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Abstract: The broad clinical use of synthetic vascular grafts for vascular diseases is limited by their
thrombogenicity and low patency rate, especially for vessels with a diameter inferior to 6 mm.
Alternatives such as tissue-engineered blood grafts (TEBGs) have gained increasing interest. Among
the different manufacturing approaches, 3D bioprinting presents numerous advantages and enables
the fabrication of multi-scale, multi-material, and multicellular tissues with heterogeneous and
functional intrinsic structures. Extrusion-, inkjet- and light-based 3D printing techniques have been
used for the fabrication of TEBG out of hydrogels, cells, and/or solid polymers. This review
discusses the state-of-the-art research on the use of 3D printing for TEBG with a focus on the
biomaterials and deposition methods.
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1. Introduction:
For a broad spectrum of vascular diseases, the bypass of blocked blood vessels is performed
using a vascular graft. The surgeons anastomose the graft with a healthy vessel and reconnect the
blood flow downstream. Vascular bypass is a common surgical procedure for limb salvage following
critical limb ischemia and various peripheral vascular diseases associated with diabetes,
atherosclerosis, or aging, and is a prevailing therapeutic option for coronary artery diseases. Vascular
prostheses are also essential for arteriovenous fistulae, hemodialysis vascular access, and large vessel
reconstruction-linked congenital defects or aneurysms.
For vessels with a diameter larger than 6 mm, synthetic grafts made with polymers such as
polyethylene terephthalate (PET, Dacron®), expanded polytetrafluoroethylene (ePTFE, Goretex®)
and polyurethanes (PU) are preferred. The resistance of blood flow and the risk of thrombosis are
low. Well-documented performance investigations confirmed their adequate compliance for low
shear stress. Major advantages include biocompatibility, a broad availability of forms and sizes, costeffectiveness, and favorable surgical handling [1].
For applications such as peripheral and coronary bypasses that require small diameter grafts,
the benchmark vascular grafts are autologous, including the internal mammary artery, the radial
artery from the arm, and the saphenous vein from the leg. Although very successful in a majority of
patients, the lack of natural grafts is a concern for approximately 30% of those who need multiple
grafts or have vascular diseases. Small diameter synthetic grafts are also available; however, their
long-term patency rate is impaired by intima hyperplasia, thrombosis, and infection. Blood flow
disturbance and wall shear stress that emerge from the mechanical property differences between the
grafts and the native artery induce a biological response. An initial endothelial injury is followed by
platelet activation, migration of smooth muscle cells (SMCs), and production of extracellular matrix,
resulting in the thickening of the vessel wall, referred to as intima hyperplasia, and thrombosis. The
consequent decrease in graft patency is responsible for vascular failure [2,3].
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To address these issues, the development of tissue-engineered blood grafts (TEBGs) has
flourished in recent decades. The next generation of small diameter grafts should present some
important improvements. Adequate compliance and mechanical strength that can sustain high
pressure and pulsatile flow, optimal anti-thrombotic capacity, and long-term patency are key features
that must be addressed. Several strategies for vascular grafts have emerged with a clear preference
for biological active multilayer grafts combining cell and biomaterials with a native-like structure.
Native vessels are composed of several layers. From the lumen, the first important layer is the
endothelium. This monolayer of endothelial cells (ECs) is in direct contact with the blood, provides
anti-thrombotic protection, and controls SMC function and homeostasis. The protective layer is
challenged by variations in blood flow and pressure. An injured endothelium promotes smooth
muscle cell migration and consequent intima hyperplasia. The vessel wall is composed of successive
layers of extracellular matrices, SMCs, and fibroblasts. The SMCs regulate the lumen diameter and
contractility of the vessel. Oriented layers of elastin and collagen provide the vessels' mechanical
properties, such as compliance and strength.
Engineering a functional blood vessel relies on the following principles:
1. A rapid formation of a functional endothelial layer at the surface of the graft increases the
hemocompatibility of TEBG by decreasing the occurrence of early thrombosis [4] and late hyperplasia
[5]. The endothelialization of the grafts can be achieved either in vitro or in vivo. In vitro, the grafts
seeded with ECs are maintained in culture until a functional endothelial monolayer forms. The
sources of ECs vary from human autologous ECs, human umbilical vein endothelial cells (HUVECs),
stem cell derived ECs, or CD34+ endothelial progenitor cells (EPCs). In vivo, endothelization is
promoted by the EPCs recruited into the implanted grafts from the host circulation and/or by the
migration of ECs from the adjacent artery. However, to achieve sufficient migration of ECs and
recruitment of EPCs, the stimulation of cell adhesion and the use of chemoattractants are important.
