3D-printing process.

Advances in microfluidics, particularly the 
development of new microfluidic modalities, would 
also bring new opportunities to 3D-printing. There are 
many types of microfluidic systems in addition to the 
conventional closed-channel microfluidics. In a way, 
3D-printing is analogous to building construction. The 
current extrusion-based bioprinting is equivalent to 
pouring concrete on site. However, buildings could 
also be constructed with precast modular blocks so is 
3D-printing. Instead of curing the ink in situ, inks can 
be pre-shaped into standard modular blocks, and the 3D 
construction is accomplished by moving these modular 
blocks to designated locations. Take digital microfluidics, 
for example, digital microfluidics manipulates discrete 
droplets on an open surface with a large degree of 
freedom. It provides an excellent tool to prefabricate 
discrete building blocks as well as a means to remotely 
actuate these building blocks. For example, magnetic 
digital microfluidics manipulates droplets by a magnet 
through the magnetic particles added to the droplet. It has 
the ability to move droplets across platforms in 3D with 
the assistance of surface modifications. Magnetic digital 
microfluidics could be applied to the manipulation of 
precast hydrogel blocks for 3D construction.

4. Conclusion and Future Perspective
In this work, we take a critical look at both 3D-printed 
microfluidics and microfluidics-enabled 3D-printing 



� Zhang Y

	 International Journal of Bioprinting (2019)–Volume 5, Issue 2� 71

technology. Certain opinions might be a bit harsh, but our 
conclusion that neither field is established well enough to 
make an impact would stand. The capability of 3D-printed 
microfluidics has not surpassed its conventional 
counterpart. An alternative fabrication method is unlikely 
to make a disruptive advancement to a well-established 
field of microfluidics. Microfluidics-enabled 3D-printing 
brings more possibility to multimaterial and multiphase 
printing, but it is currently limited to extrusion-based 
3D-printing and faces difficulty in extending to other 
3D-printing modalities.

For 3D-printed microfluidics to make a real impact, 
new multimaterial, multiprocess and multiscale 
3D-printing technologies must be developed to address 
the issues such as surface quality, fabrication speed, and 
multifunctionality. 3D-printed microfluidics will only 
be recognized as a field of its own if a multicomponent 
3D microfluidic device for high-value biomedical 
applications can be monolithically fabricated within a 
reasonably short timeframe. This goal might be achieved 
by applying microfluidics-enabled 3D-printing to 
3D-printed microfluidics, which would provide better 
control for multimaterial and multiphase printing. In any 
case, there is still a long way to go.
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Abstract: Injured skeletal muscles which lose more than 20% of their volume, known as volumetric muscle loss, can no 
longer regenerate cells through self-healing. The traditional solution for recovery is through regenerative therapy. As the 
technology of three-dimensional (3D) bioprinting continues to advance, a new approach for tissue transplantation is using 
biocompatible materials arranged in 3D scaffolds for muscle repair. Ultrashort self-assembling peptide hydrogels compete 
as a potential biomaterial for muscle tissue formation due to their biocompatibility. In this study, two sequences of ultrashort 
peptides were analyzed with muscle myoblast cells (C2C12) for cell viability, cell proliferation, and differentiation in 3D cell 
culture. The peptides were then extruded through a custom-designed robotic 3D bioprinter to create cell-laden 3D structures. 
These constructs were also analyzed for cell viability through live/dead assay. Results showed that 3D bioprinted structures of 
peptide hydrogels could be used as tissue platforms for myotube formation – a process necessary for muscle repair.

Keywords: Three-dimensional bioprinting; Peptide; Biomaterials; Bioinks; Tissue engineering; Myoblasts

1. Introduction
Drastic muscle loss resulting from injury, birth defect, or 
cancer ablation restrains muscles’ ability to reconstruct 
through self-healing, consequently requiring regenerative 
treatments through engineered tissues[1]. Around 45 million 
cases of reconstructive surgeries are reported yearly in the 
USA[2]. Autologous tissue transfer is the present treatment 
for massive tissue loss. However, patients undergo 
complications and functional restrictions resulted from 
harvesting tissues from a donor[3]. Moreover, the access 

to sufficient tissues and organs for all patients is nearly 
impossible, and many patients die waiting for available 
organs due to long transplant waiting lists. Furthermore, 
implanting compatible foreign biomaterials can cause 
dislodgment, fracture, and infection. These challenges 
have simulated a need to pursue and develop innovative 
approaches to deliver required tissue[4].

Skeletal muscle is a soft tissue that constitutes 
approximately half of the human adult body mass[5]. 
Muscles mass is profoundly affected by many factors such 
as nutritional level, hormonal status, physical activity, 
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and illness or injury, which influence the balance of 
protein synthesis and degradation[6]. Skeletal muscle 
is a voluntary moveable tissue that has the ability to 
convert chemical energy into mechanical energy and then 
transfer it to tendon tissue. It also supports soft tissue 
and maintains body posture[7]. In addition, this tissue is 
responsible for different functions of the body such as 
respiration and protection of abdominal viscera, and also 
controls the movement of limbs[8]. Skeletal muscle tissue 
exhibits the native capability to regenerate and repair 
through the activation of local satellite cells[8,9].

However, this ability declines with age as well as in 
clinical conditions such as tumor resection and traumatic 
sport injuries including concussions and strains, and 
muscular dystrophy that may result in volumetric muscle 
loss (VML). In these injuries, approximately 20% or more 
of the muscle mass is lost[10,11] and, as a result, tissues 
lose the ability to signal each other and become unable to 
repair themselves through natural physiological processes. 
Thus, surgical intervention is needed[12-15] to restore normal 
function and prevent  the formation of scar tissue[13], 
which may lead to muscle atrophy and prevent muscle 
regeneration[16]. Around the world, millions of people are 
affected by these clinical conditions which cause significant 
social and economic problems[17,18]. As such, alternative 
technologies are urgently needed for the reconstruction of 
skeletal muscle tissues that have experienced VML and 
need to regenerate new functional tissue[10,19].

An alternative approach for VML treatment and 
organ fabrication is tissue engineering through the use 
of biological scaffolds[20]. The process of muscle tissue 
engineering is the same as that of skin tissue engineering: 
The cells are grown in a three-dimensional (3D) 
environment, similar to how they would grow in vivo 
using biomaterial scaffolds. Particular interest is taken 
in scaffolds made from self- assembling peptides for 3D 
culture and bioprinting because of their synthetic, yet 
natural background. They have been used as biomaterials 
and matrices to deliver encapsulated bioactive molecules 
in therapeutic applications and regenerative medicine[21-25]. 
Many hydrogels have been used and assessed for their 
mechanical properties, cellular activity, and myogenic 
potential. However, a need is still present to develop the 
most appropriate material that is efficient in maintaining 
mechanical stability and promoting myotube formation[26].

The principle of 3D bioprinting allows the capability of 
fabricating constructs of a fully customized muscle. This 
technology depends on forming a complex biological 
construct by dispensing cells and bionics in a layer-
by-layer fashion. Due to these excellent features, 3D 
bioprinting has become the ultimate solution for tissue 
engineering, especially when reconstructing skeletal 
muscles. Inspired by this emerging technology, we aim 
to study the printability of our custom-designed robotic 

3D bioprinting system[27,28] to fabricate 3D scaffolds 
for the differentiation of myoblast cells. The process of 
3D bioprinting is believed to enhance the arrangement 
of homogeneous cellular scaffolds and improve cell 
proliferation and adhesion for myotube formation. Two 
sequences of self-assembling peptides are tested and 
analyzed for cell viability, proliferation, and differentiation. 
The promising results indicate that 3D bioprinting of self-
assembling ultrashort peptides may valuably improve the 
process of muscle tissue engineering.

2. Materials and Methods
Two tetrameric self-assembling peptides CH-01 and 
CH-02 were custom-synthesized in our Laboratory for 
Nanomedicine. Mouse myoblast cells (C2C12) were 
obtained from ATCC, USA. The following materials 
were ordered from Gibco, USA: Dulbecco’s modified 
eagle medium (DMEM), fetal bovine serum (FBS), heat-
inactivated horse serum, Dulbecco’s phosphate-buffered 
saline (PBS) solution, and penicillin-streptomycin 
(P/S) antibiotics. An 3-(4,5-Dimethylthiazol-2-yl)-2,5-
diphenyltetrazolium bromide (MTT) cell proliferation 
assay kit and a LIVE/DEAD Viability/Cytotoxicity kit 
were purchased from Promega, USA. Immunostaining 
antibody myosin heavy chain (MHC) was purchased 
from Abcam. Cell culture flasks and 96-well plates were 
ordered from Corning, USA.

2.1. Preparation of Peptide Hydrogel
CH-01 and CH-02 peptide powders were dissolved in 
Milli-Q water. Then, 10× PBS was mixed into the peptide 
solution. Gelation of both peptides occurred within a few 
minutes at a minimum concentration of 4  mg/mL and 

Figure  1. The self-assembling peptides CH-01  (4  mg/ml) and 
CH-02 (3 mg/ml) generate macromolecular nanofibrous hydrogels 
in an aqueous solution, the gelation was enhanced using phosphate 
buffer saline.
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3 mg/mL for CH-01 and CH-02, respectively, as shown 
in Figure 1. The final volume ratio of peptide solution and 
10× PBS was 9:1.

2.2. Characterization of the Topography and 
Morphology of Peptide Hydrogels

2.2.1. Evaluation of Fiber Structures by Field-emission 
Scanning Electron Microscopy (SEM)

The peptide nanogels were dehydrated by gradually 
increasing concentrations of 30%, 50%, 70%, 90%, 
and 100% (v/v) ethanol solutions for 15  min in each 
solution. Further dehydration in 100% ethanol solution 
was continued by changing the absolute ethanol solution 
with a fresh one twice for 15 min each. The dehydrated 
samples were subsequently kept in 1:2 ratio of 
hexamethyldisilazane (HMDS) and ethanol for 20 min, 
followed by 20 min of incubation in a fresh solution of 
2:1 ratio of HMDS and ethanol and then in 100% HMDS, 
performed twice for 20  min. Finally, the samples were 
stored overnight in a fume hood to allow HMDS to 
evaporate. Before imaging, the samples were mounted 
onto SEM grids using conductive carbon tape, and then 
sputter-coated with a 5 nm thick coating of iridium and a 
3 nm thick coating of gold/palladium. Images were taken 
of the coated samples with a field emission SEM system 
(FEI Nova Nano630 SEM, Oregon, USA).

2.3. Cell Culture and Growth Conditions

2.3.1. Mouse Myoblast Cells (C2C12)

Mouse myoblast cells (C2C12) were cultured either in a 
T175 or T75 culture flask in complete DMEM media (10% 
FBS and 1% P/S). The cells were placed in a humidified 
incubator with 95% air and 5% CO2 at 37°C. Then they 
were subcultured using trypsin at approximately 80% 
confluence. Fresh culture media was added every 48 h.

2.3.2. 3D Culture of Myoblast Cells in Peptide 
Hydrogels

In a 96-well plate, mouse myoblast   cells   were   
encapsulated in peptide hydrogels, as previously 
described[1]. Briefly, peptide solutions CH-01 (4 mg/ mL) 
and CH-02 (3 mg/mL) were added at 40 μL/well. Mouse 
myoblast cells (30,000 cells/well) that were re-suspended 
in 2xPBS were mixed gently with the peptide solutions. 
The gelation time was 3-5 min. Subsequently, the culture 
medium was added to the wells.

2.3.3. Differentiation of Myoblast Cells within 3D 
Culture Construct

6 days of culturing myoblast cells inside the 3D environment 
in the growth medium, the culture conditions were then 

changed to differentiated mode to study differentiation 
behavior for 8 days. The differentiation medium contained 
DMEM supplemented with 2% horse serum and 1% P/S.

2.4. Biocompatibility Evaluation of Tetrameric 
Ultrashort Self-assembling Peptides in Two-
dimensional (2D) Culture

2.4.1. Cell Viability Assay (MTT Assay)

All biocompatibility studies were performed in a 
96-well plate. C2C12  (10,000  cells/well) were seeded 
in a complete medium. After 2  days, the medium was 
discarded, and the cells were incubated for 48  h with 
different concentrations of peptide solution, at 37°C, 
95% air, and 5% CO2, Matrigel was used as a control. 
A  colorimetric MTT assay was used to determine cell 
viability as advised in the manufacturer’s protocol. 
Briefly, the phenol-free fresh medium was mixed with 
10% MTT reagent. Each well was incubated for 4 h with 
100 μL MTT reagent including the positive control wells. 
Insoluble crystals of formazan were dissolved by adding 
100 μL of dimethyl sulfoxide to each well. Finally, the 
absorption of individual wells was recorded at 540 nm 
using a plate reader (PHERAstar FS, Germany).

