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Organization Bringing the Next Step
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failure imposes an enormous burden 
on society.[1] Despite major advances in 
cardiovascular therapy, there is still no 
cure available for the rapidly increasing 
HF-patient population. A few of the most 
common causes of HF progression are 
ischemic heart disease, hypertension 
and valve disorders.[2] The result of these 
events is an altered structure and func-
tion of the heart, impairing the heart’s 
contractility and/or pump function. In 
the case of myocardial infarction, up 
to a billion of cardiomyocytes (CM) are 
lost.[3] This loss of CMs is considered 
to be irreversible in the adult human 
heart, as the regenerative capacity of the 
myocardium is extremely limited.[4] The 
damaged myocardium is replaced by a 
noncontractile, fibrotic scar resulting 
in a loss of pump function through a 
remodeling process involving myocardial 
cell death, an inflammatory response, 
fibrosis, myocyte hypertrophy, and 

chamber dilation, leading to cardiac dysfunction and ulti-
mately heart failure. To date, the only viable curative therapy 
for patients with end-stage HF is heart transplantation. How-
ever, due to organ donor shortage, heart transplantation is 
unavailable for most patients and not realistic as a standard  
therapy.[5]

Heart failure (HF) is a leading cause of death worldwide. The most common 
conditions that lead to HF are coronary artery disease, myocardial infarction, 
valve disorders, high blood pressure, and cardiomyopathy. Due to the limited 
regenerative capacity of the heart, the only curative therapy currently available 
is heart transplantation. Therefore, there is a great need for the development 
of novel regenerative strategies to repair the injured myocardium, replace 
damaged valves, and treat occluded coronary arteries. Recent advances in 
manufacturing technologies have resulted in the precise fabrication of 3D 
fiber scaffolds with high architectural control that can support and guide new 
tissue growth, opening exciting new avenues for repair of the human heart. 
This review discusses the recent advancements in the novel research field of 
fiber patterning manufacturing technologies for cardiac tissue engineering 
(cTE) and to what extent these technologies could meet the requirements of 
the highly organized and structured cardiac tissues. Additionally, future direc-
tions of these novel fiber patterning technologies, designs, and applicability 
to advance cTE are presented.
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1. The Failing Heart

Heart failure (HF) is a leading cause of morbidity and mor-
tality for both men and women worldwide. With an esti-
mated worldwide prevalence of 26 million patients and a 
severe prognosis of 50% mortality within five years, heart 
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Heart failure itself can also be caused by valve disorders, with 
calcific aortic valve disease (CAVD) being the most common 
valvular heart disease.[6] Early stage CAVD without obstruction 
of blood flow (aortic valve sclerosis) can progress to obstructive 
aortic valve stenosis, resulting in an increase of mechanical 
stress on the left ventricle, thereby reducing cardiac output and 
function.[7] Ventricular assist devices (VADs) are widely avail-
able and have successfully been used as a bridge to heart trans-
plantation, providing functional support to the damaged heart. 
However, these devices do not offer a permanent solution as 
they are burdened with increased thrombotic events, bleeding, 
and infection, as well as lacking the capacity to adapt to patient 
variability.[8] For cardiac valves specifically, mechanical and 
bioprosthetic valve replacements are the current standard of 
care for advanced CAVD.[9] However, mechanical valves suffer 
from risk of thrombosis and bleeding, and patients require 
lifelong anti-coagulation therapy.[10] Bioprosthetic valves, typi-
cally obtained from bovine or porcine donors, do not suffer 
from thrombosis risks, but these can suffer from infection, 
inflammation, or calcification.[11,12] For coronary artery dis-
ease, obstructed coronary arteries are currently alleviated by 
percutaneous coronary intervention and stent placement, or 
coronary artery bypass grafting (CABG) in the case of extensive 
blockage.[13] For CABG, autologous vessels, such as the internal 
thoracic artery and the great saphenous vein, comprise the 
gold standard grafts for small-diameter vessels, and currently 
outperform synthetic alternatives.[14] However, they require 
invasive surgery for harvesting, emphasizing the clinical need 
for artificial, small-diameter (<6 mm) vessels with compatible 
mechanical and functional properties to match that of healthy 
coronary vessels.[15]

It is therefore evident that there is a great need for the devel-
opment of novel techniques to repair injured myocardium, 
replace damaged valves and treat coronary artery disease. As a 
result of this need, the beginning of the 21st century has been 
marked by the rise of reparative treatment strategies for the 
diseased heart. While first attempts were focused on cell trans-
plantation therapies and major advances in optimizing these 
strategies have been made, the clinical outcome of cell-based 
therapy remains extremely unsatisfactory.[16–18] An example of 
alternative approaches to enhance stem cell delivery is the use of 
microcarriers,[19–21] however this does not account for the loss or 
disarray of the extracellular matrix (ECM) and most importantly, 
the mechanical properties that are affected in such pathologies. 
Engineered cardiac tissues designed to mimic the morpholog-
ical and functional characteristics of native cardiac tissues could 
provide the answer to enhance cell engraftment compared with 
direct cell injection.[22,23] One cTE strategy that has progressed 
since its discovery is the scaffold-free cell sheet technology in 
which cells produce their own ECM.[24,25] While this is poten-
tially a beneficial technique for the delivery of cells to the heart 
tissue, their clinical applicability for cardiac tissue repair, or 
replacement, is limited due to the frailty of these cell sheets 
making them prone to damage during the hemodynamic forces 
in these tissues. Alternatively, cells have also been embedded 
in synthetic or natural-derived hydrogels, such as poly(ethylene 
glycol), collagen or fibrin, which can enable physical retention of 
cells at the target site and reduce cell death.[23,26] Nevertheless, 
the most common hydrogels do not have adequate mechanical 

properties to withstand the high dynamic mechanical environ-
ment occurring during each cardiac cycle.

Another approach that has received significant attention is 
the development of supporting scaffolds that could provide 
mechanical support to the cells while guiding their growth 
and organization.[27,28] Different manufacturing techniques 
have been investigated for scaffold manufacturing like gas 
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foaming,[29] lyophilization,[30] laser ablation,[31] selective laser 
sintering,[32] and electrospinning.[27,33] Although each of these 
methods has its benefits for tissue reconstruction, most of them 
produce dense scaffolds that do not mimic the well-organized 
microenvironment of the native ECM fibrillar structure. One 
promising approach is the use of fiber patterning technologies 
that enable the controlled deposition of fibers, with dimensions 
down to the cell size, and their assembly in highly organized 
scaffolds with micro (and even nano) features. These scaffolds 
create a 3D support and delivery system for cells and allow for 
the integration of controllable biochemical, topographical, and 
mechanical cues.[34] As a result, these technologies produce 
instructive structures that can potentially mimic important 
features of the native ECM fibrillar structure, e.g., support the 
maturation of stem cell-derived cardiac cells, capture the highly 
dynamic mechanical properties and tissue organization of the 
myocardium, vasculature and valves.[34,35]

This review systematically discusses the recent advance-
ments of fiber patterning technologies and their potential in 
cardiac TE. We first recapitulate the characteristics of native 
myocardial, valve, and vascular tissues as a background to 
understand the key design requirements and properties of a 
fiber scaffold. Special focus is given to cell populations, func-
tions and disease, as well as to the native tissue architecture, 
and mechanical properties. We next provide a detailed review 
on existent fiber fabrication technologies, their key processing 
parameters and materials. Subsequently, we present the appli-
cation of patterned fiber scaffolds in cTE and provide a critical 
discussion on how such organized fiber scaffolds could meet 
the cardiac tissue requirements and enhance neo tissue-like 
formation with native-like characteristics. Finally, we conclude 
with the future directions of using patterned fiber scaffolds in 
cTE and their translational potential toward the clinical arena.

