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Three-dimensional (3D) bioprinting uses additive manufacturing techniques to fabricate 3D structures
consisting of heterogenous selections of living cells, biomaterials, and active biomolecules [1,2]. To date,
3D bioprinting technologies have transformed the fields of tissue engineering and regenerative
medicine by enabling fabrication of highly complex biological constructs. Using the patient’s medical
imaging data, patient- and damage- specific implants can be printed with customized cellular
and physiomechanical functionalities [3–5]. The main bioprinting methods include extrusion-based,
droplet-based (inkjet), laser-based, and, more recently, vat photopolymerization-based bioprinting [6,7].
A variety of biomaterials (i.e., bioinks) have been used for tissue bioprinting, including ceramics, synthetic
and natural polymers, decellularized tissues, and more frequently, hybrid bioinks consisting of a
combination of these materials [8–11].

While significant and rapid progresses have been made in tissue bioprinting processes for
various in vitro applications, such as disease modeling [12] and drug screening [13], there are several
challenges to address before bioprinting becomes clinically relevant [14–16]. These constraints
include: 1) limited number of available bioink solutions and lack of thorough characterization of their
biological and physiomechanical properties [10,17]; 2) poor understanding of the correlation between
printed architecture and the ultimate tissue function [18,19]; 3) limitations on the quality of imaging
techniques [20,21] and available bioprinters [22]; 4) complex and rather expensive processes involved
pre, during, and post-bioprinting [22]; 5) suboptimal, non-specialized printing software and their often
incompatibilities [23].

There are eight articles published in this Special Issue composed of four research papers and four
review papers. The research articles focus on the influence of electron beam (E-beam) sterilization on
in vivo degradation of composite filaments [24], enhancing osteogenic differentiation of stem cells using
3D printed wavy scaffolds [25], the development of a scaffold-free bioprinter [26], and the fabrication of
multilayered vascular constructs with a curved structure and multi-branches [27]. Kang et al. investigated
the effect of E-beam sterilization on the degradation of β-tricalcium phosphate/polycaprolactone
(β-TCP/PCL) composite filaments in a rat subcutaneous model for 24 weeks [24]. Although they
reported that the E-beam sterilization accelerated the degradation rate of the composite filaments, due
to the decreased crystallinity and decreased molecular weight of PCL after the E-beam irradiation,
they concluded that the chemistry of samples plays a bigger role than the sterilization method in
biodegradation. Ji and Guvendiren investigated the effect of wavy scaffold architecture on human
mesenchymal stem cell (hMSC) osteogenesis by 3D printing as compared to orthogonal scaffold
design [25]. They found that when cultured on wavy scaffolds, hMSCs became elongated, formed
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mature focal adhesions, and showed significantly enhanced osteogenesis. LaBarge et al. developed a
custom device enabling the printing of an entire layer of spheroids at once to reduce printing time [26].
They demonstrated the feasibility of this device first using zirconia and alginate beads, which mimic
spheroids, and human-induced pluripotent stem cell-derived spheroids. This scaffold-free bioprinter
could potentially advance the growing field of scaffold-free 3D bioprinting. Liu et al. developed a
combined approached to fabricate multilayered biodegradable vascular constructs for cardiovascular
research [27]. In their approach, 3D printing was used to fabricate a mold system which was then used
to cast a hydrogel and a sacrificial material. They investigated the channel wall displacement during
blood flow using fluid-structure interaction simulations. They also demonstrated the feasibility of
their devices using human umbilical vein endothelial cells. Their approach shows a great potential for
constructing integrated vasculature for tissue engineering.

The four review articles focused on advanced polymers for 3D organ printing [28], chitosan for
tissue and organ bioprinting [29], applications of 3D printing for craniofacial tissue engineering [30],
and in vivo tracking of 3D printed tissue-engineered constructs [31]. Wang reviewed advanced
polymers exhibiting excellent biocompatibility, biodegradability, 3D printability and structural stability [28].
The author also summarized the challenges of polymers for 3D bioprinting of complex organs. Li et al.
reviewed the use of chitosan in tissue repair, including skin, bone, cartilage, and liver tissue, and 3D
bioprinting of organs [29]. Tao et al. focused on the applications of 3D printing for craniofacial tissue
engineering, including periodontal complex, dental pulp, alveolar bone, and cartilage [30]. Gil et al.
reviewed the currently utilized imaging techniques to track tissue engineering scaffolds in vivo, with
particular focus on the in vivo tracking of 3D bioprinted tissue constructs [31].

We would like to take this opportunity to express our gratitude to all authors who contributed to
this Special Issue. We also wish to thank all the reviewers for dedicating their time to provide thorough
and timely reviews to ensure the quality of this Special Issue.

Conflicts of Interest: The authors declare no conflict of interest.
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Abstract: We evaluated the effect of electron beam (E-beam) sterilization (25 kGy, ISO 11137) on
the degradation of β-tricalcium phosphate/polycaprolactone (β-TCP/PCL) composite filaments of
various ratios (0:100, 20:80, 40:60, and 60:40 TCP:PCL by mass) in a rat subcutaneous model for
24 weeks. Volumes of the samples before implantation and after explantation were measured using
micro-computed tomography (micro-CT). The filament volume changes before sacrifice were also
measured using a live micro-CT. In our micro-CT analyses, there was no significant difference in
volume change between the E-beam treated groups and non-E-beam treated groups of the same
β-TCP to PCL ratios, except for the 0% β-TCP group. However, the average volume reduction
differences between the E-beam and non-E-beam groups in the same-ratio samples were 0.76% (0%
TCP), 3.30% (20% TCP), 4.65% (40% TCP), and 3.67% (60% TCP). The E-beam samples generally had
more volume reduction in all experimental groups. Therefore, E-beam treatment may accelerate
degradation. In our live micro-CT analyses, most volume reduction arose in the first four weeks
after implantation and slowed between 4 and 20 weeks in all groups. E-beam groups showed greater
volume reduction at every time point, which is consistent with the results by micro-CT analysis.
Histology results suggest the biocompatibility of TCP/PCL composite filaments.

Keywords: 3D printing; β-tricalcium phosphate/polycaprolactone (β-TCP/PCL) composite; bone
tissue engineering; electron beam sterilization

1. Introduction

There have been many developments in engineering biocompatible and biodegradable bone
implant scaffolds for use as an alternative to autografts and allografts for bone defects over the last
couple of decades, especially when bone defects are large and donor morbidity is a risk [1–4]. Bone
scaffolds have been extensively studied to promote native bone tissue growth and surrounding cell

Micromachines 2020, 11, 273; doi:10.3390/mi11030273 www.mdpi.com/journal/micromachines5



Micromachines 2020, 11, 273

proliferation by optimizing nutrient transportation and mimicking native mechanical properties while
minimizing damage to the surrounding tissues [1,2,5–7]. Bone scaffolds have been constructed using
various materials such as metals, bioglasses, ceramics, and polymers, and are typically fabricated from
a composite of the latter two [1,2,5,7]. Specifically, β-tricalcium phosphate (β-TCP), a polymorph of
tricalcium phosphate and a biomimetic ceramic, and polycaprolactone (PCL), a biocompatible polymer,
are two commonly used, clinically available biodegradable materials in bone scaffold engineering. TCP
has a comparable resorption rate to bone regeneration [1,8,9]. Additionally, when compared to five
other commonly used FDA-approved poly(α-hydroxy esters), PCL was one of two that demonstrated
the best structural integrity and cellular response [10].

The composite construct of β-TCP and PCL combines the respective benefits of each:
osteoconductivity—or bone growth on a surface such as an implant scaffold [11–14]—and easy
handling, both of which have only begun to be explored in further depth. The β-TCP/PCL composite
is composed of the osteoconductive β-TCP ceramic particles suspended in the bioresorbable PCL
polymer matrix [15,16]. The composite material’s ability to be extruded into a filament and then
3D-printed enables the creation of controlled, patient-specific scaffolds to optimize its integration
within and support for native bone tissue regeneration [17]. In addition to 3D printing, other scaffold
fabrication methods include electrospinning, solvent casting, particle leaching, thermally-induced
phase separation, and various molding techniques [5,6,18].

Although various factors for optimizing bone scaffolds have been studied, examining the
degradation profiles of these constructs is particularly crucial for evaluating the success of bone
implants for clinical applications. A bone scaffold should subsist long enough to induce the maximum
therapeutic effect at the bone defect site, but also degrade when healing is underway. Poly (α-hydroxy
esters)—and by association, composites with polymers in this group—undergo hydrolytic degradation
via two methods: surface or bulk [19]. Ideally, degradation and resorption times for bone scaffolds
should match bone regeneration rates, depending on the bone defect size. For large bone defects,
the degradation and resorption duration for bone scaffolds can be greater than two years [20].
Slow-degrading scaffolds have been shown to prevent tears, allow a slow reintegration of movement,
and minimize toxicity at the site of interest when compared to fast-degrading scaffolds [21].

Since sterilization is necessary for the clinical realization of a bone scaffold, it is important to
then study how sterilization may change degradation, which further affects the structural integrity
and mechanical profiles of bone scaffolds. Various sterilization methods exist for bone scaffolds,
including heat-based ethylene oxide immersion and irradiation via ultraviolet, gamma, and electron
beam (E-beam) irradiation [22]. Submersion in solvents, such as 70% ethanol, has also been used
to sterilize scaffolds, but is insufficient as a sterilization method alone because ethanol has minimal
sterilizing power over bacterial spores [22]. Out of all of these methods, E-beam is the most optimal for
pre-packaged biomaterials with low melting points, which is relevant for β-TCP/PCL scaffolds [22].
Additionally, E-beam has higher dosage rates than both ultraviolet and gamma irradiation methods,
resulting in less exposure time [22]. This is particularly important for polymers like PCL, because
irradiation methods like E-beam and gamma have been shown to increase the polydispersity of PCL
chains and affect mechanical properties and degradation rates [22–24]. This is a result of PCL ester–ester
chain scissioning, in addition to crosslinking, or the formation of chemical bonds to connect polymer
chains [23,24].

In our previous study, we found a 14% increase in the initial Young’s modulus and a 25%
faster in vitro degradation profile for scaffolds that received E-beam compared to those that did
not [23]. The increased Young’s modulus values after E-beam were likely due to crosslinking, which
strengthens the β-TCP/PCL composite structure, while the increase in degradation rate after E-beam
in vitro was likely due to chain scissioning, which is thought to weaken the composite structure [23].
Furthermore, since β-TCP particles are merely suspended in the polymer matrix, degradation of
β-TCP/PCL scaffolds in any given solution is mainly driven by polymer degradation via the hydrolytic
cleavage or scissioning of ester–ester linkages [19,20,23,25]. Previous studies, including ours, have
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focused solely on 20% TCP/80% PCL [19,20,23,26,27], so this study extends the work by examining the
in vivo degradation profiles of various β-TCP/PCL composite ratios by mass (0:100, 20:80, 40:60, and
60:40) in a rat model, particularly studying the effect of E-beam sterilization among these different
ratios on in vivo degradation. We have chosen to use extruded filament samples over scaffold samples
for this in vivo study for simplification and as a screening test for chemical compositions. While
we recognize that scaffolds confer additional properties, such as porosity, that can also influence
degradation, the main purpose of our in vivo study is to test how the chemical composition and E-beam
affect degradation. This can be achieved using extruded filament samples, while also saving time and
cost. In addition, these extruded filaments can help predict the degradation of extrusion-based printed
devices and grafts.

2. Materials and Methods

2.1. Sample Fabrication

The sample fabrication protocol was adapted from Bruyas et al. [28]. Four ratios of β-TCP to PCL
were synthesized from the stock constituents using a protocol involving dissolution and precipitation
phases. The gram-to-gram ratio of β-TCP powder with an average particle size of 100 nm (Berkeley
Advanced Biomaterials Inc., Berkeley, CA, USA) to PCL pellets (Sigma-Aldrich, St. Louis, MO, USA)
was 0:37.5, 7.5:30, 15:22.5, and 22.5:15 for β-TCP to PCL ratios of 0:100, 20:80, 40:60, and 60:40 by mass,
respectively. Materials were suspended in dimethylformamide (DMF) (Fisher Chemical, Waltham,
MA, USA): 20 mL DMF per 1 g β-TCP, and 10 mL DMF per 1 g PCL. The materials were gradually
mixed into DMF separately by heating each beaker to 70–90 ◦C and stirring for three hours, before
the two were combined and stirred for an additional hour. The mixture was then precipitated into a
large container of cold tap water, flattened into a sheet of approximately 200–350 cm2 area, and dried
at room temperature overnight. The composite material was then hand-processed into pellets with
diameters of approximately 5 mm. These pellets were fed into a lab-built screw extruder to create
a filament with an average diameter of approximately 2.5 mm. Ratios with higher β-TCP content
required higher temperatures for extrusion, since β-TCP has a much higher melting point than PCL
(1670 ◦C versus 60 ◦C, respectively). A 90 ◦C temperature was used for 0:100 and 20:80, while 100 ◦C
was used for 40:60 and 120 ◦C for 60:40. This material- and filament-synthesis process was repeated for
each of the four ratios. Samples 5 mm long were cut from each filament material for the in vivo study.

2.1.1. Pre-E-Beam Surface Treatment

After fabrication, a pre-E-beam surface treatment (adapted from Bruyas et al. [23]) was administered
to all samples to make their surfaces more hydrophilic and rough, which facilitate better degradation
solution penetration [29]. Samples were fully immersed in a 5 M NaOH (Ricca Chemical, Arlington, TX,
USA) solution from diluting a 10 M stock with purified water (Milli-Q, MilliporeSigma, Burlington, MA,
USA) at room temperature for 1 h (40% and 60% β-TCP) and 6.5 h (0% and 20% β-TCP). After NaOH
submersion, all samples were rinsed twice with Milli-Q water and dried overnight. Under a sterile
biological hood, the samples were then immersed in 70% ethanol for 20 min for sterilization, and then
rinsed with PBS (pH 7.4, Gibco, Carlsbad, CA, USA) three times. After drying overnight, the samples
were packaged in autoclaved self-sealing sterilization pouches under the sterile biological hood.

2.1.2. E-Beam Specification

Half of all the samples were E-beam irradiated with a standard single dose of 25kGy (Steri-Tek,
Fremont, CA, USA), in alignment with the ISO 11137-2:2006 norm. Steri-Tek uses two 10 MeV,
20 KW linear accelerators (Mevex, Stittsville, ON, Canada) to create a DualBeam™ processing method,
which increases efficiency by administering uniform doses to products without having to rotate them.
The Bruyas et al. study on E-beam and β-TCP/PCL scaffolds also used this E-beam specification [23].
This standard complies with the sterility assurance level (SAL) being less than 10−6. In other words,
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there can be at most one unsterile item for every one million objects, whether it be devices or scaffolds,
in order to qualify as sterile [22].

2.2. The Subcutaneous Implantation of Samples into Rats

For this study, five Sprague Dawley rats (S.D Rat, Taconic Biosciences, Rensselaer, NY, USA) were
grown in a pathogen-free environment for a period of 9 weeks. All experiments were conducted in
accordance with animal testing ethics and were approved by Chonnam National University Institutional
Animal Care and Use Committee (No. CNU IACUC-YB-2018-80). Specimens prepared for in vivo
testing were classified as shown in Table 1, and a total of 40 specimens were prepared and divided into
eight groups. The rats were anesthetized using 10 mg/kg of Xylazine (Rumpoon, Bayer, Leverkusen,
Germany) and 20 mg/kg of Zoletil (Zolazepam + Tiletamine, Virbac, Carros, France) by intraperitoneal
injection. To prevent bradycardia, 0.1 mg/kg of an anticholinergic drug (Atropine, JEIL Pharmaceutical,
Seoul, Korea) was injected intramuscularly. Both the neck and hind limbs were shaved followed by
iodine cure, ethanol (70% ethyl alcohol) disinfection, and incisions. Each filament from the experimental
groups was implanted into the neck and hind limbs. Each rat was implanted with eight different
groups of cylindrical filaments that were placed in subcutaneous sacs internally and sutured (Vicryl-4.0,
Johnson & Johnson Medical, New Brunswick, NJ, USA), with sutures at appropriate intervals to prevent
movement of the samples. The transplanted samples were not in contact with each other (Figure 1).

Table 1. Classification codes for each group.

Filament Group Code Quantity

E-beam

100% PCL 0, e 5
20% TCP/80% PCL 20, e 5
40% TCP/60% PCL 40, e 5
60% TCP/40% PCL 60, e 5

Non-E-beam

100% PCL 0, no e 5
20% TCP/80% PCL 20, no e 5
40% TCP/60% PCL 40, no e 5
60% TCP/40% PCL 60, no e 5

 
Figure 1. Schematic diagram of the filament implantation and experimental process.

Post-operatively, all the animals received 5 mg/kg of antibiotics (Enrofloxacin, Bayer Leverkusen,
Germany) and 5 mg/kg of analgesic anti-inflammatory drugs (Ketoprofen, EagleVet, Seoul, Korea).
After implantation, rats were subjected to in vivo live micro-computer tomography (CT) (live-CT) and
micro-CT (Figure 1).
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2.3. Micro-CT and In Vivo Live-CT

Volumes of the samples before implantation and explants after animal euthanization were
measured using micro-CT (SKYSCAN 1272, Bruker, Billerica, MA, USA) at 30 kV voltage, 150 μA
current, and 10 μm pixel size. The scanned slices were reconstructed into DICOM files using the Cone
Beam program (PerkinElmer, Waltham, MA, USA). After 24 weeks of implantation, the rats were
sacrificed, and the implants were removed and subjected to micro-CT measurement under the same
conditions as before implantation. The volume change of the specimens was calculated using Equation
(1) and an image processing software (Mimics software, Materialize NV, Leuven, Belgium).

Micro-CT volume change (%) = ((M� −M0)/M0) × 100, (1)

where M0 is the micro-CT data of implants before implantation, and M� is the micro-CT data of
explants at 24 weeks after implantation.

The volume changes of the filaments implanted in vivo were measured using a live-CT device
(Quantum GX2, PerkinElmer, Inc., USA). Exposure conditions were maintained at 90 kV voltage, 88 μA
current, and 90 μm voxel size for 4 min. The volume of the samples was measured after 1 day of
implantation and again at 4, 12, and 20 weeks after implantation. The volume change of the specimens
was calculated by Equation (2) using an image processing software.

Live-CT volume change (%) = ((L� − L0) / L0) × 100, (2)

where L0 is the live-CT data at 1 day after implantation, and L� is the data for each set period.
Equation (3) was used to compare the difference between micro-CT (MCT) volume before

implantation and live-CT (LCT) volume after 1 day of implantation.

Difference between LCT and MCT (%) = ((LCT −MCT))/MCT) × 100. (3)

2.4. Histological Examination

Specimens were fixed using 4% paraformaldehyde solution and demineralized using 10%
ethylenediaminetetraacetic acid (EDTA, Sigma-Aldrich, USA). The demineralized specimen was then
dehydrated with increasing ethanol concentration (70% to 100%). Subsequently, it was cleaned with
Xylene (Sigma-Aldrich, USA), embedded in paraffin, and then cut into 3 μm specimen slices using an
Automated Rotary Microtome (Leica RM2255, Leica Microsystems, Wetzlar, Germany). Following the
above process, the hydration step was executed. H&E staining (hematoxylin and eosin, Sigma-Aldrich,
USA) was performed to evaluate histological characteristics including inflammatory response, collagen
presence, and neovascularization.

2.5. Statistics

Quantitative data are presented as mean ± standard deviation with variance analysis according
to the Mann–Whitney U test. The Kruskal–Wallis test was used to compare among experimental
groups using the PASW Statistics 18.0 software (SPSS Inc., Chicago, IL, USA). p < 0.05 was considered
statistically significant.

3. Results and Discussion

3.1. Evaluation of Filament Degradation in the Subcutaneous

Figure 2a shows the volume changes of the eight different groups of filaments before and after
24 weeks implantation by micro-CT analysis. The volume change of filaments was used as an indicator
of degradation. At 24 weeks, the volume change of groups (0, e) and (0, no e) was 1.54% ± 0.28% and
0.78% ± 0.24%, respectively. Groups (20, e) and (20, no e) was 10.16% ± 3.95% and 6.58% ± 1.04%,
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respectively. Groups (40, e) and (40, no e) was 10.33 ± 4.19 and 5.68 ± 3.17, respectively. Groups (60, e)
and (60, no e) was 10.47 ± 3.59 and 6.80 ± 1.54, respectively. There was a significant difference in
volume change between the (0, e) and (0, no e) groups, but there was no significant difference among
the other groups because of relatively high standard deviations.

 
Figure 2. Volume change of filaments by micro-computer tomography (CT) and Equation (1).
(a) Between E-beam and non-E-beam at 24 weeks (* p < 0.05); (b,c) of 4 different tricalcium
phosphate/polycaprolactone (TCP/PCL) ratio groups at 24 weeks (* p < 0.05).

However, the volume changes of E-beam groups were greater than the non-E-beam groups in the
same TCP:PCL ratio pair. The average difference between the E-beam and non-E-beam groups in each
ratio was 0.76% (0% TCP), 3.30% (20% TCP), 4.65% (40% TCP), and 3.67% (60% TCP). The results suggest
that E-beam sterilization accelerated degradation, which is consistent with our in vitro degradation
study [23] and other literature [19,20,23,26,27]. E-beam accelerates degradation because irradiation
causes decreased crystallinity and shorter molecular chains of PCL due to chain scissions. The volume
changes of pure PCL filaments are smaller than those of TCP/PCL composite filaments, suggesting that
the addition of TCP also accelerated degradation. Compared to the slowly degradable hydrophobic
PCL, the higher content of hydrophilic TCP ceramic particles increased water absorption from body
fluids and accumulated more lipase enzymes onto the surface layer of the filaments [30,31], inducing
hydrolysis and increasing PCL surface erosion [32]. It is worth noting that the increased hydrophilicity
of the TCP/PCL surface likely facilitates cell adhesion, which also likely contributed to the increased
degradation [32].

There were no significant differences in the degradation among the three different TCP content
groups, in both E-beam and non-E-beam (Figure 2b,c). The results suggest that the chemistry of
composites plays a bigger role in biodegradation than the sterilization method. In particular, E-beam
mainly affected the properties of PCL, not TCP. The concentration of TCP particles embedded into the
PCL matrix was not sufficient to allow particles to be interconnected. The lack of interconnection then
allows water to penetrate into the center of the composite [19].

In this experiment, live-CT was used to observe the volume change of filaments over time
without euthanizing the rats. Using live-CT also reduces the number of rats needed for the study and
discrepancies due to the individual characteristics of each rat. However, the 0% TCP group was difficult
to scan with live-CT due to its low contrast and fine fiber diameter. The ability to scan with live-CT is
affected by the signal-to-noise ratio, the phase difference, and the tissue around the artifact [33–36].

Table 2 lists the volume differences of samples that were estimated by Equation (3) by subtracting
the volume before implantation by micro-CT from the volume at one day after implantation by live-CT.
The average volumes by live-CT were slightly higher than those by micro-CT in all samples. This
difference could be due to the filament swelling inside the live body at one day after implantation.
A study found that swelling of PCL occurs rapidly within the first 24 h, with a difference of about
10–20% [37]. In another report, the rate of swelling varies with the amount of hydrophilic material
mixed with PCL within 24 h, and the resulting volume increase is around 5–10% [38]. Our results in
Table 2 are consistent with the values in these reports.
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Table 2. Volume difference between micro-CT and live-CT.

Time/Group 20, e 40, e 60, e 20, no e 40, no e 60, no e

Before surgery (micro-CT) (%) 28.05 21.30 27.73 26.13 22.00 26.24
1 day after implantation

(live-CT) (%) 28.83 22.64 29.23 26.93 23.74 27.25

Volume change (%) +2.78 +6.29 +5.4 +3.09 +7.88 +3.84

Figure 3A shows the volume change over time based on live-CT analysis and Equation (2). All
TCP-containing groups exhibited a rapid volume reduction during the first four weeks of implantation.
From 4 to 20 weeks, all groups showed a slow and gentle downward slope in volume change, and the
E-beam groups resorbed more at every time point. It has been reported that the adsorption of bioactive
proteins to the surface of biomaterials from serum and body fluid upon implantation affects the rate of
degradation [39], because this influences the effects of cellular interactions on body fluids and active
protein substances attached to implanted TCP/PCL specimens. The hydrolysis mechanism of PCL
occurred simultaneously, which results in rapid degradation [40].

  

Figure 3. (A) Volume change at 1 day, 4, 12, and 20 weeks after implantation by live-CT and Equation (2).
(B) Three-dimensional model of a sample 40% TCP filament, (a) E-beam and (b) non-E-beam by live-CT.
(1–4) are filaments at 1 day, 4 weeks, 12 weeks, and 20 weeks, respectively. (5) is a superimposition
between 1 day (red) and 20 weeks (yellow).

However, one weakness of this study was that we did not use live-CT to examine the volumes of
filaments at 24 weeks after implantation, while they were still implanted into the rats; rather, we used
micro-CT to examine the volumes of the filaments after explantation. Our decision was misled by
our data comparison at day one listed in Table 2, in which the volume by live-CT one day after
implantation was greater than the volume by micro-CT before implantation. It turns out that the
volumes from micro-CT analysis of the explants after 24 weeks of implantation are actually larger than
the values from live-CT analysis at 20 weeks of implantation. The lack of live-CT data at 24 weeks after
implantation lost us the opportunity to continuously examine changes between 20 and 24 weeks. As
such, we cannot compare the difference between live-CT data before euthanization and micro-CT data
after euthanization to further confirm the resolution of CT scanning.

3.2. Histological Examination

Figure 4 shows histology images of sample implants surrounded by tissue. Fibrous
encapsulation—a thick and homogeneous colonization by fibroblast cells—was found in all samples.

11



Micromachines 2020, 11, 273

  
0, e 

  
0, no e 

  
20, e 

  
20, no e 

  
40, e 

Figure 4. Cont.
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Figure 4. Micrographs of subcutaneous tissue responses to filaments after 24 weeks of implantation.
White arrows indicate fibroblasts; (* with a white circle) indicates monocytes and macrophages; (**)
indicates protein and collagen; and (***) indicates blood vessels. The micrographic images of each
stained samples (10 × and 100 ×magnification) are labelled with group code as follow; (A) and (a) are
(0,e), (B) and (b)are (0,no e), (C) and(c) are (0,e), (D) and(d) are(0,no e), (E)and (e)are(0,e), (F)and (f)are
(0,no e), (G) and (g)are (0,e),and (H) and (h)are(0,no e).

Inflammatory macrophages (or monocytes) were found in the (0, e), (0, no e), (60, e), and (60,
no e) groups. PCL degradation increases the acidity around the tissues, resulting in an inflammatory
response [31]. Fibroblasts were at high-density and accompanied by collagen deposition. Blood
vessel formation was also observed. A study of biodegradable polymers by Pêgo et al. shows
that encapsulation of samples is mainly composed of macrophages, fibroblasts, and newly formed
blood vessels due to immune reactions that are followed by inflammatory reactions, encapsulation
characteristics commonly seen after implantation [41]. On the tissue surface of both the E-beam and
non-E-beam 60% TCP groups, some multinucleated giant cells (MNGCs) were also observed (data not
shown). When macrophages fail to remove foreign bodies due to the presence of slowly degradable
PCL, they fuse to form MNGCs, and exhibit foreign body reactions during chronic inflammation [42].
The presence of MNGCs is closely related to the improvement of neovascularization, the degradation
and uptake of the implanted biomaterial, and the encapsulation by the transplantation reaction [43,44].
MNGCs invade the implanted biomaterial and begin to destroy the original structure. Blood vessels
and connective tissue grow into the biomaterial, leading to premature loss [45].
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We understand that subcutaneous implantation may not reflect the degradation of orthotopic bone
defect implantation. We used the filaments and subcutaneous implantation as a simple screening test
before we test them in bone defects. In our other studies, we implanted 3D-printed TCP/PCL scaffolds
of single formulation (20% TCP/80% PCL) into large bone defects in rabbit femoral heads [13,14] and
rat femurs [46]. Both implantations showed that our scaffolds promoted bone ingrowth into the porous
structure and retained structural integrity, suggesting excellent biocompatibility and osteointegration.
The degradation rates of the macroporous 20% TCP/80% PCL scaffolds ranged from 10% to 25% at
eight weeks after implantation in femoral head bone defects [13]. The slowest degradation rate in bone
defects in rabbits was similar to those of subcutaneous implantation. The difference could be the result
of higher surface areas in porous scaffolds versus rods and anatomical sites. We plan to further test
E-beam sterilized 3D-printed scaffolds within bone defects in the future.

4. Conclusions

In this study, we extruded β-TCP/PCL filaments of different ratios and sterilized the samples
with clinically available E-beam irradiation, and implanted them in subcutaneous sites for 24 weeks.
The degradation rates were characterized by micro-CT and live-CT, and biocompatibility of samples
was examined by histology analyses. We observed that incorporation of TCP into PCL significantly
increased degradation of the composite, but increasing TCP content in the composite did not accelerate
degradation. Faster degradation occurred in the first four weeks and gradually slowed down afterward.
E-beam sterilization also accelerated degradation, which is due to decreased crystallinity and shorter
molecular chains of PCL after the E-beam irradiation. For the TCP/PCL filaments, the chemistry of
samples plays a bigger role than the sterilization method in biodegradation. E-beam sterilization did
not affect biocompatibility of the implants in the subcutaneous implantation. Our work suggests that
creating TCP/PCL composites is a promising method for achieving the degradation properties required
to fulfill clinical demands for the use of E-beam sterilization in osteosynthetic applications.
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Abstract: There is a growing interest in developing 3D porous scaffolds with tunable architectures
for bone tissue engineering. Surface topography has been shown to control stem cell behavior
including differentiation. In this study, we printed 3D porous scaffolds with wavy or linear patterns
to investigate the effect of wavy scaffold architecture on human mesenchymal stem cell (hMSC)
osteogenesis. Five distinct wavy scaffolds were designed using sinusoidal waveforms with varying
wavelengths and amplitudes, and orthogonal scaffolds were designed using linear patterns. We found
that hMSCs attached to wavy patterns, spread by taking the shape of the curvatures presented by the
wavy patterns, exhibited an elongated shape and mature focal adhesion points, and differentiated into
the osteogenic lineage. When compared to orthogonal scaffolds, hMSCs on wavy scaffolds showed
significantly enhanced osteogenesis, indicated by higher calcium deposition, alkaline phosphatase
activity, and osteocalcin staining. This study aids in the development of 3D scaffolds with novel
architectures to direct stem osteogenesis for bone tissue engineering.

Keywords: biomaterials; additive manufacturing; stem cells; tissue engineering; bone regeneration

1. Introduction

There is a growing interest in developing porous scaffolds for bone tissue engineering enabling
temporary mechanical support for cells to attach, migrate, and produce newly formed extracellular
matrix to form functional bone tissue ultimately [1–3]. Although bone has a robust regenerative
ability, therapeutic interventions are required for large bone defects [4,5]. Grafts (autografts, allografts,
and xenografts) are commonly used in the clinic to fill the defect site and to regenerate bone tissue [6,7].
Porous scaffolds can be considered as an alternative to regenerate bone while mechanically supporting
the defect site [8]. A wide range of techniques have been developed to fabricate porous bone scaffolds,
such as gas foaming [9–11], solvent casting and particle/salt leaching [12–16], phase separation [17,18],
freeze drying [19,20], and electrospinning [21–23]. However, the majority of these techniques fail to
control the 3D architecture of the scaffolds precisely, including pore size and pore distribution, and also
fail to develop reproducible scaffolds [1]. 3D printing is an additive manufacturing technique and
enables the fabrication of custom designed and highly complex 3D scaffolds. 3D printing allows the use
of the patient’s own medical images to design personalized scaffolds that are anatomically similar to
the defect site. Thus, it has been widely utilized for fabricating custom designed bone scaffolds [24–28].
A wide range of 3D printing techniques have been used to fabricate 3D bone scaffolds, such as fused
deposition modeling (FDM) [29–32], direct ink writing (DIW) [33,34], selective laser sintering and
melting (SLS and SLM) [35], stereolithography (SLA) [36–38], continuous digital light processing
(cDLP) [39,40], and inkjet printing [41,42]. These 3D printing technologies allow utilizing various
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printable materials [43] and designs [44]. Computational tools have also been utilized to optimize
scaffold architecture to achieve enhanced permeability and mechanical properties [45–49].

Mesenchymal stem cells (MSCs) are regarded as a clinically relevant cell source for bone
tissue engineering due to their ability to proliferate and migrate, as well as their potential to
differentiate into the osteogenic lineage (bone) [50–53]. Stem cells are known to feel and respond to
their microenvironment by regulating their function [54–57]. Materials based approaches have been
developed to engineer extracellular matrix (ECM) mimetic microenvironments [58–60], including
macro- and nano-scale topographical cues to control stem cell behavior [61,62]. Topographical cues
alone have been shown to control stem cell response, such as morphology, alignment, proliferation,
migration, cytoskeletal organization, focal adhesion, nuclear deformation, and differentiation [62–64].
For example, human MSCs (hMSCs) are shown to produce bone mineral when cultured on substrates
with the nanoscale order [65]. Nanoscale roughness is shown to enhance MSC osteogenesis even in the
absence of induction media [66,67]. This phenomenon is shown to be due to clustering of absorbed
proteins on a nano-topography, which promotes integrin mediated focal adhesions, enhancing cellular
contractility and stem cell osteogenesis [66]. Microscale patterns confining stem cells within cell
adhesive regions were used to control stem cell shape or cellular spreading. For instance, McBeath et al.
showed that hMSCs with the spread morphology led to actin-myosin generated tension and promoted
osteogenic differentiation [68]. Increasing cellular contractility, or cytoskeletal tension, by changing
the shape of the multicellular sheets, Ruiz and Chen were able to enhance osteogenic differentiation
of hMSCs [69]. Mrksich and co-workers showed that stem cells residing on curved surfaces became
highly contractile and differentiated to the osteogenic lineage [70]. Lineage commitment of hMSCs on
hydrogel wrinkling patterns was determined by the pattern morphology, such that hMSCs on lamellar
patterns formed a spread morphology with a high cell aspect ratio (>4) differentiated into osteogenic
progenitors [71]. When porous 3D scaffolds are considered, pore architecture, surface topography,
and interconnectivity are shown to control osteogenic differentiation of human mesenchymal progenitor
cells [72]. Simon and co-workers fabricated 2D films and 3D porous scaffolds with different techniques
(gas foaming, salt leaching, phase separation, electrospinning, 3D printing, and spin coating) to
examine the seeded hMSCs’ osteogenesis, which indicated that the scaffolds could be optimized
to control the cell morphology to direct differentiation [73]. Recently, DIW was used to create 3D
scaffolds with distinct architectures composed of square (SQR), hexagonal (HEX), or octagonal (OCT)
patterns [74]. Human MSCs were reported to exhibit a higher cell aspect ratio and mean cell area on
OCT scaffolds as compared to SQR and HEX scaffolds, and hence showed significantly enhanced
osteogenic differentiation. Although the effect of curvature is well documented in 2D, it has not yet
been studied systematically in 3D.

In this work, we used 3D printing to fabricate wavy poly(caprolactone) (PCL) scaffolds to
investigate the effect of curvature on hMSC osteogenesis. A sinusoidal waveform was used to
create wavy scaffolds. The wavelength and amplitude of the sinusoid were systematically varied to
design five distinct wavy scaffolds. An orthogonal scaffold with straight struts was used as a control.
First, we investigated the effects of scaffold architecture on stem cell growth, including cell attachment,
proliferation, and shape (spreading). Then, we studied the osteogenic differentiation of hMSCs on
wavy scaffolds as compared to the commonly used orthogonal architecture. The main hypothesis
behind this study was that the wavy scaffolds can direct a more elongated and stretched stem cell
morphology, resulting in highly organized cytoskeletal arrangement with high contractility. This could
lead to an increased osteogenesis, the degree of which can be controlled by the degree of the curvature
or waviness.

2. Materials and Methods

2.1. Scaffold Design

Autodesk® Fusion 360™ (Autodesk Inc., San Rafael, CA, USA) was used to design the 3D models.
The basic 3D model was designed as a cylinder with a diameter of 15 mm and a height of 1 mm. The 3D
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model (.stl file) was then loaded into Perfactory RP for slicing, with a layer height equal to 0.25 mm.
The sliced file (.bpl file) was loaded into Visual Machine, and the infill patterns were selected. A linear
pattern was selected for the orthogonal scaffolds (i.e., the control group), and a sinusoidal waveform
was selected for the wavy scaffolds (Figure 1). For wavy scaffolds, the amplitude and the wavelength
of the sinusoid were varied systematically to develop 5 distinct scaffold designs (Table 1).

 

1st Layer

2nd Layer

3rd Layer

4th Layer

Wavelength (W)

Strut size

Strut-strut spacing

Amplitude
(A)

Figure 1. Wavy scaffold design containing 4 layers (left) and schematic showing the strut design for
wavy scaffolds (right).