2.5. 3D Bioprinting of Myoblast Cells

2.5.1. 3D Bioprinting

In two vials, 15 mg of CH-01 and CH-02 peptide powder 
each were weighed out and placed under UV for 30 min 
sterilization. The peptide powder was dissolved in 1mL of 
MilliQ water and the peptide solution was then vortexed and 
sonicated to obtain a homogenous solution. The vials were 
placed in an incubator at 37°C and 5% CO2. The incubation 
time for the CH-01 pre-gel bioink solution was 3.5 h, but 
was 2 h when using the CH-02 pre-gel bioink solution.

A custom-designed robotic 3D bioprinter[27,28] was set 
up with commercial microfluidic pumps. A  homemade 
two-inlet nozzle was used for extrusion. A  heatbed was 
set to 37°C to create a suitable environment for the cells 
once extruded within the peptide bioink. Two commercial 
microfluidic pumps were loaded for extrusion. A simple 
gcode file was used to create a structure of 8 layers.

Pump 1 was loaded with the peptide pre-gel solution 
and set to a flow rate of 60 µL/min. Pump 2 was loaded 
with myoblast cells containing serum-free DMEM culture 
media. The same procedure was conducted for both 
peptides. 17-18  samples were printed for each peptide 
with a height of 7-8 layers for each sample.

2.5.2. Live/Dead Assay

A two-color fluorescence assay was used to assess the cell 
viability within the printed constructs. Calcein was used 
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as a marker for living cells and ethidium homodimer for 
dead cells. The bioprinted tissues were washed in PBS 
3 times and treated with calcein AM (green) and ethidium 
homodimer-1 (red) at 1:2 ratio in PBS. The samples were 
then placed for 20 min in a dark incubator at 37°C and 
5% CO2. After staining, they were washed again 3 times 
in PBS. A confocal microscope (Leica SP8) was used for 
image acquisition.

2.6. Immunofluorescence Staining of 
Differentiated Myoblasts
The differentiation of mouse myoblast cells within both 
hydrogels was studied in a glass confocal dish (12mm) by 
immunofluorescence analysis. C2C12 (30,000 cells/plate) 
were embedded in different hydrogels. After 8  days of 
differentiation, 4% paraformaldehyde solution was 
used for cells fixation. After 20 min incubation at room 
temperature, the cells were permeabilized and labeled 
with primary anti-MHC (1:300 PBS) for 1 h followed by 
1 h incubation with secondary anti-mouse IgG-fluorescein 
isothiocyanate and DAPI. The myotube formation was 
observed with fluorescence confocal microscopy (Zeiss 
LSM 710 Inverted Confocal Microscope, Germany).

2.7. Statistical Analysis
All results are presented as a mean±standard deviation. 
Each type of test was repeated in three similar experiments. 
Statistical differences among the experimental groups were 
determined with one-way analysis of variance. When P<0.05, 
the results were considered to be statistically significant.

3. Results

3.1. The Nanofibrous Morphology of Self-
assembling Peptides
The nanofibrous morphology of the self-assembling 
peptides was observed through SEM imaging. It was 
then compared to the morphology observed in bovine 
collagen (Figure  2A), which is comprised by a unique 
triple-helical structure[23]. SEM results confirmed that 
the fibrous structures of these peptides resemble the 

fibrous structure of collagen in terms of architecture. The 
detailed assessment of CH-01 (Figure  2B) and CH-02 
(Figure  2 C) showed that the fibrous structures of these 
peptides resemble the fibrous structure of collagen in terms 
of architecture. This nanofibrous structure was produced 
from the antiparallel pairing of two peptide monomers 
(Figure 1). Subsequently, the assembly of the peptide pairs 
by stacking facilitated the formation of the fibers. The 
hydrogel was formed by the condensation of these fibers.

3.2. Cell Viability Results (MTT assay)
After 24 h of incubation, cell proliferation was tested 
with different peptide concentrations to evaluate 
biocompatibility. The MTT assay was used to quantify 
the number of viable cells. This was done by plotting a 
standard curve for a known number of cells (Figure 3B). 
Test results indicated that the differences between both 
peptides CH-01 (Figure  3C), CH-02 (Figure  3D), and 
positive control, Matrigel were non-significant, indicating 
that both scaffolds were suitable and biocompatible on 
muscle myoblast cells.

3.3. Differentiation of Muscle Myoblasts
To confirm whether these scaffolds induce differentiation 
of C2C12 myoblasts, the expression of MHC, which 
is a late-stage differentiation marker of myogenesis, 
was observed through immunostaining. After inducing 
differentiation of the cells in differentiation media for 
8  days, MHC expression was observed from myoblasts 
cultured on both scaffolds and was found to be similar 
to the positive control Matrigel, as shown in Figure 4A. 
These findings indicate that both scaffolds promote 
muscle cell differentiation, thus suggesting that these 
materials may prove to be beneficial in increasing muscle 
mass. The fusion index was calculated from MHC stained 
cells, which is defined as the number of nuclei present 
in myotubes in comparison to the total number of nuclei 
present in the observed field. Statistical analysis revealed a 
significant increase in the number of myotubes containing 
four or more nuclei in cells encapsulated within CH-01, 
when compared to other tested materials (Figure  4B). 
In addition, quantitative investigation of cell elongation 

Figure 2. Field emission scanning electron microscopy images of nanofibrous structure of 2.5 mg/mL bovine collage type I (A), 4 mg/mL 
CH-01 (B), and 3 mg/mL CH-02 (C).

A CB
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within the scaffolds was estimated by the cell aspect ratio, 
which is defined as the proportion between the length of 
the longest line and the length of the shortest line across 
the nuclei. The results demonstrated a slight increase 
in the cell aspect ratio in the 3D cultures using peptide 
hydrogels and Matrigel as the 3D control, different to 
the 2D culture. However, these increases did not reach 
statistical significance (Figure 4C).

3.4. Cell Viability Results of 3D Bioprinted 
Structures
The intensity of green fluorescence of the 3D printed 
cell-laden constructs shown in Figure  5 revealed 
that most of the cells remained viable in both peptide 
hydrogels throughout 5  days indicating that the 
diffusion of nutrients and removal of waste products 
were sufficient to maintain cell viability. There were 
only very few dead cells visible within the matrix. It is 
worth mentioning that the reduction in cell viability with 
4 mg/ml (Figure 3C) and 3 mg/ml (Figure 3D) is not due 
to the toxicity of the hydrogels and cell death, but due 
to a change in the local cellular microenvironment and 
diffusion barrier.

4. Discussion and Conclusion
Myotube formation plays a key role in repairing muscular 
functions. The enhancement of differentiation of myoblast 
cells into myotubes using different biomaterials is 
a valuable area of interest. Conventionally, skeletal 
muscle tissue is engineered by fabricating muscle tissues 
in vitro using myoblast cells and modified scaffolds. 
Key factors including biocompatibility, biodegradability, 
and formation of polar parallel myotubes determine the 
success of tissue-repaired transplantation. Studies have 
shown that orderly arranged 3D scaffolds can promote 
cell adhesion and proliferation[29]. Ideal scaffolds should 
create environments that are suitable for cell proliferation, 
differentiation, alignment, orientation, and migration 
during the reparation of tissue damages[30]. This study used 
3D printed structures to promote myogenesis, a process 
necessary for muscle repair. The structures were 3D 
bioprinted from biocompatible and biodegradable materials 
that simulate highly complex structures of extracellular 
matrix (ECM), and their effects on differentiation in 3D 
culture myoblast cells were observed.

In this study, we used previously designed tetrameric 
peptides for the following purposes: The first purpose 

Figure  3. Graphical representation of 3-(4,5-Dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide assay of mouse myoblast cells 
incubated with different peptide concentrations for 24 h, CH-01 (C), CH-02 (D), and positive controls, Matrigel (A) was used. A standard 
curve for a known number of cells (B).

A C

B D
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aimed to test the ability of these materials to be used as 
scaffolds to facilitate myotube formation in a 3D culture, 
which is needed in muscle repair. The second purpose 
was to test the efficacy of our designed peptide nanogels 
to maintain the viability of skeletal muscle cells after 3D 
bioprinting. These purposes focus on the aim to assess 
the biocompatibility of the tetrameric peptides on skeletal 
muscle cell proliferation and differentiation as well as to 
fabricate a 3D muscle model.

The outcome of the nanofiber network formed from 
the self-assembling of ultrashort peptides CH-01 and 
CH-02 was confirmed by SEM, with an average diameter 
of peptide nanofibers of around 10-20  nm, where the 
fibers structurally resemble collagen fibers with respect 
to topography[31]. The diameter of these nanoscale 
fibers ranges within the diametric scope found in the 
natural ECM (5-300  nm)[32]. In our previous study[33], 
the mechanical stiffness and stability of both peptide 
nanogels were determined using oscillatory rheology 
based on measuring the storage modulus (G’) and loss 
modulus (G”). The G” values of CH-01 and CH-02 were 
found to be less than their G’ values indicating the gel 
state of both samples[34].

Cellular proliferation, adhesion and the formation of 
3D cellular networks play a key role for tissue repair and 
regeneration. Thus, the cytocompatibility of the peptide 
nanogels was evaluated using mouse myoblast cells 
(C2C12). The in vitro investigation demonstrated that 
exposure of C2C12 to different concentrations of peptide 

nanogels did not affect cell growth when compared 
to cell growth in tissue culture plates and positive 
control, Matrigel®. The results demonstrated that the 
cells were metabolically active in response to different 
concentrations.

Based on this observation, we could confirm that 
the peptide nanogels are promising materials for the 
fabrication of muscle substitutes as well as 3D muscle 
graft models, particularly in the context of VML. In 
summary, our studies show that newly developed peptide 
nanogels provide native cues to mouse myoblast cells as 
most cells were found to be alive with very few dead cells.

In our previous paper[33], we had shown that both 
peptides have good printability, which opens the 
possibility of 3D bioprinting different cell types. In this 
work, the 3D bioprinted scaffolds, which simulate highly 
complex structures of ECM, were engineered by our 
custom-designed robotic 3D bioprinter. The cells were 
infused into the 3D constructs during printing through a 
custom extrusion method. The two-inlet nozzle, fabricated 
in-house, allowed the gelation of the peptide and even 
distribution of the cells within each layer of the construct. 
The results showed that the 3D printed scaffolds could 
enhance adhesion and proliferation for at least 5 days as 
can be seen in the results of the live-dead assay. Moreover, 
they could promote myotube formation and hence induce 
the myogenic differentiation of C2C12 myoblast cells 
in 3D culture. This confirms the biocompatibility of 
the 3D bioprinted structures and suggests that they can 

Figure 4. Overlaid confocal fluorescent images of differentiated mouse myoblast cells encapsulated in the peptide (4 mg/ml CH-01 and 
3 mg/ml CH-02) and 4 mg/ml Matrigel. The encapsulated cells were cultured for 8 days in differentiation medium. Nucleus showed in blue 
and myosin heavy chain shown in green, (A) percentage of fusion index after 8 days, (B) and nuclear aspect ratio of differentiated muscle 
cells, (C) scale bar is 50 µm.

A

B C
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potentially be used as cell culture platforms for skeletal 
tissue engineering and regeneration.

Various studies argue that improved adhesion or 
proliferation of myoblasts promotes differentiation due to the 
confluence effect[35]. Our findings show that the 3D culture 
system not only enhances cell adhesion and proliferation 
but also helps in myogenic differentiation, as shown by 
the expression levels of MHC in C2C12  cells cultured 
within 3D scaffolds. Cell proliferation and migration can 
be further enhanced by forming a 3D scaffold of cell-laden 
layers. These scaffolds can strongly influence the polarity 
of cells through a process called “contact guidance”[35]. 
The proliferation and differentiation of the cells can only 
be facilitated if the cells can penetrate into the scaffolds, 
and hence form skeletal muscle tissues. Although the 3D 
bioprinted constructs could not completely mimic the 
structure and functions of a native cell microenvironment, 
their transplantation into the injured or punctured skeletal 
muscle in future in vivo studies may contribute to improved 
muscle repair. Overall, our results demonstrate that the 3D 
bioprinted constructs are biocompatible and may be used 
as biomimetic platforms to promote cell differentiation, 
adhesion, and proliferation.