2. Both the matrix and the manufacturing process control the structural integrity and mechanical
properties (such as burst strength and elastic modulus). As an example, the elastic modulus of a
healthy human aorta was reported to be in the range of 1.5 MPa and varies with age and health status
[6,7]. In addition, the scaffold design influences cell migration and consequent neotissue formation.
In particular, the presence of pores within the scaffolds and their size have been identified as
important factors for host cells recruitment. The cells colonize the scaffold, produce their own
extracellular matrix, and foster vessel regeneration, as well as graft patency [8].
3. The addition of SMCs, fibroblasts, or stem cells within the vessel wall may be beneficial. Lee
et al., [9] provided evidence that the cell content of the implanted TEBGs correlates with the patency
rate. Even though the seeded cells disappear from the grafts within a few days, it was demonstrated
that they stimulate the host response in a paracrine manner, via the release of growth factors and
cytokines, and promote remodeling and regeneration [10]. As a consequence, initially seeded cells
are replaced by a neotissue. The evidence of the remodeling process of the TEBG post-implantation
has fostered the idea that biodegradable biomaterials may be appropriate if the vessel integrity is
maintained for several weeks, while ECM produced by the host cells replaces the scaffold material as
it degrades, allowing the development of an autologous graft [11].
4. Finally, the anchorage of specific biologically active molecules to the scaffolds stimulates the
in-situ remodeling and the regenerative process and therefore limits hyperplasia.
Accordingly, the tissue-engineered strategies for TEBG corresponding to biomaterial-centered
and/or cell-based approaches have led to the development of a broad variety of combinations of cells
and scaffolds. Recent investigations have shed light on promising TEBG composed of synthetic
vascular grafts seeded with either endothelial cells [12], adipocyte derived vascular cells [13] or bone
marrow mononuclear derived cells [14]. Other TEBGs development provided evidence of the
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feasibility of using bioresorbable scaffold [11] or decellularized biological matrices such as the
bioengineered human acellular vessel (HAV) [15]. In this approach, human vascular smooth muscle
cells (hVSMCs) were seeded into polyglycolic acid polymer scaffolds and subjected to pulsatile
distension for 8 weeks before the removal of the cells with detergents, preserving the tubular
structure composed of extracellular matrix proteins. Furthermore, scaffold-free grafts composed of
fibroblast and SMC sheets rolled on a mandrel to produce a tubular structure (named tissue
engineering by self-assembly, TESA; [16]) have been successfully developed.
To date, several biological active vascular prostheses have been tested in clinical trials for vessel
reconstruction in pediatric patients with congenital cardiac diseases [17], peripheral arterial disease
[13] and hemodialysis access [15,16]. Nevertheless, at the moment, no biological active vascular grafts
have received market approval from the FDA.
The urgent need for small diameter TEVGs has challenged the scientific community and resulted
in the development of numerous multi-disciplinary approaches. Regarding the complexity of the
multilayered vessel structure, 3D printing has opened new avenues for the engineering of structures
composed of cells, growth factors, and scaffolds assembled in an organized way. In the present
review, we specifically address the use of 3D printing for the fabrication of TEVGs and describe
various combinations of deposition techniques, biomaterials, and cells.
2. 3D Printing techniques used for TEBG
3D Printing offers the possibility of engineering complex biomedical devices and tissues
according to computer design and patient-specific anatomical data. A 3D printing platform consists
of a computer-controlled axis system combined with one or more layer-by-layer processes. 3D
printing enables the bypassing of time-consuming and expensive steps of subtractive manufacturing
or casting processes, including the preparation of molds for plastic injection or metal casting. This
technology is especially interesting for fast prototyping, small series production, and customized
devices. Since its initial use for pre-surgical training models and tooling molds, 3D Printing has
slowly evolved to create unique and customized implants, engineered tissues, and drug delivery
systems. The general 3D printing workflow consists of:
1. Designing a 3D model (eventually based on patient-specific 3D imaging)
2. Converting the 3D model to data for the manufacturing process (tool path or 2D slices)
3. Manufacturing the model by a digitally controlled deposition or cross-linking process
4. Post-processing for bulk or surface modifications [18].
The main techniques used for 3D printing of biological materials are inkjet, micro-extrusion and
laser-assisted printing [19–21].
2.1 Extrusion
Extrusion printers operate by the automated displacement of an extrusion system that deposits
material onto a substrate in three dimensions. Directed by the controller of the platform, continuous
strands of material are deposited in two dimensions. After the completion of a layer, either the stage
or the extrusion head is moved along the z-axis, and the deposited layer serves as a foundation for
the next layer. A myriad of biomaterials is compatible with extrusion printers, including hydrogels,
polymers, and cell suspension or aggregates. The most common methods used to extrude biological
materials for 3D bioprinting applications are pneumatic pistons, mechanical pistons, or screw
extruding systems. The coaxial extrusion has gained popularity for the bioprinting of hollow tubes.