2. Design Criteria for cTE: Composition and 
Biomechanics of Cardiac Tissue

2.1. Myocardial Tissue Characteristics

The myocardium is the middle and thickest layer of heart tissue 
between the endocardial and epicardial layers (Figure 1A). It is 
composed of muscular tissue which is specific to the heart (car-
diac muscle) and is coordinated into a rhythmic contraction and 
relaxation pattern initiated by a self-depolarizing (pacemaker) 
system made of muscle cell fibers specialized for electric con-
duction. The contractile myocardium is a highly vascularized 
tissue with a dense capillary network required for a contin-
uous supply of oxygen and nutrients. On the cellular level, the 
myocardium tissue consists mainly of CMs, fibroblasts (FBs), 
and endothelial cells (ECs), which are tightly packed within 
an ECM structure.[36] CMs are the key functional unit of the 
myocardium whereby electrical excitation is linked to calcium-
induced mechanical contraction where myosin activation and 
consequent actin filament shortening results in larger-scale 
tissue contraction, controlling the filling and ejection of blood 
by the heart.[37] Next to CMs, both FBs and ECs are essential 
for heart homeostasis, as FBs produce the ECM and therefore 
provide the structural network and geometrical orientation of 

the tissue, and ECs constitute the intricate capillary network 
throughout the myocardial tissue, providing constant nutrient 
supply necessary for CM function. The volume fraction occu-
pied by CMs, ECs, and interstitial cells is assessed at 70–80%, 
3.2–5.3%, and 1.4–1.9%, respectively.[36,38]

The ability of the myocardium to contract and function as a 
pump is dependent on the muscle’s complex structure in which 
the CMs are parallelly aligned and the ECM provides structural 
and mechanical support.[39] The myocardial ECM consists of 
fibrous proteins, predominantly collagen type I and II and elas-
tins, carbohydrates, growth factors, and glycoproteins, including 
fibronectin and proteoglycans.[39,40] The human cadaveric decel-
lularized myocardial ECM matrisome is reportedly made up of 
the following ECM volume fraction; collagens (29%), laminins 
(25.4%), fibrillins (15.6%), and proteoglycans (14.1%), with the 
rest corresponding to nonmatrisome proteins.[41] The key con-
stituent of the ECM, collagen, exists as three different fiber 
types within the myocardium. First, epimysial fibers surround, 
and tightly constrain the bundles of the myocardium to provide 
external support. These epimysial collagen fibers have diameters 
of several micrometers. Second, perimysial fibers are wavy in 
shape and surround groups of CMs parallelly. They are ≈1 µm 
thick, thereby providing the perimysium with resistance to trac-
tion. Lastly, endomysial fibers wrap around individual CMs 
directing their alignment and providing mechanical support 
for the cells. These endomysial collagen fibers are the smallest 
in diameter (20–100 nm).[39,42] The densely packed fibers form 
a tunnel-like structure with 40 µm honeycomb-like cross-sec-
tion.[43,44] This organization assists CMs to rapidly propagate 
depolarizing electrical signals via gap junctions resulting in syn-
chronous myocardial contractions.[45] In addition to its biochem-
ical properties, the ECM’s mechanical properties are equally 
important, affecting cell behavior through, e.g., shear stresses, 
which are known to affect cell activation, adhesion, and sign-
aling.[46] The combination of the myocardial ECMs organization 
and its mechanically active cellular content results in highly var-
iable mechanical properties throughout the cardiac cycle. While 
passive myocardium shows most of the mechanical properties 
characteristic of soft tissues,[47] mechanical testing has shown 
that the stiffness of the healthy left ventricle is <4 kPa at end 
diastole and ≈16 kPa at end systole,[48] whereas in the diseased 
heart in presence of fibrosis the stiffness can even increase to 
30–50 kPa.[49] Additionally, the myocardium shows anisotropic 
mechanical properties consistent with cell and fiber orienta-
tions. Diffusion tensor imaging and fiber tracking has shown 
that the muscle fiber angle varies slightly between different 
transmural layers of the myocardium,[50–53] resulting in ventri-
cular torsion allowing efficient ventricular ejection and filling. 
Another important biomechanical feature of the myocardium 
originates in the CMs which are longitudinally shortened but 
axially expanded upon contraction, making myocardial elastic 
deformations finite and near isochoric.

2.2. Cardiac Valve Characteristics

The four cardiac valves facilitate unidirectional blood flow. They 
are distinguished as semilunar valves prohibiting retrograde 
flow during diastole (i.e., the aortic and pulmonary valves), and 
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Figure 1. Schematic representations of A) the healthy heart with enlargements of the aortic valve highlighting the layer composition, of the coronary 
arteries outlining the fiber orientation in the tunica, and of the myocardial wall with cellular and fiber direction, and B) the diseased heart illuminating 
fiber disruptions in the aortic valve due to (micro)calcification, in the coronary arteries due to plaque formation, and in the myocardium due to fibrosis. 
A1) Movat’s pentachrome staining of structural organization in a circumferential cross-section of a human aortic valve leaflet. Yellow = collagen, 
blue = glycosaminoglycans (GAGs), black = elastin, dark brown/black = calcification. Trilayered structure of the fibrosa (collagen-rich), spongiosa 
(GAG-rich), and ventricularis (elastin-rich) layers (scale bar = 100 µm). Reproduced with permission under the terms of the CC BY 4.0 license.[194] 
Copyright 2018, the Authors, Published by MDPI. A2) Histology section of coronary arterial wall highlighting the fiber structure and orientation (scale 
bar = 10 µm). Reproduced with permission under the terms of the CC BY 4.0 license.[195] Copyright 2018, the Authors, Published by MedWin Publishers. 
A3) Scanning electron microscopy photograph displaying the honeycomb-like structure of supportive fibers in the myocardium cross-section (scale 
bar = 50 µm). Reproduced with permission.[43] Copyright 2016, JoVE. B1) Movat’s pentachrome staining of structural organization in a circumferential 
cross-section of a human aortic valve highlighting the disruption of the leaflet layers by calcifications (black) and fibrosis (yellow regions) in CAVD 
(scale bar = 50 µm). Reproduced with permission under the terms of the CC BY 4.0 license.[194] Copyright 2018, the Authors, Published by MDPI. 
B2) Histology section of coronary arterial wall highlighting the plaque rupture with acute luminal thrombus (Thr) and underlying large necrotic core 
(NC). Arrows indicate the site of fibrous cap disruption (scale bar = 50 µm). Reproduced with permission.[196] Copyright 2013, Elsevier. B3) Scanning 
electron microscopy photograph showing the randomly arranged bundles of collagen fibres after myocardial infarction and myocardial scarring inside 
left ventricle (scale bar = 10 µm). Reproduced with permission.[197] Copyright 2017, Springer.
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atrioventricular valves that prevent back flow during systole 
(i.e., the mitral/bicuspid and tricuspid valves). The valves pri-
marily consist of valvular interstitial cells (VICs) and are lined 
with a monolayer of valvular endothelial cells (VECs) on the 
blood-contacting inflow and outflow surfaces. In developmental 
stages VICs synthesize the ECM. In a healthy adult state, VICs 
maintain a quiescent phenotype (qVICs) but may switch to 
activated (myofibroblast-like) VICs (aVICs) to maintain tissue 
homeostasis, adjust to increased stress levels, and respond to 
injury to modulate the ECM. The distinct layers of valve ECM 
facilitate their function. The layer proximal to the left ventricle, 
ventricularis, is rich in radially oriented elastin, providing the 
elasticity[54] required for extension during diastole and for recoil 
during systole. The layer proximal to the aorta, the fibrosa layer, 
consists of circumferentially aligned[55] collagen type I (70%) 
and III (25%),[56–58] creating tensile strengths ensuring coapta-
tion during diastole.[59] The middle layer, spongiosa, acts as a 
bearing surface and impact absorbent, for it contains polar pro-
teoglycans and glycosaminoglycans (Figure 1A).[58,60]