Table 1. Design and printing parameters for the scaffolds.

Parameter Orthogonal A05W2 A0.5W3 A0.5W4 A0.75W4 A1W4

Amplitude (mm) - 0.5 0.5 0.5 0.75 1
Wavelength (mm) - 2 3 4 4 4

Strut diameter (μm) 533 ± 9 497 ± 73 490 ± 36 513 ± 30 510 ± 32 460 ± 58
Strut spacing 1 (μm) 395 ± 6 277 ± 59 350 ± 53 396 ± 72 308 ± 72 336 ± 103

Struts per layer 16 15 15 15 15 15
Temperature 2 (◦C) 80 80 80 80 80 80
Print pressure (Pa) 7 × 105 7 × 105 7 × 105 7 × 105 7 × 105 7 × 105

Print speed (mm/s) 4 4 6 5 5 5
E 3 (MPa) 12.4 ± 0.3 10.5 ± 0.5 11.5 ± 0.2 9.5 ± 0.2 10.7 ± 0.2 11.3 ± 0.5

Porosity 4 (%) 56.3 ± 0.7 56.5 ± 1.2 55.9 ± 0.3 61.7 ± 0.9 57.6 ± 0.5 57.2 ± 3.1
1 Strut-to-strut distance. 2 Print temperature. 3 Young’s modulus from compression tests. 4 Micro-CT results.

2.2. 3D Printing of Scaffolds

3D Bioplotter (EnvisionTEC, Gladbeck, Germany) was used to print the scaffolds using PCL
pellets (MW = 55 kDa, Polysciences Inc., Warrington, PA, USA). The print temperature and pressure
were set to 80 ◦C and 700 kPa (7 bar), whereas the print speed was varied from 4 to 6 mm/s for each
design to achieve a similar strut size (see Table 1 for actual values for each design).

2.3. Characterization of the Scaffolds

3D printed scaffolds were imaged by using a scanning electron microscope (SEM, JSM-7900F,
JEOL, Tokyo, Japan) and a micro-computed tomography scanner (micro-CT, SkyScan 1275, Bruker,
Billerica, MA, USA). SEM images were used to measure the strut size and the strut-to-strut distance.
Micro-CT was used to measure the porosity of the scaffolds. Compression tests were performed on 3D
printed scaffolds using an Instron machine (model 3343) with a 1000 N load cell and a 0.5 mm/min
displacement rate. Three samples for each scaffold group were tested.
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2.4. Preparation of the Scaffolds for Cell Culture

Scaffolds were sterilized by immersing them in a 75% ethanol solution for 30 min, followed by 1 h
of ultraviolet (UV) light exposure (by a germicidal lamp) for each side of the scaffold. Scaffolds were
then incubated in 300 μL of fibronectin solution (20 μg/mL, bovine fibronectin plasma, Invitrogen)
overnight to enhance cell attachment. Fibronectin solution was removed, and scaffolds were washed
with Dulbecco’s Phosphate Buffered Saline (DPBS, Gibco, New York, NY, USA). Scaffolds were then
moved into a new well and kept in growth media prior to cell seeding.

2.5. Cell Culture and Reagents

Human mesenchymal stem cells (hMSCs, passage 4, Lonza, Walkersville, MD, USA) were
cultured in growth media (α-MEM (minimum essential medium) supplemented with 10% fetal bovine
serum (FBS, Gibco, New York, NY, USA) and 1% penicillin-streptomycin (pen-strep, Gibco, New
York, NY, USA)). Prior to seeding, each scaffold was removed from the growth media and placed in
a single well in a non-treated 24 well plate. The human mesenchymal stem cell (hMSC) suspension
(133,000 cells/mL) was seeded from the top of the scaffolds (300 μL per scaffold, corresponding to
approximately 5000 cells/cm2). Cells were incubated at 37 ◦C for 60 min to allow cell attachment.
Scaffolds were then flipped, and the same amount of cell suspension was seeded from the top, followed
by 60 min incubation at 37 ◦C. The scaffolds were then transferred to a new non-treated 24 well plate,
and 1 mL of fresh growth media was added into each well. The scaffolds were incubated for 7 days in
growth media. For osteogenic differentiation studies, growth media was replaced with osteogenic
induction media (hMSC osteogenic differentiation medium BulletKit™, Lonza, Basel, Switzerland) at
Day 7, and cells were cultured for an additional 14 days. The media was refreshed every 3 days in cell
culture studies.

2.6. Cell Culture and Characterization

For stem cell growth studies, the AlamarBlue assay (AlamarBlue™ Cell Viability Reagent,
Invitrogen) and PicoGreen assay (Quant-iT™ PicoGreen™ dsDNA Assay Kit, Invitrogen) were used to
evaluate the cell proliferation at Days 1, 4, and 7, according to the manufacturer’s protocol. A Tecan plate
reader (Infinite M200 Pro, Tecan, Männedorf, Switzerland) was used to complete the assays for these
studies. To visualize the attached cells on the scaffolds, cells were washed with DPBS (3×), fixed with 4%
formaldehyde for 15 min, followed by DPBS wash (3×), and permeabilization in 0.25% Triton-X DPBS
solution for 1 h. Cells were stained for F-actin using rhodamine phalloidin (1:40 in DPBS, Invitrogen).
Cell nuclei were stained with 4′,6-diamidino-2-phenylindole (DAPI, 1:2000 in DPBS, Sigma, St. Louis,
MO, USA). At Day 7, cells were immunostained for vinculin using the anti-vinculin-FITC antibody
(1:50, mouse monoclonal, Sigma). For this purpose, cells were incubated in 10% goat serum (in PBS)
for 30 min, washed with staining solution (3×, 3% bovine serum albumin + 0.1% Tween-20 +0.25%
Triton-X), and incubated in vinculin antibody in staining solution overnight at 4 ◦C. Cells were imaged
by using a confocal and multiphoton microscopy (TCS SP8 MP, Leica, Wetzlar, Germany).

For differentiation studies, calcium deposition was evaluated at Day 21 by using the alizarin red
staining kit (AR, Sigma, St. Louis, MO, USA). After staining was completed, cells were washed with
DPBS (3×), and incubated in 10% cetylpyridinium chloride (Sigma, St. Louis, MO, USA) in sodium
phosphate buffer (10 mM, pH 7, Sigma) to remove the stain. This solution was then used to quantify
calcium content by using a Tecan plate reader (scanned at 405 nm). Alkaline phosphatase activity was
studied with the QuantiChrom™ Alkaline Phosphatase Assay Kit (ALP assay Kit, BioAssay Systems,
Hayward, NY, USA). Cells cultured within the scaffolds were first lysed with 0.2% Triton-X followed
by 3 freeze-thaw circles. The lysate was then reacted with p-nitrophenyl phosphate working solution
and scanned at 405 nm using a plate reader (Infinite M200 Pro, Tecan). For osteocalcin (OC) staining,
cells were fixed at Day 14 and Day 21. Cells were incubated in 10% goat serum (in PBS) for 30 min,
washed with staining solution (3×, 3% bovine serum albumin +0.1% Tween-20 +0.25% Triton-X), and
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incubated with the OC primary antibody (1:200, monoclonal mouse, Invitrogen) in the staining solution
overnight at 4 ◦C. After removing the antibody containing staining solution and washing the samples
with fresh staining solution, cells were incubated in Alexa Fluor 488 rabbit anti-mouse secondary
antibody (1:100, Invitrogen) in staining solution for 2 h. Samples were then stained with phalloidin
(rhodamine phalloidin, Invitrogen) and DAPI to visualize F-actin and cell nuclei, respectively. Cells
were imaged by using a confocal and a multiphoton microscopy (TCS SP8 MP, Leica). All of the
collected images were processed using ImageJ (NIH, Bethesda, MD, USA) for further analysis.

2.7. Statistics

The data were analyzed using Origin 2016 software. Data are presented as the mean ± the standard
deviation. One way ANOVA with Tukey’s HSD post hoc test of means was used to make comparisons
between sample groups (n ≥ 3 samples per group unless otherwise specified).

3. Results

3.1. 3D Printing of PCL Scaffolds

PCL scaffolds with six distinct designs, including one linear design (orthogonal) and five wavy
designs in the form of a sinusoidal wave with varying amplitude (A) and wavelength (W)
(A0.5W2, A0.5W3, A0.5W4, A0.75W4, and A1W4, where the numbers following A and W denote
the actual values of A and W in mm) were printed (Table 1). Figure 2 shows the pictures, micro-CT
images, and SEM images of the scaffolds. SEM images were used to measure the printed strut width
and spacing between struts for each design, and the results are summarized in Table 1. Briefly, when all
the designs were considered, the average strut width was within the range of 460 ± 58 to 533 ± 9 μm,
and the spacing between struts (strut-to-strut distance) was within the range of 277 ± 59 to 395 ± 6 μm.

 

Figure 2. Images of the scaffolds. From the top to bottom row, images correspond to pictures (top view),
micro-computed tomography (micro-CT) images (top view), scanning electron microscope (SEM)
images, and SEM cross-section images. Scale bars are 500 microns for pictures and micro-CT images
and 1 mm for SEM images.

3.2. Mechanical Tests

Compression tests were performed on each sample group, and the results are summarized in
Table 1 and Figure 3. The compressive modulus (Young’s modulus, E) of all the designs was in the
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range of 9.5–12.4 MPa (Table 1). E (9.5 MPa) for the A0.5W4 design (with the highest porosity, ~62%)
was significantly lower than the rest of the sample groups. The orthogonal design (E = 12.4 MPa
and porosity = ~56%) showed significantly higher E as compared to A0.5W2 (E = 10.5 MPa and
porosity = ~56%), A0.5W4, and A1W4 (E = 11.3 MPa and porosity = ~57%).

*

*
E

Figure 3. Young’s modulus (E) values of the scaffolds for each scaffold design. * p < 0.005 for orthogonal
vs. A05W2, A0.5W4, and A1W4; and for A0.5W4 vs. all sample groups.

3.3. Growth Study

The hMSC growth studies were performed by culturing cells in growth media for up to seven days.
The results for AlamarBlue assay and PicoGreen assay are shown in Figure 4. The AlamarBlue assay
results showed that the measured mean intensities increased from Day 1 to Day 7, which indicated
an increased metabolic activity with culture time. There was an exception for A1W4, which showed
a drop from Day 4 to Day 7. At Day 7, no significant difference was observed between the test groups.
For the PicoGreen assay, a similar trend was observed as the mean value of λ-DNA ascended from
Day 1 to Day 7. At Day 7, there was no difference between the test groups. The multiphoton confocal
images of the stem cells (F-actin in green and cell nuclei in blue) cultured on the 3D printed scaffolds
for seven days are given in Figure 5. F-actin filaments were aligned with the printed struts that formed
the scaffolds, and this alignment was more pronounced in the curved regions in wavy scaffolds.

*

*

Figure 4. (A) AlamarBlue assay results; (B) PicoGreen assay results. (* p < 0.005).
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Orthogonal A0.5W2 A0.5W3

A0.5W4 A0.75W4 A1W4

Figure 5. Multiphoton confocal images of the human mesenchymal stem cells (hMSCs) cultured on the
scaffolds for seven days. Cells were stained for F-actin (red) and nuclei (blue). Scale bars are 200 microns.

3.4. Differentiation Study

Osteogenic differentiation of hMSCs cultured on the 3D printed scaffolds was studied for up to
21 days. Figure 6 shows the results from alizarin red (AR) staining and assay. The scaffolds with wavy
designs showed more staining (Figure 6A) and higher values of mean calcium deposition (Figure 6B).
The value of the mean calcium deposition in wavy groups was in the range of 2.5 to six times
higher than that of the orthogonal group. Specifically, the average calcium deposition was equal to
9.33 ± 0.98 mM for A0.75W4, 8.14 ± 2.86 mM for A0.5W2, 7.60 ± 1.65 mM for A1W4, 6.12 ± 3.07 mM for
A0.5W4, 3.96 ± 2.06 mM for A0.5W3, and 1.53 ± 0.10 mM for orthogonal scaffolds, in descending order.
ALP activity assay results, at Culture Days 14 and 21, are given in Figure 7. Our results showed an
increase in ALP activity for all sample groups from Day 14 to Day 21, and the ALP activity of the wavy
scaffolds was higher than that of the orthogonal group at both Day 14 and Day 21 (Figure 7). At Day 14,
A0.5W3 (13.16 ± 3.17 a.u.) was significantly higher than the orthogonal group (5.96 ± 1.58 a.u.).
At Day 21, A0.5W2 (46.83 ± 7.90 a.u.) and A0.5W3 (45.51 ± 4.20 a.u.) were much higher than that of
the orthogonal group (32.31 ± 0.89 a.u.). Representative fluorescent images showing vinculin staining
at Day 7 are shown in Figure 8. We observed more pronounced vinculin fibers that were aligned with
the wavy struts for wavy scaffolds as compared to diffused and randomly oriented vinculin for the
orthogonal scaffold. Figure 9 shows the representative confocal images of the hMSCs cultured on 3D
printed scaffolds, in which cells were stained for osteocalcin (OC, green), F-actin (red), and nuclei (blue)
at Culture Day 14 and 21. Osteocalcin staining was more pronounced on curved struts as compared to
linear struts.

 

Figure 6. (A) Optical microscopy images of the hMSCs stained for alizarin red (red) after culture in
osteogenic induction media for 21 days. Scale bars are 200 microns. (B) Alizarin red concentration
indicating calcium deposition at Day 21. (* p < 0.15, ** p < 0.05, for n = 3).
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Figure 7. Alkaline Phosphatase (ALP) activity assay results for: (A) Day 14 and (B) Day 21 (* p < 0.15,
** p < 0.05, for n = 3).

 

Figure 8. Multiphoton confocal images of hMSCs that are stained for vinculin (green) at Day 7.

Figure 9. Multiphoton confocal images for hMSCs that were cultured in osteogenic induction media for
14 (top row) and 21 days (bottom row). Cells were immunostained for osteocalcin (green) and stained
for F-actin (red) and cell nuclei (blue). Scale bars are 200 microns.

4. Discussion

In this study, we used extrusion based DIW printing technology to fabricate PCL scaffolds. DIW
allowed us to 3D print scaffolds directly from PCL pellets, which were melted within and extruded from
a steel syringe attached to the print head. PCL was selected as a model polymer as it is a “Generally
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Recognized As Safe” (GRAS) polymer by the U.S. Food and Drug Administration and widely used
to 3D print tissue engineering scaffolds for both in vitro and in vivo studies [27,35,75]. We used
human adult mesenchymal stem cells (hMSCs) as the main cell line due to their ability to proliferate,
migrate, and differentiate into a wide range of tissue specific phenotypes including bone, cartilage,
and muscle. Stem cells are known to feel and respond to their microenvironment (matrix stiffness,
topography, and bioactivity) by regulating their behavior [56,60]. Here, we focused on the topography,
or scaffold architecture. To investigate the effects of 3D scaffold architecture on stem cell osteogenesis,
we constructed scaffolds using struts in sinusoidal waveforms, systematically varying the amplitude
and the wavelength (Figures 1 and 2, Table 1). The sinusoidal waveform design created highly curved
strut surfaces forming 3D scaffolds with wavy patterns. Our motivation to create wavy scaffolds was
based on previous studies, which clearly showed the importance of substrate curvature on stem cell
osteogenesis [69,70].

The minimum wavelength and amplitude achievable for a strut size around 500 μm were 2 mm
and 0.5 mm (A0.5W2). While keeping the amplitude constant at 0.5 mm, the wavelength was increased
to 3 mm (A0.5W3) and 4 mm (A0.5W4). For the 4 mm wavelength, the amplitude was increased to
0.75 mm (A0.75W4) and 1 mm (A1W4). These geometrical constraints allowed us to create scaffolds
with an average strut-to-strut distance of approximately 350 μm (Figure 2, Table 1). Note that the
effect of pore size in bone scaffolds has been well studied [15,24,76–81], and a minimum pore size of
~150 μm is usually required for cell migration and tissue ingrowth [3,82–84]. We then investigated the
effect of scaffold design on mechanical properties of the scaffolds (Figure 3). The compressive modulus
(E) values were determined by the design, i.e., strut-to-strut contacts between layers, and the overall
scaffold porosity. E values were significantly the highest for orthogonal scaffolds (12.5 MPa) mainly
because these scaffolds inherently displayed more strut-to-strut contacts, considering that this design
had 16 struts per layer, whereas all of the wavy designs had 15 struts per layer. This design also had
one of the lowest porosities with ~56%. When wavy scaffolds were compared, A0.5W4 showed the
significantly highest porosity (~62%) corresponding to the significantly lowest E value of 9.5 MPa
followed by A0.75W4 (58%, 10.7 MPa), A1W4 (57% 11.3MPa), and A0.5W3 (56%, 11.5 MPa). A0.5W2
(56%, 10.5 MPa) was an exception and did not follow the trend. This was due to reduced strut-to-strut
contacts due to the design (Figure 2). Although the overall scaffold modulus determines the mechanical
support level that a scaffold can provide when implanted, it did not affect the stem cell behavior in our
study. This is because the stem cells feel the mechanics of the individual struts (which was uniform for
all scaffold groups) that they reside on when seeded on to the scaffolds [74].

First, the growth study was conducted to determine the attachment and proliferation of the hMSCs
cultured on our scaffolds. The metabolic activities of the cells were not significantly different from each
other at each culture day, but increased significantly with culture day, reaching a maximum at Day
7 (Figure 4A). The same trend was observed when the DNA was quantified (Figure 4B). Note that
this trend was not true for the A1W4 and A0.75W4 sample groups, for which the metabolic activity
reached a maximum at Day 4 and did not change significantly at Day 7. Yet, the DNA count did not
show this unexpected trend for these two sample groups, which represented the cell proliferation
more accurately. F-actin staining at Day 7 confirmed that cells attached onto the struts and formed
confluent layers at Day 7, taking the shape of the struts. Cells on wavy scaffolds were highly elongated,
especially on the curved edges with well-defined F-actin filaments aligned with the scaffold curvature
as compared to much bulkier cells on orthogonal scaffolds (Figure 5). In addition, stem cells on
wavy scaffolds showed mature vinculin (focal adhesion marker) patches as compared to diffused
vinculin staining of cells on orthogonal scaffolds at Day 7 (Figure 8). Focal adhesion is a vital step in
osteogenesis [85] in which vinculin directs the interaction between talin and actin to direct the focal
adhesion process [86]. We investigated if these significant changes in stem cell morphology, F-actin
expression, and focal adhesion on wavy scaffolds as compare to orthogonal scaffolds correlated with
stem cell osteogenesis on wavy scaffolds. It was also noted that the curvature had a direct effect on cell
proliferation, and studies have shown that curvature induced contractility enhances proliferation and
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cell growth [87–89]. In our study, we did not observe a significant difference in proliferation between
sample groups. This was not contradictory to the literature as each of our wavy scaffolds displayed
both concave and convex curvature, and the overall cellular behavior was collective rather than distinct
for each type of curvature.

The differentiation studies were conducted after the cells reached a confluent state at Day 7,
as shown by the growth studies (Figures 4 and 5). At Day 7, the growth media was replaced with
osteogenic induction media, and cells were cultured for 14 additional days in induction media, a total of
21 days in culture. To assess the osteogenic differentiation of hMSCs, we quantified calcium deposition
and ALP activity and performed immunostaining for osteocalcin. The AR assay was used to probe the
deposition of calcium. Optical microscope images revealed that wavy scaffolds showed more stained
regions than the orthogonal group. When quantified, all the wavy scaffolds showed higher calcium
deposition than the orthogonal group, and in particular, two groups (A0.5W2 and A0.75W4) showed
significantly higher calcium deposition (Figure 6). These results indicated that the overall contribution
of the curvature on these two scaffolds on cellular contractility induced calcium deposition was the
highest. ALP is a well known biological marker for stem cell osteogenesis [90]. ALP activity increased
significantly for all of the scaffold groups from Day 14 to Day 21 (Figure 7). All the wavy groups showed
higher ALP activity than the orthogonal group. However, the differences between wavy groups and
the orthogonal group were not as significant as the results from the AR assay. This could be because the
ALP expressed at earlier stages of the osteogenesis process. At Day 14, A0.5W3 showed significantly
higher ALP activity (p < 0.05) when compared to the orthogonal group. At Day 21, both A0.5W2 and
A0.5W3 were substantially higher than the orthogonal group (p < 0.15). To supplement our quantitative
differentiation assays, we performed OC immunostaining (Figure 9) as a marker for osteogenesis.
Qualitatively, we observed increasing OC staining with culture day, and wavy scaffolds showed more
OC staining, in particular in the curved regions of the scaffolds. The enhanced osteogenesis behavior
on wavy scaffolds could be explained as the effect of the curvature, which led to a highly aligned and
stretched cellular morphology (Figure 5) with mature focal adhesions (Figure 8), leading to highly
contractile cells promoting osteogenesis. We strongly believe that our results clearly showed the
importance of scaffold architecture on hMSC osteogenesis and would help to develop novel scaffold
architectures for bone tissue regeneration.

5. Conclusions

In this study, we developed 3D printed PCL scaffolds with wavy or linear patterns to investigate
the effects of a wavy scaffold architecture on the osteogenic differentiation of hMSCs. When cultured
in growth media, hMSCs attached and proliferated, forming confluent layers on the scaffolds within
seven days. We found that hMSCs spread by taking the shape of the curved surfaces and exhibited
elongated F-actin filaments and mature focal adhesion sites (vinculin staining). In contrast, hMSCs
were bulkier in shape and showed dispersed vinculin staining on the orthogonal scaffold. We found
that hMSCs showed significantly higher calcium deposition, higher ALP activity, and significantly
pronounced osteocalcin staining when cultured on wavy scaffolds as compared to orthogonal scaffolds.
These results are important in that they clearly showed the importance of scaffold architecture on
hMSC osteogenesis and may provide guidance on novel bone scaffold/graft design for pre-clinical and
clinical applications.
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Abstract: Free from the limitations posed by exogenous scaffolds or extracellular matrix-based
materials, scaffold-free engineered tissues have immense clinical potential. Biomaterials may produce
adverse responses, interfere with cell–cell interaction, or affect the extracellular matrix integrity of
cells. The scaffold-free Kenzan method can generate complex tissues using spheroids on an array of
needles but could be inefficient in terms of time, as it moves and places only a single spheroid at
a time. We aimed to design and construct a novel scaffold-free bioprinter that can print an entire
layer of spheroids at once, effectively reducing the printing time. The bioprinter was designed using
computer-aided design software and constructed from machined, 3D printed, and commercially
available parts. The printing efficiency and the operating precision were examined using Zirconia
and alginate beads, which mimic spheroids. In less than a minute, the printer could efficiently pick
and transfer the beads to the printing surface and assemble them onto the 4 × 4 needles. The average
overlap coefficient between layers was measured and found to be 0.997. As a proof of concept using
human induced pluripotent stem cell-derived spheroids, we confirmed the ability of the bioprinter
to place cellular spheroids onto the needles efficiently to print an entire layer of tissue. This novel
layer-by-layer, scaffold-free bioprinter is efficient and precise in operation and can be easily scaled to
print large tissues.

Keywords: tissue engineering; cell; bioprinting; spheroids

1. Introduction

With the development of cutting-edge strategies and techniques for generating complex, functional
tissues, bioprinting, or three-dimensional (3D) printing of biological materials, has become a critical tool
in tissue engineering [1–7]. Bioprinted and fabricated tissues have immense clinical potential including
organ and tissue regeneration, drug testing, organ models for surgical practices, and organ replacement.
The conventional method of bioprinting is to print cells with or into a scaffold material. Scaffold printing,
with either a synthetic or natural polymer, can provide the necessary structure and microenvironment for
proper cell growth and survival [8–10]. This method can be used to dictate how structures are arranged,
where cells are positioned in this scaffold, and what sort of factors are present to optimize the growth
and function of the cells. Polymers can also be designed to degrade depending on a specific set of
environmental conditions or with the introduction of a particular solution. However, with synthetic
polymers, biocompatibility could pose problems if their use is not appropriately addressed in in vivo
studies, leading to an increased use of natural polymers and hydrogels for bioprinting [11–15]. These
types of materials possess the same ability to provide an adequate structure for the cells and can be
designed to mimic the in vivo environment better, decreasing the chances of rejection if used in the body.
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Cells, however, possess the innate ability to produce their scaffold material in the form of
extracellular matrix (ECM) as they grow and interact with one another [16–19]. Determining how to
harness this ability and become completely scaffold-free effectively has led to the use of 3D spheroids
as building blocks for larger tissues [20]. Spheroids can easily fuse together when in close proximity
to or touching another spheroid. The efficacy of spheroids as building blocks for larger tissues has
been demonstrated using scaffold materials to provide a structure or a particular shape for the proper
fusing of spheroids [21]. However, this method still relies on additional materials for tissue generation.
This led to the invention of the Kenzan bioprinting method.

The Kenzan method utilizes an array of stainless steel microneedles to provide a structure that
the spheroids can be punctured onto to facilitate the fusion process without additional materials [22].
This method allows an actual scaffold-free tissue to be generated from various cell types for
a custom-designed tissue. Regenova (Cyfuse Biomedical, Tokyo, Japan) is the only bioprinter on the tissue
engineering market which utilizes the Kenzan method. Despite its young age and high cost, it has already
been used to generate functional tissues from a multitude of cell types and lineages [23–26]. This device,
however, places one spheroid at a time on the needles, requiring a longer printing process as the size of the
tissue increases. Having the ability to build larger, more clinically relevant tissues in a shorter length of
time using this method would be very beneficial for various fields of medicine and clinical research.

We hypothesize that a device which can print spheroids with a layer-by-layer method will not only
reduce the manufacturing time of clinically relevant-sized tissues but also assists in advancing the field
of tissue engineering by introducing an affordable alternative for printing scaffold-free, spheroid tissues.
The research described here is focused on the design, construction, and testing of such a bioprinter.
We also show that we were able to build a working and affordable prototype which efficiently and
accurately transfers cellular spheroids to a needle array, one 3 mm × 3 mm × 1 mm layer at a time.

2. Materials and Methods

2.1. Preparation of Needle Arrays

The printing method used by the utilized bioprinter relies on the accurate and precise placement
of needles for the proper fusion of spheroids into a single tissue. Needle arrays (Figure 1Aii,Fi) were
made using sterile stainless steel needles that were 180 μm in diameter and ~15 mm in length. To aid
in the precise placement of the needles, a custom stainless steel plate (Figure 1C,Fii) that possessed an
array of through holes, machined using a laser drilling technique, was used. With this plate, needles
were placed into a 4 × 4 array, each with a pitch of 800 μm. Once the needles were loaded into the plate,
the exposed blunt ends were placed in a silicone solution (Sylgard 184, Dow Corning, Midland, MI,
USA) and cured at 70 ◦C for 2 h to hold the needles in place during the printing process effectively. After
curing, the needle array assembly was autoclaved and then kept until ready for use with the bioprinter.

2.2. Bioprinter Design and Construction

The bioprinter (Figure 1A) was designed to fit easily into a biosafety cabinet and operate under
sterile conditions. It is 10 inches tall and 8 inches wide, with a depth of 13 inches. The bioprinter was
entirely modeled in Fusion 360 (Autodesk) before manufacturing the required pieces for the device.
The model of the bioprinter as well as the built bioprinter are shown in Figure 1. The bioprinter consists
of three main parts: a spheroid print head (Figure 1D), a spheroid bath stage (Figure 1E), and a needle
array bath (Figure 1F). The spheroid print head (Figure 1Ai,Di) was designed to hold a 4 × 4 array of
spheroids in a single layer. Each spheroid is approximately 800 μm apart when held on the end of the
print head. The print head was machined from 316 stainless steel, and through holes were cut into
the bottom of the print head with a diameter of approximately 550 μm, allowing the needles to pass
through but preventing spheroid aspiration (Figure 1B). The beads were picked up by a vacuum pump
(12V vacuum pump, SparkFun, Niwot, CO, USA) connected to the print head. The spheroid bath
stage functioned to hold the reservoir/container of beads during the printing process. The reservoir
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consisted of a watch glass made from polytetrafluoroethylene (PTFE), whose concave bottom allowed
for the beads to collect in the center after each layer was picked up. The beads were printed onto the
needles which were held inside the needle array bath. Each piece of the printer can either be sterilized
by autoclave or ethylene oxide.

 

Figure 1. Design and construction of the bioprinter and its components. (A) A model of the bioprinter
was first made using the CAD modeling software. The crucial components of the bioprinter are (i)
the layer-by-layer print head and (ii) the needle array. (B) The print head has approximately 550 μm
through holes cut into the bottom in a 4 × 4 arrangement, with a space of 800 μm between each hole.
(C) The needle array is made up of 180 μm-diameter stainless steel needles placed 800 μm apart in a
matching 4 × 4 arrangement. (D–F) The other components were 3D printed and are as follows: (D) (i)
spheroid print head, (E) spheroid bath stage, and (F) needle array bath with (i,ii) needle array. Scale
bars: (D)(i) and (F)(i) 5 mm; (F)(ii) 2 mm.
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2.3. Bioprinting Process

This scaffold-free bioprinter was controlled using an Arduino (Arduino Uno Rev3, Arduino,
Somerville, MA, USA) and a custom-written script. It controlled the stepper motor (NEMA 14, Lin
Engineering, Morgan Hill, CA, USA) for moving the print head, the servomotor (5V servomotor,
Arduino, Somerville, MA, USA) for moving the spheroid stage, the vacuum pump for aspirating
the spheroids, and the end stop (Mechanical End Stop, SparkFun, Niwot, CO, USA) mechanism for
calibrating the stepper motor prior to beginning the printing process. The bioprinter was designed to
first automatically calibrate to ensure that the print head is in the proper position before beginning.
Once it has calibrated, the Arduino program prompts the user to load the spheroids into the spheroid
stage in the round bottom plate (Figure 2B). Next, the user is asked to input the exact number of layers
to print, between one and five. Once this value is entered, the printing process begins (Video S1). First,
the print head is lowered down into the spheroid container, and the vacuum pump is activated to
aspirate one layer of spheroids (Figure 2C,D). While the vacuum is still on, the print head is raised out
of the container, and the spheroid stage is moved out of the way. The print head with spheroids is
lowered straight down onto the needles in the array bath (Figure 2E). Once the print head is placed
in the correct position, the vacuum pump is turned off, and the spheroids are left on the needles.
This process is repeated until all layers have been placed on the needles, with each subsequent layer
being placed ~800 μm higher than the previous layer. After all layers are completed, the array bath is
removed from the system and placed in the incubator for at least 24 h for fusion to take place. Once the
spheroids have adequately fused, the stainless steel plate is used to assist in the removal of the fused
tissue for further processing (Figure 2F).

Figure 2. Bioprinting process. Spheroid culture can take place in (A) a bioreactor or a standard
round-bottom culture plate, and once the spheroids are approximately 800 μm in diameter, they can
be placed in (B) the round-bottom dish on the spheroid stage. Once the desired number of spheroids
are placed in the dish, (C) the print head is lowered down to the center of the dish, and the vacuum
is turned on, capturing (D) a single layer of spheroids. With the vacuum still on, the print head is
lowered down to the needles (E), placing the spheroids on them. After the required number of layers is
achieved, (F) the spheroids are allowed to fuse and then later removed for further processing.

2.4. Vacuum and Print Head Testing

Glass beads were used to determine the efficiency of the vacuum and print head system. Glass
beads approximately 700μm in diameter (±10% diameter, Zirconia Beads, BioSpec Products, Bartlesville,
OK, USA) were used in place of cultured spheroids because of the number of tests that needed to be
completed and the non-sterile conditions of the testing area. This diameter was chosen because it is
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similar to the 800 μm diameter of the spheroids that our lab has previously produced [27]. These beads
were held on the spheroid stage in the PTFE container. To help counteract aggregation during the
testing process, the beads were placed in a solution of phosphate-buffered saline with 0.1% Tween 20
(PBST), which also allowed to simulate spheroids in media. To determine the different efficiencies of
these experiments, the print head was lowered onto the spheroid stage and the vacuum was turned on,
which allowed the print head to pick up the beads. After a given time, the number of aspirated beads
were counted and calculated as a percentage of the total number of holes available to collect the beads
(e.g., 15 beads aspirated into an array of 16 possible holes equates to an efficiency of 93.8%).

2.5. Preparation of Alginate Beads

Alginate beads were chosen as a reasonable spheroid surrogate to test the ability of the bioprinter
to place spheroids on the needle array effectively. As mentioned previously, spheroids that would
be used with this system are approximately 800 μm in diameter, so the alginate beads needed to
have a similar diameter. These beads were generated by adding a solution of 1.5% sodium alginate
(Cat. No. 218295, MP Biomedicals, Irvine, CA, USA) in deionized water (DI) water to a 100 mM
solution of calcium chloride (Cat. No. 4901, Sigma Aldrich, St. Louis, MO, USA) in DI water [28].
The alginate solution was added using a 22-gauge serological needle dropwise into the calcium chloride
solution which was being stirred using a magnetic stir bar. The beads were separated according to
their approximate diameter and measured using image analysis.

2.6. Preparation of Human Induced Pluripotent Stem Cell (hiPSC) Spheroids

Human induced pluripotent stem cells (hiPSCs) were cultured on Matrigel-coated dishes at 37 ◦C
under 5% CO2 with mTeSR (Stem Cell Technologies, Vancouver, BC, Canada). Fresh medium was
added daily until the cells reached 90% confluency. The cells were seeded and grown in suspension
according to the manufacturer’s protocol [29]. Briefly, the cells were passaged by treating with Gentle
Cell Dissociation Reagent (Stem Cell Technologies, Vancouver, BC, Canada) for 7 min. The cells were
carefully scraped off the dish and seeded at a density of 5 × 105 cells per mL in 30 mL of mTeSR 3D
Seed Media (Stem Cell Technologies, Vancouver, BC, Canada). This solution was then cultured in
a 125 mL shaker flask at 70 rpm with daily media additions of 3.4 mL. Prior to their use with the
bioprinter, the spheroids were filtered through a 500 μm reversible strainer (pluriSelect, El Cajon, CA,
USA) and collected in 5 mL of mTeSR.

2.7. Statistical and Image Analysis

Data are shown in the form mean ± standard error of the mean (SEM). Significance was chosen as
p < 0.05. This was determined using both one- and two-way analysis of variance (ANOVA) along
with the Student’s t-test. These analyses were performed utilizing Microsoft Excel’s data analysis
software package.

For image analysis, ImageJ (Version 1.52o with the addition of plug-ins for colocalization
(Colocalization Finder, Version 1.2, Institut de Biologie Moleculaire des Plantes, Strasbourg, France)
was used to estimate the overlap coefficient between each layer of beads and to generate representative
pictures. Also, it was used in the diameter measurements of the alginate beads that were synthesized.
Images and videos in this experiment were taken with a stereomicroscope (Olympus SZ61, Olympus,
Center Valley, PA, USA), a phase-contrast microscope (AMG EVOS FL Imaging System, Thermo Fisher
Scientific, Waltham, MA, USA), and a Canon camera (Canon EOS Rebel T7i, Canon, Tokyo, Japan).

3. Results

3.1. System Testing for Efficiency of Sphere Capture and Transfer

To test the ability of the vacuum pump system and print head to pick up spheroids, glass beads
similar in diameter to the average spheroids that would be used with this printing setup were used.
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These beads, according to the supplier’s specifications, had a diameter of 700 ± 70 μm on average
(Figure 3A), which is very similar to the ~800 μm diameter of the spheroids that would be used.
The efficiency of the system was determined by using two separate containers (Beads Only and Beads
+ PBST) of spheres which were picked up by turning on the vacuum pump system for 10 s at a time,
removing the print head (Figure 3B) from the container, and then counting how many spheres had
been picked up. After collecting the beads (Figure 3C) various times (n = 28 for Beads Only; n = 18 for
Beads + PBST), the efficiencies of sphere capture were determined to be 98.3 ± 0.5% for Beads Only
and 98.4 ± 0.6% for Beads + PBST (Figure 3D).

 

Figure 3. Vacuum and print head capture efficiencies. A substitute was chosen for spheroids because
of the non-sterile conditions and multiple tests that needed to be performed. (A) Zirconia beads with
a diameter (700 ± 70 μm) equivalent to that of the spheroids were used. (B,C) The print head (B, seen
from bottom) was used to pick up (C) a 4 × 4 array of beads in a dry setup. After the print head was
placed in the desired container of beads, the vacuum was turned on for 10 s. At the end, the number
of beads captured was counted, and (D) the efficiencies were calculated. (E) Then, the optimal time
for the vacuum to be on at which most beads would be captured was determined to be 5 s (* p < 0.05,
n = 13 for each); (F) how the number of beads in the container affected the precision of the bioprinter
was also determined. Scale bars: (A) 1 mm, (B), and (C) 2 mm.