A nozzle made of two or more concentric needles permits the simultaneous deposition of multiple
materials in concentric rings. When used for tissue engineering applications, the controlled deposit
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of a bioink forms a hollow tube (outer channel) that is filled with a cross-linking solution or cell
suspension (inner channel).
2.2 Inkjet
Inkjet printing consists of ejecting drops of material from a nozzle onto a substrate with a narrow
range of printable viscosity (<15 mPa.s), limiting the choice of printable biomaterials. In comparison
with other processes, inkjet printing offers fast and precise deposition. However, it is not suitable for
the printing of bioinks laden with a high density of cells, since their number increases the overall
viscosity of the ink [22]. Piezoelectric and mechanical micro-valve drop-on-demand inkjet are the
most common bioprinting techniques [23,24]. As compared to other inkjet methods, micro-valve
inkjet typically allows for the jetting of liquids with higher viscosities under a higher pressure, thanks
to the mechanical closing of the nozzle. The drawback of such a system is the drop size, which is
larger than other inkjet methods.
Concerning piezoelectric inkjet, the pulse voltage has a significant impact on cell survival, with
an increased cell death observed at 80 V as compared to 40 V [25]. As the voltage on the piezoelectric
actuator within the printhead increased, the resulting pressure-wave amplitude also increased,
leading to a higher stress on the cells ejected from the nozzle. However, despite the harsh conditions,
the cell viability remained above 95 %. Although no studies have been done to investigate the
possibility of cell membrane damage or induced apoptosis, these results show a higher viability than
that reported for thermal inkjet printing studies.
2.3 Light-based systems
Light-based systems use the energy carried by light for the selective cross-linking of
photosensitive polymer precursors. For tissue engineering applications, stereolithography (SLA),
two-photon polymerization (2PP), as well as digital light processing (DLP) have been investigated.
SLA and 2PP mostly use mirrors to move the focal point of one or more lasers, scanning one layer
after the other. 2PP allows for printing with the highest resolution (<100 nm). However, it is not well
suited for the processing of large objects (>1 cm) as the printing may take days to weeks. DLP printers
use an array of micromirrors, just like a projector, to create a mask to polymerize one full layer at a
time [26,27].
3. Three-dimensional Printing Strategies for TEBG
Driven by the principle that the next generation of TEBG would ideally mimic the structure and
function of the native vessels, 3D printing has emerged as a promising manufacturing process. This
process offers multiple possibilities of controlling the spatial arrangement of the elements that
compose the constructs and tuning the chemical and mechanical properties. Among the strategies
developed, we have distinguished between the investigations centered on the 3D printing of the
scaffolds, and the ones introducing a second level of complexity by processing both cells and scaffolds
via 3D bioprinting.
3.1. Three-dimensional Printing of scaffolds
As summarized in table 1, the 3D printing approaches for TEBG support the creation of straight
or branched tubular structures, using synthetic or natural biomaterials. The choice of the biomaterials
is driven by several considerations, including their mechanical properties, biocompatibility, and
biodegradation behavior (mechanism, kinetics, metabolites) [28]. One of the advantages of synthetic
polymers is the high reproducibility of their properties, independent of batch variability. The
molecular weight, crystallinity, internal organization, and degree of cross-linking are important
tunable attributes that can be adjusted during the synthesis, or later, as a post-treatment. As a
substitute for synthetic biomaterials, natural polymers extracted from animal and plants have been
broadly investigated. Depending on their origin and processing, they generally present biological
cues suited to promote desirable cell responses, and are favorable for cell attachment. Their
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mechanical properties can be tuned by chemical modification (i.e. cross-linking) to match the
application.
Natural and synthetic polymers can be 3D printed in two forms: as solid polymers or as
hydrogels. Solid polymers are mostly hydrophobic and do not significantly absorb water, thus are
not permeable to water-soluble molecules. This implies that, without the addition of pores, the
exchanges of gases (i.e. oxygen), signaling molecules, and metabolites is obstructed. Hydrogels, on
the other hand, are cross-linked 3D networks of hydrophilic polymers, already swollen in water,
allowing for the diffusion of water-soluble molecules [29,30].
The creation and implantation of an acellular, vessel-like structure, is based on the assumption
that biocompatible scaffolds allow the migration and the engraftment of the host cells within the
printed structure, resulting in the formation of a neotissue. The choice to add cells to the printed
structure prior to implantation remains an open option taking into consideration the balance between
increased time and complexity of the graft preparation, and the improved stimulation of vessel
regeneration. In order to create cellularized constructs, cells are seeded and grown on or into printed
structures. First, a tubular structure is produced; next, a simple pipetting procedure seeds the
appropriate cells on or into the printed structures. The constructs are matured over the course of
several days to weeks in an incubator, prior to in vivo implantation. A more sophisticated approach,
consisting of printing both the cells and the biomaterials, is described in chapter 3.2.