Further, in vivo studies should be performed to assess 
how the 3D peptide scaffolds work when seeded together 
with autologous myoblast cells. Follow-up studies are 
critically needed as they will allow for a more precise 

evaluation of the injuries’ fate post-grafting. We believe 
that the described results represent an advancement in the 
context of skeletal muscle tissue engineering, opening up 
opportunities for tissue replacement and repair.
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Abstract: With the development of three-dimensional (3D) printing, many commercial 3D printing materials have been applied 
in the fields of biomedicine and medical. MED610 is a clear, biocompatible PolyJet material that is medically certified for 
bodily contact. In this study, the polydopamine (PDA)/hydroxyapatite (HA) coating was added to the printed MED610 objects 
to evaluate its physical properties, cell proliferation, cell morphology, and alkaline phosphatase expression level. The results 
show that the PDA/HA coating helps printed objects to enhance the hardness, biocompatibility, and osteogenic differentiation 
potential. We expect that PDA/HA coatings contribute to the applicability of MED610 in biomedical and medical applications.
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1. Introduction
With the development of multidetector computed 
tomography and magnetic resonance imaging (MRI), the 
three-dimensional (3D) structure of the patient’s body can 
be presented by these medical imaging techniques and 
computer-aided software engineering. The 3D structures 
can be converted to the interpreted surface tessellation 
language files for 3D printing by the computer software 
processing. Therefore, the 3D printing technology in 
modern medicine has great development in current years[1]. 
The events of 3D printing applied in current medical 
practice were shown below: (1) The manufacturing of 
in vitro mechanical aids: The 3D printing technology 

can be used to create customized and mechanical aids 
to restore patient’s physical control and action. Cases: 
Arthrogryposis multiplex congenital and paralyzed 
patients[2]. Advantages: The small number of customized 
products can be manufactured. (2) The development of the 
customized implant molds: The required and customized 
metal or silicone implants can be fabricated through the 
molds which are obtained by the 3D printed patient’s 
desired polymer implant models[3,4]. (3) The pre-operative 
3D model: By 3D printing of patient’s tissue models, the 
more complicated or high-risk surgery can be planned 
in advance and the time of surgery can be shortened to 
decrease the surgical risk[4]. In addition, 3D printing 
model can also facilitate the improvement of commercial 

The mussel-inspired assisted apatite mineralized on PolyJet material for artificial bone scaffold.© 2019 Chen, 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-nc/4.0/), permitting 
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products, such as artificial pelvis[5]. (4) The manufacturing 
of customized implants: The implants were fabricated by 
3D printing technology and can be used for long-term 
implantation. Cases: 3D printed bioresorbable airway 
splint for tracheobronchomalacia[6], 3D printed skull 
implant[7], hip[8], pelvis[9], jaw[10] and so on.

Although 3D printing in modern medicine had many 
practical cases and has a lot of advantages, it still has 
many challenges that need to be solved. First, the 
biocompatible materials for 3D printing in the market 
are limited and the materials cannot satisfy the specific 
needs of desired strength, flexibility, and hardness. In 
addition, the polymerization of 3D printable materials 
usually involved with hot and organic solvents. The 
materials did not have good biocompatibility and cannot 
be used in biomedical and tissue engineering. Although 
some natural materials such as collagen or gelatin have 
been applied in 3D printing technology[11], they cannot 
provide good mechanical properties and the strength 
are usually increased by toxic cross-linking agents. 
Therefore, developing new biocompatible materials or 
new strategies to enhance the biocompatibility of printed 
objects is a very important issue.

In the current year, scientists have devoted considerable 
attention to polydopamine (PDA)-related research[12]. 
PDA has the excellent adhesive force to bind with various 
substrates containing plastics, oxides, noble metals, 
ceramics and so on, and it can also supply secondary 
reactivity for conjugating molecules[13-15]. It provides a 
new strategy through simple chemistry to modify various 
substrates and increase the function and biocompatibility 
of substrates[16-18]. In 2014, Wu’s group showed self-
assembled Ca-P/PDA composite nanolayers can modify 
the surface of materials and provide the bioactivity 
for bone regeneration[19]. In our previous study, we 
also demonstrated the angiogenesis and osteogenesis 
of human mesenchymal stem cells (hMSCs) cultured 
on the polycaprolactone scaffold with PDA-coated/
hydroxyapatite (HA) precipitate can be promoted[20].

In this study, PDA-coated/HA precipitate was modified 
on the objects printed with the commercial PolyJet 
photopolymers (MED610), which only support short-term 
mucosal-membrane contact of up to 24  h. The modified 
objects had greater biocompatibility and better osteogenesis 
ability. These results pointed out that this strategy can 
increase the biocompatibility of printed objects and facilitate 
the development of 3D printing in biomedicine.

2. Materials and Methods

2.1 MED610 3D Printed Object Fabrication
The 3D printed objects were through SolidWorks (Dassault 
Systemes SolidWorks Corp., USA) and fabricated 
by a Stratasys Objet500 Connex3 PolyJet printer 

(Objet/Stratasys, USA) with MED610 biocompatible 
photopolymers (Objet/Stratasys, USA). The objects 
were printed with a thickness of 3  mm and a diameter 
of 6 mm for the evaluation of mechanical properties and 
with a thickness of 3 mm and a diameter of 6 mm for the 
biological test. The uncured photopolymers were washed 
away, and the objects were post cured under UV light to 
obtain fully cured objects. In addition, the objects were 
washed again for cell culture.

2.2 PDA Coating and HA Mineralization
The PDA was deposited onto the MED610  3D printed 
objects by direct immersion coating. The objects were 
immersed in a solution of dopamine hydrochloride (Acros 
Organics) (2  mg/mL in 10 mM Tris, pH  8.5) for PDA 
coating, shaken at 25 rpm for 12 h at room temperature, 
and then rinsed several times with deionized water 
and dried. For HA crystal mineralization, the objects 
were treated with calcium and phosphate solution. 10× 
simulated body fluid (SBF) solution was chosen to initiate 
uniform nucleation and growth. A stable stock solution of 
NaH2PO4.H2O (1.198 g), NaCl (58.44 g), KCl (0.375 g), 
CaCl2·2H2O (1.016 g), and MgCl2·6H2O (3.675 g) at pH of 
about 4.1 was prepared and then added NaHCO3 (0.84 g) 
was added to adjust the pH to about 6.3. The objects were 
immersed in 10×SBF at room temperature for 1 h.

2.3 Characterization
Using X-ray diffractometry (XRD; Bruker D8 SSS, 
Karlsruhe, Germany) at 30 kV and 30 mA with a scanning 
speed of 1o/min., the phase composition of the objects with 
or without coatings was analyzed and the concentration 
of the measured elements was given in atomic percent. 
Besides, the scanning electron microscope (SEM) images 
of the samples were obtained with a SEM (SEM; JSM-
6700F, JEOL) operated in the lower secondary electron 
image mode at 3 kV accelerating voltage. Furthermore, 
the hardness of the samples was evaluated by the Vickers 
hardness test.

2.4 Cell Proliferation
All samples were immersed in 75% ethanol and 
exposed to UV light for 30 min for sterilization before 
cell experiments. The hMSCs were obtained from 
Sciencell Research Laboratories (Sciencell, Carlsbad, 
CA) and cultured with mesenchymal stem cell culture 
medium (Sciencell) at 37°C in a 5% CO2 atmosphere. 
Cell suspensions at a density of 104  cells/sample were 
directly seeded on each sample. The cells were cultured 
on tissue culture plates without materials (control, Ctl) 
or the objects with or without coatings for different days 
and the cell viability was evaluated by the PrestoBlue® 

(Invitrogen, NY, USA) assay. The optical density was 
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obtained in a multi-well spectrophotometer (Hitachi, 
Tokyo, Japan) at 570 nm with a reference wavelength of 
600 nm.

2.5 Cell Morphology
After 12 h of cell culture, the samples with hMSCs were 
washed with cold PBS and fixed by 1.5% glutaraldehyde 
(Sigma-Aldrich, MO, USA) for 2  h and then were 
dehydrated by a graded ethanol series for 20 min at each 
concentration and dried with liquid CO2 by a critical 
point dryer device (LADD 28000, LADD, Williston, VT, 
USA). The dried samples were mounted on stubs, coated 
with gold particles, and investigated by SEM (JEOL 
JSM-7401F, Tokyo, Japan).

2.6 Osteogenesis Assay
After 3 and 7  days of cell culture, the level of 
alkaline phosphatase (ALP) activity was evaluated 
using p-nitrophenyl phosphate (pNPP, Sigma) as the 
substrate. The samples were mixed with pNPP in 1 M 
diethanolamine buffer for 15  min, then stopped by the 
addition of 5N NaOH and quantified by absorbance at 
405 nm. The experiments were performed in triplicate.

2.7 Statistical Analysis
A one-way variance statistical analysis was used to 
evaluate the significance of the differences between 
the groups in each experiment. Scheffe’s multiple 
comparison test was used to determine the significance of 
the deviations in the data for each specimen. In all cases, 
the results were considered statistically significant with 
P<0.05.

3. Results

3.1 The Physical and Chemical Characterization 
of PDA/HA Scaffolds
Biocompatible materials for 3D printing on the market are 
limited and the material does not meet the specific needs 
of the desired hardness, strength, and flexibility. In this 
study, we used the commercial PolyJet photopolymers 
(MED610) as the test samples to investigate if PDA/
HA coating can enhance the biocompatibility of printed 
objects and facilitate to improve the applicability of 
commercial materials.

Figure 1 shows the images of printed objects without 
and with PDA coating. The printed object coated with 
PDA exhibited black color and this result indicated that 
we have successfully modified the PDA to the surface of 
the object.

The XRD patterns of the MED610 object (M), the 
MED610 object with HA (MHA), the prepared PDA-

coated object (MP), and the PDA/HA-coated object 
(MPHA) are shown in Figure  2. M  and MP have no 
peaks. The peaks of MHA and MPHA at around 2θ=25.7° 
and 2θ=31.9° are characteristic of HA precipitates, 
which occurs during the early mineral phase of bone 
development and fracture healing[21]. The result shows the 
PDA/HA-coated MED610 object contains a large amount 
of HA precipitate.

Figure 3 shows the SEM results of MED610 object with 
HA, PDA, or PDA/HA coatings. The PDA/HA coated 
object presents more HA mineral crystallization. Based 
on these results, it is speculated that the PDA coating 
can effectively assist the bionics of HA mineralization, 
thereby producing a hybrid biomaterial having HA. In 
addition, the addition of a PDA/HA coating can increase 
the hardness of the printed object (Figure 4).

3.2 Cell Proliferation and Morphology
Whether the biomedical materials printed by the 3D 
printer can be widely used in the medical field, the 

Figure 1. The images of the top view of printed objects without 
(M) and with (MP) PDA coating. The thickness of the objects is 
3 mm and a diameter of 6 mm.

Figure  2. The wide-range X-ray diffractometry patterns of 
MED610 (M), MED610 with HA coating (MHA), MED610 with 
PDA coating (MP), and MED610 with PDA/HA coating (MPHA).
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biocompatibility of materials is extremely important. 
The cell proliferation of the hMSCs cultured on M, MP, 
MHA, and MPHA for 1, 3, and 7  days was evaluated 
by PrestoBlue assay (Figure  5). The result shows that 
absorbance of MED610 object with PDA coatings (MP 
and MPHA) is higher than Ctl and without PDA coatings 
(M and MHA). Besides, the MED610 object without 
any coatings shows the lowest absorbance. In addition, 
the hMSCs cultured on MED610 object with both PDA 
coatings reveals a higher area of cell adhesion and are flat 
with an intact, well-defined morphology (Figure 6). These 
results point that MED610 object with PDA coatings can 
improve its biocompatibility, making it more suitable as a 
biomedical material.

3.3 Osteogenic Differentiation
The hMSCs cultured on M, MP, MHA, and MPHA for 3 
and 7 days were analyzed the ALP activity to evaluate the 

osteogenic differentiation potential which is an important 
key to determine if the bone formation process is ongoing. 
Figure  7 shows cells growing on MPHA can express 
the most ALP levels, and the ALP expression level of 
MED610 object without coatings was lowest. The results 
demonstrate that MED610 object with PDA/HA coating 
helps to improves the osteogenic differentiation potential 
of stem cells.

4. Discussion
MED610 is a biocompatible 3D printing photocurable 
material commonly used in medical and dental fields 
requiring precise visualization and patient contact. 
Although this material is suitable for over 30  days’ 
skin contact and up to 24 h mucosal membrane or bone 
contact, it can be more widely used if it can be enhanced 

Figure  3. Surface scanning electron microscope images of the 
MED610 substrate with various coatings.

Figure 4. Vickers hardness of the MED610 substrate with various 
coatings.

Figure 5. The cell proliferation of human mesenchymal stem cells 
cultured on the MED610 substrate with various coatings for 1, 3, 
and 7 days.

Figure 6. Surface scanning electron microscope images of human 
mesenchymal stem cells cultured on the MED610 substrate with 
various coatings. Cells are indicated by red arrows.
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its biocompatibility and be promoted the potential of 
cell bone differentiation. Previous studies reported that 
PDA coatings on biological materials could facilitate 
cell attachment and promote cell proliferation[22,23]. When 
HA was added in PDA coatings, the phenomenon of cell 
calcium deposition was significantly promoted[20]. This 
means that the PDA/HA coatings can help to enhance 
osteogenic differentiation. In this study, the PDA/HA 
coatings were applied in MED610 objects. The results 
show that the biocompatibility, cell morphology, and 
bone differentiation potential of the cells cultured on the 
MED610 objects with PDA/HA coating can be improved. 
This study demonstrates that PDA/HA coating applications 
also have similar functions[20] on objects printed with 
MED610 materials to enhance their applicability.