To further optimize the printing process, the time during which the print head remained in the
bead container was varied (1 s, 2 s, 5 s, and 8 s) to determine the optimal time needed to pick up most
of the beads. For each time, the corresponding efficiencies (n = 13 for each time point) were calculated
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(Figure 3E). From this test, it was determined that 5 s was the shortest and most efficient time, with an
efficiency of 97.8 ± 0.9% which was significantly different (p < 0.05) from those measured for times of
1 s (91.4 ± 2.3%) and 2 s (92.6 ± 1.7%) but did not change significantly when the time increased to 8 s
(97.5 ± 1.1%) or 10 s.

In addition, due to the fact that as spheroids are removed, more empty space in the spheroid
container would be present, a test was done to determine if the number of beads within the container
affected the capture efficiency. Beads were added to the dish at amounts of 100, 500, 1000, 2500, and
5000, estimated on a mass basis. The print head was used to capture beads a number of times (n = 10
for each group), and the subsequent efficiencies were determined (average efficiency: 97.6 ± 0.2%)
(Figure 3F). There was no significant difference between any amounts of beads tested, showing that as
the number of beads decreases in the container, the efficiency does not change.

The repeatability of the bioprinter ability to place the beads in the same area with each subsequent
layer was tested to ensure that the spheroids could accurately be placed on the needles when generating
tissues. This was determined by placing a full layer of beads into a pre-determined area on a layer of
silicone multiple times. After every single layer was placed, an image was taken of the beads, with
each placed layer given a different color (Figure 4A). A composite image of each layer aligned together
was generated to demonstrate that the bioprinter could place the spheroids in the same area, made
apparent by the overlap in colors (see yellow color) (Figure 4B). To estimate the degree of overlap
between the layers, a colocalization tool in conjunction with ImageJ was used to calculate the overlap
coefficient for each combination of any two layers (Figure 4C). The overlap coefficients between any
two layers were greater than 0.99, showing that each layer closely overlapped with the others.

 

Figure 4. Bead layer-by-layer overlap coefficient determination. To determine the precision of the
bioprinter, (A) layers of beads were added to a predefined area (upper panels), and each run was
assigned a color (lower panels). (B) Images from individual runs were overlapped using ImageJ.
The yellow color indicates the overlap of the beads. (C) The overlap coefficient was determined
(Colocalization Finder for ImageJ) using the images, and the average overlap coefficient was found to
be 0.997. Scale bars: 2 mm.
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3.2. Alginate Bead Formation and Print Head Testing

Small beads made from alginate were chosen as a surrogate for cellular spheroids for testing
the bioprinter’s ability to print onto the needle arrays correctly. Alginate beads were synthesized
using a dropwise technique (Video S2) and separated according to their diameter. Once these beads
were separated, they were collected into a single dish and measured using phase-contrast microscopy
(Figure 5A). The average diameter of the beads (n = 27) was determined to be 851 ± 18 μm, which
is similar to the desired diameter of 800 μm. The beads were then picked up with the print head
(Figure 5B) and transferred to the needles (Figure 5C) using the bioprinting process (Video S3). Placing
a single layer of beads took approximately 45 s.

Additionally, to determine how effectively the bioprinter could print multiple layers of spheroids,
two layers were printed onto the needles (Figure 5D; Video S4). From these data, it was seen that the
bioprinter could successfully print the alginate beads in multiple layers. Our results clearly show that
multilayer printing of spheroids is possible using our newly designed bioprinter.

 

Figure 5. Bioprinter testing with alginate beads. Soft alginate beads were used as a spheroid surrogate
as they could easily be punctured and placed on the bioprinter needles. (A) The beads were synthesized
at an average diameter of 851 ± 15 μm, which was similar to the spheroid diameter. (B–D) Picture
(B) showing beads aspirated onto the end of a 4 × 4 arrangement print head and (C) printed onto the
needles in a single layer. (D) Two layers were also tested to ensure that multiple layers could be printed.
Scale bars: (A) 500 μm; (B) 2 mm; (C) and (D) 5 mm.
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3.3. Proof-Of-Concept Testing with hiPSC Spheroids

We confirmed the potential of our bioprinter to place cellular spheroids onto the needles in
a layer-by-layer fashion. For this, hiPSC spheroids were grown to a similar diameter of, on average,
718 ± 77 μm (Figure 6A, Image S1) and added to the round-bottom container. The bioprinter was
started, and a single layer of spheroids was picked up and placed onto the needles. The top (Figure 6B,C)
and side (Figure 6D,E) view images show a single layer of spheroids on the needles. These data clearly
show that the bioprinter was effectively able to aspirate and transfer a single layer of cellular spheroids
onto the needles.

 

Figure 6. Proof-of-concept testing with human induced pluripotent stem cells (hiPSC) spheroids.
hiPSC spheroids were cultured using a rotating culture flask method. (A) The spheroids were grown
to an average diameter of 718 ± 77 μm. Once enough spheroids were available to be used with the
bioprinter to create a single layer, they were loaded into the bioprinter and placed onto the needles.
(B,C) Side view of the hiPSC spheroid layer after placement onto the needles. (D,E) Top view of
the hiPSC spheroid layer. The ability to print cellular spheroids onto the needle array confirms the
efficiency of the layer-by-layer printing technique presented here.
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4. Discussion

In this study, we were able to construct a novel and affordable bioprinting device with the
ability to produce scaffold-free tissues through the utilization of layer-by-layer printing of cellular
spheroids. This device could allow the enhanced production of viable tissues to be used in drug testing,
translational research, and various clinics.

With the design and development of the layer-by-layer print head, efficiently picking up the
spheroids from a reservoir was paramount for the overall success of the bioprinter. Through testing
with beads of size similar to that of the spheroids, we were able to achieve nearly 98% efficiency when
picking up the beads in a single 4 × 4 layer. Although the print head designed in this project could
only transfer a maximum of 16 beads or spheroids, changes can easily be made to the number and
arrangement of holes in the bottom of the print head. This would allow for the construction of both
larger tissues as well as custom arrangements to be used in different applications where 3D models of
the native tissue microenvironment are needed [30,31]

In addition, we were able to show the reliability of the bioprinter to print in a localized position
repeatedly. The lowest overlap coefficient calculated between any two layers was 0.997. The closer to
1.0 this value is, the more colocalized the beads of different layers are. This corresponded to the precise
placement of the spheroids on the needles when testing with hiPSC spheroids. This precision will allow
for the proper alignment of layers in the construction of native tissue microenvironments as well as
any cellular gradients found within tissues. The reproducibility and speed of printing viable tissues
are critical for the success of bioprinting in the clinical environment [32,33]. The only commercially
available spheroid printing device, Regenova by Cyfuse Biomedical, was used to generate a tubular,
vessel-like structure that was made from approximately 500 spheroids [26]. Itoh et al. noted that
to place so many spheroids onto the needles, it took the bioprinter approximately 1.3 h (78 min).
This corresponds to approximately six spheroids printed per minute. The bioprinter we present here
can print 16 spheroids per minute, that is, an over 250% increase in the printing rate of spheroids.
Besides, given the success and efficiency of the print head in picking up and transferring a full layer of
spheroids to the printing surface, we can quickly increase the number of holes in the bottom of the
print head to accommodate more spheroids and thus produce larger tissues.

Compared to other methods which utilize single-spheroid printing, a process requiring
a multitude of precise positioning controls and visual analysis, this layer-by-layer method allows to
straightforwardly pick up and place the spheroids [22]. This not only leads to a faster printing speed
but also decreases the overall cost of our device, which totaled approximately $2000, a significant
reduction in price compared to the only commercially available option.

Despite the advancements in scaffold-free spheroid printing that have been shown here, there
remain a few limitations in this presented design. One in particular is the inability to customize the
size and shape of the tissues. Future iterations will need to have the ability to print different tissue
shapes (e.g., vessel, round, etc.) to expand the capabilities to other fields of tissue engineering. Also,
the current design is limited to holding only one type of spheroid for printing. Having the choice to
print layers of different types of spheroids would increase the customization potential. Further design
changes could allow for the placement of multiple spheroid reservoirs on the spheroid bath stage of
the bioprinter.

5. Conclusions

In conclusion, we present here a custom device for printing spheroids using a novel layer-by-layer
method. This bioprinter can efficiently pick up and transfer spheroids to the printing stage in a single,
complete layer, decreasing the printing time of large tissue constructs. With this precise and accurate
transfer of spheroid-like beads to the printing surface, custom tissues can easily be constructed on
the needles in future experiments. Also, we were able to prove, using hiPSC spheroids, that we can
successfully print a single layer of spheroids onto the needle array printing surface. In addition, we were
able to build and manufacture this device at an affordable price, making it easier for other researchers
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to use the technology if brought to the market. Although there are additional design considerations
that can be incorporated into future iterations, this device helps to advance and improve the growing
area of scaffold-free bioprinting and could one day become a go-to method in tissue engineering.

Supplementary Materials: The following are available online at http://www.mdpi.com/2072-666X/10/9/570/s1,
Video S1: Layer-by-layer bioprinting process. Video S2: Alginate bead synthesis. Video S3: Printing of alginate
beads onto the needle array. Video S4: Printing of two layers of alginate beads onto the needle array. Spreadsheet
S1: Major data for figures including efficiency data, colocalization data, and alginate bead diameter data. Image S1:
Immunolabeling of hiPSC spheroids.
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Abstract: Constructing tissue engineered vascular grafts (TEVG) is of great significance for
cardiovascular research. However, most of the fabrication techniques are unable to construct TEVG
with a bifurcated and curved structure. This paper presents multilayered biodegradable TEVGs with a
curved structure and multi-branches. The technique combined 3D printed molds and casting hydrogel
and sacrificial material to create vessel-mimicking constructs with customizable structural parameters.
Compared with other fabrication methods, the proposed technique can create more native-like 3D
geometries. The diameter and wall thickness of the fabricated constructs can be independently
controlled, providing a feasible approach for TEVG construction. Enzymatically-crosslinked gelatin
was used as the material of the constructs. The mechanical properties and thermostability of the
constructs were evaluated. Fluid-structure interaction simulations were conducted to examine the
displacement of the construct’s wall when blood flows through it. Human umbilical vein endothelial
cells (HUVECs) were seeded on the inner channel of the constructs and cultured for 72 h. The cell
morphology was assessed. The results showed that the proposed technique had good application
potentials, and will hopefully provide a novel technological approach for constructing integrated
vasculature for tissue engineering.

Keywords: bioengineered vascular constructs; curved structure; multi-branches; enzymatically-
crosslinked; tissue engineering

1. Introduction

In the field of tissue engineering, one methodology that is often used is to integrate signal
factors, cells and biomaterial constructs to replace or improve functional tissues [1,2]. In this common
practice, biomaterial constructs act as the basic structure to support and guide cell growth under the
influence of some biologically active molecules [3]. An ideal biomimetic structure must have properties
(e.g., biocompatibility, elasticity, extensibility) similar to those of the extracellular matrix (ECM) of the
native tissue [4]. The selection of the structure and the materials of the biomimetic construct is crucial
for effectively mimicking the ECM of human body.

Coronary bifurcation is vulnerable to atherosclerosis as a result of the distinct local blood flow
patterns [5] caused by the bifurcated structure of the coronary artery [6]. The blood flow through the
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artery exerts shear stress onto this particular area, which makes this area susceptible to lesions [7],
and which subsequently leads to the coronary artery bifurcation lesion [8], one common lesion of
the coronary artery. The treatment of coronary artery bifurcation lesions is a major challenge for
interventional cardiology [9]. There exist several interventional techniques for the treatment of this
disease, such as the kissing balloon dilatation, crush technique, amongst others [10]. However,
the operation process of these techniques remains complex, and the complication rates are usually
high. The results of the interventional techniques are usually not satisfactory [11]. For example,
the bifurcation area is often subjected to occlusion after operation, and the restenosis rate is very high.
Instead of employing traditional interventional techniques, the development of a substitution of the
coronary arteries for transplantation is a new method that holds great promise [12].

As far as the treatment of vascular diseases such as the abovementioned coronary bifurcation lesions
is concerned, autografts are an ideal candidate in transplantation operations [13]. They possess a benign
biocompatibility to the host patients, and the rejection rates are usually low. However, the number of
autografts is often rare because of the lack of suitable donors and harvest sites [14]. Synthetic grafts
composed of polytetrafluoroethylene and Dacron perform well in replacing large-diameter blood
vessels (inner diameter > 6 mm), but they are not suitable for small-diameter conditions [15]. In the
channel of small-diameter vessels, the blood flow rate is low and the shear stress is high, which often
causes thrombosis and neointimal hyperplasia. In contrast, scaffolds made of natural materials such as
gelatin and chitosan often perform better [16].

Some of the recent tissue engineered vascular graft (TEVG) fabricating methods tend to mimic
the native blood vessels, which feature a multilayered structure, multi-branches and a spatial
configuration [17–19]. Like the vessels in vivo, the multilayered structure is helpful for aligning
different types of cells, such as endothelial cells, fibroblasts, and smooth muscle cells, in different
layers and improving the interaction between them [20], which is a tremendous progress in better
mimicking the structure of a native blood vessel. Additionally, in human tissue, the number of vessel
branches increases while their inner diameters decrease [21]. This morphology could ensure the
mass transportation within the whole vascular network. Therefore, when designing the relatively
large-diameter portion of a vessel network, the branching factor must be taken into consideration.
Finally, for the purpose of realizing an even distribution of the vessel network in a three-dimensional
space, the configuration of the large-diameter channel should be designed as a three-dimensional
structure rather than a planar one. However, due to the limitations of the fabrication techniques and
materials, it still currently remains a challenge to produce bioengineered vascular constructs that meet
all of the abovementioned characteristics.

Among materials commonly used for biological tissue fabrication, gelatin is a natural polymer
similar to collagen; it possesses benign biocompatibility and biodegradability [22,23]. Due to these
properties, gelatin could be an ideal candidate for cell delivery and could serve as the substitute for ECM.
Some recent studies have used microbial transglutaminase (mTG) to crosslink gelatin to increase the
biocompatibility and mechanical strength of engineered constructs [24–26]. Enzymatically crosslinked
gelatin gels were proven to be biocompatible with human cells. For this reason, a gelatin/mTG
biopolymer was usually chosen as the ECM-like material for fabricating biomimetic constructs. Besides,
Pluronic F127, which is composed of polyoxyethylene (PEO) and polyoxypropylene (PPO), undergoes
thermally reversible gelation above a lower critical solution temperature (LCST) [27,28]. Therefore, it
is suitable as the fugitive ink when constructing a hollow channel.

In the present study, a novel additive and subtractive hybrid manufacturing technique combining
3D printed molds, casting hydrogel and sacrificial material was proposed. Compared to current
fabrication techniques, the proposed method fabricated multilayered TEVG with a curved structure
and multi-branches for the first time, to our best knowledge. The material of the construct was
enzymatically crosslinked gelatin. The vascular geometry design was based on the model of the left
coronary artery (LCA), hence the fabricated vessel-like construct possessed an interconnected channel

46



Micromachines 2019, 10, 275

whose diameter varied in the range of 1.8 to 3 mm. The proposed technique is a promising low-cost
approach for tissue engineering.

2. Materials and Methods

2.1. Materials

Gelatin (Type A, 300 bloom from porcine skin) and Pluronic F127 was purchased from Sigma Co.
Ltd. (St. Louis, MO, USA). Microbial transglutaminase (mTG) was purchased from Ajinomoto Inc.
(Kanagawa, Japan); its activity was approximately 100 U/g.

Gelatin was dissolved in deionized water and was continuously stirred in a 60 ◦C water bath
for 30 min. When the temperature of the gelatin solution dropped to 37 ◦C, mTG was added and
thoroughly blended with the gelatin solution. The gelatin/mTG solution contains 14% (wt) gelatin and
1.4% (wt) mTG. The fugitive ink was composed of 40% (wt) Pluronic F127 in deionized water. The ink
was homogenized using a mixer until the powder was fully dissolved, and then centrifuged to remove
any air bubbles. The fugitive ink was subsequently loaded in a syringe and stored at 4 ◦C.

2.2. Geometry of the Tissue Engineered Vascular Grafts (TEVG)

The left coronary artery (LCA) consists of the left main artery (LM) that bifurcates into the left
anterior descending (LAD) and the left circumflex (LCX) [29]. The constructed geometry model is
presented in Figure 1. The wall thicknesses of the middle layer and the outermost layer are set to
be 0.5 mm and 0.5 mm, respectively. The innermost layer was formed by seeding human umbilical
vein endothelial cells (HUVECs) on the inner wall of the channel. The dimensions of the proposed
TEVG geometry are based on the clinically accurate dimensions of the LCA. The dimensions of the
inner channel of the TEVG are presented in Table 1 [30]. The tapering effects were considered when
constructing the LAD and LCX. The angle of 60◦ was used between the two branches [6]. The curvature
was set to be 60 mm.

Figure 1. The geometry model of the proposed tissue engineered vascular grafts (TEVGs) based on left
coronary artery. LCX–left circumflex; LAD–left anterior descending; LM–left main artery.

Table 1. Dimensions of the inner channel of the tissue engineered vascular grafts (TEVGs).

Vessel
Diameter (mm)

Length (mm)
Curvature

Radius (mm)Inlet Outlet

Left main artery (LM) 1.3 1.3 6 60
Left circumflex (LCX) 1.3 1.1 15 60

Left anterior descending (LAD) 1.3 1.1 15 60
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2.3. Fluid-Structure Interaction Simulation

The strength of a fabricated TEVG under native blood pressure is crucial for its application in
the clinic. To investigate the property of the wall compliance of the constructed TEVG under the
influence of the blood flow, a fluid-structure interaction (FSI) simulation was performed via COMSOL
Multiphysics. The geometrical model is presented in Figure 2a along with the mesh model used in the
simulation (Figure 2b). The engineered vascular construct is embedded in biological tissue, specifically
the cardiac muscle. The fluid domain was also constructed. The flowing blood applies pressure to the
internal surfaces, thereby deforming the vascular construct and the cardiac muscle.

 
(a) (b) 

Figure 2. (a) The geometry of the bioengineered vascular construct embedded in the cardiac muscle
used for the simulations, and (b) the mesh model created for the simulation.

The simulation consists of two distinct but coupled studies: first, a fluid-dynamics study of
the blood; second, a mechanical study of the deformation of the bioengineered vascular construct
and cardiac muscle. To correctly estimate the deformation response of the TEVG, the mechanical
study must consider the cardiac muscle because it exerts a stiffness that resists the vascular construct
deformation due to the applied pressure.

Blood was modeled as a Newtonian fluid with the use of the incompressible Navier-Stokes
equations; as for LAC dimensions, the shear rate is well over the limit where blood exhibits
shear-thinning behavior for the cardiac cycle. A laminar flow model was chosen as the calculated
Reynolds number was below 100. The density and viscosity of the blood were set to be 1050 kg/m3

and 4.0 × 10−3 Pa·s [31]. No slip boundary condition was imposed for the inner walls of the construct.
An incompressible Neo-Hookean solid model was chosen for the TEVG and cardiac muscle so as to
better predict its nonlinear stress-strain behavior. The Poisson’s ratio (υ) of the TEVG and cardiac
muscle was set to be 0.45 [32,33]. As for the Lamé’s coefficients of the neo-Hookean hyperelastic
materials, the Lamé’s second coefficients (μ) of the TEVG and muscle were set to be 6.20 × 106 N/m2

and 7.20 × 106 N/m2, respectively. Therefore, the Lamé’s first coefficients (λ) could be calculated by the
following equations [34]:

λ = K − 2
3

G (1)

υ =
3K − 2G
6K + 2G

(2)

μ = G (3)

where K and G represent the bulk modulus and shear modulus of the hyperelastic materials, respectively.
During a heart beating cycle, the pressure varies between a minimal and a maximal value [35].

Therefore, for the time-dependent analysis, a simplified waveform of the pressure for the inlet boundary
condition of the fluid domain was used and is shown in Figure 3. The maximal pressure value occurs
at the time t = 0.5 s. The pressure between 0 and 1 s makes the pressure vary between the minimal and
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maximal value during a heart beating cycle. The pressure variation during a cardiac cycle is within the
range of the normotensive pulse pressure.

Figure 3. The time variation of the pressure used as the inlet boundary condition for the TEVG.

Additionally, the compliance of the vascular construct can be calculated as follows:

%compliance =
(Rp2 −Rp1)/Rp1

(p2 − p1)
× 104 (4)

where

p1 is the lower pressure value (mmHg);
p2 is the higher pressure value (mmHg);
Rp1 is the internal radius at the lower pressure value (mm);
Rp2 is the internal radius at the higher pressure value (mm).

2.4. Fabrication Method

2.4.1. Fabrication of Mold System

The methods employed for the fabrication of the outermost layer and middle layer of the TEVG
were realized via a mold system. The mold system consists of five separate molds. They were made
of photosensitive resin (Clear Resin, Formlabs, Somerville, MA, USA) and printed directly by a 3D
printer (Form 2, Formlabs) from stereolithography (STL) files (SolidWorks 2018, Dassault Systèmes,
Vélizy-Villacoublay, France). The printing parameters were set following the general configurations in
the program. Briefly, the layer thickness was set to be 0.025 mm and the resin temperature was 35 ◦C.
In the settings of the supporting constructions, the density of the supports, the contact point size and
the thickness of the basement were set to be 1.00, 0.7 mm and 2 mm respectively. The profiles of the
five molds are shown in Figure 4. The cross section of each mold’s track is semicircular. The center
trajectories of each mold’s track are identical. The curvature radiuses of the fitting surfaces of the five
molds are also the same (60 mm), which corresponds to the curved structure of the bioengineered TEVG.
The diameter of the groove/convex on each mold’s curved surface is determined by the dimensions of
the designed TEVG.
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Figure 4. Mold system: (A) mold 1; (B) mold 2; (C) mold 3; (D) mold 4; and (E) mold 5.

2.4.2. Fabrication of Multilayered Bifurcated TEVG with Curved Structure

A schematic representation of the step-by-step process for the fabrication of multilayered bifurcated
TEVGs with a curved structure is presented in Figure 5a. At first, mold 1 and mold 2 were fitted
together, with their center trajectories coincident, and three plastic tubes were inserted into the flank
hole of mold 1 as the mold side gate to compose the feed system. Next, a freshly prepared gelatin/mTG
solution was housed in a syringe and pipetted into the channel formed by mold 1 and mold 2 (Figure 5b).
The solution delivery rate was maintained at 6 mL/min by a micro-pump attached to the syringe.
After cooling at room temperature for 15 min and then 30 min at 10 ◦C to induce the gelation of the
gelatin injected in the molds, mold 2 was gently removed, leaving the hydrogel structure in the channel
of mold 1, which corresponds to half of the outermost layer of the TEVG. In the same manner, mold 3
was fitted together with mold 1, and the gelatin/mTG solution was pipetted into the channel from the
gate, gelatinating to form half of the middle layer of the structure. After the gelation of the gelatin, we
removed mold 3. Then, the fugitive ink Pluronic F127 was loaded in a syringe and printed into the
groove of the hydrogel on mold 1. The printing process was executed by a custom-built three-axle
linkage platform (Figure 5c). The diameter of the printed F127 ink could be regulated by adjusting
the moving speed of the platform and the delivery rate of the micro-pump online. After the printing
process, the rest was done in the same manner as mentioned above. Briefly, mold 4 and mold 5
were subsequently fitted together with mold 1, and the gelatin/mTG solution was pipetted into the
inner channel to shape the left half of the middle layer and outermost layer of the TEVG respectively.
After being crosslinked at room temperature for 15 min and then at 10 ◦C for 30 min, the upper mold
was gently removed; then, we carefully removed mold 1, and a multilayered vessel-like structure was
achieved. We placed the construct at 4 ◦C for 20 min, and during this process, fugitive ink Pluronic
F127 liquefied and flowed away, forming the inner channel of the TEVG. The obtained construct was
incubated at 37 ◦C for 5 h to get fully crosslinked. Then, the construct was immersed in 65 ◦C distilled
water for 5 h to heat-inactivate the residual enzyme.
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Figure 5. Fabrication process of the TEVG: (a) procedure of the step-by-step fabrication process.
The molds 2–5 were gathered after mold 1 to compose the injection mold systems to form the different
layers of the TEVG; (b) the gelatin/mTG perfusion system; (c) the fugitive ink printing system.

2.5. In Vitro Cytocompatibility of the TEVG

Human umbilical cord derived endothelial cells (HUVECs) were trypsinized, centrifuged and
suspended in a culture medium at a cell density of 1.0 × 106 cells/mL. The cells in the third passage
after defrosting were used for the experiments. The TEVG was soaked in 75% ethanol for 1 h and then
washed 3 times with phosphate buffer saline (PBS) to remove the ethanol. After that, the sample was
exposed to ultraviolet light for 30 min. The cell suspension was injected into the channel. After 4 h of
cell attachment, the cellular construct was placed in Dulbecco’s modified Eagle medium containing high
glucose and sodium pyruvate (DMEM) (HyClone, GE), supplemented with 10% fetal bovine serum
(FBS) (HyClone, GE), and cultured in a humidified incubator at 37 ◦C. It was statically cultured with
medium that was changed each day. At 4 h and 72 h after culturing, the TEVG was washed in sterile PBS
(HyClone, GE) three times and stained using Live-DyeTM (“live”; 1 μL/mL; BioVision) and propidium
iodide (“dead”; 1 μL/mL; BioVision) for 30 min. After that, the cellular morphology and fluorescent
images were observed with an inversed fluorescent microscope (Eclipse Ti-U, Nikon Instruments Inc.,
Tokyo, Japan).

2.6. Uniaxial Compressive Testing

The uniaxial compressive testing was operated on a material testing machine (Z2.5, ZWICK, Ulm,
Germany). To ensure stability during the test, the diameter of the cross-section was scaled up by three
times its original diameter. The uniaxial compressive tests were performed at the rate of 1 mm/min
at an ambient temperature of 23 ◦C and 37 ◦C respectively. The environmental humidity was about
65%. To investigate the effect of the addition of mTG on the mechanical properties, samples with and
without crosslinking were fabricated to carry out the tests.

2.7. Thermostability of the TEVG

To examine the thermostability of the bioengineered TEVG, samples with and without mTG were
both submerged in PBS (pH 7.4) and stored in the incubator at 37 ◦C for different time periods (2, 4, 6,
8 and 10 days). After each time period, the samples were washed and subsequently dried in a vacuum
oven at room temperature for 6 h. Their weights were recorded during this period.
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3. Results

3.1. Fluid-Structure Interaction Simulation

The mechanical properties of biomimetic constructs under the effect of actual human body
conditions are critical in terms of the clinical applications and potential failure. In the human body,
blood vessels usually undergo very large blood pressure, especially in the case of a large-diameter vessel.
Biomaterials such as gelatin usually undergo very large strains under loading, and the stress-strain
relationship is generally nonlinear. The behavior of the TEVG is influenced not only by its geometry
and material properties, but also by the fluid passing through it. Numerical simulations were carried
out to estimate the displacement of the wall of the TEVG under the influence of the blood flow.

The inclusion of surrounding cardiac tissue is also essential for the FSI simulation process, because
during the expansion process of the TEVG’s wall the cardiac muscle would exert a tethering effect on
the wall and thus restrict the radial motion. Hence, the integrated simulation model is more desirable
than the one consisting solely of the TEVG, thus providing more realistic boundary conditions for
the simulation.

The total displacement of the TEVG and cardiac muscle at the peak pressure (t = 0.5 s) is shown
in Figure 6a,b, respectively. The maximal displacement of 1.18 μm occurs at the bifurcated location.
The displacement in the bifurcated area is large since this is the location where the blood flow impinges
on the wall of the construct, leading to a local high-pressure region. No rupture was observed from the
results, implying that the risk of failure is low under coronary blood flow conditions. The compliance
of the vascular construct is calculated to be 0.26%, which is within the normal range of a human blood
vessel [36].

(a) 

 
(b) 

Figure 6. (a) The total displacement of the TEVG at the peak load (t = 0.5 s); and (b) the total
displacement of the whole construct at the peak load (t = 0.5 s).

Additionally, for the time-dependent analysis, the total displacements of the TEVG in a complete
heart beating cycle (0–1 s) are shown in Figure 7a–c. It could be observed that the peak displacement
of the structure is still mainly located in the bifurcated region. The simulation results can be used to
examine the risk of failure for the fabricated TEVG when it is integrated in other three-dimensional
tissue constructs.
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Figure 7. The time variation of the total displacement of the TEVG at: (a) t = 0 s; (b) t = 0.5 s; and (c) t = 1 s.

3.2. The Morphology of the Proposed TEVG

In this study, a novel method of fabricating biodegradable multilayered TEVGs was proposed.
The fabricated enzymatically-crosslinked gelatin vascular construct is shown in Figure 8. The top view
(Figure 8a) of the construct confirmed its bifurcated structure in the three-dimensional space. To reveal
the layered structure of the construct, blue and red acrylic paints were added in the hydrogel of each
layer when fabricating the construct. It can be observed that the TEVG possesses a distinct multilayered
structure (Figure 8b, blue: outermost layer of the structure; and red: middle layer of the structure).
The inner channel of the construct became visible after being immersed in water (Figure 8c), which
demonstrated its connectivity. The section view of the TEVG revealed that the molding generated a
real circular shape after sacrificing the F-127 (Figure 8d) and form a bifurcated channel ready for liquid
perfusion (Video S1). The innermost layer partially deviated from the center, which was supposed
to be affected by the die clearance. Compared with previously seen TEVGs, the proposed TEVGs
possess a branched structure while keeping the multilayered feature. This is of particular importance
because over-simplified in vitro TEVG models have a limited significance for simulating the actual
in vivo environment.

Figure 8. Morphology of the TEVG: (a) top view; (b) multilayered structure of the TEVG (blue:
outermost layer of the structure; and red: middle layer of the structure); (c) inner channel of the
construct after being submerged in water. (Scale bars: 5 mm); and (d) section view of the TEVG
(Scale bar: 500 μm).

3.3. The Results after Cells Seeding

One of the most critical properties of biomimetic structures are their in vitro cytocompatibility,
and the creation of a continuous monolayer of ECs in the inner channel is necessary for the proper
function of TEVGs [37]. To investigate the in vitro cytocompatibility of the fabricated TEVGs, HUVECs
were seeded and statically cultured in the inner channel. The microscopic morphology image
(Figure 9a,c) and the fluorescent image (Figure 9b,d) of endothelial cells after 4 h of attachment were
shown. It could be observed that the HUVECs adhere well on the lumina. However, the cell distribution
at this stage is quite nonuniform, and this might be caused by the uneven distribution of the cell in
the suspension at the initial stage. Additionally, because the inner diameter of the channel is quite
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large, the adhesion of the cells is difficult. Many cells entering from the inlet didn’t have the chance to
adhere and were flushed away from the outlet. After 72 h of culturing, as could be observed from
Figure 9e–h, the amount of HUVECs had significantly increased, and the cells in the inner channel
were found to have well spread on the wall and to have taken a normal cellular phenotype. In spite of
the nonuniformity of the distribution in the attachment phase, the cells still covered the surface of the
channel and formed an endothelialized monolayer. The results indicated that the crosslinked TEVG
had a good in vitro cytocompatibility and was suitable for cell attachment and for proliferation.

Figure 9. Microscopic images and fluorescent images of cells; the dotted lines were used to divide
the inside and outside of the channel: (a,b) after 4 h of attachment at the bifurcate area of the TEVG,
(c,d) after 4 h of attachment at the linear channel of the TEVG, (e,f) after 72 h of culturing at the bifurcate
area of the TEVG, (g,h) after 72 h of culturing at the linear channel of the TEVG. (Scale bars: 500 μm).

3.4. Mechanical Properties of the Proposed TEVG

The mechanical properties of tissue-engineered biological constructs determine their application
fields. The TEVGs fabricated in this study possess a high aspect ratio, which determines their
susceptibility to bucking when suffering from a compressive load. Therefore, the uniaxial compressive
mechanical properties of the fabricated TEVG under room temperature and physiological conditions
were investigated. The mechanical properties of gelatin samples with and without crosslinking
were evaluated. Figure 10a shows the compressive stress-strain curves for up to a 60% strain.
The compressive modulus of the four groups of samples are shown in Figure 10b. It can be observed
that the addition of mTG (1.4%, wt) increased the compressive modulus of the constructs by more than
three times, from 1.5 MPa to 5 MPa at room temperature. Under 37 ◦C, the mechanical properties of
the gelatin/mTG TEVG is almost the same as that under 23 ◦C, while the pure gelatin one completely
solved. The main reason for this mechanical enhancement lies in the fact that the composition of
gelatin includes glutamine and lysine. The presence of these amino acids means there are more
crosslinking sites in gelatin, thus promoting the chance of creating stiffer gels when provided with
sufficient amounts of mTG under proper crosslinking conditions. Compared with the TEVG composed
of GelMA hydrogels, the maximum compressive modulus of the gelatin/mTG based TEVG is enhanced
more than ten-fold [38].

The mechanical properties of the enzymatically-crosslinked TEVG are still relatively low compared
to those of native blood vessels. However, as was envisioned, the real value of the fabricated
vessel-mimic structure lies in its capacity to carry various types of vascular cells and to eventually
develop into function blood vessels. Hence, the capability of maintaining its original morphology when
integrated with other engineered scaffolds is sufficient for the proper function of the fabricated TEVG.
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Figure 10. Compressive testing. (a) stress-strain curves of the samples with or without crosslinking at
23 ◦C and 37 ◦C respectively; and (b) compressive modulus of the samples with or without crosslinking
at 23 ◦C and 37 ◦C respectively.

3.5. Thermostability

One possible application of the fabricated TEVG is its potential of being integrated into other
three-dimensional scaffolds. As the carrier of different types of vascular cells, the designed TEVG has
the potential of developing into a functional multilayered blood vessel. One crucial premise is the
ability of maintaining its design morphology under the temperature of the human body. Figure 11
shows the in vitro degradation process of the gelatin samples with and without crosslinking. It could
be observed that the enzymatically-crosslinked TEVGs degrade much slower than those without
crosslinking, with a degradation rate of 16.54%. In contrast, the samples composed purely of gelatin
completely dissolved within two days. One possible explanation for the enhancement is that the
addition of mTG increased the intermolecular association through the formation of covalent bonds
in the gel matrix, thus dramatically slowing down the degradation speed of the gelatin construction.
The results indicate that the gelatin/mTG biopolymer possesses a distinct advantage over the pure
gelatin polymer in terms of thermostability, which proved the feasibility of using the crosslinked
construct as the carrier of cells to form a functional vessel.

 
Figure 11. In vitro degradation of the TEVG with and without crosslinking.
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4. Discussion

The biological compositions of each layer of the native vessels are different. Likewise, the wall
thicknesses and mechanical properties of different layers also vary. For instance, the wall thickness of
the vessels near the heart are relatively larger. Consequently, when fabricating TEVGs, the ability to
independently control each layer’s composition and thickness is essential in order to achieve their
biological and mechanical performances such as the biocompatibility and the compressive strength.

Today, extrusion-based printing [39], inkjet printing [40], stereolithography [41], two-photon
polymerization [42] and laser-assisted printing [43] have been used wisely in vasculature engineering.
While the above methods successfully shape tissue-engineered vessels having a multilayered structure
or achieve vascularization in bulk constructions, there remains the challenge of fabricating curved
bifurcated vascular constructions with a multilayered wall at the macro-scale in a controllable way.
In the current study, a novel method of fabricating multilayered biodegradable TEVGs with a curved
structure and multi-branches was proposed. The mold system was designed by computer aided
design (CAD) software and fabricated by a 3D printer. Taking advantage of the merits of 3D printing
technology, we can create three-dimensional structures that are closer to the native blood vessel’s
morphologies. The proposed method also allows the variation of the composition and dimension
of each layer of the constructs. By varying the design parameters of each layer, for example, or by
possibly incorporating various bioactive substances in each layer, the thickness and biocompatibility of
each layer can be independently controlled. Furthermore, the fabricated tissue-engineered TEVGs
possessed a bifurcated structure, which was determined by the CAD models of the mold system. Thus,
it is also possible to fabricate vascular constructs with more branches by simply modifying the CAD
models. In addition, the three-dimensional structure of the constructs could also be easily modified by
varying the design parameters of the mold system. Because of this design flexibility, 3D printed mold
systems will give researchers the ability to quickly and inexpensively design TEVGs with the shape
and complexity they desire.

