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Abstract: The latest technological advances in stem cell biology and mechanical engineering
provide new opportunities for cardiac tissue engineering, enabling the production of highly efficient
differentiated cells and the manufacture of high-resolution complex cardiac tissues. In this review,
we summarize the progress of stem cell technology in 3D bioprinting of heart tissue and the latest
technological breakthroughs. The main topics discussed include somatic cell reprogramming,
differentiation of induced pluripotent stem cells (iPSCs), 3D bioprinting strategies, bioinks, and in
vitro vascularization methods. The objective of this review is to explore the possibility of
interdisciplinary research to solve the existing challenges in tissue engineering by summarizing the
existing work and progress and pointing their current limitations.
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1. Introduction

Cardiovascular diseases (CVD) are one of the major diseases that threaten human life.
According to recent statistics, nearly 17.9 million people die from CVD each year worldwide [1].

Although heart organ transplantation can significantly reduce the mortality of patients, due to
insufficient supply of organs matching the patient, patients often need to experience a long and
painful wait before surgery, and are also subject to postoperative problems such as immune rejection
and surgical complications that require long-term or lifetime immunosuppressive treatment [2].

Based on the culture of functional iPSCs, research on manufacturing functional heart tissue
through 3D bioprinting is bringing a potential revolution in the field of heart transplantation [3]. The
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acquisition of specific iPSCs is achieved by reprogramming the patient’s somatic cells. These iPSCs
have unlimited proliferation capacity and can differentiate into any type of cells [4]. Engineered
bioink mixed with differentiated cells and biocompatible materials can be used to construct complex
engineered tissues. Since the production of bioink is based on the patient’s own cells, this technology
can potentially solve the problems of donor shortage and immune rejection. In this review, we
explore different strategies for reprogramming and cell differentiation, including the use of the recent
CRISPRa strategy.

The manufacture of complex heart tissue relies on advances in printing equipment, materials,
computer simulations, and cytology. This review compares the advantages and disadvantages of
different printing strategies and materials. Manufacturing microvascularized heart tissue has been a
difficult task in heart tissue engineering. Here we present the current direct and indirect
vascularization strategies and discuss potential strategies to produce microvascularized heart tissue in
the future.

2. Reprogramming of somatic cells to iPSCs

Induced pluripotent stem cells (iPSC) are reprogrammed cells that have similar functions to
embryonic stem cells, such as the ability to self-renew and differentiate into multiple types of
cells [4]. Differentiating during embryonic development, cells show differences in function and
phenotype. The cause of these differences is the expression of specific genes. With the establishment
of this specific expression, the cell state will be stabilized through cooperative transcription and
epigenetic mechanisms, and this specificity will be passed on during cell division [5].

In the 2006 groundbreaking study of Yamanaka et al. [6], researchers use somatic cells to
overexpress 4 transcription factors to obtain iPSCs. To honor the author’s work, these four
transcription factors are named Yamanaka factors: Oct3/4, Sox2, Klf4 and c-Myc.

Oct3/4 is a homeodomain transcription factor, helping pluripotent stem cells to maintain and
differentiate [6]. Sox2 plays a vital role in controlling the expression of Oct3/4. C-Myc is a
proto-oncogene related to the causes of various cancers. It recruits chromatin-modifying proteins,
leading to extensive transcriptional activation. c-Myc can be replaced by L-Myc, which has lower
transformation activity. Klf4 is an oncoprotein or tumor suppressor, a downstream target of leukemia
inhibitory factor, and can activate Sox2. These four transcription factors work together to convert
somatic cells into iPSCs [7].

This review mainly focuses on the following reprogramming methods: virus reprogramming,
non-virus reprogramming, somatic cell nuclear transfer (SCNT), and CRISPRa-based
reprogramming.
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Figure 1. Reprogramming methods.

Retrovirus (Figure 1A) and lentivirus (Figure 1B) are integrative viruses. Using integrated virus,
the gene delivery system is relatively efficient, but the introduction of new genes brings potential
toxicity and tumorigenicity [8]. Somers et al. [9] have developed a single resectable lentiviral stem
cell cassette. This technology uses Cre/loxP to remove the introduced reprogramming gene. However,
this technology also has certain drawbacks. After excision, there are still about 200 bp of inactive
viral LTR remaining in the host genome.

Sendai virus and adenovirus are non-integrative viruses. Sendai virus (Figure 1C) is an RNA
virus that does not enter the nucleus. It can produce a large amount of protein and is suitable for
almost all cell types. However, it takes about 10 generations of Sendai virus infection to produce
toxicity-free iPSC [10]. Adenovirus (Figure 1D) is non-enveloped and has an icosahedral
nucleocapsid containing a double-stranded DNA genome [11]. Therefore, it can infect dividing and
non-dividing cells, and has a wide range of cell tropism. However, its reprogramming efficiency is
only 0.001–0.0001% in mice, and only 0.0002% in human cells [12].