5. Conclusion
This study shows that using the PDA/HA coating 
added to the MED610 biomedical 3D printing material 
that has been used in the medical field can improve its 
hardness, HA mineralization, cell proliferation, good 
cell morphology, and the amount of ALP expression. 
Therefore, the PDA/HA coating enhances the potential 
and development of MED610 materials for clinical 
applications in orthopedics and dentistry.
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Historical Perspectives, Current Usage, and Future 
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most of the figures) was reproduced without any form of 
authorization and permission in the paper authored by 
Zhang RF, Wang PY, Yang M, Dong X, Liu X, Sang Y, 
and Tong A.

This is clearly a case of plagiarism that goes against 
the publication policy and ethics of the International 
Journal of Bioprinting.
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the plagiarism issue was not identified during the 
initial screening process and we offer our sincere 
apologies to Dr. Caroline A. Grant, Ms. Maree T. Izatt, 
Dr.  Robert  D.  Labrom, Dr.  Geoffrey N. Askin, and 
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1. Introduction
The central nervous system (CNS) is very complex, and 
trauma, disease, and infection of it is urgent problems 
to be solved, all of them are basically inseparable from 
resulting scars. Two types of scarring tissue are formed 
in the injured CNS. One is a fibrotic scar that is formed 
by fibroblasts, and the other is a glial scar, which consists 
of astrocytes, microglia, and other glial precursor cells[1]. 
Once CNS is injured, fibroblasts invade the region 
of the lesion and interact to form glia limitans with 
astrocytes[2-4]. However, fibrotic scars do not always exist 
in CNS tissue repair, such as no fibrotic scar formation 
during the astrocytic reconstruction of the blood-brain 
barrier[5,6]. Therefore, fibrotic scar does not play a key role 

in CNS tissue repair[1]. On the contrary, a glial scar plays 
an important role. A glial scar is mainly caused by CNS 
trauma. The formation of a glial scar is mainly caused by 
the action of astrocytes, such as barrier forming, mitosis, 
and migration to the injured area to fill space[7,8]. Astrocytes 
play a significant role in CNS injury response[9,10]. The 
response of them varies with the location of the injury. 
The ones near the damaged tissues become hypertrophic, 
hyperplastic, and deformed. Moreover, the glial fibrillary 
acidic protein (GFAP) goes up[11,12], the cells migrate[13-15], 
and the dense scar tissue begin to isolate the damaged area 
from the surrounding healthy tissue[16-18]. In general, the 
morphology, proliferation, and migration of astrocytes are 
the main causes of glial scar formation.

In vitro model of the glial scar © 2019 Fang A, 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-nc/4.0/), permitting all non-commercial use, distribution, and reproduction 
in any medium, provided the original work is properly cited.

Abstract: The trauma of central nervous system (CNS) can lead to glial scar, and it can limit the regeneration of neurons at 
the injured area, which is considered to be a major factor affecting the functional recovery of patients with CNS injury. At 
present, the study of the glial scar model in vitro is still limited to two-dimensional culture, and the state of the scar in vivo 
cannot be well mimicked. Therefore, we use a collagen gel and astrocytes to construct a three-dimensional (3D) model in vitro 
to mimic natural glial scar tissue. The effects of concentration changes of astrocytes on cell morphology, proliferation, and 
tissue performance were investigated. After 8 days of culture in vitro, the results showed that the tissue model contracted, with 
a measured shrinkage rate of 4.5%, and the compressive elastic modulus increased to nearly 4 times. Moreover, the astrocytes 
of the 3D tissue model have the ability of proliferation, hyperplasia, and formation of scar clusters. It indicates that the model 
we constructed has the characteristics of glial scar tissue to some extent and can provide an in vitro model for the research of 
glial scar and brain diseases.
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However, the research on the glial scar is mainly 
based on two-dimensional (2D) culture. Yu et al.[19] used 
a sterile plastic pipette to scratch the astrocytes in the 2D 
culture to simulate the damage and compared the protein 
content to estimate the degree of injury. In addition, they 
found that the surrounding part of the damaged area had 
also suffered a certain degree of trauma. The response 
to the scratching can be mimicked and this kind of 2D 
scratch-would model is widely used. Kimura-Kuroda 
et al.[20] constructed a glial scar-like structure by 2D 
coculturing of meningeal fibroblasts and brain astrocytes 
with transforming growth factor-β1 (TGF-β1). The 
model can inhibit the neurite outgrowth of neurons 
remarkably. In general, the traditional method of 2D cell 
culture cannot mimic the cell growth conditions in vivo 
and the physiological activities of normal cells. Hence, 
it cannot reflect the nature glial scar tissue properly. 
However, the three-dimensional (3D) model is expected 
to be able to express the glial scar effect from a more 
comprehensive level. Spencer et al.[21] constructed a 
kind of glial scar model that combines linear actuators 
to simulate axial Micro Motion around neural implants 
in a collagen gel. They found that local strain fields 
could stimulate the formation of the glial scar. Rocha 
et al.[22] built a 3D culture system mimicking the glial 
scar by the alginate gels embedded with astrocytes 
cultured in meningeal fibroblast conditioned medium. 
The model behaved similarly to that of the glial scar, 
for initiating changes in gene expression and inhibiting 
neuronal outgrowth. In this study, a 3D astrocytes 
model with collagen gel is constructed to mimic the 
glial scar tissue (hypertrophy and hyperplasia). The 
rate of gel contraction is dependent on the density of 
the cells within the block as well as the migration and 
proliferation of astrocytes.

2. Materials and Methods
In the paper, a 3D tissue was constructed using collagen 
gel with astrocytes, and the contraction of the tissue 
was examined by microscope. The immunofluorescence 
results of the cells were observed by laser scanning 
confocal microscope (LSCM). Scanning electron 
microscope (SEM) was used to analyze the morphology 
and pore size of the surface and section of the tissue. The 
specific process is shown in Figure 1.

2.1 Cell Isolation and Culture
Primary astrocytes were extracted from the cortices 
of 1-day-old mouse pups (Kunming strain, FMMU, 
Xi’an). The cortical tissue was removed and immersed 
in HBSS (Hank’s balanced salt solution) (14175-095, 
Gibco, USA) at 4°C. The tissue was cut into pieces and 
digested with 0.25% trypsin (0458, Amresco, USA) 
for 20  min at 37°C and was transferred to complete 

Dulbecco’s modified eagle medium (DMEM) media 
containing DMEM (SH30022.01, HyClone, USA), 20% 
fetal bovine serum (FBS), 10270-106, Gibco), and 1% 
penicillin/streptomycin (P1400-100, Solarbio, USA). 
Finally, the medium was filtered through a 40-μm cell 
strainer (352340, Falcon) to dissociate the astrocytes. 
The isolated astrocytes were re-suspended in complete 
DMEM media containing 20% FBS (10270-106, Gibco) 
and 1% penicillin/streptomycin (P1400-100, Solarbio) 
at 37°C with 5% CO2. The medium was changed every 
2 days, and the cells at passage three were used for the 
experiment.

2.2 Cell Encapsulation
A rat tail-derived type  I collagen solution (4  mg/mL 
in 0.1 M glacial acetic acid) was mixed with complete 
DMEM media at a ratio of 1:3. The pH value of the 
collagen and medium solution was adjusted to 7.4 
before it was used to resuspend the cells at the specified 
concentration at 4°C. The mixture of collagen solution 
and astrocytes (5 × 105 cells/mL, 1 × 106 cells/mL, and 
2 × 106  cells/mL) was molded into 10 × 10 × 2 mm3 
block for SEM study, macroscopic determination and 
immunofluorescence staining. The mixture was also 
molded into 6 × 6 × 6 mm3 block for material properties 
tests. The samples were kept at 37°C for 40 min to cure. 
The embedding process is shown in Figure  1. Then, 
the tissue blocks with cells were cultured in complete 
DMEM media at 37°C with 5% CO2. The collagen gels 
embedded in 5 × 105  cells/mL, 1 × 106  cells/mL, and 
2 × 106 cells/mL were marked Group 0.5, Group 1, and 
Group 2, respectively.

Figure 1. The flow chart of the experiment.
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2.3 Macroscopic and Microcosmic 
Determination Collagen Gels
The collagen gel blocks of 10 × 10 × 2 mm3 were 
observed under the inverted fluorescence microscope 
(Ti-S, CHANSN, China) for macroscopic determination. 
The inverted fluorescence microscope software NIS was 
used for measuring the side lengths of the block. The side 
of 10 × 10 mm2 was the measured object. The area of this 
face was calculated.

SEM was used for microcosmic determination. The 
10 × 10 × 2 mm3 and 6 × 6 × 6 mm3 collagen gel blocks 
were both fixed with 4% paraformaldehyde for an hour. 
The 10 × 10 × 2 mm3 blocks were freeze-dried by freeze 
dryer (VFD2000, BIOCOOL, China) overnight directly. 
The 6 × 6 × 6 mm3 blocks were sliced with a freezing 
microtome (CM1860, Leica, German) for section views 
before freeze-drying. Each slice was 40 μm. After metal 
spraying, the freeze-dried tissues were examined using 
SEM (su-8010, Hitachi, Japan).

2.4 Material Mechanical Properties Tests
The 6 × 6 × 6 mm3 collagen gel blocks were used for 
the determination of the compression elastic modulus in 
a microcomputer-controlled universal testing machine 
(ETM103A, Shenzhen Wance Testing Equipment 
Company limited, China). Before measuring, the gel 
blocks were fixed with 4% paraformaldehyde for an hour. 
And then, each of them was placed on the platform of the 
microcomputer-controlled universal testing machine, and 
the liquid on the surface of the block was removed by a 
plastic pipette. The loading speed was set to 2 mm/min and 
the compression stroke was set to 1 mm. Three samples 
were tested for each group.

2.5 Immunofluorescence Staining
The embedded astrocytes were fixed with 4% 
paraformaldehyde for an hour and washed with 1× PBS 
(phosphate-buffered saline, HyClone, SH30256.01) 
6 times at 10 min intervals. Then, the method of freezing 
slice was used to obtain 40 µm thickness slices for the 
immunofluorescence staining of the embedded cells. 
Afterward, the slices were incubated in 1× PBS with 5% 
goat serum (AR0009, Boster, USA), 1:200 diluted primary 
antibody GFAP (3670S, CST, USA) and 0.3% Triton 
X-100 (T8200, Solarbio) overnight at 4°C. The tissues 
were then washed with 1× PBS 6 times at 10 min intervals. 
Next, the tissue was incubated in 1× PBS with 5% goat 
serum, 1:200 diluted secondary antibody goat anti-mouse 
IgG, FITC-conjugated (CW0113S, CWBIO, China), and 
0.3% Triton X-100 for 4 h. Subsequently,  4,6-diamino-2-
phenyl indole (DAPI) (AR1176, Boster) was added for an 
additional 10 min. Finally, the tissues were washed 6 times 
in 1× PBS at 10 min intervals and observed under a LSCM.

3. Results

3.1 Morphology and Proliferation of Astrocytes 
Embedded in Collagen Gel
After 8 days of cultivation, the astrocytes were distributed 
throughout the collagen gels and demonstrated typical 
stellate morphologies, and widespread process extension 
was observed. The process extension of the astrocytes 
became longer (Figure 2). To measure the proliferation, 
the cells were observed by laser confocal microscopy in 
3D space style. DAPI was used to stain the nuclei and 
the concentration was obtained by dividing the number of 
DAPI (cells) by the volume of the 3D space. According 
to the results, the number of cells in the three groups 
increased with the increase of culture time (Figure 3). In 
the first 4  days, the number of cells in Group  0.5 was 
always lower than in Groups 1 and 2, and the concentration 
was below 1.5 × 106  cells/mL. The astrocyte process 
extension was also poorer compared to the other groups 
(Figure  2). On day 8, the cell concentration increased 
to 1.9 × 106  cells/mL, and then the cells were able to 
communicate and extend more easily. Compared with it, 

Figure  2. Immunofluorescence staining of different gradient 
concentration astrocytes embedded in collagen gel on day 1, 
day 2, day 4, and day 8. The astrocytes stained with glial fibrillary 
acidic protein (green) and nuclei stained with DAPI (blue). 
Scale bar: 50 μm.
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the cell densities of Group 1 and Group 2 were larger, so 
did the number of the cells. In particular, the length of the 
protrusion extension was higher, and the cell proliferation 
was faster in Group  2. In addition, the further longer 
protrusions of the cells occurred in Group 1 and Group 2 
on day 4. At the same time, the proliferation did not stop, 
and the cell concentration was 4.5 × 106  cells/mL for 
Group 2 and 3 × 106 cells/mL for Group 1. On day 8, the 
cell density increased further, and the cell concentration 
was 7.4 × 106 cells/mL for Group 2 and 4.7 × 106 cells/mL 
for Group 1. Especially in Group 2, the cells were still 
in a discrete state in some regions, with a high degree of 
process extension. However, the cells aggregated in many 
areas of Group 2. The number of cell nuclei stained with 
DAPI increased obviously, and a large number of cells 
clustered together and became denser.