To withstand the repetitive hemodynamic forces of the 
cardiac cycle, the individual layers in the aforementioned 
architecture have a specific role facilitated by their ECM com-
position, giving them their distinct mechanical properties. The 
high collagen content in the fibrosa layer in its crimped and 
circumferential organization contributes to the anisotropic and 
nonlinear stress–strain response required for the load-bearing 
function during diastole.[61] It has been shown that the collagen 
bundles develop over time and that the circumferential orienta-
tion is already present in fetal valves.[62] Moreover, the number 
of intermolecular collagen crosslinks is responsible for the 
mechanical behavior in the circumferential direction, rather 
than the collagen quantity.[63] The stiffness of the fibrosa in 
the circumferential direction is significantly higher than in the 
radial direction, contributing to its anisotropic character.[63–65] 
Tissue stiffness is found to be ≈2 and 15 MPa along the radial 
and circumferential direction, respectively.[63] Recently, signifi-
cant differences in mechanical properties of the different leaflet 
layers were identified by nanoindentation. The median Young’s 
moduli were found to be 37.1, 15.4, and 26.9 kPa in the fibrosa, 
spongiosa, and ventricularis layer, respectively. The median 
Young’s modulus of the intact leaflet was measured at 26.7 and 
670.1 kPa in the calcified aortic valve.[66]

2.3. Vascular Characteristics

At the macroscopic level, (millimeter range[67]) coronary 
arteries present three distinct tissue layers (or tunics); intima, 
media, and adventitia/externa (Figure 1A). Each of these 
layers is characterized by specific mechanical properties, cel-
lular populations and ECM organization.[68] The tunica intima 
has a thickness of ≈0.3 µm and is formed by a monolayer of 
ECs longitudinally lining the inner surface of the lumen, with 
the main purpose being to ensure and maintain hemocom-
patibility, mass transport and biochemical signaling between 
blood and tissues.[69,70] The intima has minimal subendothelial 
ECM protein expression of proteoglycans and hyaluronan.[71] 
The tunica media is organized into repetitive medial lamellar 
units. The circumferential layers of elastic lamellae are 

alternated with smooth muscle cells and collagen fibers with 
interconnecting elastin fibers.[68] The lamellar structure accom-
modates high blood pressures by accumulating elastic energy 
storage during systole and releasing it during diastole. The 
tunica media is predominantly composed of collagen fibers 
aligned in the circumferential direction. Moreover, elastin is 
associated with the elastic capability of the coronary arteries. 
Its orientation changes from slightly longitudinally aligned 
in the inner media to circumferentially aligned in the middle 
media, and to longitudinally aligned in the outer media.[72] 
The cellular composition of the tunica media consists mainly 
of mesenchymal derived smooth muscle cells. These highly 
specialized contracting cells exhibit an elliptic-shaped nucleus 
with the longitudinal axes aligned circumferentially and repre-
sent 24% of total medial volume.[73] The tunica adventitia, or 
externa, presents higher expression of collagen I and III than 
in the intima and media tunics. The collagen fibers are longi-
tudinally aligned, which thus hinders elongation of the large 
vessels. Collagen I forms a rigid fibrillar structure, whereas 
collagen III supports vessel elastic properties. The adventitia is 
enclosed in an external elastic lamina that separates it from the 
perivascular mesenchyme. The vascular ECM is characterized 
by the presence of repeating assemblies of collagen into fibrils 
with the exception of elastin. Several studies indicate that high 
matrix fiber anisotropy provides strong contact guidance cues 
thus influencing cell orientation.[74] The cellular component of 
the tunica externa consists of fibroblasts aligned in the longi-
tudinal direction.

It is known that the larger distributing arteries, such as the 
aorta and pulmonary artery, are rapidly and transiently dis-
tended during systole, accommodating 50% or more of the ven-
tricular ejection volume.[75] This results in large circumferential 
and longitudinal strains, 23% and 25%, respectively, and cir-
cumferential and longitudinal moduli in the range of 1–6 MPa 
for the larger arteries.[76] The mechanism of dampening and 
buffering the pulsating blood flow and pressure generated 
during systole is accommodated by the concentric multi-layered 
structure and viscoelastic behavior of the vessels.[77] Mechanical 
properties change according to vessel diameter, location and 
the collagen-elastin ratio.[78] Tensile testing showed the highest 
maximum stress for the adventitia (1430 kPa circumferen-
tial and 1300 kPa longitudinal) and no significant difference 
between media and intima (ranging from 391 to 446 kPa).[79] 
With aging, the vascular wall becomes progressively less com-
pliant and stiffer with a rapid progression after the age of 60.[76]

2.4. Fiber Scaffold Requirements

The previous sections clearly indicate that the combination 
of different cells together with the unique ECM structure and 
composition of the myocardium, valves, and vasculature is 
completely different and essential to ensure their distinct func-
tionalities. From a tissue engineering (TE) approach, there are 
several key features that should be captured in order to ensure 
the TE constructs have comparable properties to their natural 
counterparts. These features are generally divided into struc-
tural and mechanical requirements and will differ between the 
three cardiac tissue components revised in the previous section.

Adv. Healthcare Mater. 2020, 9, 1900775
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The myocardium scaffold should typically possess an organ-
ized, elastic microfibrous structure that could facilitate aniso-
tropic cell organization, contraction and integration with the 
native tissue. A uniform honeycomb-like geometry structure 
has been investigated a number of times due to its favorable 
mechanical properties, anisotropy and deformation capabili-
ties.[34,80] Alternatively, we envision that the combination of 
advanced imaging modalities like 3D Magnetic resonance 
imaging (MRI), biplane fluoroscopy, and intramyocardial map-
ping strategies with computer aided design (CAM), could be 
used to assess fiber organization of healthy myocardium and 
then translate it to a fiber formation technology to generate an 
electrical and mechanically compatible fiber scaffold.[50,51,53] 
With respect to the biomechanical properties, the fibrous scaf-
fold should possess an anisotropic behavior and a reversible 
bi-axial deformation of up 25%,[81] with a stiffness ranging 
from 10–20 kPa.[82] Such biomechanical environment will be 
particular important to support cells and promote the forma-
tion of a mature myocardium tissue with regular beating. Since 
Discher’s pioneer studies, it is known that stem cells, and their 
differentiated CMs, feel the microenvironment mechanical 
properties via signal transduction and change their shape and 
phenotype accordingly.[83–86] Another fundamental design cri-
teria for the success of a myocardial scaffold is the integration 
of electroconductive properties within the fiber scaffolds mate-
rial, in order to provide cardiomyocytes with proper electrical 
pacing, and an engineered capillary network to allow nutrient, 
oxygen, and waste exchange.[87]

For fiber scaffolds to mimic the native valve, fiber orientation 
in the radial and circumferential direction are essential to give 
the valves their anisotropic behavior. The collagen, elastin, and 
glycosaminoglycans in the trilayered leaflets give the valve its 
strength, pliability, and flexibility, respectively. Fiber constructs 
therefore must consist of three layers with a specific fiber orien-
tation and mechanical properties to meet these requirements. 
Particularly, it is essential that fiber scaffolds can withstand the 
dynamic forces exerted on the valve during the cardiac cycle 
and present stiffnesses in the range of 2 MPa (radial direction) 
and 15 MPa (circumferential). Furthermore, the blood-con-
tacting surfaces of the TE construct have to be smooth enough 
with a low friction coefficient to prevent thrombosis, coagula-
tion, or calcification.

For vasculature replacement scaffolds, the main risks also 
include blood-contact complications[88] therefore the formation 
of a continuous endothelial monolayer is pivotal. Fiber con-
structs should present longitudinally-aligned fibers to guide 
endothelial monolayer formation mimicking the subendothelial 
proteoglycans and hyaluronan native ECM.[89] The addition of 
circumferentially-aligned fibers is also fundamental to ensure 
sufficient mechanical compliance to support high blood pres-
sures, thereby mimic the native elastic alternated lamellae and 
collagen fibers present in the tunica media.[68] Scaffolds should 
allow large circumferential and longitudinal strains up to 25%, 
with tensile stiffnesses of ≈1400 kPa for the adventitia and 
400 kPa for both media and intima region. The pore size and 
pattern of the scaffold needs consideration particularly in the 
lumen where the construct is in contact with blood flow. There 
needs to be adequately large pores to allow for migration of the 
seeded cells, allowing them to migrate and align themselves 

with the assistance of the scaffold, as well as for the integra-
tion of cells from the host at the periphery of the construct. 
However, this pore size should be not be so large as to cause 
bleeding through the walls of the construct.