Plasmid vectors (Figure 1E) are one of the most basic methods of foreign gene expression,
because compared with linear DNA, plasmid transfection is less susceptible to degradation by
exonucleases [13]. Plasmid transfection steps are simple, but due to the transient expression of
transcription factors, the recombination efficiency is significantly lower than that of integrated viral
vectors. At the same time, plasmid transfection requires multiple rounds of transfection, resulting in
stress to cells.
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The use of microRNAs (miRNAs) (Figure 1F) is another non-viral reprogramming method.
Subramanyam et al. [14] showed that miR-302s and miR-372 promote reprogramming of somatic
cells by acting on multiple downstream pathways. Bioactive proteins (Figure 1G) that can cross the
plasma membrane have also been used to generate footprint-free iPSCs with great potential.
However, low efficiency and technical difficulty make such technologies difficult to put into clinical
use [15–18].

PiggyBac transposon is a mobile genetic element that efficiently transposes between vectors and
chromosomes through a ‘cut-and-paste’ mechanism [19]. Through transposase, it can be integrated
into the TTAA site of the chromosome, and when the transposase is re-expressed, it can be excised
from the genome without a trace, generating safe and clean iPSC without genetic modification.

SCNT (Figure 1H), also called Oocyte reprogramming, has relatively high efficiency in several
species including mouse [20]. Although this technology has many advantages, it is still a target for its
ethical concerns. At the same time, during SCNT, the cell nucleus undergoes epigenetic structural
modifications, which usually manifests as a higher degree of DNA methylation and abnormal
modification of histones [21]. To control the epigenetic modification in the SCNT process is difficult,
since the best epigenetic regulation depends on the interaction between DNA methylation and
histone modification. Therefore, different kinds of chromatin remodeling agents, such as histone
deacetylase inhibitor (HDACi), are often used to improve SCNT [22].

Since the efficiency of homologous recombination in iPSCs is low, CRISPR-based targeted
genome editing, which was first identified as a bacterial immune system against invading pathogens,
may promote the reprogramming process by inserting targeted genes that activate reprogramming
factors. Moreover, dCas9-SunTag (Figure 1I) is a type of CRISPR activation (CRISPRa) system, that
can target the silenced chromatin locus with high precision and promote downstream gene
transcription [23]. Research done by Weltner et al. [24] demonstrated that CRISPR activation of
endogenous Oct4 successfully reprogrammed neuroepithelial stem cells (NSCs) to iPSCs.
Liu P et al. [25] reported that dCas9-SunTag-VP64 activation of endogenous Oct4 or Sox2 can
trigger mouse embryonic fibroblasts to iPSCs. Besides, CRISPR can also be used to correct the error
genes from reprogramming or the genes causing heart disease [26].

3. Differentiation of iPSCs to cardiomyocytes

Cardiomyocytes (CMs) are the main cell source to generate engineered cardiac tissues. During
embryonic development, pluripotent epiblasts cells undergo a series of sequential steps to finally
differentiate into CMs and other cardiac cells. Under the regulation of multiple growth factors and
signal pathways, pluripotent stem cells (PSCs) experience three transitional cell states: mesoderm,
cardiogenic mesoderm, and cardiac progenitors [27].

Therefore, in theory, in vitro environment, precise simulation of in vivo events, such as the
sequence of growth factors and the regulation of metabolism by small molecules, can lead to the
efficient production of healthy CMs [28]. In order to generate cardiac mesoderm-like cells, which
express markers such as T Brachyury and Emoes, and to activate WNT/β-catenin pathway, growth
factors, including bone morphogenic protein 2/4 (BMP2/4), Activin A, Nodal, basic fibroblast
growth factor (bFGF) and WNT3A, should be added in a specific sequence [29]. Early cardiac
specification is identified by expression of mesoderm posterior 1 (MESP1). Dickkopf-1 (Dkk-1) is
then required to inhibit Endogenously WNT/β-catenin pathway, helping improve the differentiation
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efficiency [30]. WNT/β-catenin pathway promotes the transition of PSCs to primitive-streak-like
cells in the early process, but inhibits the transition of PSs to stable mesoderm.

The use of small molecules (SM) to regulate specific signaling pathways provides a solution for
the stable production of CMs in large quantities [28]. For example, CHIR99021, targeting GSK3α
and GSK3β, serves as WNT/β-catenin pathway activator, DMH-1 and SB431542 as BMP inhibitor,
controlling TGF-β signaling. Compared with clinical grade biological agents, the use of small
molecules is more accurate and cost-effective because the production of clinical-grade biological
agents such as recombinant growth factors, usually requires complex biological processes, and may
have improper biological activity due to differences between batches [31]. As such, purity of product
and biological activity need to be thoroughly assessed, thereby increasing the overall production
cost.