3.2 The Deformation (shrinkage) of Tissue 
Blocks
The size of the collagen gel block was 10 × 10 × 2 mm3 and 
the side of 10 × 10 mm2 was selected as the observation 
object. The vertical direction along the gel tissue was the 

observation direction. The area of the collagen gel blocks 
without cells did not change, but the embedded astrocytes 
ones shrank. The degree of shrinking depends on cell 
concentration and the days of culture (Figure  4). The 
area of collagen gel of Group 0.5, Group 1, and Group 2 
continued to shrink with the increase of culture time, and 
the degree of contraction was positively correlated with 
the concentration of embedded cells and culture time.

The transparency of the gels also changed during the 
process of shrinking. As the astrocytes proliferated and 
migrated, the water was squeezed out, and the area was 
reduced continuously. When the collagen gel had just 
been constructed, the gel was almost transparent, but it 
gradually became opaque (Figure 4A). When the area of 
gel block shrank by 60% or more, the four corners of the 
block began to disappear and changed to an ellipsoid or 
sphere gradually. From the front view of the collagen gel 
block, the block was thickened in the vertical direction and 
the middle part of it became more and more abrupt. As the 
concentration of the embedded cells and the culture day 
increased, the lateral direction of the model was gradually 
shortened, the vertical direction was gradually increased, 
and the central portion was arched. With the process of 
culture, the original rectangular section became ellipsoid 
and gradually approximated to spherical shape at the end 
of the culture. On day 8, the shape of the collagen gel 
blocks of Group  0.5, Group  1, and Group  2 had been 
changed into ellipsoids or spheres and the areas of them 
were about 8.9%, 6.3%, and 4.5% of their initial areas, 
respectively (Figure 4B).

3.3 Effects of Astrocytes on Collagen Gel Blocks 
Surface
SEM tests of the surface of the samples on day 4 were 
carried out to analyze the reason of collagen shrinkage. 
The SEM images of collagen gel blocks surface showed 
that the embedded astrocytes and no cells blocks were 

Figure  3. Proliferation of astrocytes of different concentration 
astrocytes embedded in collagen gel, n=4.

Figure 4. (A) The collagen gel blocks with different concentration astrocytes under the microscope. (B) The area of collagen gels changes 
with different concentration astrocytes, n=5.

A B
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quite different. The surface morphology of collagen 
gel blocks without cells was fibrous, porous, and flat 
(Figure  5C). On the contrary, the one with embedded 
cells had obvious folds (Figure  5D). The macroscopic 
gel blocks corresponding to the two kinds of surfaces are 
shown in Figure  5A and B. From the enlarged images, 
it could be found that the surface morphology of the 
collagen gel blocks without cells was porous (Figure 5E), 
and the surface morphology of the astrocytes embedded 
ones was almost non-porous, smooth and solid, and 
relatively (Figure 5F).

3.4 Effects of Astrocytes on Collagen Gel Blocks 
Cross Section
The cross-sectional morphology of collagen gel blocks of 
Group 0.5, Group 1, and Group 2 was examined by SEM 
(Figure 6). After the embedded astrocytes were cultured 
for 1 day, the collagen fiber pores of the cross sections 
were observed. The pores of Group 0.5 (around 10 μm) 
were relatively larger than the ones of the other groups. 
On day 2, the collagen fiber pores shrank. Similar results 
were obtained after 4 days in culture; the collagen fibers 

were aggregated, causing the pores between the fibers to 
shrink further; Group 0.5 shrank to about 2 μm, Group 1 
shrank to about 1 μm; and Group 2 shrank to about 0.5 μm. 
On day 8, the pores between collagen fibers of Group 2 
were almost invisible, and the pores of the Group 0.5 and 
Group 1 samples could be seen, but they were small, both 
of them around 0.5 μm (Figure 6).

3.5 Compressive Elastic Modulus of Gel Blocks
The modulus of the glial tissue increased with the 
increment of culture time. Moerover, the modulus of 
Group 2 tissue was larger than the other two groups. In 
the first 2 days, Group 0.5 and Group 1 collagen tissue 
modulus was close. On day 4, the modulus gap widened 
between the two groups. On day 8, the modulus of 
Group  0.5 and Group  1 returned to a relatively closed 
state (Figure  7A). On the other hand, the modulus 
increased, with the increase of shrinkage rate. Overall, the 
Group2 modulus varied most greatly with the shrinkage. 
Therefore, it can be observed that for the same shrinkage 
change, the greater the concentration of the cells, the 
higher the increase of the modulus (Figure 7B).

4. Discussion
At present, the in vitro scar research model is limited 
to 2D models, and 2D culture does not characterize 
the culture environment in vivo well. In this paper, a 
3D glial scar model of CNS in vitro was constructed 
using three different concentration astrocytes, and the 
changes of the cells and gel structure have been studied. 
The model can reflect the formation of glial scars from 
two aspects, cell and the macroscopic and microscopic 
perspectives of the model. From the cellular point of 
view, the cells proliferated and migrated. The study of 
proliferation and migration characteristics was carried 
out by adjusting the initial concentration of the cells 
embedded in collagen gel. We found that the higher the 
initial concentration and the more proliferation ability 
and interaction of the cells, the better for glial scar-
like cluster formation. Figure  8A shows this cluster 
formation, which is similar to the results of literature[20]. 
In this reference, the authors carried out the coculture 
of meningeal fibroblasts and cerebral astrocytes with 
TGF-β1 to form a scar-like structure. The model 
constructed in this paper reproduces the characteristics 
of glial scar clusters in 3D space (Figure  8B), which 
has advantages compared with 2D cell growth[23,24]. 
In addition, the morphology of the cells embedded in 
collagen gel block at the concentration of 2 × 106 cells/mL 
is hypertrophic, hyperplastic, and deformed (Figure 9), 
and the similar phenomenon occurs during the glial scar 
formation. That is to say, the model constructed by us 
has similar characteristics to the glial scar in terms of 

Figure  5. The surface of the collagen gel blocks on day 4. 
(A) Collagen gel block without cells. (B) Collagen gel blocks with 
astrocytes. (C) Scanning electron microscope (SEM) of the surface 
of collagen gel blocks without cells. Scale bar: 5 μm (D) SEM of 
the surface of collagen gel blocks with astrocytes. Scale bar: 5 μm. 
(E) Enlargement SEM of the surface of collagen gel blocks without 
cells. Scale bar: 1 μm. (F) Enlargement SEM of the surface of 
collagen gel blocks with astrocytes. Scale bar: 1 μm.

A B

C D

E F
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Figure 6. Scanning electron microscope images of cross sections of collagen gel blocks embedded in different concentration gradient cells. 
Arrows indicate the collagen fiber. Scale bar: 5 μm.

cell morphology[19], which further proves that the tissue 
model has the potential to form glial scars.

From the macroscopic and microscopic point of view, 
the collagen gel block with astrocytes shrinks with the 
increase of culture time. However, the size of the collagen 
gel block without cells does not change significantly, the 

reason why the shrinkage of collagen gel is mainly related 
to the proliferation and migration of astrocytes, which are 
similar to the glial scar formation in the CNS in vivo[12,18]. 
In addition, the gel shrinking in culture is similar to 
the phenomenon of fibroblast collagen gel tissue[25], 
which is related to the formation of scars, wound repair, 

Figure  8. (A) Glial scar-like cluster formed by astrocytes 
aggregation in three-dimensional collagen gel tissue, cells stained 
with glial fibrillary acidic protein (green) for astrocytes, DAPI 
(blue) for nuclei. (B) Images (depth decoding) of glial scar-like 
cluster. Different colors represent the different planes along the 
Z-axis, Scale bars: 50 μm.

A B

Figure  7. (A) Compression elastic modulus of the collagen gel 
blocks changes with the increase of culture time. (B) Compression 
elastic modulus of the collagen gel blocks changes with the shrink 
of the blocks.

A B
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and filling. Thus, the proposed 3D collagen gel tissue 
constructed with astrocytes has scar formation properties, 
and the glial scars are mainly produced by astrocytes. 
It is quite coincidental that the similar phenomenon 
of tissue shrinking also occurs in the brain of a Sorex 
araneus. Scientists have discovered that the skull of the 
Sorex araneus pup shrinks in the late summer, as well 
as the brain, whose weight is also reduced. During the 
winter, the part of brain lost can grow back partly. This 
phenomenon is called Dehnel’s phenomenon[26-28]. It is 
similar to the results of this article, occurring in the brain. 
To a certain extent, it may provide some reference for 
the study of brain plasticity and evolution. It may have a 
certain value for reference to the study of brain plasticity 
and evolution.

On the basis of this shrinkage, the folds can be found 
on the surface of the block, and the pores are reduced with 

the increase of culture time. Tallinen et al.[29] used a similar 
principle to construct a fold model of the human brain 
from a macro perspective. At this stage, the cells traction 
caused the deformation of the extracellular matrix[30-32], 
resulting in a stronger collagen fiber aggregation. 
With different initial cell concentrations, the degree of 
reduction is also different. The higher the concentration, 
the more cells proliferate and migrate, and the more 
seriously the gel tissue shrinks. The collagen gel with 
astrocytes shrinks due to cell proliferation and migration. 
Consequently, the collagen fibers gradually extrude each 
other, the surface pores disappear, and the fiber pores 
decrease. Meanwhile, the surface of the collagen gel is 
deformed to form a relatively solid and wrinkled surface 
because of the movement of the cells. The process of gel 
contraction is similar to the course of wound healing[33]. 
The force produced by cell proliferation and migration 
does not affect the collagen gel without cells. Hence, the 
surface remains flat and porous. In addition, the shrinkage 
rates of blocks with different concentration astrocytes 
were relatively similar on day 8, but the moduli of them 
were quite different. This indicates that the concentration 
of cells also has a certain effect on the modulus when the 
collagen gel shrinks. The higher the cell concentration, 
the larger the collagen tissue modulus. From this, the 
reason for collagen gel macroscopic and microscopic 
size-changing can be inferred (Figure  10). The results 
of the experiment can demonstrate that the model we 
constructed can form glial scars.

5. Conclusion
In this study, a 3D astrocytes model with collagen 
gel in vitro has been constructed. This model shows 
the characteristics of the glial scar (hypertrophy and 
hyperplasia). The constructed 3D model reveals overall 
shrinkage with the prolongation of culture time. On the 
other hand, the shrinkage rate and compression elastic 

Figure 10. The reason for collagen gel block size changing from macroscopic and microscopic.

Figure 9. The hypertrophic cytoplasm of astrocytes embedded in 
collagen gel on day 8, astrocytes were stained by glial fibrillary 
acidic protein in green, nuclei were stained by DAPI in blue, Scale 
bars: 50 μm.
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modulus are positively correlated with the culture time 
and cell concentration, because of the migration and 
proliferation of astrocytes. The construction method of 
the 3D tissue studied in this paper can be used to create 
in vitro glial tissue models, which can be useful for the 
study of glial scar and related brain diseases.
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Abstract: Today, additive manufacturing (AM) is implemented in medical industry and profoundly revolutionizes this area. 
This approach consists of producing parts by additions of layers of successive materials and offers advantages in terms of 
rapidity, complexity of parts, competitive costs that can be exploited and can lead to a significant advancement in biological 
research. Everything becomes technically feasible and gives way to a “techno-centered” approach. Many parameters must 
be controlled in this field, so it is necessary to be guided for the development of such a product. This article aims to present 
a state of the art of existing design methodologies focused on AM to create medical devices. Finally, a development method 
is proposed that consists of producing vascular geometry using AM, based on patient data, designed for cell culture in vitro 
studies.
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1. Introduction
In recent years, additive manufacturing (AM) offers 
significant benefits for a wide range of applications, 
especially in the medical sector. Among these applications, 
bioprinting has emerged, covering printing of biological 
cells as well as printing of materials (e.g. polymer, ceramic 
or even metal) that are used for cellular culture. Thus, AM 
can be used to create vascular geometries, designed for 
in vitro studies. This approach allows to better understand 
the physiopathology of many diseases such as sickle cell 
disease (SCD), the most common severe monogenic 
disorders in the world with 275,000 cases detected each 
year in newborns[1,2].