In recent years, several methodologies have been introduced to create channels in bulk hydrogels.
Bertassoni et al. embedded agarose stripes in in the hydrogel construction to form the inner
networks [44]. Negrini et al. sacrificed alginate templates through a chelating agent to obtain a
porous gelatin hydrogel [45]. Li et al. added a pre-printed bifurcated polyvinyl alcohol (PVA) structure
to the hydrogel to realize vascularization [46]. Compared with the fugitive materials listed above,
the adoption of the Pluronic F127 fugitive ink as the sacrificial material is an easy way of forming the
inner channel, as the Pluronic F127 is a thermal sensitive material. Furthermore, by taking advantage
of the strong shear thinning response of F127 at room temperature, F127 can be printed into very
complex channel networks and maintains its shape fidelity without harmful chemical cross-linking,
heat processing or additional templates preparing to fabricate inner networks. For TEVGs below
the LCST, the ink liquefies and flows readily, while at the same time the other hydrogel materials
used are stiff and solid-like, which makes it easily removed by temperature variation without being
obstructed by the closed structure and without exerting extra mechanical force that may impair the
printed structure. Taking advantage of this complimentary behavior, the printed ink could be removed
without influencing the form of other materials. Our work successfully solved the problem of creating
multiple branches for a multi-layered TEVG, which means that the fabricated TEVGs possess more
features similar to the native blood vessel. This is a big step towards creating TEVGs with the same
level of complexity, which has a tremendous significance for in vitro cardiovascular research and could
hopefully reduce the demand for animal experiments.

HUVECs were found to adhere well to the luminal surface of the sample. The formed continuous
monolayer of HUVECs was evident after 72 h, which demonstrated the good biocompatibility of the
enzymatically-crosslinked TEVGs and their potential for acting as a substitute for ECM.

From the acquired results, one can figure out that the proposed triple-layered TEVG could easily
be imbedded into other porous tissue-engineered scaffolds, thus forming a multi-scale vasculature
within a whole three-dimensional structure; the scale of the whole vasculature could range from
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micrometers to millimeters. The existence of this multi-scale vasculature will greatly facilitate the mass
transport within the scaffold. Furthermore, when combined with techniques such as cell encapsulation,
the fabricated construct would have the potential of developing into a real functional blood vessel.
Specifically, if the cell-encapsulating hydrogels were used for the fabrication of the TEVG, different types
of vascular cells would further develop into different layers of the blood vessel with the degradation of
the hydrogel materials.

As for the scale of the proposed construct, whether the smallest inner diameter could be achieved by
this technique depends to a certain degree on the resolution of the 3D printing technology. Theoretically
speaking, by promoting the accuracy of the 3D printer, or by adopting techniques with a higher
precision such as micro-fluids technology, the scale range of the inner diameter of the TEVG could be
further expanded, thus widening the application field of this novel process. Hence, this fabrication
technique holds great potential for impacting a wide range of fields.

Finally, another promising advantage of this novel technique lies in its capacity to design patient
specific vessel models because the mold can be constructed by a 3D printer which could be driven
directly by the computed tomography (CT) scan data of patients’ original vessels, which means that
personalized TEVGs that are more suited to the actual human body conditions can be constructed.
Constructing the mold system from the clinical data of native vessels is an interesting point for future
exploration, and this personalized diagnostic approach has tremendous potential in clinical diagnoses
and treatments.

5. Conclusions

In this study, a novel approach for fabricating a multilayered biodegradable bioengineered vascular
construct with a cured structure and multi-branches was presented. The method used in this study
combined 3D printed molds, casting hydrogel and sacrificial material, providing an easy technique
to construct TEVGs whose morphology and structure are close to those of the original blood vessels.
With the inherent advantages of 3D printing, it is envisioned that the proposed technique will play a
significant role in the field of tissue engineering and in assisting studies on cardiovascular diseases.

Supplementary Materials: The following are available online at http://www.mdpi.com/2072-666X/10/4/275/s1,
Video S1: Liquid perfusion inside the channels.
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Abstract: Three-dimensional (3D) organ bioprinting is an attractive scientific area with huge
commercial profit, which could solve all the serious bottleneck problems for allograft transplantation,
high-throughput drug screening, and pathological analysis. Integrating multiple heterogeneous
adult cell types and/or stem cells along with other biomaterials (e.g., polymers, bioactive agents,
or biomolecules) to make 3D constructs functional is one of the core issues for 3D bioprinting of
bioartificial organs. Both natural and synthetic polymers play essential and ubiquitous roles for
hierarchical vascular and neural network formation in 3D printed constructs based on their specific
physical, chemical, biological, and physiological properties. In this article, several advanced polymers
with excellent biocompatibility, biodegradability, 3D printability, and structural stability are reviewed.
The challenges and perspectives of polymers for rapid manufacturing of complex organs, such as the
liver, heart, kidney, lung, breast, and brain, are outlined.

Keywords: three-dimensional (3D) printing; organ manufacturing; biomaterials; polymers; stem cells

1. Introduction

In nature, all the complicated phenomena of life, including human organs, are the result of biochemical
and biophysical changes of molecules (or materials at a molecular level). For example, small organic
molecules or compounds combine to form larger polymers (macromolecules or biomacromolecules).
Macromolecules arrange in specific ways to form cells with organelles inside the cell membrane
(Figure 1). While homogeneous cells organize into tissues, heterogeneous cells aggregate into organs
with particular physiological functions. It has taken, in some cases, thousands of years to evolve from
tiny organic molecules to microcells, mesotissues, and macro-organs [1–3].

At present, organ failure is the main cause of mortality all over the world. Despite the rapid
development in pharmacological, interventional, and surgical therapies during the last several decades,
the only cure for organ failure is allograft organ transplantation, which is seriously limited by issues,
such as donor organ shortage, life-long immune rejection, and ethical conflict [4–6].

Three-dimensional (3D) organ bioprinting is the utilization of 3D printing technologies to assemble
multiple cell types or stem cells/growth factors along with other biomaterials in a layer-by-layer fashion
to produce bioartificial organs that maximally imitate their natural counterparts [7–9]. Traditionally,
3D printing is named rapid prototyping (RP), solid freeform fabrication (SFF), or additive manufacturing
(AM) based on the dispersion–accumulation (i.e., discrete–accumulation) principle of computer-aided
manufacturing (CAM) techniques. Before 3D printing, an object can be divided into numerous
two-dimensional (2D) layers with a defined thickness. These 2D layers can be piled up by selectively
adding the desired materials in a highly reproductive layer-by-layer manner under the instruction of
computer-aided design (CAD) models [10–13]. Patient-specific organ image data, such as computerized
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tomography (CT) and magnetic resonance imaging (MRI), can be easily transferred into CAD models
for customized organ manufacturing with predefined geometrical shapes, biomaterial constituents,
and physiological functions [14–17].

Figure 1. Different levels of materials (or molecules) existing in the human body, from small organic
molecules or compounds to larger polymers (i.e., macromolecules or biomacromolecules), cells, tissues,
organs, and systems in organisms.

The 3D organ bioprinting procedure involves changes to the properties of a series of materials
at molecular, cell, tissue, and organ levels. It is an emerging new interdisciplinary field that needs
cooperation of many fields of science and technology, such as biomaterials, biology, physics, chemistry,
computers, mechanics, bioinformatics, and medicine (Figure 2).

Figure 2. Relationships of organ manufacturing, including three-dimensional (3D) bioprinting,
with other pertinent fields of science and technology.
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During the last 16 years, a large variety of 3D bioprinting technologies have been exploited, which
has led to the emergence of fully automatic manufacturing of bioartificial organs for wide biomedical
applications, such as high-throughput drug screening, controlled cell transplantation, customized organ
repair/regeneration/replacement/restoration, pathological mechanism analysis, metabolism model
establishment, and living tissue/organ cryopreservation [10–20]. Based on the working principles,
these technologies can be classified into four major groups: inkjet-based, extrusion-based, laser-based,
and their combinations (Figure 3). Each of the former three groups has advantages and disadvantages
in bioartificial organ manufacturing.

Figure 3. Graphical description of 3D bioprinting types [10–20]. Images reproduced with permission
from [10–20].

Several series of unique automatic and semiautomatic bioartificial organ manufacturing
technologies have been created in my own group with the proper integration of modern high
technologies, including computer, biology (e.g., cells and stem cells), biomaterials (e.g., polymers),
chemistry, mechanics, and medicine. With these unique high technologies, we have solved all the
bottleneck problems that have perplexed tissue engineers and other scientists for more than 6–7
decades, such as large-scale tissue/organ manufacturing [21–24], hierarchical vascular/nerve network
construction with a fully endothelialized inner surface and antisuture/antistress capabilities [25–29],
step-by-step adipose-derived stem cell (ASC) differentiation in a 3D construct [30–32], long-term
preservation of bioartificial tissues/organs [33–35], in vitro metabolism model establishment [36,37],
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high-throughput drug screening [38–40], in vivo biocompatibilities of implanted biomaterials [41–43].
Several polymers have played essential and ubiquitous roles for bioartificial organ manufacturing with
the incorporation of multiple cell types, stem cells/growth factors, and hierarchical vascular and neural
networks with antisuture and antistress functions.

2. Role of Polymers in 3D Organ Bioprinting

3D organ bioprinting is not a simple and easy engineering approach. Like building a nuclear plant,
it requires intermingling of intricate architectural design, appropriate biomaterial selection, special
building process, multicellular incorporation, supportive structure utilization, controllable stem cell
induction, simultaneous or sequential tissue formation and maturation, multiple tissue coordination,
and the means of coordinating these procedures to form large-scale living organs [25–33].

Polymers are large molecules made up of many small and identical repeating units bonded
by covalent bonds [44]. The smallest repeating unit in a polymer is called a monomer, while the
number of repeat units in a polymer chain is termed the degree of polymerization (DP) or chain length.
Polymers can be divided into natural and synthetic groups according to their origin. Most natural
polymers are water-soluble and endowed with some common biological and physiological properties,
such as being pliable as soft tissues and organs, friendly for cell encapsulation and transplantation,
and easy to handle and reshape. The properties of synthetic polymers depend on many factors, such as
processing conditions, molecular weights, monomer distributions, chain structures (e.g., size, geometry,
inter/intrabonding, and branching), and the presence of additives. In particular, linear polymers have
long chains (or backbones) that contain small chemical groups on the repeating units.

Hydrogels are 3D hydrophilic networks of polymers that can absorb and retain large amounts
of water and gel under certain physical (e.g., thermosensitive), chemical (e.g., covalent bonding),
or biochemical (e.g., enzymatic) conditions. The physical and chemical properties of hydrogels can
be designed for specific biomedical applications by selecting proper polymer components, inorganic
solvents, and gelation protocols [45–47]. Compared with other states of polymers, hydrogels can
provide a benign and stable environment for living cells to grow, migrate, aggregate, proliferate,
and differentiate inside. The integration of hydrogels with 3D bioprinting technologies has offered
numerous attractive features for complex organ manufacturing [48–50].

During the 3D organ bioprinting process, different polymers have different roles and functions.
Most natural polymers, which are employed as the main components of bioinks, have the following roles:
(1) provide cells and bioactive agents with support such as accommodation; (2) build vascular, neural,
and lymphatic networks as semipermeatable substrates for nutrient, gas (e.g., oxygen), metabolite,
and biosignal exchange; (3) guide homogeneous and heterogeneous histogenesis and organogenesis
in a predefined way; and (4) promote tissue and organ maturation under specific biochemical and
biophysical conditions. Meanwhile, most synthetic polymers are applied for the following functions:
(1) improve multicellular handling or allotting in space to mimic their natural counterparts; (2) enhance
the mechanical properties of vascular and neural networks with antisuture and antistress capabilities;
(3) commit (or complete) extra functions, such as sacrificing supports and protecting covers.

Globally, the literature has reported on a number of polymers for use in 3D bioprinting. These
are summarized in Figure 4 [51–74]. These polymers need to meet several basic requirements for 3D
printing of bioartificial organs and subsequently clinical applications (Figure 5): (1) biocompatible (i.e.,
nontoxic or no obvious toxicity, no or low immunological reaction); (2) bioprintable using 3D bioprinters;
(3) biostable or crosslinkable with strong enough mechanical properties; (4) biodegradable (in particular,
the biodegradation rate should match the new tissue/organ generation speed); (5) suturable with
host vascular and nerve networks; (6) permeable for nutrients and gases; (7) biostorable before being
printed; and (8) sterilizable.
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Figure 4. Polymers that have been used for tissue and 3D organ printing.

Figure 5. Basic requirements for selecting a polymer for 3D bioprinting of bioartificial organs.

In the following sections, seven normal polymers that have been frequently employed in 3D
organ bioprinting with excellent biocompatibility, biodegradability, biostability, and bioprintability are
individually analyzed according to their natural or synthetic properties.
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3. Natural Polymers for 3D Organ Bioprinting

Natural polymers are widely existent in animal, plant, and microbe tissues as the main
components of extracellular matrices (ECMs) or decellularized extracellular matrices (dECMs). These
polymers include (1) proteins, such as collagen I–V, elastin, keratin, actin, tubulin, and myosin;
(2) polysaccharides, such as chitin, alginate, and starch; (3) glycoproteins, such as mucin, lectin,
miraculin, transferrin, and nectin; (4) proteoglycans, such as decorin, syndecan, versican, betaglycan,
lumican, and fibromodulin. Compared with synthetic polymers, most natural polymers dissolve
in inorganic solvents, such as water, phosphate buffer saline (PBS), and Dulbecco’s modified Eagle
medium (DMEM), which are cell-friendly. Few of the natural polymer solutions or hydrogels can be
used directly as cell-loading matrices for 3D organ bioprinting.

Due to the special physical, chemical, and biological properties, most natural polymer solutions
or hydrogels cannot be printed alone with a sol–gel transformation taking place during the 3D
printing processes [25–33]. These polymers are often used as additives for several theromsensitive or
chemical crosslinkable polymer (e.g., gelatin, agar/agarose, and alginate) solutions or hydrogels for
3D bioprinting. The 3D bioprintability of natural polymers are mainly determined by the molecular
weight, viscosity, hydrophilicity, and crosslinkability of the polymer solutions or hydrogels. The 3D
bioprinting accuracy of the cell-laden natural polymer solutions or hydrogels depends largely on the
polymer concentration, viscoelasticity, gelation speed, and shear thinning behavior.

The main advantages of natural polymers for 3D organ bioprinting is that they can entrap viable
cells and bioactive agents before printing, protect cells and bioactive agents during 3D printing, and form
semipermeable substrates after 3D printing. Before 3D printing, cells and bioactive agents are normally
embedded in natural polymer solutions or hydrogels. During 3D printing, the natural polymer chains
can safeguard cells from printing stress and provide cells with predesigned 3D milieus similar to those
in a native organ. After 3D printing, the polymer chains can be physically/chemically/enzymatically
crosslinked to form semipermeable substrates. These semipermeable substrates are permeable to
nutrients, gases (e.g., oxygen), and metabolites of cells.

At present, the most frequently used natural polymers for 3D organ bioprinting are collagen,
gelatin, alginate, fibrinogen, starch, hyaluronan, chitosan, silk, dextran, agar (or agarose), and matrigel
(or dECM). Among these polymers, alginate, gelatin, fibrinogen, and dECM are the most promising
candidates for 3D organ bioprinting.

3.1. Alginate

Alginate, the salt of alginic acid, is an anionic polysaccharide derived from brown seaweed
algae. It consists of β-D-mannuronic acid (M block) and α-L-guluronic acid (G block) monomers in its
molecule. Alginate itself can dissolve in water and be crosslinked by divalent cations, such as calcium
(Ca2+), barium (Ba2+), and strontium (Sr2+) ions, due to ion exchange reactions. This characteristic
is particularly attractive in many biomedical fields, such as nanoparticle preparation, drug delivery,
wound healing, tissue engineering, and regenerative medicine [75–78]. An obvious characteristic of
alginate solution is that its physical sol–gel transition point is below 0 ◦C. Under ambient temperature,
it is hard for pure alginate solution to be printed in layers without chemical crosslinking. The in vivo
biocompatibility of alginate is not as good as those of animal- or human-derived natural polymers,
such as gelatin and fibrinogen [41].

Generally, the physiochemical properties of alginate hydrogels depend on the ratio of M/G blocks.
The higher the M/G ratio, the higher the activity of the polymers. The first pertinent alginate 3D
bioprinting technology was reported in 2005, in which alginate was used as an additive in gelatin-based
cell-laden bioinks (Figure 6) [25–33]. The blending of alginate with gelatin molecules can improve
the printing resolution and increase the shape fidelity. Only a certain range of the alginate/gelatin
concentrations can be printed in layers. Optimal concentration of alginate in gelatin-based bioinks
varies from 0.5% (w/v) to 3% (w/v) depending on the polymer resources. After 3D printing, calcium ion
crosslinks (i.e., ion bonds) can significantly improve the structural stability to a certain degree. The 3D
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printed constructs can be crosslinked through various liquid exposures, such as spraying, soaking,
and filtering of calcium solutions [79–81]. This exposure leads to the exchange of sodium ions in the
alginate molecules with Ca2+ ions whereby the divalent Ca2+ ions form chemical crosslinks or chelates
between two carboxyl groups in the same or different polymer chains.

Figure 6. 3D bioprinting of chondrocytes, cardiomyocytes, hepatocytes, and adipose-derived stem cells
(ASCs) into living tissues/organs using a pioneering 3D bioprinter made in Prof. Wang’s laboratory
at Tsinghua University: (a) the pioneering 3D bioprinter; (b) schematic description of a cell-laden
gelatin-based hydrogel being printed into an one-layer grid lattice using the 3D bioprinter; (c) schematic
description of the cell-laden gelatin-based hydrogel being printed into large-scale 3D construct using
the 3D bioprinter; (d) 3D printing process of a chondrocyte-laden gelatin-based construct; (e) a grid
3D construct made from a cardiomyocyte-laden gelatin-based hydrogel; (f) hepatocytes encapsulated
in a gelatin-based hydrogel after 3D printing; (g) hepatocytes in a gelatin-based hydrogel after 3D
printing; (h) a gelatin-based hydrogel after 3D printing; (i) hepatocytes in a 3D printed construct after
a certain period of in vitro culture; (j) a magnified photo of (i); (k) the shape of the hepatocyte-laden
grid construct maintained well after certain period of in vitro culture; (l) a magnified photo of (k),
showing hepatocytes formed vortex in the hydrogel; (m) hepatocytes in a 3D printed construct after a
longer period of in vitro culture; (n) a magnified photo of (m), showing the vortex structure was still
there; (o) immunostaining of the hepatocyte-laden 3D construct after certain period of in vitro culture,
showing new hepatic tissue formed in the gelatin-based hydrogel with close cell-cell connection or
tight junction; (p) a dark-field microscopy of (o). Images reproduced with permission from [7,22].
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It is very interesting that the chemical crosslinking of alginate molecules using calcium ions
is reversible. When the 3D printed constructs are placed in a liquid containing no or less Ca2+,
the crosslinked Ca2+ dissolves gradually within about one week. Further reinforcement is necessary
when long-term in vitro culture is required. This means that the 3D constructs need to be further
stabilized on and off using calcium ions during long-term in vitro cultures.

Alginate-based 3D bioprinting processes can be completed through different working mechanisms,
such as extrusion-based cell-laden fiber deposition on a platform [82], coaxial nozzle-assisted
crosslinking deposition, bioplotting in a plotting medium (i.e., crosslinker pool) [83], and precrosslinked
alginate hydrogel coextruded with cells [84]. Each of these 3D bioprinting technologies has some
merits in 3D printing of bioartificial organs.

In extrusion-based 3D bioprinting, great effort has been made to improve printing resolution
and shape fidelity of the cell-laden alginate-containing 3D constructs by optimizing the processing
parameters, such as nozzle size, dispensing pressure, and printing speed [85–89]. For example,
Markstedt and coworkers blended alginate hydrogel with collagen and nanofibrillated cellulose to
effectively enhance extrusion-based 3D printing resolution from 1000 to 400–600 μm using a proper
diameter nozzle [90]. Kundu and coworkers printed cell-laden alginate with synthetic polycaprolactone
(PCL) using a double-nozzle 3D bioprinter [14].

3.2. Gelatin

Gelatin is a partly hydrolyzed collagen derived from different animal tissues, such as bovine
tendon and fish. Unlike its ancestor collagen, gelatin is a typical thermal-responsive (or thermosensitive)
linear natural polymer with excellent water solubility, biocompatibility, biodegradability, and 3D
printability. For example, the immunologic rejection of gelatin is much lower (i.e., zero) than that
of collagen. There are no inflammation and other negative reactions when gelatin hydrogels are
implanted in vivo [91]. This is an outstanding advantage of gelatin hydrogels for use as bioinks for 3D
bioprinting of bioartificial organs.

The liquefaction temperature (i.e., sol–gel transition point) of gelatin solution is approximately
28 ◦C (25–30 ◦C). The unique sol–gel transition property and super biocompatibility of gelatin hydrogels
have made them the preferential natural bioinks for 3D organ bioprinting. Before 3D bioprinting,
cells and bioactive agents are homogeneously encapsulated in the gelatin solution to form cell-laden
hydrogels. Other natural polymers, such as alginate, fibrinogen, chitosan, and hyaluronate, can
be incorporated into the gelatin solution as additives to form composite bioinks [92–97]. Different
chemical crosslinking strategies have been employed to improve the stability of 3D printed constructs
according to the properties of the additives.

During the sol–gel transition stage, physical crosslinking occurs among the gelatin molecules.
This means that thermosensitive gelatin solutions are capable of gelling and being 3D printed at mild
or room temperatures, such as 1–28 ◦C, in which cells are durable. However, physical crosslinking (or
gelling) is a reversible thermosensitive gelation process. The bonding strength among gelatin molecules
is poor, which results in breakage of the 3D printed constructs when they are put into culture medium at
physiological conditions, such as 37 ◦C. Some groups have utilized this phenomenon to print monolayer
cells using extrusion-based 3D printers and washed the liquefied gelatin molecules post printing [98].
Otherwise, secondary chemical crosslinking is necessary to stabilize the 3D constructs [79–81].

Since 2005, various gelatin-based composite bioinks, such as gelatin/alginate, gelatin/fibrin,
gelatin/chitosan, gelatin/hyaluronate, gelatin/alginate/fibrin, and gelatin/alginate/dextron (glaycerol
or dimethyl sulfoxide), have been explored in my laboratory through various extrusion-based 3D
bioprinting models (Figure 7) [15,32,79–81]. In these models, the viscosity of the gelatin-based bioinks
depends largely on the polymer concentration, molecular weight, and cell density. A series of two-step
stabilization strategies, containing both thermosensitive physical and ionic chemical crosslinks, have
been exploited for 3D printed constructs. The chemical crosslinking methods include glutaraldehyde
for gelatin, CaCl2 for alginate, sodium tripolyphosphate for chitosan, and thrombin for fibrinogen.
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Ten years on, these classical bioink formulations and crosslinking strategies have been widely adapted
by many other groups all over the world [96,97].

Figure 7. A large-scale 3D printed bioartificial organ with vascularized liver tissue constructed
through the double-nozzle 3D bioprinter created in Prof. Wang’s laboratory at Tsinghua University:
(a) the double-nozzle 3D bioprinter; (b) a computer-aided design (CAD) model containing a branched
vascular network; (c) a CAD model containing the branched vascular network; (d) a few layers of
the 3D bioprinted construct containing both ASCs encapsulated in a gelatin/alginate/fibrin hydrogel
and hepatocytes encapsulated in a gelatin/alginate/chitosan hydrogel; (e–h) 3D printing process of a
semielliptical construct containing both ASCs and hepatocytes encapsulated in different hydrogels; (i–l)
hepatocytes encapsulated in the gelatin-based hydrogels after 3D bioprinting and different periods of
in vitro cultures; (m–p) ASCs encapsulated in the gelatin-based hydrogels after 3D bioprinting and
different periods of in vitro cultures as well as growth factor inductions. Images reproduced with
permission from [15,32].

When cells are embedded in gelatin-based solutions with high polymer concentration, their
bioactivities are restricted to some degree after the double physical and chemical crosslinking.
Meanwhile, lower concentrations of polymers facilitate higher cell viability. Nevertheless, when the
concentration of gelatin-based polymers is reduced, the mechanical strength of the 3D constructs drops
sharply despite chemical crosslinking. An optimized polymer concentration is necessary for a typical
3D bioprinting technology to ensure favorable cellular activity and structural stability [79–81].
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Because the components of our gelatin-based composite bioinks are similar to ECMs (i.e.,
proteoglycans or glycoproteins), 3D printed constructs can be engineered to possess similar water
content and elastic modulus as those of soft organs with excellent in vitro cell and in vivo tissue
biocompatibilities. This is a fundamental breakthrough in large-scale 3D organ bioprinting. Until
now, the resulting 3D printed constructs have been extended rapidly to other biomedical areas,
such as high-throughput drug screening, living tissue and organ cryopreservation, metabolism model
establishment, and pathological mechanism analysis [79–81].

Besides physical and chemical crosslinking strategies, some researchers have aimed to
maintain laser-based 3D printed gelatin structures by methacrylation of the gelatin molecules
(i.e., gelatin methacrylamide or gelatin methacryloyl, GelMA) using irreversible ultraviolet (UV)
photopolymerization techniques [99]. Some researchers have blended GelMA with poly(ethylene
glycol) (PEG) and other polymers. It was reported that the extruded strut size could be reduced from
1100–1300 to 350–450 μm by blending GelMA with PEG and to 150–200 μm by coaxial extrusion of
GelMA with alginate using a coaxial nozzle [100–103]. Additional concerns have arisen regarding the
toxicity of polymerization initiators and degradation products of synthetic polymethacrylamide.

3.3. Fibrin

Fibrin is a blood-derived fibrous protein formed by fibrinogen polymerization under the catalysis
of thrombin, calcium ions, and/or factor XIII. Fibrinogen powder can dissolve in water to form a
solution with low viscosity. Like gelatin, fibrin has excellent biocompatibility and biodegradability for
various biomedical applications, such as hemostasia, wound healing, pharmacy, microencapsulated
cell delivery, tissue engineering, and 3D bioprinting [104].

As stated above, layer-by-layer bioprinting is a logical choice for the manufacture of stratified
organs, such as the liver, heart, kidney, and lung, containing multiple cell types. 3D bioprinting of
stratified organ replacements depends on bioinks with appropriate rheological and cytocompatible
properties. An obvious shortcoming of the fibrinogen solution for 3D organ bioprinting is that its
viscosity is too low to be piled up in layers even in very high concentration (e.g., 4% w/v) [55]. After
polymerization, the 3D printed constructs undergo further contraction or shrinkage for homogeneous
or heterogeneous tissue formation. Structural stability is the major concern for pure fibrinogen as a
bioink for 3D organ bioprinting.

The first pertinent fibrin 3D bioprinting was reported in 2007, in which fibrinogen was used
as an additive of gelatin-based bioinks [105,106]. By blending fibrinogen with thermoresponsive
gelatin solutions, high-resolution 3D constructs with excellent cell viability (i.e., ≈ 100%) have been
obtained. During the 3D printing process, gelatin molecules provide fast gelation and immediate
postprinting structural fidelity, while fibrinogen molecules ensure long-term mechanical stability upon
thrombin polymerization. Physical blending and chemical crosslinking of fibrinogen/gelatin solutions
can prevent breakdown and shrinkage of 3D printed constructs for a relatively longer period under
physiological conditions (e.g., 37 ◦C).

More than 10 years later, Hinton and colleagues printed a Ca2+-mediated alginate/fibrinogen
hydrogel into a gelatin slurry bath containing thrombin using a similar extrusion-based 3D printer
and working principle [16,17]. When the alginate/fibinogen hydrogel was extruded from the 3D
printer nozzle, it met the thrombin molecules in the bath and rapidly polymerized to solidify the
Ca2+-mediated alginate/fibrinogen hydrogel. This is another double crosslinking or gelling path for
3D bioprinting with fibrinogen-containing composite bioinks and is termed as “bioplotting” (Figure 3).
With different gelling paths, cells in the fibrinogen-containing hydrogel can be assembled in layers
according to the predesigned CAD models.

Similarly, Burmeister and colleagues delivered ASCs via PEG–fibrin, i.e., PEGylated fibrin (FPEG)
hydrogel, as an adjunct to meshed split-thickness skin grafts in a porcine model [107]. They showed that
ASCs delivered in FPEG could enlarge the blood vessel size in a dose-dependent way, wherein FPEG acts
as both a porous scaffold to prevent contraction and an ASC-delivery vehicle to accelerate angiogenesis.

69



Micromachines 2019, 10, 814

For 3D organ bioprinting, the printing properties of fibrinogen solutions can be easily tailored
by varying the proportion of its component in the composite bioinks [108–111]. Thermosensitive
polymers, such as gelatin and agar, support extrusion-based 3D bioprinting of a wide range of natural
polymers, including fibrinogen, chitosan, alginate, and hyaluronate. Succeeding (or tandem) chemical
crosslinking and polymerization of fibrinogen-containing composite bioinks facilitates the printing
results of the stratified cell-laden 3D constructs with increased stiffness and stabilization. For example,
double gelation of gelatin/alginate/fibrinogen bioinks using both CaCl2 (for alginate ion crosslinking)
and thrombin (for fibrinogen polymerization) is the most popular approach today for large-scale organ
manufacturing (Figure 8) [30,36].

Figure 8. 3D bioprinting of ASC-laden gelatin/alginate/fibrin hydrogel for organ manufacturing in
Prof. Wang’s laboratory at Tsinghua University: (a) a pioneering double-nozzle 3D bioprinter made
in this laboratory; (b) schematic description of the cell-laden gelatin/alginate/fibrin hydrogel and
pancreatic islets being printed into a grid construct using the 3D bioprinter; (c) a large-scale 3D printed
grid construct containing ASC-laden gelatin/alginate/fibrin hydrogel cultured in a plate; (d) a grid
ASC-laden gelatin/alginate/fibrin construct after being cultured for one month; (e) a multicellular
construct after three weeks of culture, containing both ASCs encapsulated in the gelatin/alginate/fibrin
hydrogel before epidermal growth factor (EGF) engagement and relatively integrated pancreatic islets
seeding in the predefined channels (immunostaining with anti-insulin in green); (f) some envelopes of
the islets were broken after one month of culture; (g) immunostaining of the 3D construct with mAbs
for CD31+ cells (i.e., mature endothelial cells from the ASC differentiation after three days of culture
with EGF added in the culture medium) in green, having a fully confluent layer of endothelial cells (i.e.,
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endothelium) on the surface of the predefined channels; (h) a vertical image of the 3D construct
showing the fully confluent endothelium (formed from endothelial cells) and the predefined go-through
channels; (i) immunostaining of the 3D construct with mAbs for CD34+ cells (i.e., endothelial cells) in
green and pyrindine (PI) for cell nuclei (nucleus) in red; (j) immunostaining of the 3D construct with
mAbs for CD34+ endothelial cells in green and PI for cell nuclei (nucleus) in red after three days of
culture without EGF added in the culture medium; (k) immunostaining of the 3D construct with mAbs
for CD31+ endothelial cells in green and PI for cell nuclei (nucleus) in red after three days of culture
with EGF added in the culture medium; (l) a control of (k), immunostaining of the 3D construct with
mAbs for CD31+ endothelial cells differentiated from the ASCs in green and PI for cell nuclei (nucleus)
in red after three days of culture without EGF added in the culture medium; (m) immunostaining
of the 3D construct with mAbs for CD31+ cells in green and Oil Red O staining for adipocytes in
red, showing both the heterogeneous tissues coming from the ASC differentiation after a cocktail
growth factor engagement (i.e., on the surface of the channels, the endothelium coming from the ASCs
differentiation after being treated with EGF for 3 days; deep inside the gelatin/alginate/fibrin hydrogel,
the adipose tissue coming from the ASC differentiation after being subsequently treated with insulin,
dexamethasone, and isobutylmethylxanthine (IBMX) for another three days); (n) a control of (m),
showing all the ASCs in the 3D construct differentiated into target adipose tissue after three days of
treatment with insulin, dexamethasone, and IBMX but no EGF; (o) immunostaining of two-dimensional
(2D) cultured ASCs with mAbs for CD31+ endothelial cells in green and PI for cell nuclei (nucleus)
in red after three days of culture with EGF added in the culture medium; (p) immunostaining of 2D
cultured ASCs with mAbs for CD31+ endothelial cells in green and PI for cell nuclei (nucleus) in
red after three days of culture without EGF added in the culture medium. Images reproduced with
permission from [36].

3.4. dECM

dECM is a mixture of natural polymers, such as collagen and glycosaminoglycans (GAGs),
derived from decellularization of different animal tissues, such as the heart, skin, liver, and small
intestinal submucosa. The decellularization process can be chemical, physical, enzymatic, or their
combinations, and it plays an important role in the final dECM compositions and geometries. After
decellularization, the ECM compositions and geometries of the original tissues can be highly preserved,
providing specific micro/meso/macrobiophysical and biochemical environments for different cell lines.
In particular, dECM is rich in cell growth factors and stem cell niches, which help to support special
tissue generation. dECM has remarkable advantages in 3D bioprinting of customized tissues due to
the preservation of personal ECMs.

Compared with gelatin and alginate, the viscosity of dECM solution is rather low. Like cell-laden
bioinks, dECM-based solutions gel rapidly beyond 15 ◦C and form physically crosslinked hydrogels
upon increase in the temperature and pH [112]. Like most other natural polymers, such as alginate,
gelatin, and fibrinogen, dECM-based bioinks can form semipermeable substrates with entrapped viable
cells and biomolecules for 3D organ bioprinting. Water, gases, nutrients, metabolites, and growth
factors can infiltrate into the semipermeable substrates. Human ASC (hASC) viability can reach 90%
on the 14th day in the 3D bioprinted dECM substrates [113].

During the 3D bioprinting process, dECM displays poor 3D printability, low accuracy (or
resolution), and large shrinkage due to the low viscosity. Various attempts have been made to
surmount the shortcomings. The attempts include chemical crosslinking and concomitantly printing
dECM with other natural and/or synthetic polymers. For example, Pati and coworkers printed an
adipose-derived dECM–PCL hybrid construct with ASCs encapsulated in the dECM using a two-head
tissue building system. Cell viability in this hybrid construct was >90%, equal to that without PCL [114].

Though dECM has remarkable advantages for tissue-specific function preservation, it faces many
challenges for complex 3D organ bioprinting due to the following reasons. Firstly, it is difficult to
efficiently remove the immunogen existing in the allogeneic or xenogeneic dECMs to avoid immune
responses of the host tissues. Secondly, more or less residual deoxyribonucleic acid (DNA) or nuclear
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materials retained in dECMs can affect the cellular behaviors of the adopted cells. Thirdly, the extremely
weak mechanical property, poor shape fidelity, and rapid degradation rate are major issues for large
vascularized and innervated organ construction [115–117].

4. Synthetic Polymers for 3D Organ Bioprinting

Synthetic polymers are human-made polymers produced by chemical reactions of monomers,
which may be derived from petroleum oil. Their hydrogels are generally produced via bulk, solution,
and inverse dispersion procedures. While the first two procedures are homogeneous, the inverse
dispersion procedure is conducted in dispersed and continuous phases [118–122]. Among homogeneous
polymerizations, the solution reaction is preferred due to better control of the heat of polymerization
and hence the polymer properties. Most high-swelling synthetic polymeric hydrogels are produced in
this way.

As a common characteristic, the glass transition temperatures of synthetic polymer solutions,
such as poly(lactic-co-glycolic acid) (PLGA) and polyurethane (PU), are much lower than those of the
abovementioned nature polymers. Temperatures of −20 to −40 ◦C are common for most biodegradable
synthetic polymeric solutions to solidify. Meanwhile, very high temperatures, such as 100–200 ◦C,
are necessary for biodegradable synthetic polymers to melt. For example, polylactic acid (PLA) has a
melting temperature of 180 ◦C. Thus, synthetic polymers are comparatively bioinert and do not readily
embody bioactive ingredients, such as cells and growth factors, directly for 3D bioprinting. This is
mainly due to the fact that 3D printing processes of synthetic polymers often involve the use of organic
solvents, heat, or poisonous crosslinkers, which may reduce the bioactivity of the ingredients [79–81].

Compared with natural polymers, synthetic polymers are prominent in their mechanical
properties as their molecular weights can be regulated from low to ultrahigh according to the
actual requirement. High molecular weights promote intermolecular interactions between the
polymer chains and have better mechanical properties for in vitro pulsatile culture using peristaltic
pump and in vivo implantation of the 3D printed constructs. Nevertheless, most synthetic polymer
solutions, hydrogels, and scaffolds, such as PLGA, poly(glycolic acid) (PGA), poly(hydroxypropyl
methacrylamide) (PHPMA), PU, PCL, PLA, and poly(methyl methacrylate) (PMMA), have poor
cytocompatibilities due to the intrinsic bioinert characteristics, organic solvent usages, and stiff
morphological/topological structures [123].

The lack of functional groups and structural complexity within synthetic polymers has limited
their usage in 3D organ bioprinting. Till now, most synthetic polymers have been applied as supporting
or sacrificing structures without directly contacting living cells. In this section, three synthetic polymers,
namely, PEG, PLGA, and PU, with excellent 3D printability, in vivo tissue compatibility (or bioinertia),
and structural stability for 3D organ bioprinting are introduced.