There are currently 3 main strategies for inducing PSCs into CMs: embryoid body (EB)
formation, co-culture, and adherent monolayer culture [32].

EBs are multi-cell aggregates formed spontaneously from stem cells under suspension culture
conditions [32]. This multicellular three-dimensional structure greatly improves the contact and
communication between cells, and at the same time promotes the exchange of nutrients. Furthermore,
EBs can be grown in 96 or 384-well plates, which greatly improves production efficiency [33].
Brickman et. al studied in detail the in vitro formation of EBs [34]. They observed that at the very
beginning of the formation of aggregates of cells, internal cells are affected by Fgf signaling, and
primitive endoderm (PrE) is formed around the aggregates on Day 2. A Frs2α- and Grb2-dependent
Fgf-Mek-Erk signaling is necessary in PrE differentiation. Deficiency of Grb2 will lead to
extracellular regulated protein kinases (Erk) cascade instead of PrE, and cavity structure will fail to
form. The Wnt response gradually expands to encompass the entire EB on Day 2 and concomitant
with this Nodal-response can be observed on Day 3. At late stage, cavitation forms a yolk sac-like
structure on Day 7. Interestingly, In the culture environment with low serum content or rich in
Activin, endoderm is more likely to form. As such, to promote the formation of mesoderm, a medium
rich in fetal bovine serum is often used. At the same time, addition of ascorbic acid, Vitamin C, is
recommended to improve the efficiency of differentiation [35,36]. In the process of culturing
cardiomyocytes, a medium rich in type IV collagenase and trypsin-EDTA is normally used to
promote differentiation [37]. Although the more three-dimensional culture conditions brought about
by this technology cannot be surpassed by other technologies, the cavity structure formed is not
conducive to the direct use of bioprinting. Separation methods such as FACS or immunological
methods must be implemented to obtain pure CMs. Tohyama et al. [38] noticed strong biochemical
differences in glucose and lactate metabolism between cardiomyocytes and non-cardiomyocytes, and
used glucose starvation to obtain purified cardiomyocytes.

Co-culture is a means of co-cultivating iPSCs with other cells to promote differentiation.
Mummery et al. [39] first used visceral endoderm-like cell line (END-2) derived from mouse P19
embryonal carcinoma cells co-cultured with hESCs. This technology can only produce beating cells
containing 2–3% CMs at the earliest, but with the addition of serum, insulin and a p38 protein kinase
inhibitor, the yield of CMs can increase up to 20% [40]. END-2 could consume the insulin in the
medium and promote the secretion of prostaglandin 2 (PGI2). Compared with EBs, co-culture is
more cost-effective, but significantly increases the labor and time consumed.

In adherent monolayer culture, iPSCs are not only similar in morphology to monolayer
epithelial cells, but they also share identical biological behavior [29]. Similar to epithelial cells, the
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death of iPSCs can be avoided when specific signaling pathways are manipulated. For example,
inhibition of Rho-associated kinase (ROCK) pathway by the small molecule Y-27632, markedly
diminishes dissociation-induced apoptosis in iPSCs and enables the culture of individualized iPSCs
in adherent or suspension culture systems [30]. Compared with the other two strategies, monolayer
culture is easier to control, since there are no complex diffusion barriers in a flat culture
environment.

iPSC-derived CMs still face some limitations. Firstly, the number of CMs in the heart is not
static, and the cellular composition may change in patients with heart disease. At the same time, CMs
account for 25%–30% of the total number of heart cells, which means that other cells need to be
produced to complete the diversity of cells when using bioprinting technology. Second, there will be
a small number of iPSCs that carry partial or complete mutations, which means there will still be
genomic instability [29]. At the same time, genetic heterogeneity cannot be completely avoided.
iPSC-derived CMs still show flaws in the similarity to adult CMs [30]. For example, adult CMs
usually have a rod-like structure, while iPSC-derived CMs usually appear as irregular polygons and
are smaller in size. Adult CMs showed a more organized sarcomere structure, while iPSC-derived
CMs did not. iPSC-derived CMs often exhibit a mononuclear structure, while some adult CMs have
a binuclear structure.

The structure and function of newly differentiated CMs are closer to the cardiomyocytes of
human infants than those of adults. The following methods are typically used to promote maturity: (1)
stimulate with electrical or mechanical impulse; (2) co-culture with human-derived-CMs; (3)
Physical, chemical, electrical, biological factors [32]. The following properties are normally used to
assess maturity: (1) expression patterns of mRNAs, genes, proteins; (2) Ca2+ transients. (3)
electrophysiology; (4) metabolic ability; (5) structure maturation such as T-tubule formation.