It is due to a mutation in the hemoglobin (Hb) beta-
globin gene leading to the production of abnormal 
HbS. The change in molecular structure allows HbS in 

the deoxygenated state to form polymers that promote 
Hb polymerization, red blood cell (RBC) membrane 
damage, decreased RBC deformability, intravascular, and 
extravascular hemolysis. These RBC abnormalities lead 
to vessel inflammation, vaso-occlusion, and ultimately 
organ injury[3].

About 114,000 SCD patients die every year from 
complications[4]. Among them, cerebral vasculopathy 
is responsible for stroke all lifelong. However, the 
physiopathology of cerebral vasculopathy in SCD 
remains misunderstood. Today, blood exchange 
transfusions are prescribed for SCD patients with high 
risk, but this conventional treatment has suspensive 
effects. Bone marrow transplants offer the only potential 
cure for SCD but are limited by the number of compatible 
donors (potential human leukocyte antigen-matched 
hematopoietic stem cells)[5]. In the future, gene therapy 
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will offer a new approach to cure SCD. The long-
term goal of this research is to better understand the 
pathophysiology of cerebral arterial disease in SCD and 
possibly to discover or predict the chances of success, 
of new therapeutic approaches. Unfortunately, animal 
models do not allow the analysis of the pathophysiology 
of cerebral vasculopathy because of the huge difference 
between animal and human according to the vessel 
geometry and the hemorheological parameters.

Moreover, in vitro 3D models can allow the analysis of 
extreme conditions that can occur in pathophysiological 
conditions but are difficult to reproduce except in vitro 
conditions. A first step is to develop cell culture on a AM 
vascular geometry for in vitro studies. Actually, there are 
very few methodologies intended to help the designer to 
manufacture a vascular geometry in AM and to perform 
in vitro cell culture on it. As the product is innovative 
and highly multidisciplinary, it is mandatory to answer 
the following research question: Which methodology 
should be used to develop an AM vascular geometry 
designed for cell culture in these in vitro models? This 
paper presents the design approach used to develop 
this experimental product. More generally, this method 
could be applied to all human-based products designed 
for biological purposes using AM. Finally, a use-case is 
proposed to validate the method.

2. Research Objectives and Specifications
In the first part of the project, the aim is to decipher 
the biological pathways involved in the vessel damage 
due to hemorheological pathological conditions found 
in SCD children. Previous work provided shear stress 
abnormalities in the in silico study that should be 
reproduced and analyzed in a 3D model. Thanks to AM, 
the prototype of a vascular geometry can be rapidly 
realized. Then, the effect of sheer stress in a child with 
SCD will be understood. The constraints established by 
the various stakeholders involved in this project are as 
follows: The material must allow to study in vitro the 
interactions between the blood and the endothelium but 
also the impact of pathological speeds of the blood flow 
on the endothelial cells.

3. State-of-The-Art

3.1. Methodologies to Develop Innovative 
Medical Devices
Design of innovative complex products in the medical 
field often involves both engineers and medical experts. 
As innovative medical devices require collaboration 
between multidisciplinary teams, it is important to set up 
a framework to transfer knowledge an efficient between 
those two domains[6]. Arntzen-Bechina and Leguy proposed 

several tools or activities to exchange knowledge, such 
as literature reviews, informal meetings and discussions 
with managers, engineers, researchers, and physicians, 
punctual observations of work practices, and knowledge 
transfer processes[7]. Wong et  al. proposed to follow a 
process to manage the engineering and production of 
biomedical devices. The product development strategy 
includes a product conceptualization, a market survey 
and the establishment of strategic alliances, the design, 
prototyping, and product development, the testing and 
commissioning, and technology protection, through 
patents[8].

Bradbury et al. provided an innovative method for rapid 
design, manufacture, and selection of biomedical devices 
such as implants or oral dosage pills using electronic data 
and modeling transmissions through computer networks 
such as the internet, intranets or extranets[9].

A multi-dimensional digital model may be created 
based on radiological data and patient information. 
A  collaboration between clinical professionals and 
engineers allows modification of the digital model. Once 
the digital model is approved, it may be converted into 
machine instructions to build the biomedical device. This 
method for rapid construction of biomedical devices 
may be applied to AM. Thus, it is necessary first of all to 
analyze the medical need. Then, the knowledge between 
the medical profession and the engineers is shared 
throughout the project.

3.2. Methodologies to Design Innovative 
Products based on AM
According to Chu et al., the main role of AM technologies 
is to produce “parts and devices that are geometrically 
complex, have graded material compositions, and can 
be customized.” Besides, it is possible to build almost 
any shape with a large range of materials, which could 
be difficult to produce using conventional manufacturing 
methods such as milling, turning, or casting. AM also 
offers fabrication of parts with reduced costs and with 
rapid availability[10].

Bourell et  al. advocated to develop new design 
methodologies dedicated to AM: Design for AM 
(DFAM)[11]. The most widespread definition of DFAM is 
a methodology which “maximize product performance 
through the synthesis of shapes, sizes, hierarchical 
structures, and material compositions, subject to the 
capabilities of AM technologies” and “to best utilize 
manufacturing process capabilities to achieve desired 
performance and other life-cycle objectives”[12,13].

Wong and Hernandez presented the general process 
of AM[14]. It is also presented by Noorani in Figure  1. 
It summarizes the stages of product development using 
rapid prototyping and shows that there can be several 
iterations before the final product.
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Chu et al. (2008) proposed a method for DFAM, specialized 
in cellular materials, presented in Figure  2. Usually, the 
microstructure of the part is analyzed and examined after 
processing it, to determine its mechanical properties. Here, 
as the material is more complex, the approach consists of 
reversing the process by “specifying desired behavior.

After planning a manufacturing process, the idea 
is that the process will be simulated on the current 
design to determine the as-manufactured shapes, sizes, 
mesostructures, and microstructures. Then manufactured 
model will be analyzed to determine whether or not it 
actually meets design objectives.”

In a multidisciplinary environment, combining 
engineers and health professionals for instance, not only 
the process to produce pieces using AM is important but 
also the way that information, data, and documents are 
shared and managed.

As Ponche et  al. resumed in a study, the “partial 
approach” in DFAM consists in starting from an initial 
geometry in a computer-aided design (CAD) model[16].

In general, this geometry is not really designed for an 
AM process: It will be necessary to modify and improve 
it for rapid prototyping. The partial approach thus can be 
used in the case someone has an initial CAD model and 
wants to manufacture it by AM.

The methodology proposed in this study is presented 
in Figure 3. It is divided into three main steps. The first 
step is a global analysis which allows the delimitation of 
the design problem in terms of geometrical dimensions 
in relation to the dimensional characteristics of the 
AM process. The second step allows the fulfillment 
of the dimensional and geometrical specifications in 
relation to the AM process capability and the finishing 
process characteristics. Finally, the third step allows the 
fulfillment of the physical and assembly requirements in 
relation to the capability of the AM process.

In general, a rapid prototyping methodology is 
composed of four phases: Initialization, Design, 
Development/Manufacturing, and Validation. In addition, 
the specifications are defined at the flow rate, as are the 

Figure 1. Product development cycle adapted from Noorani[15].

Figure 2. Design for additive manufacturing system and overall method from Chu et al.[10]
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Figure 3. A proposed design for additive manufacturing methodology (Ponche et al. 2012).
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manufacturing plan and the strategic choices. Finally, the 
different methodologies propose a product improvement 
phase.

3.3. Manufacturing Process of Devices for 
Biological Application
Only methodologies to design and manufacture a 
product for biological application based on an initial 
patient medical imaging exist. Wong et  al. suggested 
a framework in five steps (Figure  4): Measurement, 
verification, design evaluation, design modification, 
and finally, design optimization[8]. The first phase is 
based on both in vivo and in vitro measurement to define 
the geometry. Verification is needed by modeling the 
geometry and experimental conditions. Then, the design 
will be evaluated and analyzed: Surfaces of the previous 
medical imaging are rebuilt thanks to a CAD model, and 
flow visualization is generated using different software 
tools. The model can be modified after a clinical testing 
phase that requires medical knowledge. Finally, an 
optimization may start once the product is approved.

Today, polydimethylsiloxane (PDMS) and Flexdym 
are privileged material for cell-culture devices[17,18]. 

Concerning microfluidic devices, Shin et  al., reported 
the development of a methodology to create an 
endothelialized network with a vascular geometry in a 
biocompatible polymer, PDMS[19].

Using photolithography, master molds were fabricated 
by etching the network pattern into silicon wafers. Closed 
channels were created from silicon master molds by replica 
molding of PDMS and subsequent plasma-bonding of a 
patterned PDMS template to a flat PDMS sheet.

Usually, laboratories’ chips made of PDMS are 
relatively simple shapes, which can be manufactured by 
stereolithography or equivalents.

However, these techniques are not adapted to produce 
complex geometries. With the recent advances in AM, 
use of PDMS for the fabrication of such complex shapes 
has gained considerable interest.

The results of Ozbolat et  al. demonstrated that 3D 
printing of PDMS elastomers is possible and improves 
the mechanical properties of fabricated samples up to 
three-fold compared to that of cast ones. It also facilitates 
the adhesion and the growing[20].

The PDMS is very appreciated for its qualities of 
translucent and rigidity. However, it has many flaws that 

Figure 4. The proposed method by Wong et al. (2013) to produce a health device based on medical imaging.
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prevent it from being marketable on a large scale. However, 
the disadvantages of PDMS are the absorption of small 
molecules, the manufacturing method incompatible with 
mass production and also its reversible hydrophilicity.

Lachaux et al. found a new polymer (Flexdym) offering 
flexibility and translucent comparable to PDMS. Flexdym 
is a copolymer block solution, composed of Di or Triblock 
according to the different grade. It is similarities with the 
PDMS but without the drawbacks. Easy and inexpensive 
microstructuration method, microfluidic devices are 
fabricated in less than a minute[21].

Furthermore, microfabrication can be performed 
using a hot-embossing machine or a very simple press 
equipment; downstream Flexdym is amenable for rapid 
manufacturing technology such as injection molding. 
Flexdym can be bonded easily without surface treatments 
and pressure loads, thanks to is mechanical properties.

Sealing can be achieved either on a simple hot plate or 
even at room temperature. It is flexible and thus allows 
cutting into small pieces. It is translucent and biocompatible 
which will allow the study of cell culture. Due to its 
bonding qualities, two-part molding is envisaged.

Recently, cell culture studies have been released on 
VeroClear, AM material. Lu et al. used Veroclear because 
of its good formation properties and high precision. 
However, the interactions between cells and materials 
are affected by topography and surface chemistry of the 
implant materials, such as roughness and hydrophilic 
properties[22].

In this study, authors have developed a method 
of coating waterborne polyurethane (WPU) onto the 
Veroclear resin to improve the biocompatibility. WPU 
(Safe polymeric material) is a coating material for 
creating barriers between corrosive environments and 
material surfaces. WPU has been used in medical implants 
because of its low toxicity, good biocompatibility, and 
coating characteristics.

3.4. Synthesis
Only a few papers rely on AM to produce biomedical 
parts. This paper highlights existing methodologies for 
designing innovative products based on AM, others that 
can help develop innovative medical devices. However, it 
is difficult to find a methodology that combines these two 
aspects; there are only a few at the intersection of these 
two technologies.

The interesting points of these different methodologies 
are:
•	 Well understand the goals and needs of the user
•	 Engineers and health professionals pool their 

knowledge throughout the project
•	 Strategic choice and plan of manufacturing before 

prototyping
•	 Design by performing user tests

•	 Optimization of the product with iterations
•	 Final validation
•	 Make sure the product is correctly used
•	 Tests prototype and medical return to improve the 

model.
Thus, in this article, an innovative methodology 

to achieve a complex vascular geometry using AM 
is proposed. As mentioned before, there are few 
methodologies that combine the realization of medical 
devices and AM processes. Existing methodologies do 
not propose to simplify the complex geometry to allow 
faster validation of all subsequent steps such as the choice 
of material or the cellular study. Here, we can proceed 
with iteration loops and improve our design each time 
to finally fulfill the complex form. Thus, the proposed 
method can be adapted to any case study.

4. A Methodology to Develop Vascular 
Geometry for In Vitro Cell Culture using 
AM: AM-Biopart
The proposed method (Figure 5) is based on important 
points told in the synthesis that chosen from the existing 
methods seen previously.

The method proposed by Lenoir et  al. (2019) is 
divided into four steps. The first “Initialization” consists 
of understanding and summarizing the objectives, needs, 
and constraints desired by the medical profession. 
Knowledge is capitalized and well transferred between 
engineers and health professionals.

Then, Step II, “concept and feasibility” allow to search 
and define the different manufacturing methods and then 
to know their costs.

For Step III, “design and development” is more 
complex. Geometry simplification strategy is included 
(Step III, 1) to allow engineers to focus first on the 
material to be used that meets the different constraints.