Additionally, the fiber scaffold bulk material has to be biode-
gradable and the degradation rate should be similar to the tissue 
remodeling speed to minimize functional deficits. Premature 
degradation will affect the scaffold mechanical properties and 
result in graft shrinkage,[90] whereas delayed biodegradation 
affects true tissue integration which could lead to scaffold 
encapsulation and scar formation.[91] Lastly, the material should 
not elicit an adverse immune response after implantation, as 
this could lead to graft rejection.

3. Fiber Patterning Technologies

To date, several fiber manufacturing technologies and materials 
have been investigated. However, there is only a subset of tech-
niques available that can produce structured 3D fibrous scaf-
folds with cellular-relevant geometrical features and sizes[28,35] 
and with the potential to capture the aforementioned tissue-
specific characteristics and design criteria. The key features, 
advantages and limitations of this subset of technologies is 
reviewed below and summarized in Table 1.

3.1. Solution Electrospinning

Solution electrospinning (SES) is one of the most widely used 
spinning techniques in TE due to its capacity to produce long, 
nanoscale fibers, its easy setup and cost effective (Figure 2A). 
The underlying operating principle of SES consists in extruding 
a polymer solution through a spinneret at which point high 
voltage (typically between 10 and 30 kV) is applied to the spin-
neret, causing the polymer solution to form a Taylor cone 
and to accelerate toward the oppositely charged collector plate 
(10–15 cm collector distance).[92] As a result of the long jet trav-
elling distances, whipping instabilities dominate the process 
and the fiber deposition is characteristically chaotic creating 
random fiber architectures.[93] Different process components 
have been investigated and manipulated since, thereby creating 
different sized fibers and scaffold architectures.

Rotating mandrels have been utilized as the collectors to 
achieve aligned fibers in one direction. The rotational velocity 
(typically above 1000 rpm) generates a tangential force, that 
once it exceeds the jet’s velocity results in uniaxial, circumfer-
entially aligned nanofiber collection. Nevertheless, the extent of 
alignment is limited to ≈67.1% of the total volume of depos-
ited fibers.[94] Modifications of the electrical field have also been 
shown to increase the level of fiber architectural control. For 
instance, by using parallel electrodes separated by a gap, uni-
axially aligned fiber arrays can be obtained.[95] It is observed 
that the jet travels back and forth from one collector toward the 
opposite collector forming parallel fibers above the collector’s 
gap. Through tuning the electrical charge, researchers were 
able to create 30 cm long and 8 cm wide aligned nanofiber 
arrays consisting of multiple fibers[93] and with fiber diameters 
smaller than 300 nm.[96] As spinning time progresses, deposited 
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fibers onto the collector electrodes causes a build-up of charges, 
insulating the voltage gap and therefore distorting the jet and 
thus the continued accurate deposition of material. As such, 
multiple aligned fiber layers cannot be accurately deposited. 
This thickness of mesh varies across materials and is addition-
ally affected by different processing conditions, such as changes 
to collector distance, humidity, voltage, needle diameter, and/or 
the concentration of the solution. An example of this limitation 
was outlined in work by Yang et al. where they reported distor-
tion of PLA fiber alignment after 30 min of electrospinning.[97] 
Micropatterned collectors with various microtopographies 
such as sinusoidal, hexagonal and reentrant-honeycomb-
shaped groves in the range of 300–1000 µm have also been 
used to control 3D topography of the output scaffolds.[98] This 
micropatterning concept was also applied to a rotating mandrel 
SES system where groove- and cross-patterned tubular fiber 
scaffolds with inner diameters of 0.18–3.28 mm were obtained. 
Moreover, interconnected tubular scaffolds were fabricated by 
spinning onto branched mandrels.[99]

There is a large combination of polymeric materials that 
have been used for SES. Some of the most common used are 
silk,[100] poly-ε-caprolactone (PCL)[101] and poly(lactide-co-gly-
colide) (PLGA),[102] which are all biodegradable, and available 
as medical grade and FDA approved. However, both polymers 
have limited ability to support cell adhesion due to their hydro-
phobicity.[103] To overcome this, PLGA and other polymers 
have been bio-functionalized by incorporating cell adhe-
sive peptides derived from laminin prior to electrospinning 
(N-acetyl-GYIGSRGYG (YIGSR) and arginyl-glycyl-aspartic acid 
(RGD)).[94] Another approach to overcome the hydrophobicity 
of polymers has been to coat the constructs with ECM-derived 
components, for example fibronectin[104] or collagen,[105] or 

gelatin.[106] Blending of synthetic and natural polymers, such as 
collagen,[107] chitosan,[108] and alginate[109] has been also applied 
extensively, as this allows the synergize the material benefits 
of both natural and synthetic polymers. Polyurethane, a biode-
gradable thermoplastic elastomer, has been blended with the 
natural polymer, ethyl cellulose, allowing for the production of 
aligned, anisotropic SES scaffolds that exhibited enhancement 
of cardiac myoblast retention and proliferation.[110]

3.2. Melt Electrospinning

Melt electrospinning (MES) uses polymer melts instead of 
polymer solutions, eliminating the need of cytotoxic solvents, 
which, if not completely evaporated, will be trapped within 
the fabricated fiber mats.[111,112] A relatively recent developed 
method using melt electrospinning principles is the melt elec-
trowriting (MEW) process. Its first appearance on TE field was 
reported by Brown et al. in 2011.[112] Similar to SES, an addi-
tional force (i.e., pneumatic or mechanical) is applied to the 
polymer melt to maintain constant polymer extrusion through 
the spinneret, where high voltage is applied, stimulating 
the formation of the Taylor cone and subsequent jet that is 
drawn to the opposingly-charged collector (Figure 2B). Using 
a computer-controlled collector platform, MEW fibers can be 
controllably deposited in both in-plane[34] and out-of-plane 
directions.[113] Although fiber diameters obtained by MEW are 
typically in the micrometer scale, Hochleitner et al. reported on 
the fabrication of organized fiber scaffolds with fiber diameters 
of ≈≈800 nm.[114] Moreover, fabrication of scaffolds with thick-
ness up to a few millimeters is possible (typically <3 mm).[112] 
However, as the scaffold layers increase, residual charges on 
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Table 1. Overview of advantages and disadvantages of different fiber patterning technologies.

Fiber technology Advantages Disadvantages

Solution electrospinning • Nano to sub-micrometer scale resolution (0.01–1 µm)[93]

• Cheap

• Easy to use

• Limited materials available

• Limited thickness (max. 30 min of fiber deposition)[96]

• Uncontrollable and small pore size

• Limited shape fidelity

• Solvents (often cytotoxic) involved

Melt electrospinning • Precise control over microarchitecture

• Moderately thick scaffold possible (up to 7 mm)[115]

• High shape fidelity

• Solvent free

• Limited materials available

• High temperatures required

• Microscale resolution (smallest = 0.8 µm)[114]

Near-field spinning • Precise control over microarchitecture

• Nano to sub-micrometer scale resolution (0.05–6 µm)[130,134]

• Solution or melt possible

• Limited thickness (up to 100 µm)[135]

Rotary Jet spinning • Nano to sub-micrometer fiber diameters (0.05–3.5 µm)[136]

• High production rate

• Room-temperature processing

• Wide range of materials processing[198]

• Easy to use

• Low porosity

• Solvents involved

• Poor fiber placement control

• Requires postprocessing

Pull spinning • Ambient conditions

• Easy to use

• Compatible with wide range of material[141]

• Scaffold geometry control by adjusting collector[173]

• Solvents involved

• Limited fiber placement control

• Lower throughput than rotary jet spinning[141]

Microfluidic spinning • Fibers can be tuned on morphological, structural, and chemical features

• Direct cell deposition possible

• Slow fabrication process

• Frequent nozzle clogging
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the previously deposited fibers increase causing instabilities in 
fiber deposition. To overcome this, Wunner et al. developed a 
mechatronic system that adjusts the collector distance during 

the printing process based on the build height of the scaf-
fold. In-process simulation of the applied voltage maintains 
electrostatic forces, allowing fabrication of thicker scaffolds 
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Figure 2. Schematic representations of key fiber manufacturing technologies with which ordered fibrous scaffolds can be obtained. A) solution elec-
trospinning, B) melt electrospinning basic principle with extension to demonstrate the use of a C) rotating mandrel, D) near-field electrospinning,  
E) wet-spinning, and F) microfluidic spinning.
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up to 7 mm.[115] The left ventricle myocardial thickness ranges 
from 4.4 to 7.4 mm at the mid-cavity level,[116] translating that 
this recent advance in MEW technology makes it possible to 
obtain anatomically-relevant thick microfiber scaffolds for myo-
cardial TE with controllable microarchitectures.