Poly(propylene fumarate) (PPF)
PPF is a biodegradable polyester, often used in laser-based additive manufacturing as a UV
resin, together with diethyl fumarate as the solvent, and bisacrylphosphrine oxide as the
photoinitiator [31]. The variation of the solvent to resin ratio allows for the tuning of viscosity before
cross-linking, and mechanical strength of the 3D model. Acellular vascular grafts composed of photocross-linked PPF were produced by DLP [32]. Melchiorri et al. printed PPF-scaffolds with an inner
diameter of 1mm and a wall thickness of 150µm, with adequate long-term mechanical stability and
suturability. After 100 flashes of the UV lamp, the 3D-printed PPF samples demonstrated an ultimate
tensile strength of 1.48 MPa and an elastic modulus of 8.79 MPa, within the range of native femoral
artery and saphenous vein. The acellular grafts were implanted in the venous system of mice for 6
months, and maintained an optimal patency throughout this period. ECM remodeling and a
confluent endothelialization of the lumen surface were observed, suggesting that the implants could
indeed support neotissue formation in vivo. However, an extended inflammation was observed in the
newly formed tissue, suggesting a strong foreign body reaction.

Polyurethane (PU):
PU is a non-bioresorbable polymer with a high mechanical strength. Its main components are
polycaprolactone diol and a second oligodiol containing amphiphilic blocks [33]. Biodegradability
can be engineered by tethering with hydrolysis-prone segments. Recently, PU was modified into a
hydrogel that can undergo thermal gelation and biodegradation [34]. Tubular constructs derived
from PU biodegradable hydrogels were achieved via DLP, and included complex micro-architectures
such as high porosity and interconnectivity [35]. The group improved the suture tear resistance of
the constructs by developing a resin, based on urethane-diacrylate monomers, which exhibited a
reduced cross-linking density. The observed mechanical properties were within the range of those of
native ovine carotid arteries.
Polytetrahydrofuran diacrylate (PTHF-DA):
PTHF-DA is a non-bioresorbable, commercially available resin that can easily be used as a UV
ink through the addition of a photo-initiator. The ratio of the photo-initiator to the resin influences
its photosensitivity, while the chain length of the pre-polymer influences the viscosity of the resin
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and the mechanical properties of the 3D model. Meyer et al used PTHF-DA with SLA to engineer
bifurcating acellular tubes with a diameter of 2 mm [36]. The elastic modulus was reduced from 30
to 6 MPa by increasing the molar mass of the pre-polymer. The biocompatibility investigations of the
photo-cross-linked material showed in vitro cytocompatibility with human dermal fibroblasts. In
addition, the authors provided evidence that to produce smaller diameters, e.g. capillary vessels, 2PP
is more appropriate as it allows for sub-micrometer resolution [36,37].
Alginate
Alginate is derived from seaweed and bacteria [38] and is a popular natural polymer used for
3D printing of scaffolds or as a sacrificial material. Its gelation can be controlled by the addition of
non-toxic ionic cross-linking agents such as calcium chloride (CaCl2). One critical drawback of
ionically cross-linked alginate hydrogels is the release of water-soluble cations into the surrounding
liquids. Nevertheless, covalent cross-linking using Poly (ethylene glycol) (PEG), as well as photo
cross-linking, using methacrylates and photoinitiators, allows for more stable hydrogels, and for the
tuning of their mechanical properties. Alginate is not biodegradable by mammalian cells, as they lack
the enzyme (i.e. alginase) to cleave the polymer chains.
In a pioneer investigation, the fabrication of tubular hydrogel structures by drop-on-demand
inkjet printing was achieved by modifying a Hewlett Packard standard printer to jet the CaCl 2
solution into an alginate bath with a z-stage that moved the substrate after each layer was printed
[39]. Between the layers, SMCs were manually pipetted to ensure their encapsulation in the construct.
Because of the difficulty to achieve precise patterns when using ionic CaCl2 cross-linking, and the
fragility of the model, the printing process could not be used to engineer high aspect ratio constructs.
The inner diameters, wall thicknesses, and heights of the resulting structures were each 2mm.
Interestingly, the construct was cultured for 18 days and showed vasoreactivity to agonists while
remaining mechanically suitable for manipulation.
In an innovative approach, named freeform reversible embedding of suspended hydrogels
(FRESH), alginate based hollow tubular structures were created with the use of a sacrificial material.