Once these parameters have been approved (Step III, 8), 
the geometry can be made more complex (Step III, 9). 
Then, the whole process can start again (Steps III, 2) to 
(Steps III, 7), through an improvement of the design, until 
the final validation of the realistic 3D model.

Finally, during the last step, the design is optimized 
by performing user tests. At the end, once everything is 
validated and optimized, only training for clinical use 
remains.

5. Use Case AM-Biopart Adapted to the 
Manufacturing of a Carotid
In this section, the method is tested on the manufacturing 
of a carotid (Figure  6) in vitro to understand the 
physiopathology.

This carotid was modeled by ARM (Figure  7), on 
a sickle cell child. ARM is an exam that specifically 
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addresses the body’s vessels, arteries, and veins, often 
better visualized after injection, of a product[25].

The focus is made on Step III “design and development”:
1.	 Idea of simplified geometry
	 The carotid geometry have a very complex form 

that is why it bring back to a simplified form. The 
complex geometry is changed in a tube of 50 mm 
length and 4 mm internal diameter. With each side 
connectors for the pump (Figure 7).

	 The simplification of the model has been established 
by engineers and biological researchers. It consists of 
bringing the complex model back to a simple shape, 
here a tube. Thus, this simplified geometry will make 
it possible to validate as quickly as possible all the 
elements on the cellular culture part as well as the 
manufacturing method of the tube. Finally, once 
everything is approved, a new iteration is performed 
with more complex geometry.

2.	 CAD design
	 Achievements of several CAD with CATIA software 

(Figure 8) show a half-mold for casting.
3.	 Criteria related to process and the material
	 After the CAD, it is necessary to choose the process 

and the material to use. Here, the molds are made 
in AM with a material called acrylonitrile butadiene 
styrene, which is a thermoplastic polymer having 
good impact strength, relatively rigid, lightweight, 
and moldable. Then, the PDMS was cast; the result is 
shown in Figure 9.

4.	 In vitro cell-culture testing on prototypes and testing 
under flow conditions

	 PDMS has been tested in cell culture and inflow 
conditions, using a pump that can send large flows.

	 During flow cell culture development, the prototype 
and manufacturing of PDMS tube were ameliorated 
to optimize la perfusion at high flow and observation 
on microscopy.

Figure 7. Simplification of the carotid geometry.

Figure 8. Half-mold for casting.

Figure 6. Branches of the internal carotid artery (A) lateral view 
(B) anteroposterior view (PEACE 2017)[24].

A B

Figure 5. Proposed method additive manufacturing-Biopart by Lenoir et al.[23]
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5.	 Observation and biologist Feedback
	 Human umbilical vein endothelial cells (HUVECs) 

were seeded in a tube fabricated by two-half mold 
technique. After 2 h of static culture, a homogenous 

monolayer with confluence was observed (Figure 10). 
A weak flow rate perfusion (Figure 11, shear stress 1 
dyn/cm²) was then applicated on cells for 3H following 
by immunostaining to visualize specific markers of 
endothelial cells (PECAM-1, Platelet endothelial cell 
adhesion molecule 1) and their nuclear (DAPI). The 
results demonstrated that HUVECs monolayer was 
still confluence (Figure 12).

As flow experiments in artificial carotid will be 
performed at high shear stress, HUVECs monolayer 
was challenged with flow culture at high flow rate 
perfusion (shear stress 6.5 dyn/cm²). However, the assay 
was stopped after 12 min because of medium leaking at 
bonding site on the two-half tube. Moreover, on phase-
contrast microscopy, cells detachments were found in 
many areas (Figure 13).

Figure 9. Polydimethylsiloxane cast in two parts in mold 
printed in 3D.

Figure 11. Experimental of blood flow in a polydimethylsiloxane 
molded carotid (100 mL/min).

Figure  10. Human umbilical vein endothelial cells after 2 h of 
static culture.

Figure 12. Human umbilical vein endothelial cells (HUVECs) 
culture with weak flow rate perfusion. Immunostaining of platelet 
endothelial cell adhesion molecule-(green, a membrane specific 
marker of HUVECs) and nuclei (DAPI, blue).

Figure 13. Human umbilical vein endothelial cells culture with 
high flow rate perfusion.
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Therefore, to reach the objective of flow experiment 
in carotid, molding technique, and cells resistance under 
high shear stress must be improved.

6. Conclusion and Future Work
In this paper, a global framework of design approach 
focused on AM to develop vascular geometry is proposed. 
It can be applied to all human-based products designed 
for biological purposes using AM. The main research 
question of this article is: Which methodology should be 
used to develop an AM vascular geometry designed for 
cell culture in these in vitro models?

The proposed AM-Biopart methodology takes 
place in four stages with initialization, concept and 
feasibility, design and development, and finally 
validation and optimization. This allows us to have a 
common thread for people wishing to achieve vascular 
geometry in AM, with the collaboration of different 
trades. The proposed method has been successfully 
applied to the design of a carotid artery. However, for 
later if we want to guarantee a fully optimized part, 
some process parameters, such as the choice of laser 
power, scanning speed, and hatch spacing, must be 
taken into account in the process. Future work will 
involve testing the proposed methodology on a more 
complex case study.
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Abstract: Nanoparticles (NPs) have left their mark on the field of bioengineering. Fabricated from metallic, magnetic, and 
metal oxide materials, their applications include drug delivery, bioimaging, and cell labeling. However, as they enter the body, 
the question remains – where do they go after fulfilling their designated function? As most materials used to produce NPs are 
not naturally found in the body, they are not biodegradable and may accumulate overtime. There is a lack of comprehensive, 
long-term studies assessing the biodistribution of non-biodegradable NPs for even the most widely studied NPs. There is 
a clear need for NPs produced from natural materials capable of degradation in vivo. As peptides exist naturally within 
the human body, their non-toxic and biocompatible nature comes as no surprise. Ultrashort peptides are aliphatic peptides 
designed with three to seven amino acids capable of self-assembling into helical fibers within macromolecular structures. 
Using a microfluidics flow-focusing approach, we produced different peptide-based NPs that were then three-dimensional 
(3D) printed with our novel printer setup. Herein, we describe the preparation method of NPs from ultrashort self-assembling 
peptides and their morphology in both manual and 3D-printed hydrogels, thus suggesting that peptide NPs are capable of 
withstanding the stresses involved in the printing process.
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1. Introduction
Given the interest surrounding nanomaterials, it is of little 
surprise that recent advancements have only led to an 
increase in the number of applications for nanoparticles 
(NPs) in biomedicine, optics, and electronics. Their 
unique size-  and material-dependent properties have 
made them an excellent option in the search for new 
materials to address global challenges[1]. NPs made from 
semiconductors yield quantum confinement[2], whereas 
NPs produced from metals such as gold and silver, and 
magnetic materials exhibit surface plasmon resonance 
and superparamagnetism, respectively[3,4]. For biomedical 
applications, it is crucial to ensure that the material used 
is biocompatible and non-immunogenic to avoid inducing 

adverse effects within the host. Gold NPs are perhaps the 
most widely studied type in the realm of nanomedicine, 
and, however, they lack the inherent biodegradability of 
peptide[5-8]. As they are derived from naturally occurring 
amino acids, peptides are biocompatible, biodegradable, 
and generally non-toxic, thus an excellent material choice 
for the production of NPs. Self-assembling peptide has 
been used to form NPs of different types such as tubes, 
vesicles, and hydrogels[9,10]. Various preparation methods 
for peptide NPs exist, including pH variation, spray 
drying, rapid laminar jet, milling, polymer chain collapse, 
coacervation, and phase separation[11-18].

The intrinsic properties of a material are often 
dependent on its composition, and peptides are no 
different. One class of peptides, ultrashort peptides, 

Preparation and printability of ultrashort self-assembling peptide nanoparticles © 2019 Ghalayini S, 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-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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is comprised peptides with no more than 7 amino acid 
residues, capable of self-assembly into supramolecular 
fibrous network structures due to their peptide motifs. 
Through a microfluidics flow-focusing method[19], we 
can prepare NPs from ultrashort peptides of different 
sequences for applications ranging from drug delivery to 
bioimaging[20,21]. This fabrication method is particularly 
advantageous due to its ability to continually produce 
peptide NPs at a scale that allows for use in experiments.

In the past, our laboratory has reported on the use of 
peptide hydrogels as scaffolds for tissue engineering and 
regenerative medicine, as well as on the preparation of 
hydrogels with slow-releasing silver NPs (AgNPs) for 
antimicrobial applications[22-25]. The addition of peptide 
NPs to peptide hydrogels allows for the localized delivery 
of any drugs or growth factors conjugated to the surface 
of the NPs. This is facilitated by way of a composite of 
sorts made entirely from a single material. In addition, 
we have published on our novel three-dimensional (3D) 
printer setup where we have explored the printability 
of bioinks produced in the laboratory in conjunction 
with various cell types[26-30]. Inspired by the potential of 
peptide NPs and 3D bioprinting, we decided to combine 
the two technologies to study the printability of our NPs. 
Two sequences of self-assembling peptides are tested 
and assessed for shape fidelity. The promising results 
indicate that different to the manual approach the 3D 
printing of ultrashort self-assembling peptide NPs may 
result in hydrogels embedded with a more homogenous 
distribution of NPs.

2. Materials and Methods
The NPs are fabricated through a microfluidic-driven 
flow-focusing method. The system is comprised a 
Dolomite 6  Junction microfluidic chip (dimensions: 
45  mm × 15  mm, channel depth and width at cross-
section: 50 µm × 55 µm), Nikon Eclipse TS 100 inverted 
microscope, Harvard Apparatus PhD Ultra syringe pump, 
Chemyx Fusion 200 syringe pump, and plastic syringes 
(BD, Luer Lok in 10 mL and 1 mL). About 50% (v/v) of 
ethanol solution was prepared by diluting absolute ethanol 
(Sigma-Aldrich) and then filtering through a Millex-GP 
syringe filter with a pore size of 0.22  µm. Tetrameric 
self-assembling peptides CH-01 and CH-02 were custom 
synthesized in our laboratory for nanomedicine through 
solid-phase peptide synthesize and purified to higher 
than 95% using preparative high-performance liquid 
chromatography.

2.1 Manual Hydrogel Sample Preparation
The CH-01 and CH-02 peptide powders were dissolved in 
Milli-Q water, then mixed with ×10 phosphate-buffered 
saline (PBS) at a final volume ratio of 9:1 (peptide solution 

to PBS). Gelation of both peptides occurred within a 
few minutes at a minimum concentration of 4  mg/mL 
and 3  mg/mL for CH-01 and CH-02, respectively, as 
shown in Figure 1. As described in section 2.3, the 3D 
printing system prints using a higher concentration 
of peptide solution as the increased viscosity enables 
printing at a higher resolution. Due to this, to prepare 
the manual hydrogel samples for these experiments, a 
concentration of 10 mg/mL of peptide was used to ensure 
a final concentration comparable to those of the printed 
samples. For manual sample conditions made with NPs, 
approximately 0.9 mg of NPs were added to the peptide 
solution before the addition of the PBS either by volume 
from the product of the microfluidic chip or in the form 
of lyophilized NPs.

2.2 NP Fabrication and Characterization

2.2.1 NP Fabrication Process

NPs were fabricated through a microfluidic flow-focusing 
method by way of a Dolomite 6 Junction Droplet Chip. 
This chip has six separate junctions that combine into one 
output channel for increased product. At the junction, the 
main channel is intersected perpendicularly by the two 
side channels (Figure 2A). The peptide solution in water 
flowing through the main channel is funneled by two 
side channels containing 50% (v/v) ethanol solution into 
a jet-like stream. The pressure from the side channels, 
through which 50% of ethanol in water solution (v/v) 
is running focuses the mainstream and leads to NP 
formation. Through the flow-focusing mechanism, the 
peptide aggregates in the water. The ultrashort peptide 
of a given sequence was dissolved in Milli-Q water 
and loaded into a 1  mL syringe to be pushed through 
the central channel in the junctions of the chip, and an 

Figure  1. The self-assembling peptides CH-01  (4  mg/ml) and 
CH-02  (3  mg/ml) produce hydrogels in aqueous solution; the 
gelation was enhanced using phosphate-buffered saline.
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aqueous solution of 50% filtered ethanol was loaded into 
a 10 mL syringe to be pushed through the side channels 
of the junctions, as shown in Figure 2.