Interestingly, studies have shown that by adding a combination of transcription factors [41],
such as the three cardiac development transcription factors Gata4, Mef2c and Tbx5 [42] or the
combination of the four miRNAs miR-1, miR-133, miR-208 and miR-499 [43] FBs can be directly
reprogrammed into CMs. Although this technology named trans-differentiation still faces many
challenges, it offers exciting possibilities [44–47].

4. 3D bioprinting of cardiac tissue

3D bioprinting is a recent method used in tissue engineering to produce tissue or organ
substitutes. 3D bioprinting uses computer-aided printers to accurately deposit cells in viscous
biological materials in a specific spatial arrangement. The usual steps of 3D bioprinting are 2D
imaging scanning, computer assisted design (CAD) 3D modeling, generation of printable files layer
by layer, calculation of the nozzle path at each layer, injection of biological ink and cells into the
printer, and printing [48].

4.1. Methods of 3D bioprinting

Depending on the physiological and structural requirements for different tissues, different
bioprinting strategies are used. The existing bioprinting strategies mainly include inkjet-based
bioprinting, laser-assisted bioprinting (LAB), extrusion bioprinting, stereolithography (SLA)
bioprinting, digital light processing (DLP) bioprinting and magnetic bioprinting.
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Figure 2.Methods of bioprinting.

Inkjet bioprinting (Figure 2A) is a printing method used to deliver discrete droplets to a
predetermined location. Inkjet bioprinting is mainly divided into thermal inkjet and acoustic inkjet
according to different drivers. Thermal inkjet printer function by electrically heating the print head to
produce pulses of pressure that force droplets from the nozzle [49]. The high temperature generally
reaches 200–300 °C, but due to the short heating time, the overall bioink will only rise by 4–10 °C,
suggesting that this warming has minimal effect on cell structure and function [50]. When printing
with thermal inkjet, what still needs to be noted is the survival rate of cells exposed to heat and
mechanical pressure, poor droplet positioning, nonuniform droplet size, and clog of nozzle. Another
method is acoustic inkjet, in which piezoelectric crystal creates an acoustic wave inside the print
head to break the liquid into droplets at regular intervals [51]. Using voltage may cause changes in
the shape of the cells. At the same time, studies have shown that potential damage of the cell
membrane and lysis may exist under 15–25kHZ used by piezoelectric inkjet bioprinters [49]. When
using the inkjet method, the printing material must be liquid to produce droplets. The main
advantages of this type of method are low cost, high resolution, high speed, and biocompatibility.

Extrusion bioprinting (Figure 2B) is the most widely used bioprinting technology. In this
method, the printer that extrudes bioink through one or more nozzles. The nozzle can be driven by
pneumatic, piston and screw forces [48]. Zhang YS et al. [52] assembled a microfluidic nozzle that
allows two types of bioink. Extrusion bioprinting is suitable for a wide range of material viscosities.
The viscosity of the material ranges from 30 to > 6 × 107 mPa/s [53]. However, the material source is
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not limited to liquids — other sources such as multicellular spheres can be used [54]. The printing
material made with this kind of multicellular spheres allows very high cell density. However, the cell
viability obtained by extrusion bioprinting is less than inkjet printing, and this decrease in viability
may be caused by shear force applied during extrusion. Moreover, when viscosity of bioink is high, it
will result in difficulty to squeeze out of the nozzle.

Laser-assisted bioprinting (LAB) (Figure 2C) is composed of a pulsed laser beam, focusing
system, and the ribbon. LAB functions using laser pulses on the absorbing layer of the ribbon to
generate a high-pressure bubble that propels cell-containing materials toward the collector
substrate [55]. The main advantage of this technology is to print different living cells and biological
materials with precision and micron-level resolution, while bringing a nozzle-free, no clogging
system that enables a various range of viscosity and has negligible effects on cell viability. The
resolution of LAB is limited by laser fluence, the surface tension, wettability of the substrate
thickness and viscosity of the biological layer [56]. However, the individual ribbon usually needs to
be replaced for different cell and material types, which may bring additional time and work when it
comes to printing operations with multiple materials or complex structures [57]. Some of these
challenges can be overcome by using cell recognition scanning technology to enable the laser beam
to select a single cell in each pulse. Another issue to be addressed is that metallic residues have been
found in the final printed structure, due to vaporization of the metallic laser-absorbing layer during
printing [58].