An alginate solution was extruded into a supporting gelatin/CaCl 2 hydrogel bath to print branched
coronary artery structures [40]. Gelatin was added to the bath and thermally converted into a gel in
order to prevent the alginate construct’s collapse during the printing process. By providing a
continuous support of the printed model, this approach enables the fabrication of soft structures with
mechanical integrity. To remove the construct from the bath, the gelatin was heated above its
liquefaction point. A structural analysis compared the 3D model with the 3D printed arterial tree and
showed high accuracy of the printed structure, with measured variations of less than 15% in the
overall length and width, and less than 3° difference in the angles of the major bifurcations. When
perfused with black ink, the arterial tree showed no leakage through the wall, confirming an
appropriate fusion of the alginate wall.
Silicone
Xu et al. constructed small-diameter blood vessels using a multi-nozzle 3D bioprinting system
[41]. A double-layered silicone (SE1700) tubular structure was produced by extrusion and postprocessing laser drilling to form micropores within the structure. The mechanical properties of the
silicone supporting structure were tuned to reach 244 kPa for a wall thickness of 150 µm in order to
maintain the vessel structural integrity. The space between the inner and outer layers was filled with
human aortic vascular smooth muscle cells (HA-VSMCs) embedded in a decellularized extracellular
matrix (dECM) to form the Media. HUVECS were seeded inside of the channel to form the Intima.
Human dermal fibroblasts–neonatal (HDF-n) were seeded outside to form the Adventitia. The
complete complex process allowed the successful formation of a three-layered structure similar to
that of native vessels.

Polycaprolactone (PCL)
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PCL is an FDA approved biodegradable polyester with a resorption time of two to three years
through hydrolysis [42]. Its high elongation at break and low stiffness provide major advantages over
other polymers for low-bearing applications with deformations. To tune the mechanical properties
of the printed structures, PCL has often been combined with other polymers.
Using extrusion, Visser et al. produced various multi-material anatomically shaped tissue
constructs [43]. For a vascular branched model, two extrusion heads were used: one printing a PCL
structure with large pores, the other depositing a temporary polyvinyl alcohol (PVA) support.
Alternatively, the authors extruded a gelatin methacrylamide (GelMA)-gellan hydrogel tube that was
reinforced with PCL fibers and alginate support structures. The addition of gellan gum improved the
shape-fidelity of the GelMA hydrogel without affecting cell viability. The removal of the PCL fibers
and dissolution of the alginate supports resulted in a hydrogel tube with an open lumen, into which
a mesenchymal stem cell (MSC) -laden gelatin hydrogel was injected.
Interestingly, PCL has also been used in mixed procedures combining 3D printing with
electrospinning of nanofibers. This combined approach has recently emerged and holds great
potential. Nanofiber-based scaffolds have a high surface-area-to-volume ratio and intrinsic porosity,
favorable for cell integration, while the control of the fiber orientation enables the fabrication of
anisotropic implants [44–46]. Artificial blood vessels were produced by first electrospinning
nanofibers from a biomaterial prone to cell attachment on a cylinder. Subsequently, the electrospun
tubes were wrapped in an extruded, thicker polymer coil in order to improve the mechanical
properties of the vessel [47]. Lee et al. tested CTS (chitosan), PCL, and blended CTS/PCL as an
electrospun material, combined with wrapping in a PCL coil. Water absorption, and therefore
hydrophilicity (which promotes cell adhesion), increased in correlation to the increase in the CTS
content of the nanofibers. The addition of the thick strand of PCL around the electrospun tube led to
an increase of the elasticity modulus and ultimate tensile strength of the vessel.
Using a similar principle, electrospinning of a heparin-eluding Poly-L-Lactic Acid (PLLA) tube,
combined with a thicker PCL coil extruded on the outer wall, was investigated [48]. The low patency
rate observed in grafts made of PLLA alone, due to acute graft thrombotic occlusion, was improved
with the addition of heparin. The acellular hybrid graft had a stress–strain profile comparable to that
of the human thoracic artery. Human mesenchymal stem cells (hMSCs) were seeded into the
construct, and showed proliferation and differentiation into ECs. In vivo, the graft was used to bypass
the aorta for 4 cm in a rabbit model. All the grafts remained patent throughout implantation, and no
thrombosis or structural graft failure was detected. Endogenous endothelial-like cells lined the lumen
of the grafts, while cells within the graft wall displayed characteristics of fibroblasts, and the outer
layers of the graft were colonized with cells resembling fibroblasts or SMCs.
3.2 Bioprinting
Bioprinting enables the fabrication of multi-scale, multi-material, and multicellular tissues with
heterogeneous and functional intrinsic structures [49]. With this approach, the engineered tissues
present native-like mechanical and structural properties, as well as suitable handling capacities for
anastomosis between blood vessels.