4.1. PEG

PEG, also named as polyoxyethylene or poly(ethylene oxide) (PEO), is a biocompatible,
nonimmunogenic synthetic polyether that has been approved by the Food and Drug Administration
(FDA) of the United States as a good candidate for cell encapsulation and other biomedical applications.
It is a hydrophilic polymer with linear and branched structures. PEG can be crosslinked using physical,
ionic, or covalent crosslinks. Two hydroxyl groups of PEG diol can be tailored into other functional
groups (i.e., acrylate, thiol, and carboxyl) by physical, ionic, or covalent crosslinking, which makes
PEG possess tunable mechanical properties for 3D bioprinting [124,125].

Unlike other synthetic polymers, PEG appears in solid state at room temperature with a molecular
weight (Mw) about 1000 Da. PEG is water-soluble, and the viscosity depends on the Mw and
on the amount of water. PEG itself cannot form hydrogel. The low viscosity of PEG solutions
makes it impossible for use in extrusion-based 3D bioprinting. Acrylation or blending with other
polymers is often necessary for the development of a PEG-containing hydrogel. For example, Gao and
coworkers have extensively studied the properties of PEG–GelMA for inkjet-based bioprinting [126,127].
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The resulting constructs could be used for hard tissue regeneration with a reasonable mechanical
strength (e.g., compressive modulus: 1–2 MPa). GelMA in the bioink could promote mesenchymal
stem cell differentiation into cartilage and bone tissues. This is due to the existence of natural gelatin
component in the GelMA molecules. Similarly, the poly(ethylene glycol) diacrylate (PEG-DA) hydrogels
photopolymerized by UV light could increase the mechanical properties and printing resolutions of 3D
constructs but without enhanced biological functions [128].

Though PEG and its derivatives have been employed in 3D bioprinting, the lack of cell-adhesive
domains and poor mechanical properties have seriously limited their application in 3D organ bioprinting.
A great effort has been made to improve the biological and physiological functions of 3D printed
constructs. One of the most widely used strategies is to incorporate bioactive molecules, especially
arginyl–glycyl–aspartate (or Arg–Gly–Asp, RGD) peptide segments, in the bioinks to promote cell
activities. For example, Villanueva and coworkers investigated the role of cell–matrix interactions
by dynamically loading cells in a RGD-incorporated PEG 3D printing process. The attachment (e.g.,
adhesion) and differentiation capabilities of the cells, such as osteoblasts, mesenchymal stem cells,
endothelial cells, and smooth muscle cells, on the 3D scaffold augmented in a dose-dependent manner.
Through dynamic 3D bioprinting, the RGD-incorporated PEG bioink could obviously enhance the
chondrocyte phenotype and ECM synthesis, indicating that cell–matrix interactions directly mediated
cell activities [128]. Actually, RGD is a special peptide segment containing three amide linkages, which
exists in all natural proteins, including collagen and its derivative gelatin. It has the same adhesive
properties for cells as those of natural polymers.

4.2. PLGA

PLGA is a synthetic copolymer (i.e., linear aliphatic polyester) of lactic acid (α-hydroxy propanoic
acid) and glycolic acid (hydroxy acetic acid), which has been approved by FDA for therapeutic devices.
It is synthesized by means of ring-opening copolymerization of two different monomers: the cyclic
dimers (1,4-dioxane-2,5-diones) of lactic acid and glycolic acid [129]. PLGA 75:25 has been identified as
a commonly used copolymer with a composition of 75% lactic acid and 25% glycolic acid. The monomer
lactic acid contains an asymmetric carbon atom and therefore has two optical isomers: l (+) lactic acid
and d (61) lactic acid. It is widely distributed in all living creatures (such as animals, human bodies,
plants, and microorganisms) as either an intermediate or an end product in carbohydrate metabolism.
Meanwhile, glycolic acid occurs in nature to a limited extent.

PLGA can be hydrolyzed by breaking the ester linkages in its chains under the presence of water.
The final degradation products of PLGA are either acidic monomers, such as lactic acid and glycolic
acid, or innocuous salts, such as lactate (salt form of lactic acid) and glycolate (salt form of glycolic
acid). It has been shown that the time required for the degradation of PLGA is related to the monomers’
ratio, which can be reflected in the molecular composition. The higher the content of glycolide units,
the lower the time required for the degradation compared to the lactide predominant polymers [130].

PLGA dissolves in a wide range of organic solvents depending on its composition. Higher
lactide-containing polymers dissolve in chlorinated solvents, whereas higher glycolide-containing
polymers require the use of fluorinated solvents, such as 1,1,1,3,3,3-hexafluoroisopropanol. PLGA
solutions show a typical glass transition temperature in the range of −40 to −60 ◦C.

Within the author’s own group, we have developed various low-temperature RP technologies to
deposit synthetic PLGA solutions alone or with other polymers. Different material systems can be 3D
printed together using double or multinozzle 3D bioprinters, resulting in hybrid constructs, such as
PLGA–gelatin, PLGA–collagen, PLGA/hydroxyapatite–PLGA/hydroxyapatite/phosphralated chitosan,
with strong mechanical properties, tunable biodegradabilities, and acceptable in vivo biocompatibilities
(Figure 9) [20,50,131–133]. The 3D printed constructs have been extensively used for bone, cartilage,
nerve, liver, and other large organ repair/regeneration/replacement/restoration. At the same time,
the concept of vascularization and neuralization of large-scale 3D printed tissues has been adapted
rapidly all over the world [134–137].
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Figure 9. A combined four-nozzle 3D organ bioprinting technology created in Prof. Wang’s laboratory
at Tsinghua University in 2013 [20,50]: (a) equipment of the combined four-nozzle 3D organ
bioprinter; (b) working state of the combined four-nozzle 3D organ printer; (c) a CAD model
representing a large-scale vascularized and innervated hepatic tissue; (d) a semielliptical 3D construct
containing a poly(lactic-co-glycolic acid) (PLGA) overcoat, a hepatic tissue made from hepatocytes in a
gelatin/chitosan hydrogel, a branched vascular network with fully confluent endothelialized ASCs
on the inner surface of the gelatin/alginate/fibrin hydrogel, and a hierarchical neural (or innervated)
network made from Shwann cells in the gelatin/hyaluronate hydrogel; the maximal diameter of the
semiellipse can be adjusted from 1 mm to 2 cm according to the CAD model; (e) a cross section of (d),
showing the endothelialized ASCs and Schwann cells around a branched channel; (f) a large bundle of
nerve fibers formed in (d); (g) hepatocytes underneath the PLGA overcoat; (h) an interface between the
endothelialized ASCs and Schwann cells in (d); (i) some thin nerve fibers.

4.3. PU

PU is a family of synthetic polymers that are composed of organic units and joined by carbamate
(i.e., urethane) links. PUs can be classified into two groups: biodegradable or nonbiodegradable.
The traditional PUs are thermoresponsive (or thermoplastic, i.e., melt when heated) nonbiodegradable
polymers that do not biodegrade when implanted in vivo. Historically, nonbiodegradable (or
unbiodegradable) PU has been widely used in some biomedical fields due to its excellent mechanical
and bioinert properties. Two examples of these biomedical applications are intravenous perfusion tubes
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and inanimate artificial hearts with strong mechanical strength [138,139]. However, these polymers
cannot be printed using the existing 3D bioprinters.

In 2006, a brand new biodegradable elastomeric PU was developed by my group. This new PU is
made of PEG and PCL monomers with excellent biocompatibility, biodegradability, bioprintability,
and biostability for complex bioartificial organ manufacturing [136–138]. It can be 3D printed alone or
with some other natural or synthetic polymers, such as gelatin, collagen, gelatin/alginate, etc. In one of
our former studies, a hybrid hierarchical PU–cell/hydrogel construct was automatically created using
an extrusion-based double-nozzle, low-temperature 3D printer (Figure 10) [28,49]. The PU mainly acted
as a supportive template for cell, especially ASC, accommodation, growth, migration, proliferation,
and differentiation. It is extremely useful for some antistress or antisuture applications, such as pulsatile
culture of 3D printed hierarchical vascular and neural networks and in vivo anastomosis with the host
vasculatures/neural networks [108–110]. The vascularized and innervated networks can be applied to
3D bioprinting of a variety of complex organs, such as the brain, heart, lung, and kidney.

Figure 10. A large-scale 3D printed complex organ with vascularized liver tissue constructed through
the double-nozzle low-temperature 3D bioprinter created in Prof. Wang’s laboratory at Tsinghua
University: (a) the double-nozzle low-temperature 3D bioprinter; (b) working principle of an elliptical
hybrid hierarchical polyurethane-cell/hydrogel construct built via the double-nozzle low-temperature
3D bioprinter; (c) a CAD model containing the branched vascular network; (d) a cross section of
the CAD model containing five sub-branched channels; (e) working platform of the 3D bioprinter
containing two nozzles and the 3D printed semielliptical hybrid hierarchical polyurethane-cell/hydrogel
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construct; (f) an elliptical sample containing both a cell-laden natural hydrogel and a synthetic
polyurethane (PU) overcoat; (g) several layers of the elliptical sample in the middle section containing a
hepatocyte-laden gelatin-based hydrogel and a PU overcoat; (h) several layers of the elliptical sample in
the middle section containing an ASC-laden gelatin-based hydrogel and a PU overcoat; (i) hepatocytes
encapsulated in the gelatin-based hydrogel; (j) a magnified photo of (i), showing the alginate/fibrin
fibers around the hepatocytes; (k) ASCs encapsulated in the gelatin-based hydrogel growing into
the micropores of the PU layer; (l) ASCs on the inner surface of the branched channels; (m) pulsatile
culture of two elliptical samples; (n) two samples cultured in the bioreactor; (o) static culture of the
ASCs encapsulated in the gelatin-based hydrogel; (p) pulsatile culture of the ASCs encapsulated in the
gelatin-based hydrogel. Images reproduced with permission from [28,49].

Using similar techniques, a 3D printed PU/PEO scaffold was reported later in 2014. The PEO
component could be used to increase the viscosity of the PU solution. The optimal ratio of PU/PEO for
an extrusion-based FDM technology was 76/24. A resulting PU/PEO scaffold, containing an average
pore size of 1–4 μm, was helpful to maintain cell morphology attached to it. Chondrocytes preferred to
adhere onto the scaffold due to its hydrophilic property and suitable pore size [139]. In another study,
neural stem cells (NSCs) attached well on the PU-based scaffold. The PU-based scaffold could provide
NSCs with a proper environment to adhere, proliferate, and migrate on it and repair the disordered or
damaged central nerve directly [140].

The control of multinozzle 3D printer parameters can provide a strong connection between
different polymer systems, such as the PLGA solution–gelatin hydrogel, and PU solution–cell-laden
gelatin-based hydrogel. Supportive synthetic polymers, such as PLGA and PU, and the ECM-like
gelatin-based hydrogels can be adjusted to degrade at different time points during the organ construction
and maturation stages. With proper selection of natural and synthetic polymer components, the 3D
printed bioartificial organs can avoid all the risks of vascular rupture, stress shrinkage, immune
rejection, and other negative reactions during the in vivo implantation stages [108–110]. These
are all long-awaited breakthroughs in bioartificial organ manufacturing, as well as other pertinent
hot research areas, such as tissue engineering, biomaterials, drug screening, organ transplantation,
and pathological analysis, with respect to in vitro complex organ automatic building processes and
in vivo defective/failed organ repair/regeneration/replacement/restoration applications.

5. Challenges and Perspectives

Despite remarkable progress achieved in 3D bioprinting over the last decade, there are still
a number of challenges that remain in the manufacturing of off-the-shelf bioartificial organs for
clinical applications. These challenges include (1) the extreme difficulties in establishment of an
axial anastomosed vasculature, which anatomically mimics those in a natural organ, providing the
incorporated cells with water, gas, and nutrients and removing metabolites from the cells; (2) the
limited sophisticated multinozzle 3D printers, which are capable of assembling as many homogeneous
and heterogeneous cells along with different polymers in a way similar to those in a natural organ;
(3) the unmatched physical, biological, and physiological properties of 3D printed vascular, neural,
and lymphatic networks for defective/failed organ restoration; (4) the uncertain roles of superfluous
stem cells, growth factors, and other bioactive agents existing in the bioartificial organs for in vivo
implantation [141–143].

In the future, the demand for 3D organ bioprinting, both for production in large amounts and small
quantities as well as individual manufacture (i.e., customized), will definitely grow. More research
needs to focus on mimicking the complex anatomical, material, and biological aspects of each human
organ to be replaced, especially the hierarchical vascular, neural, and lymphatic networks for fluid and
bioactive signal transportation. It is imperative to develop new sophisticated polymers with updating
3D bioprinters to recapitulate more complex micro-, meso-, and macro-3D milieus of natural organs
with respect to geometrical features, material constituents, and environmental factors [144–146].
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In the future, suitable choice of natural and synthetic polymers for 3D bioprinting of each
bioartificial organ will still play a critical role. Much more integration of the existing natural and
synthetic polymers for additional physiological functionality realization in a special natural organ is
still on the way. High cell viability is a crucial prerequisite for complex 3D organ bioprinting with a
large volume of homogeneous and heterogeneous cells. It is necessary to further clarify the special
usages of various polymers for different tissue incorporation. Harsh 3D bioprinting conditions should
be avoided or overcome through additional approaches. Patient-specific cells, especially stem cells and
ECMs (or dECMs), are preferable to eliminate the immune reactions [147–152].

In the future, much more work needs to be done on stem cell extraction, culture, and induction.
Because a human organ is composed of at least two types of cells, specific architectural design and
multiple cell assembling are essential for each of the layer-by-layer 3D building processes. Sequential
induction of stem cell differentiation in a predefined 3D construct needs to be normalized in a suitable
laboratory [108–110]. In particular, ASCs have set an outstanding example for their vascularization
and neuralization capabilities in 3D printed constructs. Further optimization of growth factors for
different stem cell inductions needs to be carried out and standardized.

6. Concluding Remarks

3D organ bioprinting is a new, high-level interdisciplinary field that requires the integration of
talents of many fields of science and technology, such as cell biology, computer, materials, information,
chemistry, mechanics, engineering, manufacturing, and medicine. Bioartificial organs with tailored
biological, biophysical, biochemical, and physiological properties can be 3D bioprinted through
predesigned geometrical structures, biomaterial components, and processing parameters. Both natural
and synthetic polymers have played essential and ubiquitous roles in successful 3D organ bioprinting
technologies. Some natural polymer hydrogels, such as gelatin, fibrinogen, and dECM, have excellent
cytocompatibilities due to their inorganic solvents, functional groups, and mild gelation conditions.
Cells and bioactive agents can be incorporated in polymer solutions or hydrogels directly without
significantly changing their viabilities and bioactivities. Biodegradable synthetic polymers, such as
PLGA and PU, hold antisuture and antistress capabilities, which can be used as supporting structures
for vascular and neural network strengthening in 3D printed constructs. The integration of natural
and synthetic polymers using multinozzle 3D bioprinters in this author’s own laboratory have paved
all the rugged ways for bioartificial organ manufacturing with several series of successful 3D printing
models. Further studies are still needed to develop more successful bioinks for 3D bioprinting of
each human organ with a whole spectrum of physiological functions, such as multiple cell/ECM
types, special geometrical shapes, and antisuture/antistress capabilities. Advanced polymer-based
multidisciplinary efforts will reap much greater benefits in 3D organ bioprinting and will virtually
replace failed/defective human organs in the near future.
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Abstract: Chitosan is a unique natural resourced polysaccharide derived from chitin with special
biocompatibility, biodegradability, and antimicrobial activity. During the past three decades, chitosan
has gradually become an excellent candidate for various biomedical applications with prominent
characteristics. Chitosan molecules can be chemically modified, adapting to all kinds of cells in
the body, and endowed with specific biochemical and physiological functions. In this review, the
intrinsic/extrinsic properties of chitosan molecules in skin, bone, cartilage, liver tissue repair, and
organ three-dimensional (3D) bioprinting have been outlined. Several successful models for large
scale-up vascularized and innervated organ 3D bioprinting have been demonstrated. Challenges and
perspectives in future complex organ 3D bioprinting areas have been analyzed.

Keywords: 3D bioprinting; chitosan; chitin; tissue repair; rapid prototyping (RP); implantable
bioartificial organs

1. Introduction

An organ is a combination of multiple tissues that provide specific physiological functions for
human body. There are about 80 organs in the human body, dominating every physiological activity [1].
Clinically, organ failure is the leading cause of mortality all over the world, and it is often closely
related to some chronic and acute diseases [2,3]. As a result, one failing organ can break down the
whole physiological system of the human body.

At present, allogeneic organ transplantation is the only cure for the failing internal organs, such as
the liver, kidney, and heart. However, it is facing many limitations in clinical applications. First, there
is a desperate shortage of donor organs. In another word, the donor organ is seriously short. Take the
year of 2013 as an example, there were 117,040 patients in the United States of America who needed
organ transplantation, but only 28,053 of them are fortunate to get suitable donors [4]. Currently, there
are over 34 million surgical procedures in America involved in the treatment of organ failures per
year. Less than one out of ten patients can be saved by organ donations [5]. Second, there are serious
side effects of immunosuppressive drugs. The donor organs are allogeneic sources and the patients
need to take a life-long immunosuppressive treatment. Since the side effects of immunosuppressive
complications are severe, the ability of resisting infectious diseases can be obviously weakened. Third,
the surgical cost is very high. Organ transplantation can bring huge economic burdens to the ordinary
patients and occupy enormous medical resources [6].

During the last several decades, the severity of donor organ shortage, the life-long treatment
of allograft rejection, the side effect of immunosuppressive therapy, and the extremely high cost
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of allogeneic organ transplantation have activated numerous strategies for tissue repair and organ
manufacturing [7–11]. One typical example is tissue engineering. It has undergone several circulations
of ups and downs with the three elements, i.e., porous scaffolds, cells, and growth factors. Nevertheless,
organ manufacturing is a complex project that requires multi-disciplinary cooperation, involving
a large scope of talents of technologies, such as biology, materials, chemistry, physics, mechanics,
informatics, computers, and medicine. Designing and building the physical analogues of organs is
only the first small step. It is more critical to make the multiple cell types/extracellular matrices (ECMs),
hierarchical vascular, neural and/or lymphatic networks functional in a compacted construct [12–14].

Three-dimensional (3D) bioprinting has recently emerged as an extension of traditional rapid
prototyping (RP), also named as solid freeform fabrication (SFF) and additive manufacturing (AM),
technologies, by using bioactive or cellular components to build constructs in an additive or
layer-by-layer methodology for encapsulation and culture of cells. These technologies allow for
cell culture in controlled spatial environments. These environments can be tuned to simulate the
complexity of in vivo cell growth environments with similar ECMs.

Polymers are large molecules or macromolecules, composed of many repeated subunits or
small molecules, with molar masses ranging from thousands to millions. In another word, the units
composing polymers derive from molecules of relatively low molecular mass [15]. There are two
types of polymers: natural and synthetic. Natural polymers are naturally occurring polymers, such as
cellulose, polysaccharide, protein, silk, and fibrinogen. Synthetic polymers are manmade polymers
through chemically joining many small monomers together into one giant molecule. The list of synthetic
polymers, roughly in order of worldwide demand, includes polyethylene, polypropylene, polystyrene,
polyvinyl chloride, synthetic rubber, neoprene, nylon, polyacrylonitrile, phenol formaldehyde resin (or
Bakelite), polyvinylbutyral (PVB), silicone, and many more. Because of their broad range of properties,
both synthetic and natural polymers play essential and ubiquitous roles in everyday life. More than
330 million tons of these polymers are made every year (2015) [16]. Chitosan as a special natural
polymer has attracted great attention both in tissue repair and organ 3D bioprinting areas.

2. Three-Dimensional (3D) Bioprinting

2.1. The Concept of Organ 3D Bioprinting

3D printing, traditionally termed as RP, SFF, and AM, is a series of material processing technologies
based on the dispersion-accumulation principle of computer-aided manufacturing (CAM). Generally,
an object can be divided into numerous two-dimensional (2D) layers before 3D printing with a defined
thickness. The 2D layers are sequentially piled up by selectively adding the desired materials in a high
reproductive additive manner under the instruction of computer-aided design (CAD) models [17–20].

Organ 3D bioprinting is the utilization of advanced 3D printing technologies to assemble multiple
cell types, including stem cells/growth factors, along with other biomaterials in a layer-by-layer
fashion to produce bioartificial organs that maximally imitate their natural counterparts with
respect to anatomical structures, material components, and physiological functions (Figure 1) [12–14].
It mainly consists of four aspects, such as cell extraction (i.e., biological part), data collection (i.e.,
informatical part), starting material preparation (i.e., biomaterial part), and manufacturing (i.e.,
processing part). Patient-specific organ images, such as magnetic resonance imaging (MRI) and
computerized tomography (CT) can be easily transferred into CAD models for customized organ
manufacturing with predefined geometrical shapes, material (e.g., cells, growth factors, polymers,
ECMs, drugs) components, and physiological functions [21–24]. Over the last decade, organ 3D
bioprinting technologies have made a great contribution to various biomedical fields.
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Figure 1. Graphical description of organ 3D bioprinting with four major aspects: cell extraction (i.e.,
biological), data collection (i.e., informatical), starting material preparation (i.e., biomaterial), and
manufacturing (i.e., processing) parts.

2.2. Polymers as “Bioinks” for 3D Bioprinting

As stated above, polymers are large molecules made up of many small and identical repeating
units bonded by covalent bonds. Theoretically, any polymer solutions or hydrogels holding the sol-gel
transition property can be printed in layers under the instruction of CAD models [25,26]. Living cells
and growth factors can be encapsulated into the polymeric solutions or hydrogels for 3D tissue and
organ construction. Actually, only few natural and synthetic polymers and their combinations can
be used as “bioinks” for tissue and organ 3D bioprinting at mild temperatures or cell endurable
conditions. The layer-by-layer construction processes depend largely on the liquid polymer solution
transformation capabilities before, during, and after the 3D bioprinting. There are many different
sol-gel transformation forms, such as physical (reversible), chemical (reversible or irreversible), and
biochemical (i.e., enzymic) cross-linking. Compared with synthetic polymers, most of the natural
polymeric hydrogels can provide cells with suitable environments to survive. Currently, natural
polymeric hydrogels are the dominate components of “bioinks” for 3D bioprinting.

There are three major types of organ 3D bioprinting technologies (Figure 2): (A) multi-nozzle
extrusion-based bioprinting (a: pneumatic; b: Piston); (B) multi-nozzle inkjet-based bioprinting (a:
heater; b: piezoelectric actuator); (C) multi-channel laser-assisted bioprinting. Cellular behaviors are
easily manipulated within the polymeric hydrogels, via adjusting the physical, chemical, biochemical,
and physiological properties of the 3D printable polymers. It is surprising that all the bottleneck
problems, such as large scale-up tissue/organ manufacturing, living tissue/organ preservation,
hierarchical vascular/neural network construction, and partly/fully stem cell engagement, which
have perplexed tissue engineers and other researchers for more than several decades, have been
overcome by a single scientist, the corresponding author of this article herself, via several series of
automatic and semiautomatic layer-by-layer material integration and step-by-step stem cell inducement
strategies [12–14].
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Figure 2. A schematic diagram of the three major types of organ 3D bioprinting technologies:
(A) two-nozzle extrusion-based bioprinting (a: pneumatic; b: piston); (B) two-nozzle inkjet-based
bioprinting (a: heater; b: piezoelectric actuator); (C) three-channel laser-assisted bioprinting. Image
reproduced with permission from [26].

Thus, the purpose of organ 3D bioprinting is to design and manufacture bioartificial organs using
polymeric materials, cells, bioactive agents, and advanced 3D printers. Defining and creating
appropriate polymeric “bioinks” is a critical step in bioartificial organ 3D bioprinting [12–14].
Natural polymers, such as alginate, gelatin, hyaluronate, and chitosan, have been chosen as the
preferable candidates for organ 3D bioprinting because of the specific properties, such as biocompatible,
bioprintable, biodegradable, bioavailable, and biostable. Particularly, these natural polymers can be
easily predesigned as the ECMs of each tissue in a natural organ.

3. Properties of Chitosan as a Natural Polymer

3.1. Resource of Chitosan

Chitin is one of the most abundant natural polymers in organism [27]. It is the second most
abundant natural polymer next to cellulose, consisting of 2-acetamido-2-deoxy-d-glucose through a
(1-4) linkage, extracted from the shells of marine crustaceans, insects, or fungi. Thus, the structural
formula of chitin is poly-(1-4)-N-acetyl-glucosamine. Because of its facility to generate long-chain
polymer structure, chitin is vitally important for some biological structure formation, such as cell walls
in fungi and yeast, and exoskeleton of many invertebrates in shrimps and crabs. The extractive product
is white, slightly pearly luster, and translucent sheet solid. Because of its insolubility in water and
most of the organic solvents, chitin has limited applications in biomedical fields.

Chitosan, a derivate of chitin, is a linear polysaccharide, or carbohydrate polymer, derived
from partial deacetylation of natural chitin. The deacetylation of chitin is conducted by chemical
hydrolysis in alkaline conditions, using concentrated alkali water, or enzymatic hydrolysis with chitin
deacetylase [28–30]. As its origin chitin, chitosan is highly available in nature.
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3.2. Physico-Chemical Properties of Chitosan

Chitosan is a linear carbohydrate polymer derived from chitin with a structural similarity
to glycosaminoglycan, a component of ECMs (Figure 3) [31–38]. Its chemical name is (1,4)
-2-amino-2-deoxy-beta-D-glucan, a copolymer of randomly located (1-4)-2-amino-2-deoxy-d-glucan
(d-glucosamine) and (1-4)-2-acetamido-2-deoxy-d-glucan (N-acetyl d-glucosamine) units. The number
of amino groups as a ratio between d-glucosamine to the sum of d-glucosamine and N-acetyl
d-glucosamine is indicated as a deacetylation degree (DD) and ordinarily should be larger than 60%.
Some chitosans (e.g., 50% deacetylation degree) are water-soluble, while most of the chitosans are
acid-soluble. Thus, chitosan can be recognized as a semi-natural positively charged polysaccharide at
acidic conditions. Chitosan molecules can be modified through changing the functional groups, such
as OH, and NH2 by -COCH3, -CH3, -CH2COOH, -SO3H, -PO(OH)2, etc.

 
Figure 3. Chitosan generated by deacylation of chitin can be chemically modified through changing
the functional groups, R1, R2, R3 in the derivatives represents -COCH3, -CH3, -CH2COOH, -SO3H,
-PO(OH)2, etc. Image reproduced with permission from [31].

3.3. Prominent Characteristics of Chitosan for 3D Bioprinting

The biophysical characters of chitosan relay on a few factors, such as the molecular weight, DD,
and purity of the molecules. Compared with animal derived natural polymers, such as collagen,
gelatin, and fibrin, the degradation rate of chitosan is relatively slow. The biophysical properties of
chitosan can be easily adjusted through changing the deacetylation rate of the original chitin and the
molecular weight of the product.

Chitosan molecules possess several important properties, such as biocompatibility,
biodegradability, antibacterial activity, non-antigenicity, and bioadsorbility. The solubility of chitosan
in diluted acids is pH dependent through protonation of amino groups of the d-glucosamine residues.
The availability of protonated amino groups enables chitosan to form complexes with metal ions,
natural or synthetic anionic poly(acrylic acid) polymers, lipids, proteins, and deoxyribonucleic acid
(DNA) [39–41]. The cationic feature of chitosan molecules favors the formation of gel particles through
electrostatic interactions, with, e.g., sodium sulfate employed as a precipitant [39–41].

Stress should be given to the cationic feature of chitosan molecules. Few polymers in
nature possess such special characters. The positive charged chitosan molecules can interact
with hydrophobic components, giving rise to amphiphilic particles with great self-assembly and
encapsulation capabilities. The polycationic nature of chitosan at a mild acidic condition allows
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the immobilization of negatively charged enzymes, proteins, and DNA for gene delivery and other
composite biomaterial formation [42,43]. It has proven that appropriate interactions between chitosan
molecules and drugs can produce expected pharmacological effect at the target site. The hydrophilic
structure of chitosan promotes almost all cell types to adhere and proliferate on its scaffolds and makes
chitosan a good candidate for tissue repair and organ 3D bioprinting.

4. Chitosan-Base Polymers in Tissue Repair and 3D Bioprinting

4.1. Antimicrobial Activities for Skin Regeneration

Chitosan and its derivations have shown a lot of distinctive characters in skin regeneration with
antimicrobial activities. The mechanisms of antibiosis for Gram positive and Gram-negative bacteria
are different. The differences are closely related to the composition of the bacterial walls [44,45]. It is
supposed that chitosan presents antimicrobial activities through effectively interacting with the outer
membrane or cytoderm of the bacteria, probably, electrostatic attraction and osmotic pressure taken
upon the dominant roles in the interactions.

In Gram-positive bacteria, such as staphylococcus and streptococcus, the cytoderm consists of
peptidoglycan with a thickness of 20–80 nm. N-acetylmuramic acids in the cytoderm can absorb
negatively charged teichoic acids through covalent linkages. At the same time, lipopolyteichoic acids
form covalent bonds with the cytoplasmic membrane. When teichoic acids form a layer of high-density
charges in the cytoderm, the cytoderm is strengthened and the ion transportation through the outer
surface layers can be restrained. Compared with Gram-positive bacteria, the peptidoglycan stratum in
the cytoderm of Gram-negative bacteria is relatively thin, which lies over the cytoplasmic membrane.
This complexity is further covered by an additional outer envelope membrane, with the fundamental
elements of lipoprotein and lipopolysaccharide.

In acidic condition (especially, pH <6), the quaternary ammonium groups (R-NH3+) in chitosan
molecules can competitively integrate with the divalent metal ions, such as Ca2+ and Mg2+. To maintain
the balance of voltage, polyanions often passively bind with the cytoderm leave. This binding can lead to
the cytoderm to be hydrolyzed and cause the leakage of intracellular components [44,45]. The hydrolysis
of peptidoglycans also results in an increased electrical interaction, leading to the enhancement of
solute conductivity and cytoplasmic β-galactosidase release in the cell suspensions [46–49].

Thus, the reason of chitosan affecting the permeability of the outer cytoderm is through forming
an ionic type of bonding and preventing the intracellular transport of nutrients into the cells. This type
of tunnel also increases the internal osmotic pressure, leading to the apoptosis of cells because of the
lack of nutrients [50]. Some other studies have shown that chitosan can penetrate the multilayered
(murein cross-linked) bacterial walls as well as the cytoplasmic membrane. Chitosan destroys the
bacterial cells by binding to the DNA which prevents DNA transcription and interrupts protein and
m-ribonucleic acid (mRNA) synthesis [50]. The destructiveness is highly dependent on the capability
of chitosan to penetrate the multilayered cell wall and the cytoplasmic membrane. Nevertheless,
chitosan has generally been regarded as a membrane disruptor rather than a penetrator during the
antimicrobial activities.

Skin regeneration is a complex procedure that contains four dynamic phases—hemostasis,
inflammation, proliferation, and tissue remodeling [51]. This dynamic process involves vascular
stimulators, ECM components, soluble factors, and various cells. The treatment of skin injuries needs to
ensure a very high degree of protection, strong anti-inflammatory effect, and minimum scar formation.

Chitosan solutions can be made into porous scaffolds with intrinsic antimicrobial properties.
The antimicrobial effect of the porous scaffolds can be further promoted through adding other
antimicrobial agents for wound healing. In one study, a chitosan-cordycepin hydrogel was prepared
via adsorbing negatively charged cordycepin onto the positively charged chitosan molecules without
adding any cross-linking agent [52]. In another study, polyethylene terephthalate was 3D printed
with a chitosan solution [53]. Each layer of the textile polyethylene terephthalate-chitosan was loaded
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with chlorhexidine. The stability of the 3D printed porous scaffold was enhanced by a heating system,
which also extended the delivery time of chlorhexidine up to seven weeks. Chitosan with other natural
polymers can be coprinted into asymmetric membranes, and normally, the lower layer can directly
contact the damaged skin [54]. The 3D printed membranes presented efficient antimicrobial capability
against methicillin resistant staphylococcus aureus (MRSA) strains during the skin repair processes
using a mouse model. The skin repair effect is similar to the commercially available products [55].

In addition to antimicrobial function, chitosan participates in all phases of skin regeneration in
many ways. Chitosan molecules can effectively promote the migration of neutrophils, increasing the
secretion of IL-8, a potent neutrophil chemokine [56]. This reaction is in correlation with the level
of N-acetylation [57]. Moreover, chitosan can affect the expression of growth factors by increasing
transforming growth factor-1 (TGF-1) expression in early post-injury phase and decreasing it in later
stages through binding themselves to anionic growth factors [58,59]. Especially, chitosan molecules
with high DD stimulate the proliferation of dermal fibroblasts, allowing fibrous tissue formation
and re-epithelialization [60,61]. These unique properties of chitosan molecules make them favorable
candidates in skin regeneration.

4.2. Hemostatic Activity for Wound Healing

Some chitosan molecules with specific molecular weight and DD demonstrate powerful hemostatic
capability, which is independent of the coagulation pathway of the host [62–64]. The amine groups
in the chitosan molecules can interact directly with coagulation factors, promoting the initiation of
coagulation. When the DD of chitosan is 68.36%, chitosan molecules in a solution tend to form
mesh-like structures and act with vascular components directly. Whereas higher DD results in stronger
hydrogen bonds and crystalline structures within chitosan chains that have limited interaction with
red blood cells [65]. The interactions of chitosan molecules with polyelectrolytes can be enhanced
when the molecular weight of chitosan is increased, so as to the procoagulation processes [66,67].
There are several chitosan-containing hemostatic products, such as Celox®, HemCon®, Axiostat®,
Chitoflex®, and Chitoseal®, available in the market, which have been approved by the Food and Drug
Administration of the United States (FDA) [68].

It is found that 3D bioprinted chitosan/collagen films are useful in wound healing. The host
tissues had anaphylaxis reactions to allogenic source collagens. It is necessary to prepare more
biocompatible chitosan/collagen substitutes for wound healing in the future. Human keratin-chitosan
membrane produced through UV-crosslinking has shown the potential as wound dressing with
improved mechanical properties [69]. Chitosan-chondroitin sulfate-based polyelectrolyte complex has
shown strong hemostatic capability beside antimicrobial effect for wound healing applications [70].
3D printed chitosan with positive charged bioactive agents, such as growth factors and cytokines, can
promote the wound healing capability. In an attempt, nanoparticles of chitosan generated by ionotropic
gelation with tripolyphosphate were loaded with granulocyte-macrophage colony-stimulating factor
(GM-CSF). The complexity was freeze-dried afterward, leading to the production of nanocrystalline
cellulose–hyaluronic acid combination [71,72]. Polycaprolactone nanofibers loaded with chitosan NPs
containing GM-CSF accelerated wound closure phenomenon [73]. 3D printing of chitosan combined
with peptides presents the ability of wound closure as well. Bioprinting of cell-laden chitosan hydrogels,
containing Ser-Ile-Lys-Val-Ala-Val-chitosan macromers can effectively induce various types of collagen
expression, prompting angiogenesis with markers of TGF-1 [74]. Meanwhile, the inflammatory factors,
which are not conducive for wound healing, such as TNF-α, IL-1β, and IL-6 mRNA in a mouse skin
wound model were significantly inhibited [75]. In some other studies, chitosans were used to enhance
the affinity of growth factors. A 3D printed chitosan scaffold containing heparin-like polysaccharide
(2-N, 6-O-sulfated) demonstrated an enhanced capability to attract vascular endothelial cells and
induce the secretion of growth factors because of the high sulfonation degree [76].
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4.3. Three-Dimensional Constructs for Bone Rehabilitation

Traditionally, chitosan membrane is one of the commonly used biomaterials in biomedical and
clinical applications. It can be prepared through various technologies, such as electrospinning, thermal
induced phase separation and self-assembly. During electrospinning, chitosan fibers are deposited
irregularly to form non-woven fibrous membranes. The physical structures of the non-woven fibrous
membranes are similar to those of natural ECMs. The shortages of the non-woven fibrous membranes
to be used as tissue engineering scaffolds are the small pore sizes and weak mechanical strengths. On
the one side, the pore sizes of the fibrous membranes are too small to let cells grow in [77]. For example,
Sajesh et al. prepared a chitosan fibrous membrane through electrospinning [78]. The tensile strength
of the fibrous membrane was 10 MPa, the average pore size was 5 um, and the porosity was over
80%. Shalumon found that in a high chitosan-contenting membrane, the tensile strength was only
1.5 MPa, which was lower than that of a commonly clinically used bone regeneration membrane [79].
The tensile strength of chitosan fibrous membrane needs to be improved. The pore size of chitosan
membranes prepared through chitosan molecule self-assembly is also small, and the diameter of the
pores is easily affected by the concentration of the chitosan molecules, solution pH, temperature, and
other factors. Some scholars used sodium chloride as pore-forming agent to obtain large pores in the
chitosan membranes via thermal induced phase separation.