Stereolithography (SLA), first introduced in 1980, is a typical light-assisted direct printing
method [59]. In this process, ultraviolet light or laser is guided to the path of the photopolymerizable
liquid polymer in a desired pattern. Exposure to the laser beam will photo-cure the pattern on the
path drawn on the liquid polymer, and then connect it to the lower layer, allowing printing layer by
layer to form a 3D structure [60]. This bioprinting system integrates a light source, a liquid
photopolymer reservoir and a three-axis motion platform. Depending on the choice of laser source,
SLA can have single-photon or two-photon absorption. Two-photon SLA has a higher printing
resolution than single-photon, because the two-photon absorption photopolymerization occurs in a
more precise area [61]. As an automation technology, SLA provides control over the manufacturing
of structures ranging in size from a few hundred microns to a few millimeters [62].

Digital light processing (DLP) bioprinting technology (Figure 3C) comes from the image
projection technology developed by Texas Instruments in the 1980s [63]. DLP utilizes projection
light to polymerize materials to obtain pre-designed patterns. The precision projection light, reflected
by a digital micromirror device of million pixels, ensures this technology both high resolution and
printing speed [64]. At the same time, compared with extrusion printing, DLP has no nozzle-induced
high temperature, high pressure and shear stress that could potentially harm cell viability, providing a
relatively mild environment. Recently, Kelly et al. [65] invented a method called computed axial
lithography (CAL) (Figure 2D), in which a transparent container filled with materials rotates to let
patterned illumination from multiple directions deliver the calculated 3D exposure dose to the
photosensitive material. 3D geometric shapes can be formed in the material in less than 1 minute
after washing away the uncured material.

Magnetic bioprinting, a more recent type of non-contact bioprinting technology, uses magnetic
materials to encapsulate cells, enabling scaffold-free cell magnetic levitation culture under a
controlled magnetic field [66]. This technology brings new opportunities for complex cell assembly
and 3D cell culture [67]. Tseng H et al. [68] used magnetic 3D bioprinting to study the contraction of
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circular vascular smooth muscle tissue, thereby assessing vascular activity in vitro, proving that this
technology supports high-throughput screening. Although this technology can provide precise spatial
control, the manufacturable spatial geometry is limited based on existing technology [69], usually a
sphere or a ring.

4.2. Materials for bioink

As a natural biological material, hydrogel is widely used in bioprinting technology. The
hydrogel is designed to mimic the composition of the extracellular matrix (ECM) and provide
structural support for cells to promote cell proliferation, migration, and adhesion. At the same time, it
has good degradation capabilities. The ideal hydrogel should maintain the same rate of degradation
as the rate at which cells produce extracellular matrix. In order to make the properties of the hydrogel
meet specific physical, chemical or biochemical requirements, several natural or synthetic polymers
are usually mixed as additives for hydrogels [70]. The accuracy of 3D bioprinting of cell-filled
polymer materials largely depends on the polymer concentration, viscoelasticity, gelation speed,
shear thinning behavior, hydrophilicity and crosslinking properties.

Natural polymers are widely found in animal, plant, and microbial tissues as the main
component of extracellular matrix (ECM). At present, commonly used natural polymers for 3D organ
bioprinting include alginate, nanocellulose, collagen, gelatin, among others.

Alginate is currently the main plant source used for cardiac printing research. Alginate is a
polymer composed of β-D-Mannuronic acid (M) and α-l-guluronic acid (G). The M:G ratio will
eventually affect the physiochemical properties of alginate [71]. With a higher concentration of M,
alginate shows higher flexibility, whereas with a higher G content, it shows higher rigidity and
gelation. Alginate will actively crosslink when added to the culture solution, and this crosslink will
be promoted when the photo-initiator is present. Alginate solutions will crosslink instantly when
exposed to Ca2+. Although the crosslinking takes place very quickly, the post-crosslinked structure is
not stable enough and easy to fall apart. The solution to this can be a barium chloride solution [72].
At the same time, the alginate cross-linked hydrogel has a restricted cell viscosity. Because it has a
tendency to increase the loss modulus and decrease the storage modulus, it is usually more prone to
plastic deformation, which means that when using extrusion printers, the extrusion pressure
requirements increase with the increase in viscosity [73]. However, the increase in pressure will lead
to a decrease in cell viability and also affect structural stability. Considering the flow rate, the
reduction in viscosity caused by the increase in temperature or pressure, and the compatibility with
cells, the best printing temperature for this hydrogel is around 37 °C. Cells can be stored at 0–30 °C
under the encapsulation of alginate [74].