Bioprinting strategy refers to the incorporation of 3D printed cells in the scaffold. This often
implies the functionalization of the scaffold with peptide or protein to achieve tissue maturation. The
major remaining challenge is the definition of an optimal bioink and the tailoring of printing
techniques allowing high cell viability throughout the manufacturing process. Living cells are printed
as a suspension in biomaterials or as aggregates (spheroids or pellets) (Table 2). In the last decade,
cell spheroids became popular thanks to novel fabrication and 3D culture techniques. The 3D
multicellular arrangement promotes cell-to-cell interaction, leading to an improved tissue-like
maturation, as compared to standard 2D cultures. Cell spheroids self-assemble into a fused tissue
when placed closely together [50].
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Hydrogels are the most popular biomaterials found in bioinks. The water-swollen gels made of
3D hydrophilic polymeric structures are held together by one or multiple forces. These forces can be
of different natures, the most common being covalent cross-links, hydrogen bonds, and ionic forces
[51].
Agarose
Agarose was one of the first biomaterials investigated for bioprinting. This natural
polysaccharide, extracted from reed seaweed, is an inert material with low cell adherence properties.
Nevertheless, upon blending with collagen, cell adhesion and viability improved [52]. It is used as a
hydrogel in molds for cell aggregation, or as a bioink, with embedded, non-adhering cells [53]. It
becomes a gel around 40 °C but remains quite viscous even when melted. In 2009, an initial study
[54] extruded agarose as a support for different types of cells, including human umbilical vein smooth
muscle cells (HUVSMCs) alone, and in combination with a layer of human splenic fibroblasts (HSFs),
as well as SMCs alone. The cells were deposited through extrusion, first as a spheroids and later as
cell pellets cast in a cylindrical shape. Fusion of the spheroids was observed after 2-4 days, at which
point the agarose support was manually removed. Scaffold-free vessels with a 0.9 to 2.5 mm diameter
were engineered and maintained for 7 days.
Alginate
Alginate is the most popular biocompatible hydrogel used in bioinks. Extruding alginate laden
with human glioma U87-MG cells (U87-MGs) into a CaCl2 bath allowed the formation of tubular
hydrogel structures [55]. The viability of the cells was 93 % immediately after printing and 88% after
11 days of in vitro cell culture. A 2 min post-printing treatment of the model in BaCl 2 solution
improved the mechanical stability of the construct, prevented its degradation, and increased cell
viability. Cell proliferation through the gel and intercellular interaction were observed, implying
good porosity of the alginate hydrogel.
Based on the same biomaterials, Zhang et al. [56] used coaxial extrusion to print alginate laden
with HUVSMCs from the outer nozzle, and cross-linking CaCl2 solution from the inner nozzle. The
cell viability was initially quite low (33 %) but increased to 84 % after 7 days in culture. Cell activity
was confirmed by extra-cellular matrix deposition on both the peripheral and luminal surfaces.
Increasing the alginate concentration led to an increased mechanical strength and stability over time,
as well as an improved printability. However, the porosity was reduced, leading to a lower cell
viability and permeability of the construct.
Using a similar approach, vascular-like structures with bifurcations have been successfully
printed from jetted alginate, as well as from mouse fibroblast-laden alginate, into a CaCl2 bath [57].
The CaCl2 solution in the bath had two functions: a cross-linking agent for the alginate, and a support
material for printing of the overhanging region, as its density is very close to that of cross-linked
alginate. In this study, particular attention was given to the shape-fidelity of the engineered model,
and a heuristic approach was implemented to improve it. The modification of the printing trajectories
along the circumferential and axial directions improved the shape-fidelity of tubular structures with
bifurcations. The cell viability of the construct was 92.4 % immediately after printing and 90.8 % after
24 hours.
Furthermore, a photosensitive bioink, composed of sodium alginate blended with gelatin
methacryloyl (GelMA) and 4-arm poly(-ethylene glycol)-tetra-acrylate (PEGTA), was printed by
coaxial extrusion to form perfusable vascular constructs [58]. Upon coaxial extrusion, the hydrogel
was first ionically cross-linked by CaCl2, followed by UV cross-linking and dissolution of the alginate
to add porosity to the hollow tube wall. Four-armed PEGTA, as compared to the more common 2armed PEG, allowed a higher cross-linking density, leading to increased mechanical strength while
retaining porosity. Multiple multilayered coaxial nozzles were designed for continuous generation
of perfusable constructs with hollow interiors and diameters up to 1.6 mm in a single step process.