Current research shows that calcium phosphate, carbon nanotubes, and hydroxyapatite can
increase the mechanical properties of the chitosan scaffolds to some degree [80]. For example, Matinfar
et al. mixed chitosan and carboxymethyl cellulose (CMC), and reinforced with whisker-like biphasic
and triphasic calcium phosphate fibers as bone repair scaffolds [81]. The composite chitosan/CMC
were obtained by freeze drying. The composite scaffolds exhibited desirable microstructures with
high porosity (61–75%) and interconnected pores in range of 35–200 μm. Addition of CMC to chitosan
solution led to a significant improvement in the mechanical properties (up to 150%) but did not affect
the water uptake ability and biocompatibility. The composite chitosan/CMC scaffolds reinforced
with 50 wt% triphasic fibers were superior in terms of mechanical and biological properties and
showed compressive strength and modulus of 150 kPa and 3.08 MPa, respectively, which is up to 300%
greater than pure chitosan scaffolds. Bi et al. prepared a chitosan-containing composite scaffold and
seeded with osteoblasts. It was found that a large number of osteoblasts adhered on the scaffold and
proliferated inside the go-through pores [82]. When the chitosan-containing composite scaffold was
implanted into rats with skull-parietal bone loss, new bone formed at the edge of the bone loss site and
the center of the scaffold in 2 weeks. After five weeks’ implantation, new bone mass was significantly
higher than that of the blank control.

With the introduction of 3D printing technologies in tissue engineering, the physical, biochemical,
and physiological properties of the 3D printed chitosan scaffolds can be greatly improved. In a
3D printed chitosan scaffolds, osteoblasts grew along the computer controlled go-through channels
and formed trabecula structures. Meanwhile blood vessels are easy to form along the go-through
channels with the addition of endothelial cells [83]. Emphasis should be given to those growth
factors, i.e., polypeptides, that can bind to specific cell membrane receptors to control cell destiny and
regulate cell functions. Osteoinductive growth factors include vascular endothelial factor (VEGF),
bone morphogenetic protein (BMP), platelet-derived growth factor (PDGF), and TGF, etc. Kjalarsdttir
et al. cultured mouse fibroblasts with BMP-2 encapsulated in chitosan microsphere through a ion
cross-linking method. The results showed that the encapsulation rate of chitosan microspheres was
over 80% with a slow growth factor releasing rate. The sustainable releasing time attained 30 days.
When the rhBMP-2 adsorbed chitosan microspheres were compounded on collagen sponge scaffolds
and implanted into rabbits with radial segmental defects, the rhBMP-2-adsorbed chitosan microsphere
scaffolds had more new bone mass than that of the control rhBMP-2/collagen scaffolds 12 weeks after
the implantation, indicating that chitosan microspheres as carriers could effectively maintain the
biological activity of rhBMP-2 [84]. The chitosan molecules can inhibit the secretion of osteoclasts
and promote the proliferation of osteoblasts, thus promoting the bone tissue repair effect. When the
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VEGF-containing chitosan microspheres were implanted into rat peritoneal adipose tissues, two weeks
later, the number of endothelial cells and erythrocytes in the rats was significantly higher than that
of the controls. These results suggest that the chitosan-containing 3D scaffolds together with growth
factors can effectively promote large bone repair rate [85].

In some other researches, the positive charge amino groups in the chitosan molecules can combine
with negative charged DNA molecules to form nanoparticles through polyelectrolyte actions. Foreign
genes can be transfected into the cells of the body and play some roles in the cell behaviors. For example,
Zeng et al. prepared nanoparticles via the reaction of mercaptan-organized chitosan and recombinant
plasmid polyelectrolyte. When the recombinant plasmids containing BMP-4 and VEGFR1 genes
were implanted into rabbits with radius defect, the experimental group had faster bone defect repair
speed and more new bone mass compared with the controls [86]. Similarly, chitosan/polyacrylic acid
nanofibers had been used as effective carriers of DNA plasmids. These researches have elaborated the
active roles of chitosan molecules in bone tissue rehabilitation processes at molecular and cellular levels.

For large bone repair, a series of pioneering work have been done by the corresponding
author of this article herself before 2000 through chemical modification of chitosans
(Figures 4–6) [31–36]. For example, several large bone repair materials have been created by
adding phosphorylated chitin (P-chitin), phosphorylated chitosan (P-chitosan), and disodium
(1→4)-2-deoxy-2-sulfoamino-β-D-glucopyranuronan (S-chitosan) as the additives of biodegradable
calcium phosphate cement (CPC) systems. The large bone repair materials are biocompatible,
bioabsorbable, osteoconductive and/or osteoinductive. In vitro and in vivo experiments have
shown that the bone repair rates and effects are directly related to the functional groups on the
chitosan-based molecules and polymer concentrations in the CPCs. There are many different bone
repair manners with these materials: some new trabeculae form directly after body fluid infiltration of
the implants (Figure 5) [33]; some new trabeculae form following chondrocytes disappearing around
the implants (Figure 6) [32]; some new trabeculae form after fibroblast-like cells being swallowed
up [36]. The biodegradation rates of the materials have negative relationships with the P-chitin,
P-chiosan, and S-chitosan contents. Most of the low concentration samples degrade in 16 weeks.
While the high concentration samples disappear around 22 weeks. The fastest bone repair rates
comes from those samples containing low concentrations of P-chitin and P-chitosan. Especially, the
P-chitosan contained CPCs possess excellent biocompatibilities which can be transferred to trabeculae
straightly after body fluid infiltration without any vise reactions or adverse effects, such as hematoma,
inflammation, fibrous encapsulation, tissue necrosis, and excessive growth. The degradation rates
of P-chitin and P-chitosan contained samples can be adjusted to match the ingrowth speeds of new
trabeculae. A mild foreign-body reaction appears in the high P-chitin content samples during the early
implantation stages which do not impair the final bone repair effects.

Later in 2003, the chitosan-based polymers have been 3D printed into hybrid large bone repair
scaffolds with synthetic polymers, such as poly(lactic acid-co-glycolic acid) (PLGA), and mineral
salts, such as calcium phosphate (TCP). Some of them have multiple functions, such as promoting
osteoblast growth and inhibiting osteoclast activity (Figure 7) [87]. Different CAD models have been
utilized to manufacture the hybrid scaffolds. Optimal fabrication parameters have been systematically
studied through manipulating the processing materials. Furthermore, the microscopic structures,
water absorbability, and mechanical properties of the hybrid scaffolds can be easily adjusted through
adding different amount of P-chitin, P-chitosan, and S-chitosan. These hybrid scaffolds have been
proven to be promising candidates for large hard tissue and organ manufacturing and restoration with
later animal tests.
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Figure 4. X-ray radiographs of large bone repair in rabbits with phosphorylated chitosan (P-chitosan)
containing biodegradable calcium phosphate cements (CPCs): (a) 1 week (0.12 g/mL P-chitosan);
(b) 4 weeks (0.14 g/mL P-chitosan); (c) 12 weeks (0.12 g/mL P-chitosan); (d) 12 weeks (0.07 g/mL
P-chitosan); (e) 12 weeks (0.02 g/mL P-chitosan); (f) 22 weeks (0.12 g/mL P-chitosan). Image reproduced
with permission from [33].

 
Figure 5. Tissue responses to different samples containing different concentrations of phosphorylated
chitosan (P-chitosan) at different time points after implantation: (a) 1 week (0.12 g/mL P-chitosan),
Masson Trichroism (M-T) staining; (b) 4 weeks (0.12 g/mL P-chitosan), M-T staining; (c–e) 12 weeks
(0.02 g/mL P-chitosan); (f) 12 weeks (0.12 g/mL and 0.05 g/mL P-chitosan respectively), M-T and
haematoxylin-eosin staining; (g) 22 weeks (0.12 g/mL P-chitosan) M-T staining; (h) 12 weeks (0.02 g/mL
P-chitosan), a back scattered scanning electron microscopy (BSE) image; (i) 12 weeks (0.02 g/mL
P-chitosan), a BSE image. Image reproduced with permission from [33].
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Figure 6. Tissue responses to different samples containing different concentrations of phosphorylated
chitin (P-chitin) at different time points after implantation: (a,b) 1 week (0.14 g/mL P-chitin), Masson
Trichroism (M-T) and Giemsa staining respectively; (c,d) 4 weeks (0.14 g/mL P-chitin), M-T and
haematoxylin-eosin staining respectively; (e,f) 4 weeks (0.08 g/mL P-chitin); (g) 12 weeks (0.08 g/mL
P-chitin) M-T staining; (h) 22 weeks (0.14 g/mL P-chitin); (i) 12 weeks (0.02 g/mL P-chitin), a back
scattered scanning electron microscopy image. Image reproduced with permission from [32].

 
Figure 7. Graphical description of large bone repair scaffolds made in Tsinghua University, the
corresponding author’s laboratory in 2007: (a) a double-nozzle low-temperature 3D bioprinter;
(b) working state of the double nozzles; (c) a grid computer-aided design (CAD) model containing two
material systems; (d) a sample made from chitosan/gelatin and polyurethane; (e) a sample containing
both P-chitosan and S-chitosan made via the double-nozzle low-temperature 3D bioprinter; (f) a
computerized tomography of the 3D printed sample of (e). Image reproduced with permission
from [87].
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4.4. Cartilage Reconstruction

The treatments of cartilage degeneration and damaging are critical tasks in orthopedics. Articular
cartilage injury may occur in sports, osteoarthritis, and many other situations. The common clinical
therapeutic treatments include microfracture, mosaicplasty, autologous chondrocyte, and biomaterial
implantation [88]. However, the vital limitation for cartilage regeneration is the insufficiency of vascular
supply in the new cartilage tissues. To generate a graft with not only the capability to promote cartilage
regeneration, but also to improve the avascular conditions, is the predominant goal of cartilage tissue
reconstruction [89].

As stated above, chitosan is a natural polymer with a configurational similitude to sulfate
glycosaminoglycans, and presents a similar microenvironment for the proliferation of chondrocyte,
simulating ECM synthesis, and promoting chondrogenesis [90–96]. Compared with solitary alginate
beads, the composite chitosan-alginate beads have shown enhanced chondrogenesis capacity when
chondrocytes are embedded in. This can reduce the releasing of inflammatory cytokines, such as
IL-6 and IL-8, and stimulate cartilage matrix component, such as hyaluronan and aggrecan, synthesis
in vitro [97]. The derivates of chitosan have similar physiological activities and functions. For example,
carboxymethyl-chitosan significantly reduced iNOS and IL-10 expression in a dose-dependent
manner [98]. The addition of hyaluronic acid-chitosan to a pellet co-culture of the human infrapatellar
fat pad (IPFP)-derived mesenchymal stem cells (MSCs) with osteoarthritic chondrocytes could increase
chondrogenic differentiation [99].

From the molecular level, chitosan interacts with collagen through abundant electrostatic
interactions between amino and sulfonate groups [100]. Compared with single component scaffolds,
the freeze-dried type II collagen-chitosan composite scaffolds have better stiffness and ideal
porous structures which are similar to natural cartilage ECMs [101]. It was reported that type
II collagen-chitosan scaffolds combined with PLGA in bilayer forms can improve the mechanical and
functional properties of the cartilage regeneration grafts [102]. Chitosan-silk fibroin blends can promote
the cartilage regeneration efficiency [103,104]. One study found that the ratio of type II collagen to type
I collagen of bovine chondrocytes cultured on 300-nm-diameter chitosan fibers was twice as high as that
cultured on spongy scaffolds. It is noteworthy that the new macroporous 3D scaffolds prepared with
freeze gel method (i.e., Cryogel) are attractive in biomedical fields [39–41]. The chitosan agarose gelatin
Cryogel has super large pores (85–100 mm long) and good mechanical properties. The compression
modulus of 5% Cryogel is about 44 kPa at 15% deformation [105]. When the chitosan-agarose-gelatin
gel was used to repair subchondral cartilage defects in female New Zealand rabbits, there was no
hypertrophic marker in the formation of hyaline cartilage around the fourth week after implantation.
It is chitosan molecules that induce human bone marrow mesenchymal stem cells to differentiate into
chondroid spheres by activating mTOR/S6K.

Until present, the widely used chitosan grafts for cartilage repair include cell-laden hydrogels,
injectable solutions, and 3D printed scaffolds. Most of the cell-laden hydrogels contain both cellular
(e.g., chondrocytes and undifferentiated progenitor chondrocytes) and bioactive molecular components
(e.g., peptides, growth factors, and cytokines). These cell-laden hydrogels have low mechanical strength
(E ≈ 200 kPa) [88]. Intra-articular injection of the chitosan containing solutions can avoid the trauma of
open surgery without affecting chondrocyte colonization and cartilage differentiation. However, the
mechanical strengths of the injectable solutions are also very low to meet the clinical requirements.

Ideally, the biological properties of cartilage grafts should be capable of maintaining adult cell
activities and inducing stem cell differentiation. From this point of view, the 3D printed constructs
containing suitable biodegradable polymers and cell types are preferable [90–92]. In a previous study,
a 3D-bioprinted chitosan scaffold attached with TGF-β and BMP-6 and seeded with human IPFP-MSCs
demonstrated effective cell proliferation capacity with modified cartilage repair process [105].

It is expected that the 3D printed cartilage grafts hold the following prominent characteristics:
(1) The selected biodegradable polymers are highly similar to natural cartilage ECMs, including the
microstructures, physicochemical, and biochemical properties; (2) the incorporated cells are able to
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provide a temporary template to maintain the normal tissue function and synthesize new ECMs [92];
(3) the interconnecting porous structures are beneficial for cell migration and colonization [90]; (4) the
3D printed cell-laden constructs can be implanted in the articular cavity to cover the wound and
promote cartilage repair [93].

4.5. Three-Dimensional-Bridge for Nerve Repair

Chitosan molecules have excellent neural biocompatibilities [106–108]. In vitro studies have
shown that chitosan fibers or membranes can effectively promote nerve cell migration and proliferation.
The survival time of hippocampal neurons and Schwann cells on chitosan films can be significantly
prolonged. When a chitosan conduit was sutured outside a sciatic nerve gap of 10 mm or 15 mm,
the motor and sensory functions of the never damaged rats could be totally recovered [109–112].
This chitosan conduit could reconstruct the long-distance peripheral nerve defect in diabetic rats and
achieve similar recovery effects as autologous nerve transplantation [113–115]. Neurotrophic factors
such as nerve growth factors could mix to the chitosan conduit through 3D bioprinting technology to
promote peripheral nerve repair [116].

Similar results have been achieved through 3D printed nerve conduits made from both chitosan
and synthetic polymers [117]. When chitosan was printed into the outer microporous tube and
polyglycolic acid (PGA) as the inner guiding filler, the two-component artificial conduit could bridge
and repair a 30 mm sciatic nerve defect in dogs with nerve continuity recovery and target muscle
re-neurotization [117,118]. For example, a chitosan-PGA nerve graft could repair a 10-mm defect
in rat sciatic nerve defect and maintain the continuity of the nerve tissue for 3 to 6 months. By the
combination of neuronal supportive cells with the 3D bioprinted chitosan-containing constructs, the
grafts could repair even larger nerve defects. A chitosan/polylactic acid-glycolic acid (PLGA)-based
graft together with autologous bone marrow mesenchymal cells could repair 50 mm long sciatic nerve
gaps in dogs [119]. Six months after implantation, the damaged nerves and motor functions were
restored with innervated target muscles. The graft could effectively bridge a 60-mm sciatic nerve defect
in dogs with the similar repair results to those of autotransplants [120].

Furthermore, transplantation of Schwann cells derived from dorsal root ganglion into a nerve
repair graft constructed by PLGA/chitosan could increase the diameter and behavior area of axons and
improve motor function after sciatic nerve injury in rats [121]. The degradation products of chitosan, i.e.,
chitosan oligosaccharide, or chitooligosaccharide, had protective effects against neurotoxicity. These
degradation products could protect hippocampal neurons from apoptosis [122,123]. Additionally,
chitooligosaccharides could increase the survival and proliferation of Schwann cells, enhance the
formation of myelin in axons, and accelerate the release of neurotrophic factors, such as brain-derived
neurotrophic factors and nerve growth factors [124]. Direct intravenous injection of chitooligosaccharide
after common peroneal nerve injury in rabbits could activate the muscle tissues, and enhance the
number of myelinated nerve fibers, as well as the thickness of myelin sheath. The cross-sectional
area of tibial posterior muscle fibers was obviously augmented [125–127]. A chitooligosaccharide
filled silica gel tube could repair a 10-mm sciatic nerve defect in rats and promote peripheral nerve
regeneration. It is supposed that the beneficial effect of chitooligosaccharides is to establish an allowable
microenvironment by stimulating the proliferation of Schwann cells, and increasing macrophage
infiltration [128–131].

4.6. Hepatic Tissue and Organ Restoration

The liver is an important biochemical reactor in the human body. It is a complex inner organ
with more than six cell types and abundant vascular and biliary networks, which makes the liver
regeneration extremely difficult. Liver injury is harmful and sometimes fatal. At present, the worldwide
seriously scanty of orthotopic liver donors has exacerbated the demand for new therapeutic treatment
for acute and chronic liver failures [132]. Because the formation of thrombus can lead to obstruction
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and decrease the efficiency of blood transportation, the design of hierarchical vascular networks and
anti-thrombotic extracellular components are essential aspects for liver 3D bioprinting.

In nature, hepatocytes exist in a complicated environment, surrounded with different types of
ECMs. Hepatocytes are anchor-dependent cells, especially sensitive to surrounding environments for
preserving their viability and proliferability [133–135]. Chitosan, as a kind of natural biomaterial with
specific properties, has broad applications in liver tissue and organ construction and restoration. In some
earlier studies, chitosan/collagen matrix generated in the N-hydroxysuccinimide (NHS) buffer system
using cross-linking agent 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC) had the potential
for liver tissue regeneration [37]. The EDC cross-linked chitosan/collagen matrix presented moderate
mechanical properties, excellent biocompatibility with hepatocytes. Chitosan-collagen-heparin matrix
demonstrated a superior vascular biocompatibility for liver tissue construction. Chitosan modified with
galactose residues could improve the adhesion of hepatocytes and maintain the viability of hepatocytes.
Park et al. demonstrated that the specific interaction between asialoglycoprotein receptor (ASGPR) and
galactose ligand of glycol chitosan (GC), led to the synthesis of new ECM for hepatocyte adhesion [136].
Chung et al. proposed the potential to improve the short-term viability of hepatocytes cultured on
alginate/chitosan scaffolds [137]. Kim et al. reported a long-term enhancement of hepatocyte function
in alginate/chitosan scaffolds [132]. Yu et al. 3D printed scaffold-free “tissue strands” as a “bioink” [138].
Co-culturing of hepatocytes with fibroblasts on an alginate/chitosan scaffold could boost the sphere
formation speed. Li et al. reported that fructose coupled to porous chitosan scaffolds through the
reaction of amino groups and aldehyde groups could improve the hepatic functions [139]. Fructose is
a specific ligand of ASGPR in hepatocytes. The fructose-modified chitosan could induce hepatocyte
aggregation, and specific metabolic activity of the artificial liver tissues to some degree. Especially,
hepatocytes on ammonia-treated chitosan/collagen membranes demonstrated polar growth capabilities
(Figure 8).

Over the past decade, chitosan has become one of the main components of “bioinks” for
tissue and organ 3D bioprinting because of its similar biochemical properties to glycosaminoglycans
(GAGs) in ECMs (Table 1) [140–160]. Liver 3D bioprinting is a manufacturing process with the
ultimate goal to treat injured or failed livers. The main objective of liver 3D bioprinting is to
develop biological liver substitutes or analogues in which patient plasma can circulate inside the
vascularized hepatic tissues with metabolically active hepatocytes. An important aspect of 3D
liver bioprinting is to select right cell types, such as primary hepatocytes, vascular stem cells, and
hepatic stem cells. The patient-derived primary hepatocytes are a useful cell source for bioartificial
liver 3D bioprinting. Many researchers have tried to optimize the cell survival environments to
maintain the biochemical functions of the primary hepatocytes, so that they can carry out as many
physiological functions as possible [133,134]. For example, compared with pure chitosan/collagen
and chitosan/gelatin hydrogels, the chitosan/collagen/heparin and chitosan/gelatin/heparin hydrogels
containing vascular cells, such as endothelial cells and smooth muscle cells, may have more potentials
for liver 3D bioprinting with hierarchical vascular network construction [8,37,38]. The micro-structures
of the chitosan/collagen/heparin and chitosan/gelatin/heparin hydrogels could provide anticoagulant
functions before the inner surface of the vascular network is fully endothelialized. Basically, both
the pure chitosan/collagen, chitosan/gelatin and chitosan/collagen/heparin, chitosan/gelatin/heparin
hydrogels have large surface-volume ratio for hepatocytes to survive, since hepatocytes tend to
adhere to specific substrate to migrate and proliferate. The micro-structures of the chitosan-containing
molecules are beneficial to the transportation of nutrition and oxygen.
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Figure 8. Laser scanning confocal microscope observations (propidium iodide staining) of hepatocytes
seeded on the matrices of (a) ammonia treated collagen, (b) heparin sodium containing ammonia
treated collagen, (c,d) ammonia treated chitosan/collagen, (e) heparin sodium containing ammonia
treated chitosan/collagen, (f) sodium hyaluronate containing ammonia treated collagen/chitosan, (g,h,i)
ammonia treated chitosan after 25 days of culture. Image reproduced with permission from [38].

99



Micromachines 2019, 10, 765

T
a

b
le

1
.

C
hi

to
sa

n
co

nt
ai

ni
ng

“b
io

in
ks

”
fo

r
or

ga
n

3D
bi

op
ri

nt
in

g.

“
B

io
in

k
”

F
o

rm
u

la
ti

o
n

3
D

B
io

p
ri

n
ti

n
g

T
e

ch
n

iq
u

e
C

ro
ss

-L
in

k
in

g
M

e
th

o
d

A
p

p
li

ca
ti

o
n

R
e

f

C
hi

to
sa

n/
ge

la
ti

n/
he

pa
to

cy
te

s
O

ne
no

zz
le

ex
tr

us
io

n-
ba

se
d

3D
bi

op
ri

nt
in

g
3%

so
di

um
tr

ip
ol

yp
ho

sp
ha

te
(T

PP
)

La
rg

e
sc

al
e-

up
he

pa
ti

c
ti

ss
ue

m
an

uf
ac

tu
ri

ng
[1

54
]

C
hi

to
sa

n/
ge

la
ti

n/
al

gi
na

te
/h

ep
at

oc
yt

es
an

d
ge

la
ti

n/
al

gi
na

te
/fi

br
in

og
en
/a

di
po

se
-d

er
iv

ed
st

em
ce

lls
(A

SC
s)

Tw
o

no
zz

le
ex

tr
us

io
n-

ba
se

d
3D

bi
op

ri
nt

in
g

Tr
ip

le
cr

os
sl

in
ki

ng
w

it
h

TP
P/

C
aC

l 2
/th

ro
m

bi
n

so
lu

ti
on

s
af

te
r

3D
bi

op
ri

nt
in

g

V
as

cu
la

ri
ze

d
he

pa
ti

c
ti

ss
ue

s
w

it
h

hi
er

ar
ch

ic
al

br
an

ch
ed

va
sc

ul
ar

ne
tw

or
ks

[1
55

]

C
hi

to
sa

n/
so

di
um

al
gi

na
te

(C
S-

SA
)

hy
dr

og
el

s
R

ap
id

Pr
ot

ot
yp

in
g

(F
ab

@
H

om
e)

pr
in

te
r

10
%

C
aC

l 2
(w
/v

)s
ol

ut
io

n
Sk

in
ti

ss
ue

re
ge

ne
ra

ti
on

[1
56

]

O
xi

di
ze

d
hy

al
ur

on
at

e
(O

H
A

)/
gl

yc
ol

ch
it

os
an

(G
C

)/
ad

ip
ic

ac
id

di
hy

dr
az

id
e

(A
D

H
)h

yd
ro

ge
ls

3D
bi

op
ri

nt
er

(I
nv

iv
o®

,R
ok

it
,K

or
ea

)
N

ot
re

qu
ir

e
an

y
po

st
-g

el
at

io
n

or
ad

di
ti

on
al

cr
os

s-
lin

ki
ng

Se
lf

-h
ea

lin
g

hy
dr

og
el

sy
st

em
fo

r
ca

rt
ila

ge
re

ge
ne

ra
ti

on
[1

57
]

C
hi

to
sa

n-
hy

dr
ox

ya
pa

ti
te

hy
dr

og
el

s
(C

hi
to

sa
n-

H
A

)
Th

e
Fa

b@
H

om
e™

(T
he

Se
ra

ph
R

ob
ot

ic
s,

U
SA

)o
pe

n
so

ur
ce

R
P

pl
at

fo
rm

M
od

el
3

2%
C

aC
l 2

(v
/v

)f
or

15
m

in
Bo

ne
re

ge
ne

ra
ti

on
[1

58
]

C
hi

to
sa

n/
al

gi
na

te
hy

dr
og

el
O

ne
/tw

o
no

zz
le

ex
tr

us
io

n-
ba

se
d

3D
bi

op
ri

nt
in

g
C

aC
l 2

so
lu

ti
on

Ve
ss

el
-l

ik
e

tu
bu

la
r

m
ic

ro
flu

id
ic

ch
an

ne
ls

[1
59

]

Po
ly

la
ct

ic
ac

id
-c

o-
gl

yc
ol

ic
ac

id
(P

LG
A

)-
ge

la
ti

n/
al

gi
na

te
/fi

br
in

og
en
/A

SC
s

-g
el

at
in
/c

hi
to

sa
n/

he
pa

to
cy

te
s-

ge
la

ti
n/

hy
al

ur
on

at
e/

Sc
hw

an
n

ce
lls

C
om

bi
ne

d
fo

ur
-n

oz
zl

e
3D

bi
op

ri
nt

in
g

Tr
ip

le
cr

os
sl

in
ki

ng
w

it
h

TP
P/

C
aC

l 2
/th

ro
m

bi
n

so
lu

ti
on

s
af

te
r

3D
bi

op
ri

nt
in

g

V
as

cu
la

ri
ze

d
an

d
in

ne
rv

at
ed

liv
er

ti
ss

ue
ge

ne
ra

ti
ng

[1
60

]

C
hi

to
sa

n
fil

m
en

ha
nc

ed
ch

it
os

an
ne

rv
e

gu
id

es
(C

Fe
C

N
G

s)
R

EA
X

O
N
®

N
er

ve
G

ui
de

N
ot

re
qu

ir
ed

N
er

ve
re

ge
ne

ra
ti

on
[1

15
]

100



Micromachines 2019, 10, 765

Chitosans, as additives of gelatin-based hydrogels have been frequently used as cell-laden “bioinks”
for liver tissue and organ 3D bioprinting because of their good biocompatibility (i.e., no-toxicity,
non-immunogenicity), chemical gelling capability (i.e., crosslinkability), moderate biodegradability,
and ECM component simulation property. The first chitosan application in liver tissue 3D bioprinting
is in 2003 (Figure 9) [154]. The obstacle for chitosan solutions to be printed alone is that their
physical sol-gel transitions are too low to be below 0 ◦C, and it is difficult for the chitosan solutions
to be printed with cells at room temperatures [143–145]. Physical blending of chitosan and gelatin
solutions is necessary, endowing the composite gelatin/chitosan hydrogel with a higher phase transition
temperature (i.e., sol-gel transition point ≈ 28 ◦C). The biophysical and biochemical characters of
chitosan molecules are vital for generating chitosan-based polyelectrolytes for the layer-by-layer 3D
deposition techniques.

 
Figure 9. Three-dimensional (3D) printing of hepatocyte-laden chitosan/gelatin hydrogels and laser
scanning confocal microscope observations of hepatocytes in the 3D printed chitosan/gelatin constructs
with propidium iodide staining: (a) The 3D bioprinter made in the corresponding author’s laboratory
in 2003; (b) a grid computer-aided design (CAD) model; (c) a grid cell-laden 3D construct immediately
after 3D bioprinting; (d,e) hepatocytes in the 3D printed chitosan/gelatin construct 1 month after
in vitro culture; (f–i) hepatocytes in the 3D printed chitosan/gelatin construct 2 months after in vitro
culture; (e,g) are the magnifications of (d) and (f) respectively; (i) a dark-field micrograph of (h). Image
reproduced with permission from [154].

Since 2005, various chitosan-based composite “bioinks,” such as chitosan/gelatin,
chitosan/gelatin/alginate chitosan/gelatin/alginate/dextron-40 (glaycerol or dimethyl sulfoxide), have
been explored in our laboratory through several extrusion-based 3D bioprinters (Figure 10) [155].
During the 3D bioprinting processes, the viscosity of the chitosan-based hydrogels depends largely on
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the composite polymer concentration, molecular weight, and cell density. These directly affect the 3D
printing accuracy of the cell-laden constructs. After 3D bioprinting, the 3D printed constructs need
to be stabilized using physical, chemical, and/or enzymic methods. The physical method includes
thermosensitive transformation of the polymer molecules. While chemical and enzymic methods
employ crosslinking agents or enzymes to crosslink or polymerize the incorporated polymer molecules.
include chemical and enzymatic crosslinking.

 

Figure 10. A large scale-up 3D printed vascularized liver tissue constructed through the double-nozzle
3D bioprinter created in Tsinghua University, the corresponding author’s laboratory in 2006: (a)
the double-nozzle extrusion-based 3D bioprinter; (b) a computer-aided design (CAD) model
containing a hierarchical vascular network; (c) a CAD model containing the branched vascular
network; (d) a few layers of the 3D bioprinted construct containing both adipose-derived stem
cells (ASCs) encapsulated a gelatin/alginate/fibrin hydrogel and hepatocytes encapsulated in a
gelatin/alginate/chitosan hydrogel; (e–h) 3D printing process of a semi-elliptical construct containing
both ASCs and hepatocytes encapsulated in different hydrogels (i.e., gelatin/alginate/fibrin and
gelatin/alginate/chitosan); (i–l) hepatocytes encapsulated in the gelatin/alginate/chitosan hydrogel
after 3D bioprinting and different periods of in vitro cultures; (m–p) ASCs encapsulated in the
gelatin/alginate/fibrin hydrogel after 3D bioprinting and different periods of in vitro cultures as well as
growth factor inductions. Image reproduced with permission from [155].

Most of the stabilization processes contain two steps, both the thermosensitive physical and
ionic chemical crosslinks. For example, the chitosan molecules can be chemically crosslinked using
tripolyphosphate (TPP), oxidized dextran or other oxidized carbohydrates, 1,1,3,3-tetramethoxypropan,
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and genipin after a physical sol-gel transformation, ensuring the cell-laden constructs to be stable
enough for being cultured in a liquid medium [42,43]. Further blending of chitosan with other
natural polymers, such as fibrinogen, hyaluronan, endows the incorporated cells with more specific
physiological functions [146–155].

Especially, the chemical crosslinking procedures for the 3D printed constructs can be
changed depending on the composite polymer components. For example, a cell-laden
chitosan/gelatin/alginate construct can be crosslinked by both TPP and CaCl2. While, the cell-laden
chitosan/gelatin/alginate/fibrinogen construct can be crosslinked by TPP, CaCl2, and thrombin,
respectively or in combination. During the chemical crosslinking procedures, the chitosan molecules
are crosslinked by TPP. The alginate molecules are crosslinked by CaCl2. Meanwhile the fibrinogen
molecules are crosslinked by thrombin. The more crosslinks, the more stable of the 3D printed
constructs. Ten years later, these classical “bioink” formulations and crosslinking strategies have been
widely adapted by many other groups all over the world [146–155].

For complex liver 3D bioprinting, multiple networks, including vascular, neural, and biliary,
should be enclosed (Figure 11) [160]. This is vital for this bionic liver to be connected to the host tissues
with anti-suture and anti-stress properties. The chitosan containing ECM similar hydrogels with a large
amount of water are vital for hepatocytes to anchor and survive [154,155]. Within these hydrogels,
the 3D printed hepatocytes have the similar physiological functions, such as albumin, proteoglycan,
and fibronectin, secretion. Meanwhile, the implantable bioartificial livers made from 3D bioprinting
demonstrate the potential of permanent liver replacement and restoration.

5. Challenges and Perspectives

Like building “a nuclear plant,” organ 3D bioprinting needs to face the selection and assembling
of multiple polymeric materials, heterogeneous cell types, and other bioactive agents. Although
significant progress has been made in vascularized and innervated organ 3D bioprinting over the last
decade, some challenges remain in biomimicking each of the complex organs of human beings with
special architectures, multi-cellular components, and physiological functions. The main challenges
that remain in complex organ 3D bioprinting can be classified into the following three aspects:
(1) Immunological rejections (or immune reactions) and other side effects from the 3D bioprinted
biomaterials, especially living cells and polymeric hydrogels; (2) powerful 3D “bioprinters” that can
recapitulate all the critical factors in a complex organ, such as the hierarchical biliary networks in
the liver, the delicate lymphatic networks in the skin, and the multi-functional tubules in the kidney;
(3) long-term growth and restoration capabilities of the bioartificial organs.

For patient with a failure organ, there are limited supply of autologous adult organ cells.
Extensive donor site morbidity and complication may arise from heterogeneic cell transplantation
and non-biocompatible polymer implantation. Cell viability in the 3D printed constructs directly
affects the final organ growth and restoration results. The combination of chitosan-based polymers
with autologous stem cells, growth factors, and other bioactive agents as predefined “bioinks” is an
effective way to solve the risk of immune reactions, and teratoma formations in the bioartificial organs.
Long-term stability of the 3D constructs needs to be further certified [161–166].

Beside the cell and polymer selection, the currently available 3D bioprinters are obviously cannot
provide all the necessary capabilities for multiple cell type, polymeric material, and geometrical
structure integration as those in a natural complex organ. It is challenging to develop new powerful
“bioprinters” to print more cell types or stem cells/growth factors along with the selected polymeric
materials for each solid organ construction with a full spectrum of physiological functions [167–170].

In the future, organ 3D bioprinting will play an essential role in many pertinent sciences and
technologies, such as adult and stem cell biology, tissue science and engineering, drug screening
and delivery, energy metabolism and detection. Especially, various sophisticated 3D bioprinters
will be developed to recapitulate the macro- and micro-environments of natural organs. The
prominent features of the sophisticated 3D bioprinters are the capabilities to integrate more structural,
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material, and physiological functions in an organic construct, and to enhance the cell loading and
organizing efficiencies for multiple tissue formation, maturation, and coordination in a predefined
construct [12–14,128–131,151–155].

 
Figure 11. A combined four-nozzle organ three-dimensional (3D) bioprinting technology created
in Tsinghua University, the corresponding author’s laboratory in 2013 [160]: (a) equipment of the
combined four-nozzle organ 3D bioprinter; (b) working state of the combined four-nozzle organ 3D
printer; (c) a computer-aided design (CAD) model representing a large scale-up vascularized and
innervated hepatic tissue; (d) a semi-ellipse 3D construct containing a poly (lactic acid-co-glycolic
acid) (PLGA) overcoat, a hepatic tissue made from hepatocytes encapsulated in the gelatin/chitosan
hydrogel, a branched vascular network with a fully confluent endothelialized adipose-derived stem
cells (ASCs) on the inner surface of the cell-laden gelatin/alginate/fibrin hydrogel and a hierarchical
never network made from Shwann cells encapsulated in the gelatin/hyaluronate hydrogel, the maximal
diameter of the semi-ellipse construct can be adjusted from 1 mm to 2 cm according to the CAD model;
(e) a cross section of (d), showing the interface of endothelialized ASCs and Schwann cells around
a branched channel; (f) a large bundle of nerve fibers formed in the hierarchical never network of
(d); (g) hepatocytes within the gelatin/chitosan hydrogel and underneath the PLGA overcoat; (h) a
magnified picture of (d) showing the interface between the endothelialized ASCs and Schwann cells; (i)
some thin nerve fibers near the hepatocyte-laden gelatin/chitosan hydrogel.

In the future, the 3D printed bioartificial organs will be used for a plenty of clinical purposes, such
as failure organ restoration and cancer defect repair. One of the major advantages of the 3D printed

104



Micromachines 2019, 10, 765

bioartificial organs is that cells can be extracted from the patients themselves. Stem cells derived from
patient themselves will be ideal cell sources. Immune rejection raised by the recipient’s immune system
can be excluded. By using the medical image, it is possible to reproduce the actual structure of the
native organ of the patient.

In the future, the 3D printed bioartificial organs will offer a great potential for clinical applications,
such as high throughput drug testing and screening, disease mechanism analysis and diagnosis,
surgical intervention guidance and judgement [171–175]. Doctors and surgeons can practice and
conduct experiments with these bioartificial organs to mimic the organ transplantation procedures.
Scientists can test and use new drugs with these bioartificial organs to improve the therapeutic effects
and eliminate the misdiagnosis complications.