A multitude of fiber scaffold microarchitectures with high 
shape fidelities have obtained to date using MEW. Squared,[28] 
rectangular[117] and hexagonal architectures[34] have been 
fabricated with pore sizes ranging from 150 to 1000 µm. 
Moreover, MEW of serpentine microarchitectures with 
0.5–1 mm pore sizes could also be obtained by optimizing 
collector speed (280 mm min−1), voltage (6–6.5 kV), and pres-
sure (2 bar) printing parameters.[118] Control over inter fiber 
distances is critical to allow cardiac cells growth and prolifera-
tion. Typically, epithelial and myocardial cells are in the range 
of 8–12 µm and 10–100 µm respectively,[87] and therefore pore 
sizes must not be smaller than that. Scaffolds characteristics of 
these required dimensions could be obtained with MEW, as the 
fiber diameters that can be deposited are 5–40 µm and minimal 
interfiber distances of 90–150 µm.[111,114] Researchers have also 
showed the possibility of melt electro-writing onto rotating 
mandrels to fabricate tubular fiber scaffolds with controlled 
microarchitectures (Figure 2C). With this approach, the collector 
speed is a combination of the rotational and translation speeds 
and by manipulating these two factors, varied scaffold pore mor-
phologies can be obtained.[119] To date, tubes with inner diam-
eters of 1.5 mm, pore sizes >1 mm, 200 µm scaffold thickness 
and a variety of rhombic shaped boxes have been obtained.[120]

Presently, only a fraction of commercially available 
polymers are suitable to be processed using MEW due to 
the very specific process requirements, mostly high thermal 
stability (melt heating 60–350 °C), low electrical conductivity 
(10−6–10−8 S m−1) and high molecular weights (>12 000 g mol−1, 
but ≤190 000 g mol−1).[121] In recent years, more polymers 
have shown compatibility with MEW including mostly ther-
moplastics such as PCL,[34] polypropylene,[122] polyethylene,[123] 
poly(methyl methacrylate),[124] and poly(2-ethyl-2-oxazoline) 
(PEtOx).[125] The thermoplastic elastomer, poly(urea-siloxane), 
has also been investigated as a material of interest due to its 
processability and compatibility with MEW, with some aspects 
including smooth-surfaced fibers superseding PCL. Moreover, 
the study obtained 360 µm thick square scaffolds with scaffold 
pores of 1 mm.[126] However, most of these are hydrophobic, 
exhibit slow degradation rates and have poor conductivity, 
which would be desirable characteristics of candidate materials 
for cTE applications. Therefore, polymer composites have been 
developed to improve biological compatibility by increasing 
the hydrophilic nature, for example, a hydroxyl-functionalized 
polyester, poly(hydroxymethylglycolide-co-ε–caprolactone) 
(pHMGCL), was recently proposed showing improved cardiac 
progenitor cell alignment compared to PCL.[117]

3.3. Near-Field Electrospinning

Near-field electrospinning (NFES) utilizes smaller collection 
distances (0.5–1 mm) and lower acceleration voltages (0.2–5 kV) 
than SES or MES to allow for controllable fiber deposition.[127] 
The use of a lower voltage increases the range of materials that 

can be used[128] and increases the deposition substrate variety 
(Figure 2D). A lower voltage would normally reduce the fiber 
diameter,[129] however, the reduced tip-to-collector distance 
counteracts this reduction in fiber diameter. Furthermore, 
NFES have been reported with both molten polymers[114,130] 
and polymer solutions.[131,132] Melt and solution NFES share 
similar advantages and disadvantages as solution and melt 
spinning; solution NFES allows for smaller diameter fiber 
deposition but includes toxic solvents. Compared to traditional 
electrospinning however, solution NFES exhibits less fiber thin-
ning as the flight phase is shorter. Therefore, fiber diameters 
that can be obtained by NFES are higher than traditional elec-
trospinning, typically in the range of 0.05–30 µm as opposed 
to 0.01–1 µm.[133] Whereas reasonably ordered structures can 
be achieved by this approach, the amount of layers that can 
be deposited without fibers distortion is limited due to charge 
accumulating effects.[134] The thickest scaffolds that could be 
obtained contained 20 layers, and were 100 µm thick.[135]

Recently researchers have been able to decrease the applied 
voltage from the typical NFES voltage (2–12 kV) to 50 V while 
still being able to spin a variety of materials with fiber place-
ment control.[128] They were able to deposit squared boxes, 
straight lines, and curly lines with interfiber distances of 
≈100 µm. Moreover, they showed that deposition was possible 
on substrates that are conducting (silicon), insulating (glass), 
on hydrogels and on solid substrates. Additionally, deposi-
tion of a thermoplastic (polystyrene), a water soluble polymer 
(polyvinylpyrrolidone), a hydrophilic polymer (poly(ethylene 
oxide)), and gelatin was all possible.[128]

3.4. Solution Spinning

Rotary Jet Spinning (RJS) is a form of solution spinning that 
is able to produce highly aligned nanofibers. RJS uses a high-
speed rotating polymer reservoir to propel a polymer solution 
through the spinneret by the effect of a centrifugal force. This 
force determines the resulting fiber diameter; the higher the 
centrifugal force, the thinner the deposited fiber. Additionally, 
the more volatile the solvent, the thicker the fiber, as rapid sol-
vent evaporating results in rapid polymer solidification.[136] RJS 
typically deposits fibers with nanometric sizes. The centrifugal 
forces allow the collection of aligned fibers along the surface of 
the collector drum. This process presents different advantages 
over SES as it is not dependent on the polymer solution’s con-
ductivity for constant fiber deposition and typically has faster 
fiber deposition rates.[137]

RJS has been proven for the processing of natural poly-
mers, like collagen, producing mechanically stable and insol-
uble collagen fibers due to the fibrillogenesis induced by the 
centrifugal forces.[138] Moreover, RJS has shown additionally 
superior protein-polymer hybrid applications compared to 
standard spinning process. In a study that compared protein sur-
face content of 75/25-PCL/collagen blends produced with RJS 
and with electrospinning, greater protein content on the surface 
of the RJS produced fibers were found.[137] This demonstrated 
that RJS-produced scaffolds can have enhanced cytocompat-
ibility, as the proteins have a higher bioavailability. In fact, scaf-
fold compatibility with CMs in terms of sarcomerogenesis was 
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recently demonstrated on RJS scaffolds.[137] Recently, Dotivala 
et al. adjusted the RJS technique through using a rotating 
collector that can be manipulated in regards to orientation. 
Fiber layers with interspaced 90°, 45°, and 30° orientation and a 
constant interfiber distances of 250 µm could be deposited.[139] 
Although promising, fiber diameters were larger than 100 µm 
and only 2 layers were reported.

Blow spinning is a solution spinning technique recently 
reported. It uses a concentric syringe in which the polymer 
solution is pressed into the inside of the nozzle and a gas on 
the outside at high pressures. This results in a polymer solu-
tion flight and solution evaporation during it. Aligned fibers 
can be obtained if the polymer is collected onto a rotating 
mandrel. The polylactic acid fibers have same small diame-
ters as in SES (nanometer range), but the production time is 
significantly increased.[140] Moreover, although not mentioned 
by the authors, it is expected that more stable aligned layers can 
be obtain onto a rotating mandrel, as no electric field distortion 
will be involved.