The ratios of the flow rates of the ethanol solution 
to the peptide solution were found to be crucial for NP 
production and thus an optimization process, described 
in the following section, was employed to determine 
the ideal ratio. Before starting the actual NP production 
process, the microfluidic chip was stabilized by running 
the syringe pumps at the desired starting flow rates with 
the ethanol solution and with water replacing the peptide 
solution. This stabilization step ensures that the flow 
is constant and consistent across all the channels and 
junctions to avoid variations in morphology or decreases 
in NP yield due to potential blockages. Once the system 
started running with the peptide solution loaded, the 
junctions were closely watched using the optical 
microscope to ensure that no blockages or disruptions to 
the flow occur. Produced NPs were suspended in ethanol 
solution which was collected in a 15  mL polystyrene 
conical falcon tube. The NPs in solution were then frozen 
with liquid nitrogen and lyophilized in preparation for the 
printing process.

2.2.2 NP Characterization with Dynamic Light 
Scattering (DLS)

The NP samples were also characterized using DLS on a 
Zetasizer (Model X) to determine the average size. This 
was done during the optimization process to decide which 

flow rates were best for each peptide as several options 
were tested to obtain the largest quantity of NPs with the 
most uniform size distribution.

2.3 Printed Hydrogel Sample Preparation
Two vials of CH-01 and CH-02 peptide powders, 18 mg 
each, were weighed out and then dissolved in 1  mL 
of Milli-Q water by vortexing and sonicating into a 
homogenous solution. For the samples containing NPs, 
around 0.9 mg of lyophilized NPs were weighed out and 
dissolved in the peptide solution.

A custom-designed 3D bioprinter was set up with 
commercial microfluidic pumps as described in our 
previous publications, and a homemade two-inlet nozzle 
was used for extrusion[29,30]. Structures were printed 
directly onto 18  mm × 18  mm glass coverslips from 
Thermo Fischer to facilitate imaging later. Two syringe 
pumps were loaded for extrusion and the samples were 
printed into a grid construct made up of two layers using 
gcode.

The first syringe pump was loaded with the peptide 
solution and set to a flow rate of 55 µL/min. The second 
pump was loaded with ×5 PBS and set to a flow rate of 
20 µL/min. Three samples were printed for each condition 
(whether CH-01 or CH-02 and printed with or without 
NPs) with a height of two to three layers for each sample 
for easier imaging. The same procedure was conducted 
for both peptides.

Figure 2. Peptide nanoparticles (NPs) preparation. Schematic representation of flow-focusing chip junctions (A), the diameter of the stream 
is started from 4.5 μm to higher than 7.5 μm (B), and image of the setup of the microfluidic platform for peptide NP fabrication (C).

A B

C
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2.4 Scanning Electron Microscopy (SEM) 
Characterization of the Peptide NPs
During the optimization process, the peptide NPs were 
characterized using SEM to visualize the morphology 
and size distribution of the particles. Samples were 
prepared on SEM silicon wafers polished with acetone 
and isopropanol before drying with KimWipes and 
nitrogen gas. The silicon wafers were placed on double-
stick conductive carbon tape attached to the SEM 
aluminum pin stub. The collected NP solutions were 
vortexed briefly before pipetting 15 µL of solution onto 
the silicon wafer. Prepared samples were left overnight 
to dry in a vacuum desiccator, then sputter coated with 
a 5  nm thickness of iridium before imaging. Images 
were taken with FEI Magellan XHR and FEI Quanta 
600 FEG.

2.5 SEM Characterization of the Peptide 
Hydrogels
The peptide NPs were characterized using SEM to 
visualize the morphology of the NPs. This was done for 
samples with NPs that were printed and made manually, 
as well as for samples with NPs straight from the ethanol 
solution and those that were lyophilized to compare 
the integrity of the NPs. As the samples were printed 
on 18 × 18 mm glass coverslips, the samples were left 
to solidify for 10-20  min post-formation. At this point, 
the hydrogel samples were dehydrated by gradually 
immersing in increasing concentrations of 20%, 40%, 
60%, 80%, and 100% (v/v) ethanol solutions for 5 min 
in each solution. Further, dehydration in 100% ethanol 
solution was continued by changing the absolute ethanol 
solution with a fresh one twice for 5 min each followed 
by the 3rd  time for 2 h. The dehydrated samples were 
subsequently placed into the critical point dryer for 
evaporation before being mounted onto SEM aluminum 
pin stubs with double-stick conductive carbon tape and 
a final sputter coating of 10 nm of iridium. Images were 
taken with FEI Teneo SEM.

3. Results

3.1 NPs Fabrication
We first optimized the concentration of ethanol for use 
in the flow-focusing microfluidic platform. This was 
done by running the system as described above while 
modifying the ethanol concentration. We did this by 
running 1  mg/mL CH-01 through the microfluidic 
platform with 25%, 50%, and 75% filtered aqueous 
ethanol solutions at the same flow rates. The products 
were imaged at ×20,000, and the results can be shown 
in Figure  3. We then continued to optimize the flow 

rate ratio of the peptide and ethanol solutions for the 
production of peptide NPs. These experiments were 
done in the same way as the ethanol optimization 
process only changing the ratio of the flow rates used 
(Figure 3A and B). The parameters were selected based 
on fabrication throughput and a qualitative analysis of 
the size distribution.

3.2 NPs Characterization
The prepared NPs were characterized with DLS using a 
Zetasizer to compare samples prepared at different flow 
rates. The plots of the distribution of NPs size are shown in 
Figure 4 and a table of the distribution analysis for the CH-
01 and CH-02 NPs is presented in Table 1. The average 
diameter for the CH-01 NPs was measured to be around 
73.05 ± 0.14 nm and that of the CH-02 NPs was found to 
be 73.02 ± 0.20 nm. The average size for the NPs of both 
peptides was observed to be very similar, around 73 nm. An 
explanation for this is provided in the discussion section.

Figure 3. Scanning electron microscopy images of CH-01 during 
optimization of nanoparticles fabrication process. Left: Flow rate 
optimization, 1 mg/mL CH-01 run with 50% ethanol, at peptide-
to-ethanol flow rate ratios of (A) 1:1 µL/min, (B) 1:5 µL/min, 
and (C) 1:10 µL/min. Right: Ethanol concentration optimization, 
1  mg/mL CH-01 run at a peptide-to-ethanol flow rate ratio of 
1:10 µL/min, with differing ethanol concentrations of (D) 25% 
ethanol, (E) 50% ethanol, and (f) 75% ethanol.

A
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3.3 SEM Imaging of Hydrogel Samples
The SEM imaging of the samples can be shown in 
Figure 5 at ×20,000 and ×80,000. The conditions imaged 
are as follows: CH-01 manually prepared hydrogel, 
CH-02 manually prepared hydrogel, CH-01  3D-printed 
hydrogel, CH-02 3D-printed hydrogel, CH-01 manually 
prepared hydrogel with lyophilized NPs, CH-02 manually 
prepared hydrogel with lyophilized NPs, CH-01 
3D-printed hydrogel with lyophilized NPs, and CH-02 

3D-printed hydrogel with lyophilized NPs. The images 
were taken and analyzed for NPs embedded within the 
hydrogel structure. This was done to confirm that the NPs 
did not collapse under the stress of the printing process. 
NPs are labeled within each sample image for easier 
viewing.

4. Discussion
The peptide self-assembles through a combination of 
non-covalent interactions that are the driving force 
behind the observed secondary structure, and thus size 
and shape, of the assembled peptide molecules[31-36]. 
These interactions are affected by a number of parameters 
including the solvent choice, solvent concentration, 
peptide concentration, ethanol-to-peptide flow rate ratio, 
and the actual flow rates themselves. To assess the efficacy 
of each ethanol concentration tested for use in the flow-
focusing microfluidic platform, the output solution for 
each condition was imaged using SEM. This experiment 
was run several times and the resulting images were 
compared to determine which concentration produced the 
largest number of homogenous NPs. From Figure 4, it is 

Table 1. Distribution analysis of NPs for CH‑01 and CH‑02.

CH‑01 CH‑02

Size (nm) NPs (%) Size (nm) NPs (%)
45‑55 0 45‑55 6.48
55‑65 15.7 55‑65 21.3
65‑75 40.3 65‑75 29.1
75‑85 33.8 75‑85 23.0
85‑95 9.67 85‑95 12.7
95‑105 0 95‑105 0
105‑115 0.414 105‑115 5.33
Mean: 73.05 ± 0.14 nm Mean: 73.02 ± 0.20 nm

NPs: Nanoparticles

Figure 5. Scanning electron microscopy images taken at ×20,000 and ×80,000 (inset) of the following samples: (A) CH-01 manually 
prepared hydrogel, (B) CH-02 manually prepared hydrogel, (C) CH-01 manually prepared hydrogel with lyophilized nanoparticles (NPs), 
(D) CH-02 manually prepared hydrogel with lyophilized NPs, (E) CH-01 three-dimensional (3D) printed hydrogel, (F) CH-02 3D-printed 
hydrogel, (G) CH-01 3D-printed hydrogel with lyophilized NPs, and (H) CH-02 3D-printed hydrogel with lyophilized NPs.

A

E

B

F

C

G

D

H

Figure 4. Plots of the number percent of (A) CH-01 and (B) CH-02 nanoparticles at a range of sizes obtained through dynamic light 
scattering.
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clear that the run with 50% ethanol performed the best. 
As such, the subsequent experiments were all performed 
using an optimized ethanol concentration of 50% for the 
side streams at each junction. Following the optimization 
of the ethanol concentration, the flow rate ratio of the 
peptide to ethanol solutions for the production of peptide 
NPs was also optimized using the same criteria described 
for the ethanol optimizations. In the experiments with 
lower peptide to ethanol flow rate ratios – such as 1:1 or 1:5, 
we observed that significantly more of the peptide formed 
a fiber network in the background (Figure 3A and B). Our 
results from several trials of these experiments suggest 
that as the flow rate of the ethanol increases relative to 
that of the peptide, more peptide NPs form. As such, the 
flow rate ratio of peptide to ethanol of 1:10 was used in 
all of the following experiments.

Characterization of the NPs using DLS revealed that 
the average size of both the CH-01 and CH-02 NPs 
was around 73.0  nm. The size distribution plot shown 
in Figure  4 suggests a homogenous batch of NPs, and 
the average size of the NPs from the DLS results is 
consistent with the measured sizes of the NPs seen in 
the SEM images in Figure  5. The similar average size 
for NPs produced from both peptides is due to the fact 
that similar parameters were used during their production 
with the microfluidic flow-focusing chip. As such, the 
original peptide solutions were subject to very similar 
forces and pressure from the ethanol side stream, thus 
resulting in similar behavior. On close examination of 
the SEM images of the hydrogels in Figure  5, we can 
draw comparisons between the size, morphology, and 
relative distribution of the NPs within each printed versus 
manually prepared hydrogel sample. As the images 
are quite similar, the results suggest that the NPs are 
capable of withstanding the stress associated with the 
printing process. A comparison of the manually prepared 
and 3D-printed samples without the addition of NPs to 
those made with NPs provides confirmation that the NPs 
observed in SEM are only present in the samples with the 
NPs added. The samples prepared with the addition of the 
NPs in ethanol solution serve as a reference to ensure that 
the general morphology of the NPs is not affected by the 
lyophilizing process.

5. Conclusion
The discovery and characterization of biomaterials suitable 
for use in medicine are an area of keen interest in the 
world of research. For tissue engineering, peptide-based 
hydrogels have emerged as an excellent material to serve 
as a scaffold that is biocompatible, biodegradable, and 
promotes cell proliferation and migration as it mimics the 
natural extracellular matrix. One of the biggest challenges 
with using these peptide hydrogels in conjunction with 
specific therapeutic molecules or growth/differentiation 

factors is the diffusion gradient that emerges as a result 
of the nanofibrous network that hinders the ability of the 
species to migrate to the center of the hydrogel[37]. This 
means that the therapeutic molecules or specific factors 
needed for cell growth are not evenly distributed within 
the sample. By producing peptide NPs modified to have 
these specific molecules attached to their surface[38] and 
by distributing these NPs throughout the hydrogel, we 
can overcome the diffusion gradient and allow for a slow, 
controlled release of these therapeutics/specific factors to 
the surrounding cells. The previous reports on the controlled 
release of NPs within a peptide hydrogel have focused on 
AgNPs[25] used for antimicrobial applications. The use 
of peptide NPs allows for the introduction of a scaffold 
and carriers comprised only a single foreign material to 
the body of the host, thus minimizing the likelihood of 
any adverse effects. This series of experiments serves as 
a proof of principle study of the ability to produce and 
print NPs from ultrashort self-assembling peptides into 
peptide-based hydrogels. Perhaps, the best way to ensure 
a uniform distribution of NPs within each sample is 
to automate the process through the use of 3D printing 
technology. Although future experiments are needed to 
further confirm and optimize the homogenous distribution 
of NPs within the hydrogel samples, this paves the way 
for an exciting future where we can possibly make use of 
this system for applications in medicine. One interesting 
area to work toward is the ability to reprogram stem 
cells through careful control of the ratio of each of the 
Yamanaka factors attached to 3D-printed peptide NPs 
embedded within a hydrogel scaffold[39].
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