In the future, there will be standardized global database for organ bank or library which allows
access to all relevant medical images. Reverse organ manufacturing may become a hot issue for those
intrinsic or accidental organ failures. Customize CAD models can either derive directly from the
outcomes of a symmetrical organ or portrait. By using the advanced 3D bioprinters, the average life
span of human beings will be significantly prolonged. The combination of architectural predesign,
material optimization, medical imaging, advanced 3D bioprinting, and robotic surgery therefore will
be a popular solution to most medical problems and should be a major research field in the forthcoming
scientific and technological areas.

6. Conclusions

Chitosan, as a resourced natural molecule has been widely explored for biomedical applications.
The prominent characteristics of chitosan such as non-toxic, biodegradable, antibiosis, and structural
similarities to ECMs, make it a favorable candidate for a variety of tissue repair and 3D organ bioprinting
applications. Especially, the structural similarities of chitosan with glycosaminoglycan are a favorable
factor for tissue repair and organ 3D bioprinting. The 3D printed chitosan-containing porous scaffolds
and cell-laden constructs have particular usages in promoting skin regeneration, wound healing,
bone rehabilitation, cartilage reconstruction, nerve repair, and liver restoration. The biochemical and
physiological properties of the chitosan-containing “bioinks” can easily be adjusted by changing the
chitosan molecules in the hydrogels. It is expected that further study of chitosan molecules and their
association with other polymers will reveal greater prospects of this unique polymer in complex organ
manufacturing and clinical applications.
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Abstract: Three-dimensional (3D) printing is an emerging technology in the field of dentistry. It
uses a layer-by-layer manufacturing technique to create scaffolds that can be used for dental tissue
engineering applications. While several 3D printing methodologies exist, such as selective laser
sintering or fused deposition modeling, this paper will review the applications of 3D printing for
craniofacial tissue engineering; in particular for the periodontal complex, dental pulp, alveolar bone,
and cartilage. For the periodontal complex, a 3D printed scaffold was attempted to treat a periodontal
defect; for dental pulp, hydrogels were created that can support an odontoblastic cell line; for bone
and cartilage, a polycaprolactone scaffold with microspheres induced the formation of multiphase
fibrocartilaginous tissues. While the current research highlights the development and potential of 3D
printing, more research is required to fully understand this technology and for its incorporation into
the dental field.

Keywords: 3D printing; additive manufacturing; bioprinting; dentistry; oral and maxillofacial
regions; tissue engineering

1. Introduction

Three-dimensional (3D) printing is an emerging additive manufacturing technique capable of
building complex 3D geometric structures, which can be used as scaffolds for craniofacial tissue
engineering including the fabrication of biocompatible polymeric implants, the replication of intricate
matrix geometries, and the development of biodegradable scaffolds, to cultivate transplantable tissues
or organ replacements.

3D printing technology started in 1990, and it was mainly focused on fabricating scaffolds
constituted of synthetic inks. It was not until the last decade when the technique evolved to what we
currently know as bioprinting [1,2]. The development of bioinks, biocompatible soft materials that
contain biological components such as cells or naturally derived matrices, promoted tissue engineering
applications [3,4].

Several studies have successfully developed structures with relevant characteristics for regenerative
dentistry—hydroxyapatite (HA) modified hydrogels have been reported suitable for bone bioprinting
due to their osteosupportive and osteoinductive properties [5]. Additionally, polymers such as
polycaprolactone (PCL) have also been reinforced with HA particles and 3D printed, resulting in
scaffolds with good bioactivity shown by their in vitro apatite-forming ability [6].
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Current bioprinting techniques include inkjet, stereolithography, laser-induced forward transfer
(LIFT), and extrusion [7]. All of them can encapsulate cells or particles of interest in the hydrogel bioink.
After printing, all these techniques provide cells with a 3D environment that mimics the biological
conditions found in vivo. These techniques allow the design and fast fabrication of multiple models
with the same architecture and dimensions of the original design with variables that can be easily
controlled and manipulated for experimental purposes.

3D printing is a novel technique that is rapidly evolving and can become an important tool for the
development of tissue-like constructs for oral surgery or translational research of biology and disease
in dentistry. In this review, we will examine the types of 3D printing methodologies and materials as
well as the applications of 3D printing in specific fields of dentistry such as the periodontal tissues,
dental pulp, bone, and cartilage.

2. Three-Dimensional Printing Methodologies

2.1. Inkjet Printing

The principle behind inkjet printing consists of introducing a small volume change upstream of
the nozzle, creating a pressure change, which results in a droplet ejection downstream (Figure 1A). This
is performed by an inkjet head system which can be either piezoelectric or thermal induced. Thermal
induced heads use a resistor as their heating structure. When current passes through the resistor, the
fluid in contact is vaporized, creating a bubble that expands in the reservoir. This increases the pressure
causing a droplet ejection through the nozzle [8]. Piezoelectric heads cause the volumetric change by
applying a voltage pulse to the piezoelectric material [9].

Figure 1. Schematic of various 3D printing methodologies. (A) Inkjet. A heater or piezo actuator
deposits droplets. (B) Stereolithography. Layer by layer photopolymerization of a liquid resin by laser.
(C) Laser induced forward transfer. Droplets of the material induced by a laser source. (D) Extrusion.
Material exiting a nozzle that is pneumatic, piston, or screw driven. Reproduced with permission
from [7].
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A wide range of powder materials such as polymers, ceramics, proteins, and cells can be processed
using this technique. However, the ink’s viscosity is limited to 5–20 Pa.s to avoid high ejection
pressures or continuous flow of the material. The main advantages of this technique include high-speed
printability, low cost, and the possibility to encapsulate cells in the material [10].

For bone regeneration, bioink patterns using inkjet printing have been studied to control
osteoblast differentiation in vitro and bone formation in vivo. A study created patterns of bone
morphogenetic protein-2 (BMP-2) within microporous scaffolds (made from DermaMatrix, containing
various extracellular molecules such as collagen and fibronectin) and observed cell differentiation
in vitro and tissue formation in vivo in the patterned areas [11]. Additionally, another study used
inkjet printing to 3D print calcium phosphate scaffolds and incorporated a collagen coating. The
implanted scaffolds were osteoconductive while being biodegradable [12].

2.2. Laser-Assisted 3D Printing

Although less commonly used, laser printing technology has emerged from LIFT technology
as a promising method for tissue engineering. It has prominent advantages in terms of bioprinting
and is also known as laser-assisted bioprinting (LAB). LIFT assisted printers or LAB basically have
three main components: (1) a pulsed laser source, (2) a target serving as a support for the printing
materials, usually a transparent glass slide or ribbon, and (3) a receiving substrate to collect the
materials. During printing, a focused laser pulse stimulates a small area of the target, which comprises
an energy-absorbing layer on the surface and bioink solution underneath. Then a portion of the
energy-absorbing layer is evaporated, resulting in the formation of a droplet that is collected by the
receiving substrate and crosslinked therein [13,14].

Unlike inkjet printers, laser-assisted printers are equipped with no nozzles, obviating direct
contact between the dispenser and the bioinks and therefore minimizes the problem of materials/cells
clogging. With that, they are compatible with more materials, especially those with high viscosity
(1–300 mPa/s), and can maintain cell viability higher than 95% [15]. Those benefits along with products
with higher resolution makes laser-assisted printing a promising technology for tissue engineering.

Variations of laser-assisted 3D printing include selective laser sintering (SLS), stereolithography
(SLA) (Figure 1B) and LIFT (Figure 1C). In particular, SLS has been extensively used for the regeneration
of tissue with complex anatomy like craniofacial bone or cartilage. Developed by Carl Deckard for his
Master’s thesis at the University of Texas in 1989, SLS uses a high-powered carbon dioxide laser to
create structures by fusing the powder layer-by-layer with the underlying powder as support [16].
The laser beam fuses powders selectively on the basis of sectional data from computer-assisted design
(CAD). After a layer is created, the powder bed descends and another layer is rolled over. Such process
is repeated until the scaffold is completed [17]. SLS can produce tissue engineering scaffolds from a
variety of powder materials, including metals, bio-ceramics, and synthetic polymers like polylactic
acid (PLA), PCL, poly ethyl ether ketone (PEEK), and poly ether ketone ketone (PEKK) [18,19].
Some researchers also include HA powders in the polymers to increase the osteoinductivity of bone
scaffolds [20]. Natural polymers cannot be utilized with this technique due to the high temperatures
generated by the laser during printing. However, similar to growth factors, they can be incorporated
into the scaffolds post-printing.

PCL is an advantageous material in SLS, mainly because of its low melting (59–64 ◦C) and
glass-transition temperatures (−60 ◦C) that facilitate the prototyping process. SLS-printed PCL scaffolds
have been used to repair the periodontal [21], craniofacial bone, or osteochondral defects [22–24], and
were proved to be biocompatible with adequate strength. Another polymer that has been recently
applied in craniofacial regeneration using the SLS technique is PEEK [19], which has more favorable
mechanical properties for stress loading than PCL. The manufacturing strategy, however, is not
much different from that of PCL scaffolds. Higher performance polymers like PEKK have also been
successfully printed by SLS technique [25,26] and introduced in the application of the craniofacial
area [27,28].
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Nowadays, no polymer processing methods can compete with the SLS regarding the fabrication
flexibility and complexity of the 3D shapes obtained. However, the advancement of laser-assisted
technologies is obviously restricted by the complicated control of the laser printing system and concerns
about the side effect of laser exposure.

2.3. Extrusion

Fused deposition modeling (FDM) is the most common 3D printing technique. It uses a continuous
filament made of thermoplastic polymer that is melted at the nozzle into a semi-liquid state and then
extruded on a platform or on top of the previous layer (Figure 1D). The material fuses together to create
a continuous structure after solidifying at room temperature. The quality of the extruded filament may
be modified by adjusting the printing velocity, layer thickness, and printing orientation [29]. Some of
the most common materials used for this technique are polycarbonate (PC), acrylonitrile butadiene
styrene (ABS), PCL, and PLA due to their low melting points compared to other thermoplastics [30].

The main advantages of this technique are the affordability, high-speed printing, and the potential
of printing multiple materials at the same time when working with a multi-nozzle printer [29]. Some
disadvantages include the limitation to use only thermoplastic materials and the inability to embed
cells in the material since thermoplastics melt at temperatures higher than 37 ◦C.

FDM-printed coated scaffolds and composite materials have been proven as useful tools for bone
tissue engineering and regeneration. PCL scaffolds with freeze-dried platelet-rich plasma (PRP) were
implanted in rats, and the results show that it can promote osteogenic differentiation of dental pulp
stem cells and induce bone formation [31]. Additionally, anatomically shaped molar scaffolds made
of PCL and hydroxyapatite with 200-μm-diameter interconnecting microchannels were implanted in
rats and growth factors (stromal-derived factor-1 (SDF1) and bone morphogenetic protein-7 (BMP7))
were perfused. This setup recruited more endogenous cells and generated more angiogenesis than the
control group [32].

Three-dimensional plotting (3DP) is a technique very similar to FDM. It consists of extruding
a viscous material from a cartridge using pneumatic or mechanical pressure through a nozzle onto
a defined position in a platform [30]. Multiple cartridges are mounted in an XYZ stage and the
position of each cartridge, the pressure, and temperature are controlled by a computer. As with
FDM, this technique also allows the printing of heterogeneous structures with different materials.
Printing and curing of the materials is also possible by extruding the reactive components using
mixing nozzles, exposing each layer to UV light or heating the stage to stabilize the material after
printing [33]. The material flexibility is the main advantage of this technique. Hydrogels, plastics,
pastes, and solutions can be printed using this technique, and several of these can be biocompatible
allowing cell encapsulation before printing. Some disadvantages of this method compared with FDM
are the resolution and speed.

Multiple bioinks suitable for this technique have been proposed to promote bone tissue
regeneration. Studies using 3D printed periodontal cells encapsulated in a bioink constituted of
different ratios of gelatin methacrylate (GelMA) and poly (ethylene glycol) (PEG) dimethacrylate have
proven useful to study periodontal ligament stem cell response to extracellular matrix components [34].
Additionally, polymer solutions based on methacrylated gelatin and methacrylated hyaluronic acid
modified with HA particles were used to encapsulate human adipose-derived stem cells and bioprint
structures, which proved to be a suitable material for bone bioprinting applications [5]. A summary of
the 3D printing types and their potential applications can be found in Table 1.
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Table 1. Summary of 3D printing types.

Type Methodology Applications

Inkjet
Pressure change upstream of
nozzle resulting in a
downstream droplet ejection.

Regenerative approach—Printing of complex
ceramic-like structures to support guided
tissue regeneration. Replacement
approach—Drop-by-drop bioprinting of live
cells for the cell aggregate approach.

Laser-Assisted
Laser pulse stimulates a small
area of the target.

Regenerative approach—Creation of more
complex scaffolds for guided tissue
regeneration.

Extrusion
Material fuses together at
room temperature after
leaving the nozzle.

Regenerative approach—Can be used with
many materials for the creation of simple
biocompatible and biodegradable scaffolds
for guided tissue regeneration.

3. Materials for Three-Dimensional Printing

3.1. Polymers

Polymer materials are composed of chemical compounds typically formed from carbon, hydrogen,
oxygen, and nitrogen. These monomer structures are repeated and bound with itself to create a longer
molecular chain [35]. Polymers have become the most popular choice for 3D bioprinting in biomedical
applications as it is often inexpensive, biocompatible, biodegradable, and can easily be manipulated
with regard to its mechanical, chemical, and biological properties [36,37]. The polymer’s manipulative
property is particularly important in 3D printing because the printability of a material is dependent on
its viscosity [37]. The ink being printed should be stiff enough to support subsequent layers, however
if it becomes too viscous, it may lead to blockage of the printing nozzle [37]. Blockage is further
avoided by printing the material in its pre-polymerized form. However, a limitation to using synthetic
polymers is that the printing process for synthetic polymers induces high temperatures in which cells
and growth factors cannot survive or remain active. Thus, cells or biologically active components are
incorporated post-extrusion [37].

Polymeric materials can be printed in various forms as well, including powder, filament, and sheet
form [38]. The polymer category encompasses a wide variety of materials that can range from being
soft to hard, or synthetic to natural, however, the most commonly used polymers in craniofacial tissue
engineering include PCL, PEEK, PLA, poly(lactic-co-glycolic acid) (PLGA), and chitosan [2,39,40]; the
choice of polymer will depend on the goal of the researcher. For example, PLA or PCL are popular
choices for drug delivery purposes, while alginates and gelatin are more popular choices for cell
encapsulation [37,38]. The wide variety in polymeric materials makes them highly versatile, and thus
may be highly useful in dental tissue regeneration when being combined with the superior spatial
resolution provided by 3D printing.

3.2. Ceramics

Ceramic materials consist of metals with inorganic calcium or phosphate salts (such as calcium
silicate or β-tricalcium phosphate) and are generally osteoconductive and osteoinductive [41]. The
composition of these scaffolds also allows them to last longer than hydrogels, permitting more time for
structural support and for guided tissue regeneration. Although the properties of ceramic materials
allow for cells to quickly proliferate and differentiate on the scaffold, a limitation lies in its inherent
brittleness and poor mechanical strength—characteristics that may be necessary when dealing with
load-bearing defects [41]. Several studies have however aimed to improve the effectiveness of ceramic
materials by changing the pore size as well as through the addition of polymers, such as PCL or
PLA. These alterations to the ceramic-based materials allow them to resemble better the mechanical
properties of natural bone while being able to promote vascularization [42].
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In a review by Jammalamadaka and Tappa, various 3D printing methodologies (such as
extrusion [43–45], inkjet [12,46,47], and laser sintering [48,49]) for ceramic-based materials are
mentioned, in addition to the use of sintering and freeze-drying methods post-printing to improve
the mechanical properties of the scaffolds [42]. The FDM printing of ceramics is briefly outlined in a
review by Obregon and colleagues, where scaffold manufacturing consists of three phases that use
organic particles to facilitate flowability, which are then burned out with high temperatures leaving
behind primarily the inorganic ceramic particles [37].

3.3. Composites

Printable composite materials are composed of a minimum of two different materials; mixtures for
printable composites being used in dentistry are typically composed of copolymers, polymer-polymer
mixtures, or polymer-ceramic mixtures; be ceramic-based or hydrogel-based; and can include the
addition of biomolecules, carbon nanotubes, and metals [37,50,51]. The mixture will be dependent on
the goal of the composite, but it is typically created to manipulate ink properties such as processability,
printability, stiffness, and bioactivity [51]. By combining multiple materials, composite materials can
harness the benefits of each individual material [50]. For example, the polymer PLA alone has great
chemical and physical properties, however, may not be optimally biocompatible as it releases acidic
compounds over time. Researchers overcame this issue by creating a composite containing PLA and
ceramics such as calcium phosphate, which ultimately lessens the formation of acidic environments
formed by PLA [51]. Composites can also be enhanced with silicate fillers and nanoparticles, which
alter its viscosity and stiffness and ability to influence cell morphology [37].

Composite materials are frequently used in craniofacial regeneration due to its unique properties.
While hard polymers exist, composite materials are more capable of mirroring complex tissues that
withstand higher mechanical stress and loads such as bones and teeth, and thus are more favorable for
craniofacial regeneration [37]. For example, in bone regeneration, researchers again have combined
PLA with ceramic to take advantage of PLA’s mechanical properties while overcoming its brittle
nature [51]. Other uses for printable composites include cartilage regeneration and whole-tooth
regeneration [37].

3.4. Cell Aggregates

Bioprinting of cell aggregates has been used as a scaffold-free methodology of creating tissue
engineered constructs. These cell aggregates consist of spheroid structures, which can then be
specifically positioned, creating for instance tubular or ring-like structures [52,53]. Although the
constructs are primarily scaffold-free, the cells are usually encapsulated with a hydrogel material that
is biocompatible and biodegradable, for cell survival and for mechanical support of the cell construct.
The hydrogel also helps to prevent tissue fusion while the cells are maintained in the suspension
reservoir of the 3D printer [54]. The use of cross-linking solutions, such as those containing CaCl2 or
gelatin, can help to further minimize cell aggregation [55,56]. As the pH of the bioink is important for
cellular survival and scaffold integrity, a study by Lozano and colleagues used the addition of NaOH
to stabilize the pH of a modified bio-polymer hydrogel [57].

The advantages of using scaffold-free constructs for tissue engineering include the absence of
potentially toxic or immunogenic scaffold materials, as well as the ability to create high cell density
constructs [37,58]. Limitations of the cell aggregate approach include the relatively time-consuming
cellular fusion of the spheroids to create larger tissue structures (which may also create non-uniform
structures) [54]. Certain advances have been made to minimize this limitation such as the development
of multicellular cylinders as an alternative structure, which require up to four days to create the
appropriate shape [53]. While most 3D printing of cell aggregate studies have been performed in vitro,
there is a limited understanding of its potential in vivo and further studies must be performed to
demonstrate its safety and feasibility as a scaffold-free construct for tissue engineering. A summary of
the 3D printing materials and their potential applications can be found in Table 2.

120



Micromachines 2019, 10, 480

Table 2. Summary of 3D printing materials for tissue engineering.

Type Materials Applications

Polymers

Compounds typically formed
from carbon, hydrogen, oxygen,

and nitrogen, such as PCL, PEEK,
PLA, PLGA.

Regenerative approach—Uses biodegradable
polymers as a guide for tissue regeneration.

Ceramics
Metals with inorganic calcium or
phosphate salts (calcium silicate

or β-tricalcium phosphate).

Regenerative approach—Longer-lasting
ceramic-type scaffolds can permit more time

for structural support and for guided
tissue regeneration.

Composites

A combination of a minimum of
two different materials, for

instance copolymers,
polymer-polymer mixtures, or

polymer-ceramic mixtures.

Regenerative approach—Composites (such
as PLA with ceramics) can be created to
facilitate the regenerative approach by

reducing the formation of acidic
environments caused by PLA alone.
Replacement approach—Composite

hydrogels (such as those containing silica)
can be created to facilitate the replacement

approach by increasing gene expression
of BMPs.

Cell
Aggregates

Cell aggregates form spheroid
structures, which are then used as

a scaffold-free application of
tissue regeneration.

Replacement approach—Post-printing fusion
of spheroids create structures that can be

used as replacements for damaged or
missing tissues.

4. Pre-Clinical and Clinical Applications

4.1. Periodontal Complex

The concept of using 3D printing for periodontal tissue regeneration is to guide locally available
cells to restore periodontal defects, termed guided tissue regeneration (GTR) [59]. These cells can use
the support of a 3D printed scaffold, as well as surrounding growth factors, bioactive proteins, etc., to
regenerate damaged periodontal tissues [60]. While epithelial tissues regenerate quickly, bone tissues
require more time, and therefore a difficulty in periodontal regeneration lies in its tissue complexity
(cementum, periodontal ligament, etc.) [59]. To address these challenges, the creation of multiphasic
scaffolds has allowed for various properties within a scaffold, which mimics better the composition of
the native periodontal complex [59].

PCL scaffolds have been 3D printed and used for periodontal tissue engineering. Improvements
to these scaffolds have focused on several key aspects, as stated by Ivanovski and colleagues, relating
to periodontal tissue engineering: (1) compartmentalized bone and periodontal attachment tissue
formation; (2) cementum formation onto the root surface; (3) correctly oriented periodontal ligament
fibers [61]. Lee and colleagues, for instance, 3D printed PCL-HA scaffolds with varying sizes of
microchannels to create a compartmentalized multiphasic scaffold [62]. FDM was used to create these
scaffolds, which had 100 μm microchannels designed for the cementum/dentin interface, 600 μm
for the periodontal ligament (PDL), and 300 μm for the alveolar bone [62]. They found that in vivo
implantation of dental pulp stem cells with the scaffold resulted in differentiation of the cell population
into putative dentin/cementum, PDL, and alveolar bone [62]. Similarly, Li and colleagues used a
freeze-dried PRP coating to improve the biological properties of PCL scaffolds [31]. This coating was
applied to the 3D printed PCL scaffold for 5 min at room temperature, then placed at −80 ◦C for 30 min,
followed by freeze-drying [31]. The freeze-dried PRP-PCL scaffolds induced significantly greater bone
formation compared to traditional PRP-PCL or bare PCL scaffolds [31].

Bioprinting of PDL cells, creating a 3D hydrogel microarray, has been performed to screen for
cell-biomaterial interactions [34]. The cells were bioprinted using a pressure-assisted valve-based
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bioprinting system placed within a sterile hood and controlled by a computer [34]. The pressure-based
system replaces the need for any external stimulation, and thereby minimizes shear forces and high
temperatures, allowing for the cells to survive the printing process [34]. This study has found that
the viability of the printed periodontal cells was maintained throughout printing, and therefore this
methodology can perhaps be used to 3D print periodontal cells directly into future scaffolds [34].
Likewise, Hamlet and colleagues examined alveolar bone regeneration through 3D hyaluronic acid
hydrogels containing osteoblasts and found that their hydrogel provided a favorable environment
and could stimulate osteogenic gene expression in vitro: they believed that this hydrogel could be
optimized as a cell-delivering bioink for future 3D bioprinting applications [63].

The combination of cell sheets with 3D printed scaffolds has also been used for periodontal
tissue regeneration. Vaquette and colleagues cultured PDL cell sheets in 24-well plates, which
were then combined with an FDM printed PCL scaffold by folding the cell sheet over the scaffold
(Figure 2A–C) [64]. They found that the scaffolds incorporating the cell sheet technology had better
attachment onto a dentin surface than those without [64]. Farag and colleagues, however, aimed to
improve the cell sheet technology by decellularizing the cell sheet after combination with the PCL
scaffold (Figure 2D,E) [65]. The decellularization aimed to use the properties of the PDL extracellular
matrix to promote periodontal regeneration, while minimizing the immunogenic effects of cellular
material. They found that the decellularized cell sheet constructs upregulated the expression of
mineralized tissue markers in PDL cells [65]. As an application of scaffold free bioprinting, Bakirci and
colleagues developed a novel cell sheet based bioink for 3D bioprinting [66]. Cells were first grown on
poly(N-isopropylacrylamide) coated surfaces, harvested, and centrifuged into cell sheet aggregates to
be used for bioprinting applications [66]. Although this study developed a cell sheet based bioink
using human skin fibroblasts, it illustrates the possibility in developing a PDL cell sheet based bioink,
which could then be used for periodontal tissue engineering applications such as scaffolds in treating
periodontal-related cases.

Clinically, Rasperini and colleagues reported the use of a SLS printed PCL scaffold to treat a
periodontal defect (Figure 2F,G) [21]. A computed tomography scan of the patient’s defect was taken to
modify the scaffold design and to create a customized scaffold [21]. This scaffold consisted of an internal
port for growth factor delivery and pegs perpendicular to the root to facilitate PDL formation [21]. At
two weeks, the scaffold was removed and unfortunately the patient showed minimal evidence of bone
repair [21]. However, this case highlighted a potential for the use of 3D printed scaffolds in treating
periodontal-related cases.

4.2. Dental Pulp

The dental pulp is an unmineralized tissue beneath the mineralized hard exterior of the tooth,
which plays a crucial role in tooth vitality; injury, alteration, and/or removal of the pulp may lead to
tooth necrosis. Additionally, the pulp may also service to provide immunity, nutrition, and sensation
as well [50]. As a result, there is a need to focus on protecting the pulp from trauma, and to regenerate
the pulp should it be injured. While there has not been major success in pulp regeneration due
to the challenges met in nurturing, revascularizing, and reinnervating the pulp tissue, a promising
direction that researchers are exploring is the use of hydrogels to contain and nurture dental pulp
cells [68]. By using hydrogels and other biomaterials as cellular scaffolds to mirror the native in vivo
environment, researchers can promote cell growth, differentiation, and morphogenesis [50]. However,
the major constraint with using hydrogels alone is that spatial manipulation is limited, i.e., researchers
cannot fully control multicellular organization and interaction, thus the overall morphogenesis of the
artificial gland or tissue. By applying the superior spatial control of 3D cell printing, this issue can be
overcome in pulp tissue regeneration [69]. 3D cell printing technology would enable researchers to
suspend and position various cells contained in hydrogels as they desire. For example, researchers
could print odontoblastoid cells along the dentin walls while having fibroblasts towards the center
of the pulp chamber [69]. Furthermore, the enhanced precision gained from 3D bioprinting would
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allow researchers to achieve specific cellular interactions, anisotropic mechanical properties, and
desired distribution of growth factors [70]. While theoretically the use of 3D cell printing in pulp tissue
regeneration sounds feasible, there is a lack of evidence for this to date. Several studies have shown
the possibility of successfully 3D printing blood capillaries, however in vivo angiogenesis has not been
exhibited in endodontics [37,69].

Figure 2. 3D Printed scaffolds for periodontal tissue engineering. (A–C) Schematic of the scaffold
fabrication methodology (A). Cross-section showing the fusion of the electrospun fibers with
the fused deposition modeling (FDM)-printed compartment of the scaffold (B,C). (D,E) Electron
spun polycaprolactone (PCL) scaffold (D). The PCL scaffold attached to a decellularized sheet (E).
(F,G) selective laser sintering (SLS)-printed PCL scaffold to be implanted in patient (F). Scaffold
placement for implantation (G). Reproduced with permission from [21,65,67].

While there is a lack of in vivo studies to date, there are several studies that highlight the potential
use of 3D cell printing in dental pulp regeneration. For example, in a study by Athirasala and colleagues,
they showed that the mouse odontoblast-like cell line (OD21) could be supported in a novel hydrogel
composed of alginate and dentin (Alg-Dent) [71]. While this study did not address more complicated
experiments such as the possibility of vasculogenesis and/or angiogenesis, the use of human cells, and
cell survivability in root canals and chamber, the study demonstrated the tunability and printability of
the scaffold using 3D bioprinting technology. The success of this paper indicated the potential of the
scaffold and how 3D bioprinting could further enhance the feasibility of this hydrogel in regenerative
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endodontics. Specifically, researchers would be able to localize growth factors and other nutrients
precisely to the desired targets such as the peripheral dentin or central pulp to induce cell-specific
regeneration as evident in this study.

As previously mentioned, 3D bioprinting methods allow researchers to achieve superior tunability,
creating scaffolds that would not be possible without it. For example, in a recent study by Feng and
colleagues, they compared two different techniques in fabricating a PLA scaffold, either molding
via standard extrusion processes or 3D printed, and its influence on dental pulp cells. The results
indicated that manufacturing techniques can influence differences in cell migration, morphology, and
differentiation marker expression [72]. Another study by Hu and colleagues used 3D printed molds to
create cellularized conduits for peripheral nerve regeneration, which showed comparable results to the
use of autografts in repairing peripheral nerve defects (Figure 3) [73]. Thus, further studies should
be explored, comparing current scaffold manufacturing methods and 3D printing and its effects on
vasculogenesis and angiogenesis in support of pulp regeneration.

Figure 3. Cellularized conduits for peripheral nerve regeneration created using 3D printed molds.
(A) Schematic of the conduit fabrication method. (B) Photographs of the rat dorsal side with the
biodegradable nerve guidance conduit positioned subcutaneously. The figures are© 2016, Hu Y., Wu Y.,
et al. (https://doi.org/10.1038/srep32184) used under a Creative Commons Attribution 4.0 International
License: http://creativecommons.org/licenses/by/4.0/.
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Though there are not many studies to date highlighting the use of 3D printing in pulp regeneration,
the current studies that demonstrate the superior tunability and modifications in the mechanical
properties of currently viable scaffolds using 3D printing indicates the potential it may have in pulp
regeneration. Further studies need to be explored by implementing the results, knowledge, and
support gained from current studies in the possibility of inducing vasculogenesis, angiogenesis, and
nutritional support in pulp tissue using 3D printing techniques.

4.3. Cranio-Maxillofacial Tissues

Craniofacial bones and cartilages comprise the craniofacial skeleton that impart specific appearance
and function. It is challenging to reconstruct craniofacial structures due to the complex 3D geometry.
With the combination of image-based extraction of craniofacial geometry and the ability to 3D-print
shapes with high fidelity, 3D printing technologies are ideally suited for the manufacture of bone
and cartilage scaffolds tailored to specific defects. The goal of craniofacial 3D reconstruction is to
mimic the external and internal architecture of the host site and to provide essential framework for cell
attachment and migration.

Bone is considered the second most transplanted tissue for defects due to trauma, osteoporosis,
bone tumors, etc. Many types of biomaterials have been proposed to integrate the desirable properties,
such as biocompatibility, printability, osteoconductivity, osteoinductivity, and mechanical properties,
attempting to mimic the natural replacement of bone.

Bioceramics are the most commonly selected materials. They are usually composed of calcium
and phosphate mineral phases, such as HA, β-tricalcium phosphate (TCP), or bioactive glasses (BGs).
They exhibit outstanding biocompatibility and favorable biodegradability. Moreover, 3D printed
ceramics can upregulate osteogenesis by creating a bioactive ion-rich cellular micro-environment and
promote cell proliferation by close cell-cell interactions [74]. Even so, ceramic scaffolds are too brittle for
implantation in load bearing craniofacial sites. Saijo and colleagues have confirmed this disadvantage
by using HA/α -TCP composite scaffolds for maxillomandibular defects, which showed difficulties in
composition and fabrication of an ideal scaffold to fulfill strength and dimensional requirements [75].
Still, Shao and colleagues have recently reported that ~10% Mg-substituted wollastonite had much
higher flexural strength (31 MPa) than TCP and other calcium-silicate porous bioceramics [76]. By
adding a range of metallic ions like Cu2+ and Co2+ into BGs, the angiogenic activity in vivo can be
developed, which is beneficial for the healing process [77]. Compared to being used alone, they
are more commonly incorporated with other biomaterials such as polymers for the enhancement of
osteogenesis and osteoinductivity.

Polymers are another widely-used material that is superior in its printability and efficiency in
promoting osteogenesis. The main concerns are its poor cellular interaction and low stiffness. PLA
and PGA, for example, are now rarely used for bone scaffolds considering their low compressive
strength and osteoconductivity. However, their co-polymer PLGA and another polyester, PCL, have
remarkable osteoconductivity and better mechanical properties. By comparison, PCL has a lower
rate of degradation and subsequently denser tissues generated [78]. Therefore, it is preferred to be
used as the framework of composite scaffolds. As PCL is bioinert, other biological active components
such as TCP, HA, decellularized trabecular bone, or growth factors were incorporated into the 3D
printing system [21,79,80]. Furthermore, the acidic environment caused by the degradation products
of PCL and its hydrophobic nature can be somewhat diminished by the inclusion of hydrophilic
polymers like PEG and the surface coating of natural polymers like chitosan [81,82]. PCL scaffolds
are well-suited for extrusion-based 3D-printing (Figure 4A), FDM for example, due to the relatively
low melting points (62 ◦C). In recent decades, SLS has been developed as a more precise 3D printing
technique that can fine-tune the porosity to optimize conditions for cell growth and proliferation.
Additionally, a wide range of thermoplastic materials including high performance plastics with specific
mechanical properties can be processed by SLS technique. The stiffness of PCL scaffolds manufactured
by SLS has been reported to be ~15 to 300 MPa, values that are much higher than conventional 3D
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polymers but still lower than human trabecular bone within the condyle (120–450 MPa) or within
the mandibular body (112–910 MPa) [22]. Metal-based scaffolds, on the other hand, are stiff enough
but possess a considerably higher Young’s modulus, which would lead to stress shielding issues
and therefore failure of the implants. Polyaryletherketones (PEAKs) is a family of high-performance
polymers with compatible Young’s modulus to natural bone, which would be a suitable property
for load bearing orthopedic and craniofacial implants. PEKK is by far a material with the most
advantageous performance in the PEAKs family. The PEKK printed by SLS platforms have showed
desirable mechanical properties, great biocompatibility, and osteointegration in a craniofacial bone
defect model in vivo [18,27,28]. As a promising 3D printing material for bone tissue engineering, more
evidence of success is needed for future applications.

The cartilaginous tissues in the craniofacial area primarily include the temporomandibular joint
(TMJ) disc, the auricle cartilage, and the nasal cartilage. The bioinks used for cartilage reconstruction
should be able to mimic the 3D architecture with mechanical anisotropic, nonlinear, and viscoelastic
behavior analogous to native cartilage.

In early approaches, many hydrogels encapsulating the chondrocytes/mesenchymal stem cells
(MSCs) with the capability of synthesizing extracellular matrix were fabricated by micro-extrusion
technique. The cell-laden hydrogels ranged from natural polymers like alginate and collagen to
synthetic polymers like gelatin metacrylamide (GelMA) and polyethylene glycol dimethacrylate
(PEGDMA) [83–86]. To improve the mechanical properties, higher polymer concentration and viscosity
were preferred. On the other hand, cells proliferate and differentiate towards cartilage tissue more
readily within lower polymer concentrations. This dilemma increased the challenge of using the
hydrogels alone to reconstruct the cartilaginous tissue. The most common solution is to include a stiffer
thermoplastic polymer such as PCL to cell-laden hydrogels by coextrusion or other hybrid strategies
(Figure 4B). PCL acts as a frame to reinforce the constructs, and by modulating the polymer percentage,
the compressive equilibrium moduli in the range of articular cartilage can be achieved [87–89].

The degradation rate of PCL, which can be up to 2–3 years, is a potential limitation
with such multi-material approaches, as residual filaments can act as a barrier to tissue
formation. One alternative is applying polymers that have a higher rate of degradation, poly
(hydroxymethylglycolide-co-caprolactone) (PHMGCL) or PLGA, for instance [91]. Yet the acidic
by-products of PLGA that cause adverse inflammatory response still remains a concern for future
applications. Tarafder and colleagues developed a region-variant TMJ disc scaffold by incorporating
the specifically-aligned PCL with PLGA microspheres encapsulating TGFβ3 [92,93]. After seeding with
MSCs, multiphase fibrocartilaginous tissues formed and significantly improved the healing process of
the perforated disc. The dynamic function was also restored as no arthritis changes were observed on
the condyle four weeks post-implantation.

Another way to reduce the residual PCL materials is to increase its porosity by the
melt-electrowriting (MEW) technique, which is similar to FDM but using a nozzle tip equipped
with voltage. PCL fabricated by MEW can be very thin, with a diameter down to 0.8 μm, and therefore
the porosity can be high, up to 93%–98% [94]. In addition, the stiffness and yielding strains of the
resultant scaffolds were within the range of native cartilage.
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Figure 4. Craniofacial bone and cartilage reconstruction using PCL as a material for 3D printing.
(A) Mandibular bone reconstruction. 3D defect model was obtained from the craniofacial CT image
data followed by the design of dispensing paths of cells, PCL, and Pluronic F-127 with self-developed
software. Multiple cartridges used to deliver and pattern the above ink materials were connected
to a microscale nozzle, which dispensed the materials according to the design during 3D printing
process. PCL was printed as the framework and the cell-laden hydrogel were dispensed to fill the pores,
while Pluronic F-127 were used as sacrificing materials. The osteogenic potential of the scaffold was
confirmed by Alizarin Red S staining after being cultured in osteogenic medium for 28 d. (B) Auricle
cartilage construction. Similarly, a 3D computer-assisted (CAD) model of auricle can be developed
from CT or MRI image data and generate a visualized motion program consisting of a command list
for XYZ stage movements and air pressure actuation for 3D printing. The concentrations of different
ingredients for 3D printing can be optimized by in vitro culture and related tests. Reproduced with
permission from [90].