An additional solution spinning technique of interest is 
pull spinning, which works by injecting a polymer solution 
through a needle to the high-speed rotating bristle, which then 
pulls and projects the polymer into parallelly-aligned fibers col-
lected on a rotating mandrel. It has been demonstrated to pro-
duce aligned nanofibers of both natural (i.e., gelatin Type A) 
and synthetic polymers (i.e., PCL) using a simple setup and 
fast production rates for thin muscular films for smooth and 
skeletal muscle TE.[141]

3.5. Wet Spinning

Among the different fiber formation methods, wet-spinning 
methods have the longest history. The process is based on 
extruding a prepolymer into a coagulation bath to polymerize 
the solution into a fiber[142] (Figure 2E). Recently, a computer-
assisted system has been integrated with the wet-spinning pro-
cess to produce 3D scaffolds.[143] The computer-assisted system 
can move the needle in the in– and out-of-plane directions 
and the collector with coagulation bath up and down, thereby 
allowing for controlled layer-by-layer fiber deposition. Due 
to the triaxial control, scaffold patterns in any preferred form 
can be achieved. Moreover, because polymerization occurs in 
a fluid bath, the fabrication process leaves room production of 
overhanging structures that cannot be fabricated with conven-
tional, open-air, 3D printing. Dini et al. fabricated PCL scaffolds 
of 4 × 20 × 3 mm that could be used for bone TE as it is a 
clinically relevant size.[144] However, with this approach, fiber 
diameters are typically above 200 µm, as the fiber diameter is 
limited by the depositing inner needle diameter.[145] To obtain 
smaller diameters, researchers have applied a mechanical 
stretching principle using a rotating mandrel to create fibers 
with diameters in the range of 20–600 µm.[146,147] Qiu et al. 
utilized ceramic capillaries with inner diameters of 28 µm 
in the place of a needle in combination with postspinning 
mechanical stretch allowing for silk-elastin-like protein copol-
ymer fibers of less than 10 µm.[148] Additionally, the rotating 
mandrel induces a circular flow within the coagulation bath, so 
once the prepolymer solution is injected within the coagulation 

bath it experiences shear forces. These shear forces can be 
used and tuned by adapting the polymer composition and flow 
rate to obtain fiber mats with aligned fibers.[146] Nevertheless, 
the microarchitectural control is limited, since only parallelly-
aligned scaffolds can be obtained onto the rotating collector 
mandrel. Wet-spinning has used a large variety of mate-
rials including alginate,[146,147] chitosan,[149] poly(L-lactic acid) 
(PLLA)/chitosan blends,[150] or PCL.[145] A converged approach, 
electro-wet-spinning combines the properties of wet spinning 
and electrospinning in order to further minimize fiber diam-
eter, as demonstrated using poly(chitosan-g-dl-lactic acid).[151]

3.6. Microfluidic Spinning

Microfluidic spinning (MS) converges the principles of micro-
scale fluid dynamics and wet spinning. The process was 
developed more than 10 years ago after the introduction of 
the microfluids technology.[152] It is based on the combina-
tion of a coaxial laminar flow on a microfluidic chip in which 
a prepolymer and a crosslinking reagent meet right before 
extrusion (Figure 2F). The crosslinking mechanism can be 
initiated through photo polymerization[153] or via chemical 
reactions.[154,155] Fiber diameters ranging from nanometer 
range[154] to several hundred micrometers[156] with uniform 
diameters can be fabricated successfully without compli-
cated spinning setups and collectors.[157] Additionally, MS 
has a great potential to directly incorporate cells within the 
polymer fibers as the cells are only shortly exposed to a high 
shear stress due to the short microfluidic channel distances, 
and no other hazardous factors, such as heat and solvents.[142] 
Through adaptation of the microfluidic platform, fibers with 
various shapes and patterns can be obtained (Figure 2F). Next 
to solid fibers,[153] fibers with grooves,[158] with a lumen,[159] 
flat,[160] and hybrid fibers[158] can be fabricated by adjusting 
the microfluidic lumen design.[161] Typically, control over 
fiber alignment can be obtained by using a rotating collector 
glass.[162] Mosaic hydrogel scaffolds consisting of complex pat-
terns and built up from a multitude of different materials have 
been obtained by using multiple-channel microfluidic chips. 
It was demonstrated by Leng et al. that fiber scaffolds with a 
mosaic-like shape can be fabricated by extruding uncrosslinked 
fluids into a channel network that deposit crosslinked mate-
rial in the desired pattern. The authors fabricated 150–350 µm 
thick flat and tubular scaffolds with a variety of patterns, such 
as arrays of voids, patterned spots, and parallel stripes of 
distinct materials.[163]

Generally, materials used for microfluidic spinning need 
to be polymer solutions that can be crosslinked using photo 
or chemical crosslinking methods and materials that have a 
viscosity that allows for a constant laminar flow. Various nat-
ural polymers including alginate,[159] collagen and chitosan[164] 
have been explored and showed compatibility with microfluidic 
spinning. Synthetic materials have also been processed and 
spun into fibers using microfluidic spinning. These include 
PLGA,[162] polyurethane (PU),[165] polyurethane acrylate,[153] 
and 4-hydroxybutyl acrylate.[152] The most frequently used 
material is alginate, due to quick and reproducible crosslinking 
process.[166]
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4. Applications of Patterned Fiber Scaffolds in cTE

The following section will set out how current microfiber scaf-
folds are used and combined with cells for cTE. Key examples 
for the myocardium, the cardiac valves and vasculature will be 
discussed below and summarized in Table 2.

4.1. Myocardium

A number of different fiber formation techniques have been 
used to fabricate scaffolds for myocardium recapitulation and/
or repair, including SES, RJS, pull spinning, and MEW.

SES has been utilized to obtain nanofiber scaffolds, where 
researchers co-electrospun fibrin and PLGA, in randomly 
oriented fiber scaffolds with fiber thicknesses ranging from 
50–300 nm and 2–4 µm, respectively. The PLGA/fibrin scaffolds 
showed higher efficacy for CM differentiation from umbilical 
cord blood-derived mesenchymal stem cells than PLGA alone, 
as indicated by cardiac differentiation marker expression (i.e., 
α-sacromeric actinin and troponin). While the construct allowed 
for sufficient cellular infiltration, the random alignment of the 
fibers resulted in no evidence of cellular anisotropy as in the 

native tissue. Nevertheless, the combination of fibrin and PLGA 
fibers was beneficial as fibrin naturally degraded after 3 weeks 
in culture, allowing sufficient time for collagen produced by 
the cells to replace it, while PLGA remained throughout for 
mechanical support.[102] To obtain fiber alignment and anisot-
ropy similar to native myocardium tissue, SES constructs have 
further been manipulated either during or after production 
with heat and mechanical forces to created parallelly-aligned 
microfiber scaffolds (Figure 3A,B). These SES scaffolds enabled 
iPSC-derived CMs and ECs to align better and show signs of 
maturation (Figure 3C). Compared to the random pattern, sar-
comere lengths became significantly larger in the aligned scaf-
folds. Moreover, contraction velocity upon electrical stimulation 
of CMs was significantly higher in the aligned SES scaffolds 
than in the random SES scaffolds. Consequently, an aligned 
SES scaffold pattern was better able to support iPSCs-CMs than 
a random pattern.[167]

Using SES with a rotating mandrel as the collector, Kai et al. 
obtained aligned PCL/gelatin nanofiber scaffolds and found 
similar results in that seeded CMs had an enhanced degree 
of cellular alignment and orientation in the aligned scaffolds 
versus random scaffolds.[168] Khan et al. used the same tech-
nique to obtain highly aligned PLGA nanofiber scaffolds which 
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Table 2. Summary of existing fiber patterning technologies for cTE with resultant scaffolds and their respective properties. Symbols: NE: not 
evaluated.

Fiber technology Architecture Fiber diameter Pore size / Porosity Mechanical properties Application Ref.