Nanocellulose is another widely used candidate. Despite the wide range of cellulose sources and
low cost, the production of nanocellulose requires intensive processing and improvement processes.
Nanocellulose exhibits the characteristics of a non-Newtonian fluid and exhibits shear thinning
behavior, [75] that is, the pressure increases and the viscosity decreases. Due to the lack of cellulase,
enzyme that hydrolyses cellulose, in the human body, nanocellulose cannot be degraded together
with hydrogel. This non-degradable material has not yet been widely tested, but its long-term
presence in the body may affect the risk of delayed immunogenicity.

Collagen is also a very strong candidate material for biomanufacturing. It is abundant in the
extracellular matrix, provides mechanical strength, realizes the structural organization of cells and
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tissue compartments, and acts as a reservoir for cell adhesion and signaling molecules [76]. However,
3D bioprinting of composite scaffolds with natural unmodified form of collagen is difficult, because
its gelation is usually accompanied by heat-driven self-assembly that is difficult to control [77]. In
order to improve this, frequently used methods include chemical modification of collagen into
ultraviolet (UV) cross-linkable forms, adjustment of pH, temperature and collagen concentration to
control gelation and printing fidelity, or its denaturation to gelatin to make it reversible. Recently,
Lee et al. [78] developed a method that uses rapid changes in pH to drive the self-assembly of
collagen in a buffer support material, thereby using collagen that is not chemically modified as
bioink.

Gelatin is a partially hydrolyzed collagen, derived from different animal tissues. Gelatin is a
typical heat-sensitive natural polymer, and has excellent water solubility, biocompatibility,
biodegradability, and 3D printability. When the gelatin hydrogel is implanted in the body, there is no
inflammation or other adverse reactions [79]. The liquefaction temperature of gelatin is
approximately 28 °C, suggesting a wide range of cell durability. Various gelatin-based composite
bioinks have been explored, such as gelatin/alginate, gelatin/fibrin, etc. Using the properties of
different cross-linking materials, such as heat sensitivity, photosensitivity, ionic or biological
cross-linking, composite gelatin is usually designed as a two-step crosslinking strategy [80]. To note,
gelatin methacrylamide (GelMA) has been widely used in LAB and DLP technology as a
photopolymerizable biological ink in recent years [81,82].

Synthetic polymers are artificial polymers produced through chemical reactions. Compared with
natural polymers, synthetic polymers have better mechanical properties but limited cell
compatibility [83]. For most biodegradable synthetic polymer solutions, the curing temperature is
usually −20 to −40 °C, while melting temperature is usually 100–200 °C [84]. Therefore, most
synthetic polymers have been used as support or sacrificial structures without direct contact with
living cells. Commonly used synthetic polymers are PLGA, poly glycolic acid (PGA), poly
hydroxypropyl methacrylamide (PHPMA), PU, PCL, PLA, and poly methyl methacrylate (PMMA).
One with the most potential is PLGA. PLGA is a synthetic copolymer of lactic acid and glycolic acid.
It can be hydrolyzed in the water by breaking the ester linkages [85]. The final degradation products
of PLGA are acidic monomers, such as lactic acid and glycolic acid. It has been shown that the time
required to degrade PLGA is related to the ratio of monomers, which can be reflected in the
molecular composition. Compared with lactide-based polymers, the higher the content of glycolide
units, the shorter the time required for degradation [86].

4.3. Generation of transplantable cell sheets

Cardiac cell sheets are engineered patches that could be used to help prevent heart failure and
dilatation after acute myocardial infarction or to restore function to failing hearts. The purpose of
these patches is to promote cell delivery, retention, and differentiation, offer mechanical support,
conduct electrical signals, and even provide mechanical force for contractions.

Cell sheets are produced by separating monolayers of cells that grow in confluence from the
culture surface. Then, functional tissues can be manufactured by layering the obtained cell sheets
without scaffolds or complicated operations [87]. Research on new technologies has resulted in
improvements to cell sheet technology. Homma et al. [88] developed a temperature-sensitive culture
dish that uses temperature changes to obtain shed cell sheets, avoiding the use of trypsin. After the
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researchers performed unidirectional mechanical stretching on the harvested cell sheet, the
cardiomyocytes in the cell sheet showed a unidirectional alignment. After being transplanted, the cell
sheet was observed to be penetrated by the patient’s original blood vessel, suggesting the future
possibility of microvascular formation. Wang et al. [89] found that inhibition of Notch signaling can
promote the production of synchronized contraction of cardiomyocytes.