5. Conclusions

3D printing has the potential to revolutionize dentistry. This technique allows for a layer-by-layer
construction of tissue engineering scaffolds—to create accurate, yet complex scaffold models for
personalized patient treatments. Recently, there have been many advances in 3D printing for dentistry:
for the periodontal complex, FDM printed scaffolds have been modified to induce greater bone
formation, while an SLS printed scaffold has been applied for the first time in a human patient; for
dental pulp, a 3D printed hydrogel could support odontoblast cell survivability; for bone and cartilage,
modified bioceramic scaffolds induced greater angiogenesis and a modified PCL scaffold induced
greater fibrocartilaginous tissue formation. While there are many in vitro studies examining the efficacy
of 3D printed scaffolds for tissue engineering, further research must be performed to better understand
the potential of these scaffolds in vivo, and to address any unprecedented safety concerns. As this
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technology develops, we expect to see a greater number of dental offices equipped with 3D printing
technology, not only for the printing of crowns and dentures, but also for the purposes relating to
tissue engineering.
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Abstract: To date, the fields of biomaterials science and tissue engineering have shown great
promise in creating bioartificial tissues and organs for use in a variety of regenerative medicine
applications. With the emergence of new technologies such as additive biomanufacturing and
3D bioprinting, increasingly complex tissue constructs are being fabricated to fulfill the desired
patient-specific requirements. Fundamental to the further advancement of this field is the design and
development of imaging modalities that can enable visualization of the bioengineered constructs
following implantation, at adequate spatial and temporal resolution and high penetration depths.
These in vivo tracking techniques should introduce minimum toxicity, disruption, and destruction to
treated tissues, while generating clinically relevant signal-to-noise ratios. This article reviews the
imaging techniques that are currently being adopted in both research and clinical studies to track
tissue engineering scaffolds in vivo, with special attention to 3D bioprinted tissue constructs.

Keywords: in vivo imaging; tissue engineering; 3D bioprinting; additive manufacturing; scaffold
tracking; magnetic resonant imaging (MRI); computed tomography (CT); ultrasound; fluorescence
spectroscopy; bioluminescence; optical coherence tomography; photoacoustic imaging; magnetic-particle
imaging; multimodal imaging

1. Introduction

A significant portion of recent advancements in the field of tissue engineering (TE) has focused
on design, developing, and characterization of new biomaterials that can be used as tissue mimics
to model a variety of diseases in vitro, or as implants to repair or regenerate damaged tissues
in vivo [1–3]. Further, the advent of new automated additive manufacturing techniques, such as 3D
printing and bioprinting, together with computer-aided design (CAD) modeling, have allowed for
higher throughput biofabrication of 3D scaffolding systems with increasing structural and functional
complexities to be used in patient-specific TE and precision medicine applications [4–8]. Thus, it is
vital to design and utilize effective imaging and tracking methods to closely monitor the scaffolds
following implantation in the patient’s body [9,10]. These techniques should enable noninvasive,
real-time examination of properties including the graft stability and position, biomaterial-tissue
interactions (e.g., biocompatibility, degradation, and integration with host tissue), blood perfusion
(angiogenesis), and function (e.g., contractile function of a cardiac patch). To achieve this goal, imaging
techniques with minimal invasiveness as well high penetration depth and high resolution are required
to provide a clear contrast between the embedded biological materials and the surrounding tissue
structure, thus generating a complete picture covering morphological, physiological, and molecular
processes [11].
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New advancements in medical imaging have been made to address different challenges in the
TE field, ranging from the design to production processes of tissues and organs, as well as clinical
implantation and implementation (Figure 1) [10,12]. These imaging systems often follow a common
process of exciting the targeted samples with an energy source like electromagnetic radiation, light,
or sound, or a combination of those sources, to generate a response in the form of emitted, transmitted
or reflected signal which can then be captured through different detector designs for analysis [10].
Furthermore, specific techniques also require contrast agents or sample labeling methods to enhance
the signal-to-noise ratio [13]. As a result, different methods would have distinct advantages and
disadvantages with respect to the penetration depth, image temporal and spatial resolution, as well
as the effect of the exciting source and contrast/labeling agent on the biological target(s) (Table 1).
Thus, it is important that the techniques are selected carefully and tailored to fulfill the specific
application requirements.

Figure 1. Schematic illustration for the role of imaging in tissue engineering (TE) applications at
different levels: scaffold design using computer-aided design (CAD), cellular scaffolds in in vitro
applications, preclinical application through implantation in animal models, and clinical application
in humans.

In this review, we detail the different medical imaging techniques used in TE applications.
These methods include: computed tomography (CT), magnetic resonance imaging (MRI), magnetic
particle imaging (MPI), ultrasound, photoacoustic imaging, different optical methods (fluorescence
spectroscopy, bioluminescence, and optical coherence tomography), and multimodal imaging (Table 1).
These methods have been widely applied in the different areas of TE for investigating the morphological
structures of the scaffold structures as well as studying the viability of the different cellular constructs [11].
The Main focus will be on delineating how the general principle of operation and recent advancements
in the imaging methods can aid the researchers in the field to select the most effective imaging methods
for their in vivo studies.
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Table 1. List of non-invasive imaging methods, their resolution and depth, costs, external material
usage, information type as well as applications in TE ranging from imaging scaffolds (with or without
cells), and preclinical and clinical applications.

Method
Spatial

Resolution
Imaging
Depth

Information
Type

Cost
External
Material

Applications

CT 5 μm No limit 3D Medium Yes Scaffold + cells + Pre/Clinical
MRI 5–200 μm No limit 3D High No Scaffold + cells + Pre/Clinical
MPI 1 μm No limit 2D/3D Medium Yes Scaffold + cells + Pre/Clinical

Ultrasound 20–100 μm 10 mm 3D Medium No Scaffold + cells + Pre/Clinical
Fluorescence 0.2–1 μm 0.3–1 mm 2D Low Yes Scaffold + cells

Bioluminescence 2–3 mm 10 mm 2D Low Yes Scaffold + cells
Optical coherence

tomography
(OCT)

1–15 μm 1–3 mm 2D Low No Scaffold + cells + Pre/Clinical

Photoacoustic 50–150 μm 20 mm 2D/3D Medium No Scaffold + cells + Pre/Clinical

2. Scaffold Tracking Techniques

2.1. Magnetic Resonance Imaging (MRI)

Magnetic resonance imaging (MRI) is a commonly used imaging method that has broad
applications in the clinical and basic research fields. Briefly, MRI is a non-invasive imaging technique
that allows for pertinent information to be gathered over the entire patient body in a highly detailed
manner [14]. Importantly, MRI is usually not associated with harmful radiations, allowing for repetitive
scans and longitudinal studies to be performed with minimal harmful effects, which further makes this
imaging method an attractive way to diagnose clinical pathologies [15]. It uses magnetic fields and
radio waves often combined with contrast agents to generate highly detailed images of tissues within
the body and is widely used for applications in the clinics. Recently, there has been an increasing
interest for the use of MRI in various TE applications, because of the capability of the technique in
producing high-resolution 3D structural scans with minimal damage to the tissue mimic [16–18]. Such
3D reconstructions can be used, via 3D bioprinting methods, to create patient and disease-specific
tissue constructs for regenerative therapies (Figure 2).

 

Figure 2. Application of patient’s MRI data to generate a bioprinted scaffold for organ regeneration,
disease treatment, or drug delivery. MR images (A) of the target organ/tissue will be acquired and
processed to create a 3D STL file. The model will be 3D bioprinted using various inks and scaffolds (B),
cultured in vitro to establish the new tissue structure and vasculature (C), followed by implantation
in vivo to repair/regenerate target tissue/organ (D). Reproduced with permission from Ref. [19].
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Recent advances in contrast agent design and development have made it possible to detect and track
cell populations within the complex tissue-engineered constructs both in vitro and post implantation
in vivo. These in vivo MRI cell-tracking processes can be performed using a variety of contrast agents,
such as gadolinium, fluorine, or manganese, as well as superparamagnetic nanoparticles [20,21].
These materials are the preferred MRI contrast agents for TE applications as they are usually less
cytotoxic and offer more reliable cellular uptake for imaging. In addition, MRI used in conjunction
with different functionalized nano-contrast agents and other imaging techniques has also been used to
study different drug release kinetics in the field of tissue engineering [22–24]. To date, MRI imaging is
increasingly used in conjunction with the next-generation additive manufacturing technologies, such as
bioprinting, to track cells in TE scaffolds. MRI has been successfully used as both a diagnostic and
tracking tool, which readily allows for translation of in vitro imaging processes in the basic research
stage to the clinical settings [19,25].

For instance, superparamagnetic nano-sized iron oxide particles, coated with polyethylene glycol
(PEG), have been used to label both rat and human T-cells in vivo, with over 90% efficiency and
without any measurable effects on T-cell properties [26]. Iron oxide nanoparticles were used in
another study as an MRI contrast agent, to label and track collagen-based cardiac patches following
implantation onto the epicardial surface of the mouse heart (Figure 3) [17,18,27,28]. T2*-weighted MR
images demonstrated the robust capability of this technique to noninvasively visualize the engineered
patch device.

Figure 3. MR imaging of bioengineered collagen constructs used as cardiac patch to repair ischemic
heart tissue. Patches were loaded with 1.5, 3.0, and 6.0 μg/mL of iron oxide nanoparticles and imaged
via MRI both in vitro (A,B) and in vivo (C), in a mouse model. Manganese-enhanced MRI visualized
the patch grafted onto healthy myocardial tissue in different groups including no treatment (control)
(i), empty patch (ii), nanoparticle-loaded patch (iii), and loaded-empty-loaded sandwich patch (iv).
Reproduced with permission from Ref. [17].

Stem cell-derived cellular cultures used in cartilage [29], adipose [30] and heart TE [31] have also
successfully used MRI in the development, characterization, and clinical translation of the scaffolding
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constructs. Furthermore, MRI imaging with superparamagnetic iron oxide nanoparticles as exogenous
labeling agents has been used to study different stem cell dynamics for both preclinical and clinical
applications [32]. As a result, with the rapid growth of various stem cell therapies, clinical MRI will be
more extensively used as a robust, noninvasive bedside tool for guided administration, delivery, and
tracking of transplanted cells [33]. There is also a small but significant body of work that applied MRI
imaging to nanoparticle vaccine efficacy, focusing on immune system priming and cellular activation
in cancer vaccine development [34].

2.2. Magnetic Particle Imaging (MPI)

Apart from MRI, superparamagnetic iron oxide nanoparticles (SPIONs) have also been used
in an emergent imaging technique such as magnetic particle imaging (MPI) through their strong
magnetization (Figure 4) [35–37]. MPI, in conjunction with MRI as a paired technique, is gaining traction
in clinical diagnostics due to its significant benefits over other more established techniques [36–38].
Specifically, MPI is a relatively fast imaging method, generates zero tissue background signal, and there
is no attenuation of the signal correlated to organ depth, allowing for unimpeded and quantitative
high-resolution imaging at any depth and location [38–40]. Recent work has advanced the technique
in its potential for robust and sensitive cardiovascular imaging of healthy and diseased conditions,
such as stenosis and myocardial infarcts [39,41,42] and cell tracking [43–47], which is of great interest
in the field of TE. In particular, MPI can be useful in imaging bioprinted organ constructs, where
3D spatial arrangement and resolution are fundamental limitations. Further progress in MPI, as a
diagnostic and basic research tool, requires advancements in imaging physics, nanoparticle synthesis,
and characterization, as well as ongoing proof-of-principle imaging of small animals, TE constructs,
and more broadly in human patients [48].

 
Figure 4. Hardware setup used in magnetic particle imaging (MPI) scans using SPIONs. (A) The Berkeley
field-free-line MPI preclinical scanner. (B) To form a projection image, the magnetic field (FFL) rasters
across a trajectory as shown, imaging the in vivo distribution of SPIONs in a rat. Multiple such
projections can reconstruct a 3D MPI image similar to CT. Reproduced with permission from Ref. [48].

MPI works are based on the direct imaging of the concentration and location of the SPION tracers,
using varying magnetic fields, which have high sensitivity and are capable of significant background
to signal (contrast) resolution. The field has already advanced several particles (e.g., Ferumoxytol)
through the FDA for chronic kidney disease induced anemia treatment [49]. Additionally, SPIONs
have been shown to successfully work in patient imaging (Resovist) [50,51], and have been used to
localize sentinel lymph nodes for breast cancer detection (Sienna) [52]. They have been also used
for evaluation of hyperthermia-induced solid tumor removal (NanoTherm) [53]. Importantly, MPI
scans are relatively safe and radiation-free, which combined with the high contrast and sensitivity
imaging capabilities, offers critical advantages in cardiovascular imaging and cell tracking. MPI has
been used both as a diagnostic tool and as an imaging platform in bioprinting-based TE, to build
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tissue/organ mimics with high fidelity to their living analogs. It is capable of detecting low numbers
of cells reliably [54], which opens up the technology to be used in cell-based clinical applications,
such as cancer therapies and tracking stem cell-derived TE constructs [43,46,52]. Unlike traditional
radiotracing contrasts, SPIONs have a half-life that is essentially unlimited, which allows researchers
to track cellular localization over long time intervals (up to several months in animal models) [55].

2.3. Angiography

An angiogram or arteriogram is a diagnostic procedure that uses specific dyes to outline the
arteries in a patient (Figure 5). Arteries are invisible to the clinical imaging tools under normal
conditions, and thus, their visualization requires utilizing some type of contrast agents. There are
three main forms of angiograms, each relating to the imaging platform that is used to generate the
clinical images.

Digital subtraction angiography (DSA) is the more common method of getting arterial images
in the clinic. The artery to be imaged is numbed with a local anesthetic and then a contrast agent is
injected, which outlines the vascular network downstream. Following contrast introduction, X-ray
is used to acquire the vasculature images [56–59]. DSA normally takes around 20 min to perform.
Computer tomography (CT) angiography is another method to acquire high-resolution 3D images of
a patient’s vasculature. Similar to DSA, CT angiography also requires a contrast agent introduction,
but unlike DSA, the injection site is the vein in the arm, usually a drip, which allows for the entire
arterial network to be imaged, if required. Image acquisition is very fast as it only takes a few seconds to
generate them. The third common angiography method uses MR to generate the needed 3D vasculature
images [58,60–64]. Gadolinium is the most common contrast agent that is used with MR angiography
(Figure 3). Post introduction, any artery in the body can be imaged. As with CT angiography, MR
approach is a fast procedure, usually performed on the same day.

Figure 5. Example angiography (MR) outlining via contrasting the heart chambers and attendant
vasculature. Reproduced with permission from Ref. [64].

Since angiography procedures involve the injection of a contrast agent to generate images,
there may be some risks, such as allergies to the contrast, bleeding at the puncture site, or false
aneurism [65]. A rarer but serious complication can happen if there is already some kidney damage
present, where contrast injection can further deteriorate kidney function. Each of these complications
can be successfully mitigated via appropriate pre-procedure preparations, or with simple surgical
post-procedure manipulation in the case of the false aneurysm.
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Angiography is almost exclusively a clinical imaging technique, so its application to in vitro TE has
been limited so far, done predominantly in excised tissue slices from mice and pig. Nonetheless, as the
additive manufacturing, specifically bioprinting technologies, enter the tissue bioengineering field,
complex in vitro tissue models that incorporate vascularization will require advanced visualization
and tracking methods for both modeling applications in the lab and for translational applications,
such as cardiac patch implants or vessel grafts post-stenosis. Having a complete picture of all sources of
flow into and out of bioengineered tissue mimics would be critical to recapitulating their functionality.

2.4. Computed Tomography (CT)

CT has been widely used as a biomedical imaging technique over the last decades due to its high
spatial and temporal resolution. CT imaging generates a 3D reconstruction of the targeted sample
by collecting the transmitted X-ray at different angles using a multi-array detector (Figure 6) [12].
Since the CT contrast is sensitive to the materials that attenuate the X-ray transmission, this technique
has been widely used to image tissue structures which have high mineral concentrations, like bone
and the surrounding tissue. Consequently, CT has been extensively used in different bone TE
applications [66–69]. The development of more sensitive techniques like micro-CT has allowed for the
study of the morphology and 3D structure of different scaffold geometries in the sub-micron scale as
well as the tracking of different cells incorporated into the scaffold structures [70–76]. These unique
advantages have also allowed CT to be used in conjunction with new additive manufacturing techniques,
such as 3D (bio)printing, for different implant-manufacturing purposes [66].

Figure 6. Cellular tracking using gold nanoparticles as a contrast agent and imaged with CT. Reproduced
with permission from Ref. [77].

A drawback of the CT technique is that it is less sensitive to visualize the contrast between different
soft tissue structures. However, the sensitivity can be improved by utilizing different contrasting agents.
Currently, different biomaterials including gold [78–83], heavy elements [84], cationic agents [85],
polymers [74], and nanoparticles [84,86] are being used as contrast agents in different CT imaging
applications ranging from animal models to clinical studies. For instance, different animal model
studies have employed CT with radio-transparent contrast agents like polymer [87] and alkaline-based
agents [88] as in vivo imaging techniques to quantify different soft tissue structures like hepatic
vascular and parenchymal regeneration as well as vascular network at a capillary level. CT with
contrast angiography has also been used to study the stability of human cell-derived engineered heart
valve after implantation in sheep [89,90]. Clinically, CT with an iodine-based agent has been used
to study myocardial fibrosis in patients with hypertrophic cardiomyopathy [90]. These materials
can be implanted in the soft tissue scaffold, thus allowing for new in vivo tracking applications.
Furthermore, these nanobiomaterials can also be used as therapeutics by including functionalized
medicine through surface modification [77,91]. In addition to the development of new biocompatible
contrasting materials, more sensitive detectors such as photon-counting detector technology have also
been developed to enhance the visualization of different soft tissues within the CT techniques [92]. As a
result, contrast agents can be used both as diagnosis and therapeutics. Thus, CT imaging technologies
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can be used to monitor the efficacy of drug implants in vivo due to its high spatial resolution and
penetration in comparison with other imaging techniques.

More recently, CT imaging has been utilized as a nondestructive tool for longitudinal and
volumetric measurement of scaffold degradation both in vitro and in vivo [81]. For this purpose, gold
nanoparticles, used as contract agents, were covalently conjugated to collagen polymer during scaffold
fabrication, resulting in the generation of CT-visible collagen constructs. The X-ray attenuation of the
conjugated scaffolds was used to measure hydrogel degradation over the time in culture.

2.5. Ultrasound

The rapid development of implantable TE platforms has created a major necessity for
non-invasive, non-ionizing, and non-destructive techniques for the in vivo tracking and imaging of
implantable tissues. Ultrasound imaging technologies and their associated multi-modality approaches
(e.g., ultrasound-photoacoustic imaging [93]) have been investigated due to their specific advantages
for TE applications (Figure 6). Importantly, ultrasound techniques can enable in-situ quantitative
measurements of various properties of engineered tissues, including extracellular matrix (ECM)
formation, degradation, mechanical strength, cell infiltration, vascularization, and blood perfusion
and oxygenation [93,94]. This is while most in vitro or ex-vivo scaffold characterization modalities,
such as electron or optical microscopy, and X-ray tomography have limitations for in vivo tracking of
scaffolds, due to their invasiveness, limited penetration depth (few hundred micrometers), or poor
contrast. Thus, ultrasound could be an ideal tool for diverse preclinical and clinical applications.

Ultrasound utilizes sound waves at frequencies over 20 kHz (Figure 7). In a clinical setting,
frequencies ranging from 1–15 MHz are used to generate images of features in biological tissues [95].
For instance, PEG hydrogels have been characterized using B-mode ultrasound to visualize varying
amounts of ECM proteins and cell composition in real time over 18 days [96]. This technique utilizes
a 12 MHz imaging frequency which limits the penetration, making it difficult for probing scaffolds
in vivo. However, this method is suitable for validation experiments in preclinical applications.
This validation method was used in a similar study, where collagen deposition was calculated in
scaffolds with myofibroblasts to quantify protein concentration [94,97–99].

Figure 7. (A,B) Experimental setup of ultrasound used to image different areas of a scaffold made
of PEG hydrogel. (C) Example of output image from the system. Reproduced with permission from
Ref. [96].

Along with quantifying biological components concentration, mechanical properties of TE
constructs can be evaluated using ultrasonic modalities coupled with computational methods. Previous
studies have shown that utilizing ultrasound elastography can yield measurements of elasticity and
stiffness of soft tissues to determine pathological conditions such as inflammation and tumors.
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For instance, Walker et al., reported a strong correlation between the compressive moduli calculated
from ultrasound and mechanical testing of TE cartilage [100]. Ultrasonic modalities offer robust
information due to their unique interactions with biological tissues. As effective signal processing
and computational methods improve, more methods are increasingly being applied to generate
information-rich data sets of TE tissues from ultrasound acquisitions.

While ultrasound (sonography) methods may offer much lower resolution than MRI and CT for
imaging of bioprinted constructs, they can monitor the condition of bioprinted tissues in vivo in real
time readily, at much lower costs [101]. Ultrasound has recently found other novel applications in
3D bioprinting technologies, helping to tackle some of the main challenges related to this additive
biomanufacturing techniques. Acoustic radiation in an ultrasound standing wave field (USWF) forces
the cells and accumulates them at the pressure nodes, at low pressure areas [101]. This technique (so
called ultrasound-assisted biofabrication) results in the formation of cell spheroids within minutes
at relatively narrow/homogeneous size distributions. For instance, USWF was utilized to generate
endothelial cell spheroids which showed enhanced neovessel formation [102]. Further, low-intensity
ultrasound is reported to enhance stem cells proliferation and differentiation [103].

2.6. Bioluminescence

Bioluminescence is a natural light-emitting process, produced by various organisms, which
can provide a measure of localization and viability of cells and tissues [104–106]. Derived from
bioluminescent species, the light-emitting oxidation reaction of luciferase (enzyme) catalysis of luciferin
(substrate) can be introduced to cells. Once a substrate is introduced, transfection of luciferase-coding
genes into cells primes them for light production. The light intensity can then be detected and
quantitatively evaluated—known as bioluminescence imaging (BLI) [104,107]. Resolutions of BLI
can accurately trace down to the molecular or cellular scale across entire organisms during in vivo
tracking [104,105]. Unlike potentially harmful contrast agents, this illumination process is non-invasive,
biologically compatible, and can be longitudinally monitored across cell lineages. It also avoids
the high cost, low throughput, and low sensitivity of standard instrumentation, such as MRI or
CT. However, current challenges include deep tissue visualization, spatial resolution, homogeneous
substrate distribution, and accurate interpretation of detected signals [104,108].

Cell tracking via BLI has been used for stem cells, immune cells, and bacteria for varied tissue
types [104]. For instance, using human mesoangioblasts, seeded onto decellularized esophageal
scaffolds, Crowley et al. quantified cell viability, proliferation, and migration after implantation
in murine models over the course of 7 days [109]. Iwano et al. visualized tumorigenic cells in
deep mouse lung vasculatures and also demonstrated successful tracking of hippocampal neuronal
activity, while previous luciferins were too large to penetrate [110]. Notably, these longitudinal studies
have been carried out for up to 16 months in marmosets [111]. To study the immune response,
Conradi et al. monitored a fibrin scaffold seeded with neonatal rat heart cells when implanted in
allogeneic, syngeneic, and immunodeficient rat recipients [108]. Allogenic grafts only survived for
14 ± 1 days, while the syngeneic and immunodeficient recipients lasted over 100 days, indicating the
importance of autologous cell sourcing. Ex-vivo validation and improvement of BLI is continually
being performed to advance in vivo techniques as well, such as stem cell seeding on intervertebral
discs in culture [112]. Therefore, BLI is known as a longitudinal, non-invasive method of tracking
implanted tissues and their progeny in vivo.

To improve the tissue penetration in vivo, synthetic enzyme and substrate analogues have
emerged that emit longer, near-infrared (NIR) wavelengths (λ = 650–900 nm) that are unhindered
by hemoglobin and melanin absorption ranges (λ ≤ 600 nm) [110]. Used luciferases originate from
fireflies, sea pansies, and photobacteria, but have relatively similar maximum emission spectrums
(λ ≤ 600 nm) [104]. Luciferin analogues have also been explored. For instance, AkaLumine-HCl has
achieved NIR wavelengths (λ = 677 nm) and demonstrated improved spatial sensitivity in deep lung
metastases down to the single cell level, as compared to luciferin-D or CycLuc1 [110]. A mutagenic
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derived luciferase, specific to AkaLumine-HCl, called Akaluc, was also engineered to boost catalysis
efficiency by sevenfold. AkaLumine-HCl is permeable through the blood-brain barrier and evenly
distributes at low concentrations [111]. Overall, as techniques evolve, the BLI utility in localizing
tissue-engineered constructs longitudinally will continue to distinguish this method from other in vivo
imaging modalities.

In a recent approach, functionalized bioinks were developed by incorporating luminescent optical
sensor nanoparticles into the hydrogel ink solution [113]. Excitation of these nanoparticles with
blue light results in the emission of red luminescent light by the particles which is in proportion
to the local oxygen concentration. Higher oxygen contents will generate less red luminescence.
Therefore, this innovative, noninvasive approach enables imaging and analysis of the heatmap of
red luminescence and oxygen concentration within bioprinted tissue constructs (Figure 8) [113].
In another study, the proliferation of bioprinted mesenchymal stromal cells, associated with collagen
and nano-hydroxyapatite, was assessed by quantification of the luciferase signal of luciferase positive
cells in a mouse model for up to 42 days [114].

 
Figure 8. A novel 3D bioprinting approach with hydrogel bioinks functionalized with luminescent
nanoparticles. (a) Cells and/or nanoparticles, containing the O2-sensitive luminescent indicator PtTFPP
compound and an inert fluorescent coumarin dye, were incorporated into an alginate-based bioink for
bioprinting. (b) Experimental setup used to image O2 distribution in bioprinted hydrogel constructs.
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2.7. Fluorescence Spectroscopy

Fluorescence spectroscopy utilizes the ability of the targeted molecules to emit light at a different
wavelength than the optical excited source (Figure 8) [115]. The information from the emitted photon
can then be constructed to produce 2D images with high temporal and spatial resolution [116].
In biology, fluorescence can happen with most biological molecules with the appropriate excitation.
However, for specific applications, like cell-based therapy and TE, the emitted signal from the
fluorophore molecules can be enhanced through direct or indirect labeling. In the case of indirect
labeling, the targeted cells can be engineered, like gene transfection, to express fluorescence proteins
like GFP [117]. In indirect labeling, the targeted molecules are attached to certain functional fluorescent
molecules which can be activated through an optical excited source [118]. In both cases, the excited
wavelength needs to be considered carefully since it can affect the specific photophysical properties of
the fluorophores, such as photostability, quantum yield, Stokes shift, and fluorescence lifetime [118].

Nanomaterials have emerged as an effective candidate for direct labeling in fluorescent
spectroscopy. Different materials such as quantum dots (QDs) [119], polymers [115,120,121], organic
dyes [122], upconversion nanoparticles (UCNPs) [123], and gold nanoparticles (AuNPs) [115] have been
considered depending on the specific applications. For cellular tracking, the functional nanomaterials
can be attached ex vivo to the targeted protein on the cell surface or they can be infused inside
through the process of diffusion or active transport [118]. When excited optically, these nanomaterials
can be used to distinguish different performance and functionality of the matrix-embedded cells.
In addition to cellular studies, nanomaterials, such as QDs [116] and UCNPs [123], have also been
used to label hydrogel scaffold structures to study their degradation. These materials require different
excitation wavelengths such as ultraviolet (UV) or visible light for QDs and dyes [115], while UCNPs
are more sensitive to NIR wavelengths [123]. However, UV and visible wavelengths have different
shortcomings, such as limited penetration depth and potential disintegration of the biological molecules
and scaffolds [118]. In addition, even though QDs have excellent optical properties, their suboptimal
biocompatibility and biodegradability represent major challenges that hinder their applications in
TE [115]. NIR fluorophores can resolve those disadvantages as well as minimize the autofluorescence
from cells and tissues, which allows them to be used in a wide range of in vivo tracking of hydrogel
degradation (Figure 9) [115].

Figure 9. Fluorescence contrast of tumor growth when the mouse is injected with upconversion
nanoparticles. Reproduced with permission from Ref. [115].

In addition to fluorescent properties, certain metallic nanoparticles like gold nanoparticles can
have multi-functional properties, contributing to tissue mechanical properties, electrical conductivity
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and (cell) differentiation, and photothermal effect, when they are integrated into the biopolymer
scaffold. Such particles, therefore, are good candidates for multifunctional applications such as cancer
detection assays and optically-controlled on–offmicrofluidic devices [124].

2.8. Optical Coherence Tomography

In addition to fluorescence and bioluminescence, which only provide 2D image information, recent
advances in optical imaging technologies have allowed for the 3D visualization of tissue structure
through the measurement of the interference and coherence between signals reflected from the object
and reference signals, known as optical coherence tomography (OCT) [11]. Due to this unique property,
OCT can provide anatomical information of the object with sub-millimeter penetration depth [10].
OCT can be used with a variety of light sources, ranging from NIR to visible light [125,126]. In the
field of TE, OCT has been used to investigate the geometrical parameters of 3D scaffold architecture,
including porosity, surface area, pore sizes, and pore interconnectivity [127,128], as well as remodeling
and degradation of polymer structures for specific applications such as vascular grafts [129]. OCT
can also be used to asses cell viability, proliferation, distribution, morphology, and function within a
cell-laden hydrogel and scaffold (Figure 9) [130]. Advancement in phase-based OCT has also been able
to provide contrast between cells and the surrounding hydrogels, thus allowing to achieve a greater
understanding of the cell–ECM interactions [128]. Furthermore, a combination of OCT with Doppler
velocimetry has been used to characterize flow in engineered tissues, such as artificial blood vessels,
by increasing the obtained contrast compared with conventional OCT [11]. Thereupon, OCT has been
widely used in conjunction with automated 3D fabrication techniques, such as 3D bioprinting [131],
as a high-resolution, noninvasive, label-free method, enabling cellular imaging at different levels for
TE applications (Figure 10).

Figure 10. (a–i) OCT design and the tracking of cells in a 3D bioprinted scaffold seeded with cells.
Reproduced with permission from Ref. [127].
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2.9. Photoacoustic Imaging (PAI)

Photoacoustic imaging (PAI) leverages the photoacoustic effect produced by pulsed non-ionizing
lasers in tissue to reconstruct an image. For this method, the pulsed laser energy causes heat-induced,
elastic tissue expansion, of which emits ultrasonic waves in the MHz range. Via ultrasound transducers,
these waves are detected and electronically processed to output a final picture (Figure 11) [132]. PAI
diverges based on the acquisition method into photoacoustic microscopy (PAM—focused scanning) and
photoacoustic tomography (PACT—inverse reconstruction) [133]. Overall biomedical applications of
this technique vary from visualizing macroscopic structures (e.g., small animals to tissues) to microscopic
structures (e.g., cells to organelles), with associated contrast agents [133,134]. The advantages of PAI
include its non-invasiveness, non-destructiveness, macro to microscale versatility, and compatibility
with established imaging modalities. Conversely, PAI challenges include merging optical and acoustic
signals, limited scanning speed for wide fields of motion and optimized mathematical models across
measurement scales [132,133].

 
Figure 11. Overview of the physics and processing involved in photoacoustic imaging (PAI) (left), and
a sample of 2D and 3D vasculatures acquired via PAI from hemoglobin and melanin emissions without
contrast agents (right, a–c). Reproduced with permission from Ref. [132].

Applications of PAI in TE and 3D (bio)printing are beginning to expand. For instance,
Cai et al., compared the resolution of microcomputed tomography to PAM technique in scaffolds of
poly(lactic-co-glycolic acid) incorporated with single-walled carbon nanotubes. They demonstrated
commensurate porosity measurements under physiological conditions [134]. In another study, acoustic
and physiomechanical properties of 3D bioprinted poly-(ethylene glycol)-diacrylate scaffolds were
quantified using an ultrasound pulse echo technique [135]. Hu and Wang have shown micrometer-level
resolutions of microvasculatures capable of both capturing geometric and hemodynamic information,
such as blood oxygenation [136]. This can be extremely useful in monitoring the oxygenation of
implanted TE constructs. Much of PAI research is currently focused on optimizing contrast agents for
high fidelity imaging for eventual in vivo applications [137–139].

Contrast agents are not always needed due to the PA emissions of already present hemoglobin
and melanin. However, to penetrate beyond 1 mm depth, contrast agents that absorb NIR waves are
optimal [140]. Metallic (e.g., gold and copper selenide-gold [141]), organic (e.g., carbon tubes and
graphene oxide [138]), and semiconductor (e.g., semiconductor polymers and quantum dots [137])
nanoparticles of varying orientations have been employed. Of the three, organic particles exhibit
size-independent properties and improved biocompatibility and biodistribution, especially with
surface neutralization via encapsulation. This enables multiplexed imaging with customized organic
nanoparticles [140]. Overall, PAI development holds much promise in monitoring the TE systems.

2.10. Multimodal Imaging

Each imaging modality, described above, is associated with certain drawbacks and hence, a single
imaging modality may not be utilized to acquire all desired information from the tissue/construct of
interest. Multimodal imaging can be used to overcome these limitations by utilizing a combination of
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imaging modalities to provide better resolution in terms of spatial information, along with functional
and molecular information [142]. Current platforms of multimodal imaging strategies explore
combinations of CT/positron emission tomography (PET), CT/MRI, MRI/PET, and ultrasound/PA to
characterize and monitor TE constructs (Figure 12) [143].

Figure 12. Overview of multimodal imaging applications and their advantages and disadvantages.
Reproduced with permission from Ref. [143].

Contrast agents are often used in multimodal imaging, providing reliable detectability. Radioactive
isotopes such as 99mTc (t1/2 = 6 h) and 18F (t1/2 = 110 min) are commonly used in single photon
emission CT (SPECT) and PET imaging, since both modalities rely on the detection of -photons
emitted from radioactive isotopes [144,145]. SPECT/CT was utilized to non-invasively monitor bone
morphogenetic protein-2 (BMP-2) content and bone formation in composite TE constructs for bone
regeneration [146,147]. Kempen et al., created a drug delivery model composed of poly(lactic-co-glycolic
acid) embedded into a gelatin hydrogel scaffold over 56 days. A reliable sustained release profile of the
125I-radiolabeled BMP-2 was recorded with SPECT over the full implantation period while in vivo
micro-CT detected initial bone formation [146]. However, for multimodal applications, a common
contrast agent that each modality can detect is the most favorable. Some nanomaterials such as
liposomes, carbon nanotubes, gold nanoparticles, and iron oxide nanoparticles are efficient candidates
due to their inherent biocompatibility [17,144,148,149].

Multimodal imaging methods are being increasingly used to track 3D bioprinted tissue constructs.
For instance, ultrasound-guided PA imaging technique has shown to have great potential in
visualizing the structure, distribution, and retention of microvascular endothelial cells within 3D tissue
constructs [150]. Overall, multimodal imaging is dependent on suitable contrast agents that allow for
capturing the synergetic properties of each imaging system.

3. Conclusions

Imaging techniques have proven to be indispensable to the advancements in the field of TE
and regenerative medicine. In vivo imaging and tracking methods provide vital information about
different aspects of engineered tissue constructs post implantation. These features include the 3D
geometrical microstructure; the interaction between biological molecules and the scaffold; and the
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cellular behavior, interaction, and viability within the constructs. Acquiring this information is
important to provide feedback to improve the design and fabrication of scaffold systems for different
clinical applications, as well as to enhance the understanding of certain cellular processes for cell-based
therapies. The individual techniques outlined in this study offer different advantages for the in vivo
monitoring of molecules and cells. Different methods have distinct capabilities in tracking different
properties of 3D scaffolds. These techniques also suffer from distinct disadvantages which can limit
their application in clinical trials. Thus, it is important for the researchers to choose the appropriate
imaging modality for specific in vivo studies. The emergence of multimodal imaging has provided
an alternative to overcome the shortcomings of the individual imaging techniques, thus enabling a
more comprehensive visualization at different levels. Furthermore, progresses in developing various
contrast agents for different imaging modalities have enhanced the imaging resolution as well as
the ability to combine multifunctional contrast agents as both diagnostics and therapeutics. Finally,
advanced imaging techniques can also be combined with new fabrication techniques, such as 3D
bioprinting, thus allowing for patient-specific therapeutic applications.
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