The direct deposition of the blended photosensitive bioink supported the proliferation and early
maturation of vascular cells, while remaining printable in a complex 3D vasculature. MSCs and
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HUVECs were encapsulated together in the bioink, and cultured for up to 21 days using a perfusion
bioreactor. Over time, cell migration, spreading, proliferation, as well as MSCs differentiation in
SMCs was observed. However, in the meantime, the mechanical properties of the construct
deteriorated, due to the degradation of GelMA by the cells.
Fibrin, collagen and gelatin
Another interesting hydrogel, fibrin, is derived from the reaction of the enzyme thrombin on the
glycoprotein fibrinogen, both extracted from mammalian plasma. In vivo, it combines with platelets
to clot wounds in blood vessels. The combination of the two components required for its
polymerization makes it well suited for inkjet bioprinting. The main drawbacks of fibrin are its
degradation time, which is quick and thus not ideal for the long-term culture of cells, and the
difficulty controlling its enzymatic polymerization kinetics. [53,59]. Human aortic smooth muscle
cells (HASMCs) were seeded on fibrin hydrogel to self-organize into a tubular form resembling a
natural artery ring [60]. The gel, aided by the innate contractile properties of the SMCs, migrated
towards the center post insert, creating a tissue ring of SMCs. These rings were then stacked into the
final tubular construct with an inner diameter of 5 mm. Contractility of the construct was observed
after 4 days, and mechanical properties were measured after 3 days. Its ultimate circumferential
tensile strength was measured to be 191 kPa, which is 3 orders of magnitude lower than that of a
natural tunica media layer of a common iliac artery (188 MPa) but was still high enough to allow for
an easy manipulation of the construct.
Collagen, a well-known protein, is the main component of natural ECM in mammals. Most
hydrogels use type I collagen extracted from rat-tail tendon, porcine skin, and bovine skin. Collagen
fibrils self-assemble into bundled fibers at neutral pH. In the presence of water-based solvents, these
fibers interact and form a hydrogel. The final properties of the hydrogel depend on the collagen
source and polymerization kinetics [61]. Furthermore, the mechanical properties of the collagen fibers
can be improved by introducing chemical cross-linkers. The enzymatic degradation of collagen is
mediated by the metalloprotease, secreted by the cells.
Gelatin is a biodegradable collagen-based hydrogel that undergoes thermoreversible gelation
when its temperature drops below its gel point. The addition of a methacrylate groups and
photoinitiators makes gelatin photopolymerizable. It then cross-links when exposed to light
irradiation to form a hydrogel, with mechanical properties tunable through the ratio of photo-crosslinker present in the pre-polymer solution [62].
Recently, Schöneberg et al. used mechanical microvalve inkjet to generate in vitro blood vessel
models in a bioreactor directly. These TEBGs consisted of a continuous endothelium (HUVEC)
imitating the Intima, a human umbilical artery smooth muscle cell (HUASMC) layer mimicking the
Media, and a surrounding fibrous and collagenous matrix of normal human dermal fibroblasts
(NHDFs) mimicking the Adventitia [63]. HUVECs were suspended in gelatin, HUASMCs in
fibrinogen and NHDFs in collagen. The drops were jetted onto the polyether-ether-ketone (PEEK)
surface of a chamber that was connected directly to a flow generator. Within the flow bioreactor, the
TEBGs were cultivated for up to 3 weeks under physiological conditions. The cell viability was >83%
immediately after printing, and the expression of VE-Cadherin, smooth muscle actin, and collagen
IV throughout the cultivation period showed that the multilayered wall remained biofunctional.
Poly(ethylene glycol) (PEG)
As an alternative to the natural hydrogel, Poly(ethylene glycol) (PEG) is a synthetic hydrogel
that is commonly modified with photoinitiators and either diacrylate or methacrylate to become
photo cross-linkable [64]. Being synthetic, PEG does not suffer from the batch-to-batch variability and
ethical concerns of natural polymers. PEG itself does not allow for cell adhesion and biodegradation,
which makes it directly suitable for implantation where the adhesion of tissues must be prevented
over long periods [65]. It can be modified with arginine–glycine–aspartic acid (RGD) peptide, found
within many adhesion proteins, to allow for cell attachment [66,67]. Furthermore, by adding
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degradable cross-linkers and co-polymers during their fabrications, PEG hydrogels can be modified
to become bioresorbable [68].