Sacrificial materials or DLP technology can be used to design the micro-patterning of the cell
sheet. Redd et al. [90] printed patterned vascular grafts by implanting human embryonic stem
cell-derived endothelial cells (hESC-ECs) into patterned microchannels (Figure 3B) surrounding
collagen matrix. After being transplanted into mice with myocardial infarction, the patterned graft
survived and showed perfusion. Shimizu et al. [91] used water-soluble sacrificial polyvinyl
alcohol (PVA) to produce a vascular mold with high biocompatibility. In this mold, a stretchable
blood vessel network with a diameter of 300μm can be produced. Ma et al. [92] used a DLP-based
3D bioprinting system (Figure 3C) to embed hiPSC-derived cells and support them into a 3D
miniature hexagonal hydrogel structure, thereby gradually.

4.4. Construction of complex structures and microvessels

The premise of making a complete engineered organ is to build a scaffold that can seed and
grow cells. Scaffolds can usually be made of synthetic and natural polymers or derived from
decellularized tissue. Decellularization uses chemicals, enzymes or physical methods to remove cells
in heterogeneous or homogeneous organs, and then reseeds the resulting tissues or organs with the
recipient’s cells [93]. In 2008, Taylor and colleagues [94] successfully completed perfusion
decellularization of the entire heart in a rat model for the first time. The main advantage of the
decellularized scaffold is that it retains the macroscopic and microscopic structural integrity of the
original tissue while ensuring low immune rejection. Still, this method still has certain drawbacks.
For example, the size and structure of the organs produced depends largely on the decellularized
scaffolds. Moreover, like traditional organ transplantation, suitable pre-scaffolds are not always
sufficient since this kind of scaffolds may always be made from the organs of the deceased.

To make the engineered tissue have appropriate local mechanical and physiological specificity,
a mixed formula of a variety of different cells and materials is usually used [95]. Hockaday et al. [96]
produced a printed valve as a one-way channel for blood flow. The leaflets are highly compliant to
ensure effective and flexible opening, while the sinus root wall is significantly more rigid, helping to
maintain an open lumen under high hemodynamic load. Recently, Lee et al. [78] used collagen as the
structural component, combined with the high-density cell bioink, to print a model of the left
ventricle. According to sarcomeric α-actinin–positive myofibrils immunofluorescence staining,
ventricles were synchronized with the tightly connected hESC-CM dense layer of striated muscle.

In cardiac tissue engineering, the major difficulty is the printing of microvascular networks.
Francoise et al. [97] used multicellular spheres and hydrogel crosslinked with agarose as bioink. By
printing layer by layer, the inner cavity and outline composed of hydrogel are constructed, so that the
printed structure of the multicellular spheres form a preset shape. After the multicellular spheres fuse
into a continuous tissue, the hydrogel that serves as a support and shape structure is
removed (Figure 3A). By changing the print volume of the central hydrogel, the inner diameter of the
vascular structure can be controlled. Interestingly, using CD31 staining, it can be observed that
human aortic endothelial cell (HAEC) spontaneously aggregated to the periphery of the tissue within
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three days, with ECM protein beginning to be produced at the periphery of the cell, mimicking
vascular physiology. Lee et al. [78] used collagen to create a suspension culture system, in which the
blood vessels designed according to a space-filling branching network 3D Voronoi lattice model can
ensure the unobstructed blood of about 100 μm in diameter.

Figure 3. Direct and indirect vascularization strategies.

However, due to the small inner diameter of the capillaries, it is not easy to generate the
engineered capillaries directly by printer. Indirect strategies were devised to take advantage of the
spontaneous formation of blood vessels. In an early research, Madden and colleagues [98] found that
cardiomyocytes occupy pores in porous scaffold, while non-cardiomyocytes occupy other positions.
They use a serum-free culture environment to kill non-cardiomyocytes, the empty left by dead cells
becoming channels, the hollow microchannel network could then become perfusable microvessels. It
has been shown that the matrix encapsulated with endothelial cells tends to promote vasculogenesis.
Zhang et al. [99] used composite bioink encapsulating human umbilical vein endothelial
cells (HUVECs) to print microfiber scaffolds. The HUVECs migrate to the periphery of the
microfibers to form a layer of confluent endothelium (Figure 3D). The cardiomyocytes are seeded
into the gaps of the endothelialized scaffold to mimic a natural structure. Cui H et al. [100] evaluated
engineered small-diameter vasculature with smooth muscle and endothelium, showing feasible
vascular permeability and biocompatibility [101,102].

Another indirect strategy utilizes angiogenesis, which usually refers to the sprouting of
capillaries from pre-existing blood vessels [103,104]. First, endothelial progenitor cells (EPC)



85

AIMS Bioengineering Volume 8, Issue 1, 73–92.

differentiate into mature ECs. These cells proliferate in the original avascular area and create the first
primitive vascular network. Then, ECs release matrix metalloproteinases (MMP) to degrade the
surrounding extracellular matrix. Cells migrate into the newly formed gap and germinate into new
blood vessels. Inui A et al. [105] used decellularized porcine small intestine to co-culture with
non-vascular human heart cell sheets (Figure 3E). The formation of capillaries was observed after 6
days of culture. In order to promote the formation of blood vessels, vascular endothelial growth
factor (VEGF) or fibronectin can be added to the bioink. The main disadvantage of the indirect
strategy is that the randomness of spontaneous blood vessel formation is difficult to precisely control
and the whole process is slow. At the same time, this strategy cannot guarantee the formation of a
blood-circulating network.