Solution electrospinning Aligned 269 ± 33 nm ≈1.5 µm 1.45 ± 0.20 MPa Young’s Modulus, 

0.17 ± 0.05 MPa tensile strength

Myocardium [168]

Solution electrospinning Aligned ≈2.5 µm ≈2 µm 87.9 ± 24.7 MPa Young’s Modulus Myocardium [169]

Solution electrospinning Aligned 1.53 ± 0.05 µm to 

5.13 ± 0.19 µm

480 ± 85 µm2 to 

980 ± 150 µm2

1.22 ± 0.07 MPa Young’s Modulus Myocardium [171]

Solution electrospinning Aligned Nanorange Microporosity 500 ± 31 kPa longitudinal tensile elastic 

modulus, 74 ± 15 kPa transverse tensile 

elastic modulus

Myocardium [173]

Rotary jet spinning Aligned ≈425 nm NE ≈17.5 ± 6.6 MPa Young’s Modulus Myocardium [136]

Solution electrospinning Aligned tube 4.04 ± 0.25 µm Porosity: 78–81% 3 MPa radial tangent modulus, 4.1 MPa 

circumferential tangent modulus

Valves [181]

Solution electrospinning Trilayered tubular ≈150–500 nm NE, porous middle layer Aligned parallel: 23.03 ± 2.00 MPa, 

aligned perpendicular: 5.26 ± 0.31 MPa, 

random 15,73 ± 2.55 MPa

Vasculature [185]

Melt electrospinning Squared and rectangular 4–12 µm 150–300 µm 0.70 ± 0.15 to 2.05 ± 0.15 MPa tensile 

modulus

Myocardium [117]

Melt electrospinning Hexagonal NE 250–800 µm 5–11 MPa modulus in x-direction; 

1–2 MPa modulus in y-direction

Myocardium [34]

Melt electrospinning Serpentine shaped 19.76 ± 1.54 µm 250 µm to 1 mm 3.07 ± 0.23 to 4.87 ± 0.094 MPa tensile 

modulus

Valves [118]

Near-field 

electrospinning

Aligned fibers 0.5–3 µm 5–100 µm NE Vasculature [128]

Wet spinning Aligned tubular NE 1–5 µm NE Vasculature [186]

Microfluidic spinning Mosaic fibers, aligned 

tubular scaffolds
≈50 µm, 1.5 mm 

tube diameter

NE NE Myocardium, 

vasculature

[163]

Microfluidic spinning/

textile technology

Hallow and solid fibers, 

weaved scaffolds with 

rectangular pores

20 ± 14 µm to 

210 ± 5 µm

≈ 200 × 1000 µm 6.3 ± 0.4 Pa to 730 ± 15 Pa Youngs 

modulus measured by an atomic force 

microscope across three different 

materials

Myocardium, 

vasculature

[159]
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showed positive effects of hiPSC-CM alignment. It was seen 
that hiPSC-CMs had upregulated maturation gene expres-
sion, including troponin-T and α-actinin, as well as enhanced 
calcium cycling when cultured on the aligned PLGA scaffold 
than when cultured on a conventional flat culture plate.[169] 
Hsiao et al. obtained aligned composite fibers (polyaniline and 
PLGA) that were further transformed into a conductive mate-
rial by doping into HCl. After 3 days in culture, the conduc-
tive scaffolds showed synchronous beating of CM clusters upon 
electrical stimulation whereas the undoped, less conductive 
scaffolds remained unsynchronized. This study demonstrated 
the importance of scaffold conductivity for synchronized CM 
beating and electrical integration for implantation.[170] Lastly, 
Fleischer et al. obtained aligned SES fiber scaffolds using 
globular serum albumin, as albumin has beneficial mechan-
ical (elasticity and higher strength than other biomolecules), 
biochemical (hydrophobic cavities), and biodegradable charac-
teristics, making it a promising material for cTE. Albumin was 
made compatible with SES by adding trifluroethanol, as this 
unfolds the albumin and allows its processing.[171]

RJS has been used to fabricate aligned micrometer-scaled 
fibers of various compositions of PCL and PCL blended with 
collagen and gelatin.[137] The aligned PCL fibers promoted 
sarcomere formation in 20% of CMs and the aligned PCL/col-
lagen blends in 80% of CMs following 5 days in culture. As 
sarcomere generation is a vital aspect for its contractile func-
tion, PCL/collagen blend aligned fiber scaffolds show promises 
for cardiac patch engineering. It was additionally suggested by 
the authors that PCL may have some protective effect on the 
collagen, which would have typically become denatured as a 
cause of the fluoroalcohol solvent used.[137,172] A more recent 
study utilized the process of pull spinning for the fabrication 
of a ventricle-like nanofiber scaffold. Researchers designed a 
ventricle-shaped (ellipsoidal) mandrel to collect PCL-gelatin 
nanofibers in an anisotropic pattern with the size of a rat 
ventricle (Figure 3H). Following 14 days in culture, cells and 
sarcomeric alignment was seen along the direction of the 
nanofibers (Figure 3I). The scaffold design could both sup-
port rat CMs and iPSC-CMs, highlighting the suitability of this 
strategy to translate to a human model. Regarding the mechan-
ical suitability of the construct produced using pull spinning, it 
was found that it had a higher tensile elastic modulus than the 
ECM of native myocardial tissue (E ≈ 500 kPa and ≈350 kPa, 
respectively).[173] This factor could be further refined to match 
the ventricular mechanics of the patient species through 
changing the material, scaffold degradation rate and tuning of 
the pull spinning protocol.

Recently, MEW scaffolds of PCL were seeded with CPCs in 
rectangular (150 µm × 300 µm) microstructures. CPCs aligned 
along the rectangular long size, whereas no anisotropic align-
ment was observed in a squared microstructure scaffold.[117] 
Interestingly, cells located far (up to 150 µm) from the fibers 
appeared to align accordingly, indicating that a fiber architec-
ture an order of magnitude larger than the native ECM can 
already promote cellular organization.[117] One major disad-
vantage of these scaffolds is the limited elastic deformation, 
2–3.5%, that did not approximate the native myocardium 
deformation. Recent research efforts have looked into alter-
native microarchitectures to improve scaffold deformation. 

Sinusoidal fiber morphologies have been shown to allow a 
notable elastic tensile strain of 45%.[174] Additionally, hex-
agonal micro architectures of 400–800 µm side lengths were 
reported[34] that exhibited large biaxial deformations, up to 
40% strain, and approximates the native myocardium hexag-
onal-like microarchitecture (Figure 3D,E).[80] Importantly, the 
hexagonal MEW-produced scaffolds possess shape memory 
that allows noninvasive cardiac delivery to the heart through 
a catheter as demonstrated in a porcine model. From a CMs 
maturation point of view, it was seen that the hexagonal archi-
tecture enhanced a mature gene expression pattern compared 
to the rectangular-pattern scaffolds, including the expression 
of electrical coupling gene connexin 43, alpha cardiac actin, 
calcium handling gene SERCA2a and mitochondrial gene 
TOMM70. Additionally, there was an increase in sarcomere 
length, cellular alignment (Figure 3F,G) and contraction 
rates which are all indicators of CMs maturation. Although 
these approaches showed promising results for architectural, 
mechanical and cellular characteristics, reparative integra-
tion and functional coupling to the native myocardium is only 
superficially studied and warrant further explorations.

4.2. Cardiac Valves

Fibrous scaffolds have been extensively used for cardiac valve 
TE. Fiber formation techniques that have been used are textile 
weaving technology, SES, and MEW. Through the use of tex-
tile weaving technology, Hoerstrup et al. developed a trileaflet 
shape by combining nonwoven PGA fibrous meshes coated 
with poly-4-hydroxybutyrate (P4HB).[90] The trileaflet constructs 
were seeded with myofibroblasts and ECs, and matured for 
28 days in a bioreactor under dynamic flow before evaluation in 
a ovine model. 8 weeks postimplantation the fibrous graft was 
degraded, and 20 weeks post implantation ECM constituents 
were comparable to the native pulmonary valve. The researchers 
showed graft functionality up to 5 months, however, long-term 
functionality was not evaluated.