Combining the photo-cross-linking of a self-standing vascular graft with the extrusion of a
porous rigid scaffold permitted the creation of a perfusable tissue construct. A biodegradable, photocross-linkable poly(ethylene glycol-co-depsipeptide) (PEG-co-PDP) macromere resin was formulated
for visible-light SLA fabrication of a cell-laden hydrogel. First, SLA alone was used to manufacture a
soft tubular construct out of HUVEC-laden hydrogel resulting in a high shape fidelity [69]. Next, a
hybrid bioprinting technique, combining the photo-polymerization of this hydrogel with the
extrusion of a solid polymer was developed [70]. A mechanically robust PCL scaffold was extruded
simultaneously with the photo-cross-linking of the soft, cell-laden, vascular tubing within the
scaffold to form a perfusable, multi-material construct. With this hybrid technique, the mechanical
strength of the hydrogel was observed to be as high as that of the surrounding scaffold. 83 % – 95 %
of cells in the hybrid constructs were alive upon bioprinting and 6 h after. Cell proliferation was
observed for up to 10 days in culture.
NovoGel®
The inert gel, NovoGel® (Organovo), specifically developed for bioprinting, was investigated to
create an aorta vascular construct [71]. Based on medical images, Kucukgu et al. mostly focused on
the workflow to bioprint an object based on 3D images. Cells were aggregated into a cylindrical pellet
prior to feeding into the extrusion system and subsequently deposited. Mouse embryonic fibroblast
(MEF) cell aggregates, using NovoGel® as a support structure, were extruded layer-by-layer,
according to the proposed self-supported method to form an aortic tissue construct. The tissue was
incubated for 4 days and the cell strands seemed to merge into aorta ring-like tissue precursors.
Scaffold-free vascular construct
Lastly, scaffold free construct were generated by suction and deposition of multicellular
spheroids on a needle array [72]. A total of 500 multicellular spheroids composed of HUVECs (40 %),
HASMCs (10 %), and NHDFs (50 %) was deposited with a 3D printer, forming a tubular structure.
The constructs were cultured with a perfusion system for 6 days before implantation into the
abdominal aortas of F344 nude rats for 5 days. The flow within the TEBG was assessed by
ultrasonography and histological examinations performed on the second and fifth day after
implantation. All grafts remained patent, and remodeling of the tubular tissues (enlargement of the
lumen area and thinning of the wall) was observed. A layer of ECs lining the lumen was confirmed
five days after implantation.
4. Conclusion
Three-dimensional printing is a rapidly developing area for tissue engineering, and is preferred
for achieving models with heterogeneous properties close to those of native tissues. Additive
manufacturing is the only process that allows the engineering of branched TEBGs in a single
fabrication step. Still, the biomanufacturing of printed TEBGs is in its infancy and lacks a consensus
on the best fabrication process. In the future, 3D bioprinting using biocompatible inks will foster the
creation of small diameter vascular grafts. The investigation of bioinks, based on decellularized ECMs
and autologous cells, will promote the creation of new, clinically driven development for vascular
grafts. Additionally, the assessment of TEBG functionality should be increasingly implemented. The
synergy of multi-disciplinary collaborations between clinicians, biologists, chemists and engineers
will foster these developments. Moreover, increasing the implementation of a time dimension, often
designated as 4D printing, will support the development of mature structures and functional TEBG.
Finally, the versatility and ability to tailor TEBG using 3D printing will be essential for personalized
medicine.
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[47]

Medium
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D: 5 mm
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[48,74]

(reinforcement)
Heparin-releasing
PLLA (wall), PCL

L: 6 cm
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Table 1: 3D printing (acellular printing)
B: Branched, S: Straight; A: aggregate, Sp: spheroids, S: cell suspension in bioink; D: Diameter, OD:
outer diameter, ID: inner diameter; T: thickness, L: length, P: Pores size; MSC: Mesenchymal Stem
Cell; HASMC: Human aortic smooth muscle cell; HA-VSMC: Human Aortic Vascular Smooth
Muscle Cell; HUVEC: Human Umbilical Vein Endothelial Cell; HDF-n: Human Dermal Fibroblasts–
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neonatal; hMSC: Human Mesenchymal Stem Cell; HUVSMC: Human Umbilical Vein Smooth
Muscle Cell;
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Gelatin
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D: 1 mm

Fibrin

HUASMC (S)

T: 425 um

Collagen
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L: 16 mm

Table 2: Bioprinting (cell-laden bioink printing)
B: Branched, S: Straight; A: aggregate, Sp: spheroids, S: cell suspension in bioink; D: Diameter, OD:
outer diameter, ID: inner diameter; T: thickness, L: length; HUVSMC: Human Umbilical Vein
Smooth Muscle Cells; HSF: Human Splenic Fibroblasts; SMC: Smooth Muscle Cells; MEF: Mouse
Embryonic Fibroblasts; U87-MG: Human glioma U87-MG cells; HASMC: Human Aortic Smooth
Muscle Cells; NHDF: Normal Human Dermal Fibroblasts; MSC: Mesenchymal Stem Cells; NIH
3T3: Mouse Embryonic Fibroblast Cell Line; HUASMC: Human Umbilical Artery Smooth Muscle
Cells
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