5. Discussion

In this review, we see encouraging progress in tissue engineering for cardiac repair. The
realization of these advances comes from the intersection of multiple disciplines. Due to excellent
ability to self-renew and to differentiate into other cells, iPSCs are the most widely used source to
produce CMs currently. In the past years, it is often necessary to express Yamanaka factors by
integrating viruses or introducing proteins. Although the use of PiggyBac can reduce the potential
risks of introducing new genes, the low efficiency of reprogramming is still the main reason
hindering mass production of CM. The development of SCNT technology and
CRISPRa/dCas9-SunTag technology has greatly improved the efficiency of somatic cell
reprogramming to pluripotency, and because there is no gene insertion, the iPSC obtained after
reprogramming has less biological toxicity. It is worth mentioning that in the epigenetic study of the
transition from somatic cells to pluripotency, the cell type traversed a variety of boundary states [5],
suggesting that the continued expression of Yamanaka factors to promote the transition from the
transition state to pluripotency is a feasible solution to improve the efficiency of reprogramming.

Simulating the in vivo environment, such as adding growth factors and small molecules in order
to simulate the metabolic environment in the body, can improve the specific differentiation of iPSC
to CM. In the past research, the small-scale production of CM has realized efficient differentiation.
However, mass production still faces lower efficiency. At the same time, since the differentiated cells
are not pure CM, different separation methods are used such as glucose starvation and flow
cytometry.

The exciting development of transdifferentiation technology makes it possible to directly
transform somatic cells into CMs in vitro, although this technology is still a long way from being
widely and efficiently used. We expect that future research will use new technology such as
CRISPRa to improve the efficiency of transdifferentiation. The future maturity and development of
this technology will bring a new array of opportunities to tissue engineering.

After transplantation, cell sheet can gradually achieve synchronization with the heart.
Multilayer cell sheets obtained by specific culture methods [106] are currently the most promising
technology for clinical applications. Maturity of this technology will help more patients with heart
damage.

The development of 3D bioprinting provides the possibility of using iPSC-CMs to make
transplantable organ replacements. While advances in material chemistry and mechanical
engineering continue to increase the speed and resolution of 3D printing, the cost of printing is also
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decreasing. DLP technology and sacrificial material technology allow researchers to design complex
micro-patterns and the recently invented CAL technology will further simplify the manufacture of
complex tissues.

Cardiac ECM is customarily regarded as an inert web of fibrous proteins, providing structural
support and synergizing myocyte contraction from the cellular to the organ level. But more and more
studies have suggested that ECM plays a much broader foundational role by directing cell survival,
migration, proliferation, anoikis, apoptosis, and inflammatory responses [107]. At the same time, it is
worth mentioning that the abundant proteases in cardiac ECM play a vital role in the maintenance
and repair of heart function. For example, matrix metalloproteinase 9 (MMP9) is in close connection
with neovascularization [108]. This suggests that the simulation of specific extracellular matrix is
indispensable in tissue engineering.

The creation of capillaries presents the main challenge in cardiac tissue engineering. In past
research, a variety of strategies for printing blood vessels have been suggested. The success of direct
printing depends on engineering materials and device resolution, but it still remains challenging to
print capillaries. Indirect blood vessel formation depends on the migration of endothelial cells. In the
presence of pre-existing blood vessels, this spontaneous process can be accelerated. However, the
spontaneous process is random and cannot guarantee the formation of a recirculating vascular
network.

The capillaries are spread throughout the heart, and their role is to provide oxygen to cells and
exchange metabolites. The limiting energy supply diameter of blood vessels is 200 μm [103]. The
author believes that this suggests the possibility of constructing a relatively large diameter blood
vessel network equivalent to a capillary network, although it may bring about changes in mechanical
properties. To truly successfully print a complete functional heart, there are still many difficulties that
need to be overcome, for example, billions of cells are needed for the production of large
tissues [109]. At the same time, a complete heart contains a variety of cell types, and different
functional local cellular organizations have different cell distributions, which means that
only-CM-based printing is not sufficient.

Despite the current challenges, we also believe that research and breakthroughs in molecular,
cellular, and multicellular bioengineering will deepen our understanding of tissue engineering and
look forward to its application in biomedicine.
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