A combination of SES and textile weaving technology was 
employed to fabricate woven of yarns of polyacrylonitrile 
with a 250 µm thickness. This scaffold was then embedded 
within a hydrogel to increase the mechanical properties and 
to allow uniform embedding of VICs. The scaffold recapitu-
lated the circumferential anisotropy and the radial nanofiber 
direction similar to native aortic valve. Moreover, the VICs 
on the composite material displayed a healthy fibroblast-like 
phenotype, whereas VICs only embedded in the hydrogel 
constructs showed increased pathological osteoblast-specific 
gene expression.[175] Using SES, Masoumi et al. created a car-
diac valve with an aligned but anisotropic fiber orientation by 
depositing P4HB fibers on top of a rotating mandrel.[176] The 
obtained aligned fiber microstructure had a fiber diameter of 
1.8 µm and an elastic modulus similar to that of valve leaflets. 
Wu et al. fabricated an anisotropic scaffold with mechanical 
properties similar to the native aortic valve (Section 2.2). Nev-
ertheless, trileaflet architecture could not be recapitulated in 
either study. Interestingly, Moreira et al. created a functional 
trileaflet valve with partly organized fiber organization. Multi-
fiber Poly(L/DL)-lactide (PLDL) bundles were circumferentially 
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Figure 3. Examples of microfiber scaffolds applied for myocardial TE approaches. A) confocal microscopy images of PCL electrospun mesh with ran-
domly oriented fibers and B) aligned fibers following heat and mechanical manipulation, C) confocal microscopy of iPSC-CMs (troponin T—red) and/
or iPSC-ECs (CD31—green) after 48 h of culture on random or aligned PCL electrospun scaffolds (scale bar = 100 µm). Arrow indicating direction of 
fiber alignment. Reproduced with permission. Copyright[167] 2017, The Royal Society of Chemistry). D) SEM images of PCL scaffold fabricated using 
MEW of rectangular (150 × 300 µm)[117] and E) hexagonal pattern (hexagon side length = 400 µm), confocal microscopy images of a-actinin (green), 
nuclei (blue) and connexin-43 (red) staining of iPSC-CMs in rectangular (F) and hexagonal (G) scaffolds.[34] H) µCT of pull-spun rat ventricle scaffold 
(scale bars: left = 10 mm, right = 5 mm), I) immunofluorescent stainings (as indicated) of iPSC-CMs cultured in scaffolds for 14 days. Reproduced 
with permission.[173] Copyright 2018, Springer Nature.
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placed into a frame and were attached using electrospinning of 
PLGA fibers on top (Figure 4A). The construct was molded into 
a trileaflet shape and embedded within vascular cells loaded 
fibrin gel and matured under increasing dynamic conditions. 
The composite scaffold was functional under the physiological 
forces and showed ECM remodeling. Although no in vivo eval-
uation was carried out, this approach shows promise for in vivo 
functionality.[177]

A recent study using MEW showed the fabrication of a trile-
aflet valve compatible with aortic valve pressures. Saidy et al. 
fabricated a PCL scaffold with viscoelastic properties similar to 
native valves. This was achieved by producing a valve scaffold 
composed of sinusoidal fibers placed in the radial and circum-
ferential direction (see Figure 4G–I). Human vascular smooth 
muscle cells could grow on the scaffold once encapsulated in 
fibrin gel. Three single MEW leaflets with cell-laden fibrin gel 
were sutured on a silicone mold mimicking the aortic root to 
obtain a functional trileaflet valve (Figure 4H).[118]

All aforementioned preformed cell-laden scaffolds were cul-
tured in vitro to generate an implantable, nonimmunogenic 
graft allowing for integration postimplantation. Additionally, 
they all require in vitro maturation in a bioreactor to obtain suf-
ficient mechanical strength to withstand hemodynamic forces to 
be a candidate for in vivo work. Nevertheless, for clinical trans-
lation a scaffold with greater a-priori mechanical compatibility 
could be desirable. However, strict regulations, in vitro culture 
requirements, and logistics prevent off-the-shelf availability.

Decellularized tissue-engineered heart valves or cell-free 
heart valves scaffolds for growing a heart valve in situ after 
implantation are promising solutions. The former exhibit 
better anisotropy, biocompatibility, adhesion, and remodeling, 
though have limited scalability, require a patient-compatible 
cell source, are more time consuming to produce, and require 
complex and costly bioreactors for preconditioning. Prom-
ising results have been achieved in ovine[178] and nonhuman 
primate[179] studies. The latter approach does not require in 
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Figure 4. Examples of fibrous scaffolds applied on cardiac valve engineering. A) aortic view of textile-fibrin composite scaffold (valve diameter = 
1.8 cm), B) α-SMA immunofluorescent staining of textile-fibrin composite scaffold leaflet and wall, C) Aligned actin fiber presence along longitudinal 
direction after dynamic culture (scale bar = 50 µm). Reproduced with permission.[177] Copyright 2016, Wiley–VCH. D) SEM of close up electrospun 
tubular scaffold (scale bar = 50 µm) and E) sutured scaffold into a valve, F) longitudinally cut part of transections of valve leaflets that were implanted 
in sheep for 12 months shows cellular infiltration and cells expressed α-SMA (red) and vimentin (green) (scale bar = 1 mm). Reproduced with per-
mission.[181] Copyright 2017, Elsevier. G) SEM image of MEW fabricated serpentine architecture fibrous scaffold, 20 layers, 0.25 mm circumferential 
and 2 mm radial pore size, and H) MEW scaffold sutured as cardiac valve, aortic view (top) and ventricular view (bottom) (scale bar = 5 mm),  
I) immunofluorescent analysis of fibrin/HUVSMC-embedded MEW scaffolds 2 weeks in culture (scale bar = 200 µm). Reproduced with permission.[118] 
Copyright 2019, Wiley–VCH.
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vitro culture, is easily available and produced due to synthetic 
biocompatible anisotropic fibers with tunable mechanical 
properties, and is consequently faster and less immunogenic. 
However, the quality and functioning of in situ TEHVs depend 
on the regenerative capacity of the host, and require fine-tuning 
of the degradation of the biomaterials versus the regeneration 
of the tissue without compromising valve function.[180] Stability 
and functionality, 6 and 12 months after implantation of a SES 
bioresorbable supramolecular bis-urea-modified polycarbonate-
based in situ TEHV (Figure 4D–F) in an ovine model were 
excellent, and pathological calcification was absent.[181]

4.3. Vasculature

Vascular TE has also used fiber formation techniques to generate 
scaffolds that mimic structure and function of native vasculature. 
For this cardiac tissue, SES, wet-spinning and textile technologies 
have been mostly used. Kim et al. seeded iPSC-derived ECs in 
SES PCL/polyethylene oxide (PEO) fibrous scaffolds which were 
800 µm thick with randomly oriented or parallel-aligned fiber 
morphologies (Figure 5A,B). The cells aligned with the parallel-
aligned fiber direction (Figure 5D) and as a result, ECs seeded 
presented higher endothelial phenotypic markers including CD31 
and CD144, and significantly upregulated endothelial nitric oxide 
synthase transcription. The aligned scaffolds caused the cells 
to assemble significantly longer vessel-like networks compared 
to randomly aligned fibers. Thus topographical patterning can 
also induce vascular network organization and maturation.[182] 
Deepthi et al. also used SES, but they obtained a trilayer scaffold 
mimicking the fiber orientation and mechanical properties of a 
vascular network. They spun a mixture of poly(hydroxy butyrate-
co-hydroxy valerate) (PHBV) and poly(vinyl alcohol) (PVA) for 
the intima layer and PHBV and elastin for the tunica media and 
adventitia. The PHBV fibers produced were in the range of 500–
800 nm and matched the native ECM structure through careful 
manipulation of the printing parameters. The vascular-mim-
icking scaffold showed hemocompatibility and induced HUVEC 
and smooth muscle cells alignment, and elongation according 
to the layer-specific fibers direction. The increasing radial-orien-
tated fibers density allowed MSCs and smooth muscle infiltra-
tion without disrupting the endothelial layer. Additionally, burst 
strength, compliance and stiffness indexes were compatible with 
native small diameter vessels, with the elastic modulus found 
to be 323.23 ± 99 kPa. Nevertheless, graft thickness was only 
0.15 mm instead of 1 mm of the native coronary artery, hence 
further optimization is needed to obtain thicker constructs. The 
diameter of the scaffolds manufactured were ≈2 and 4 mm, dem-
onstrating the potential application of these constructs as coro-
nary artery grafts in regards to this dimension.[89]
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Figure 5. Examples of fibrous scaffolds applied on the vascular engineering. 
A) SEM images of a random, B) and aligned electrospun scaffold (scale 
bar = 50 µm), C) CD31 staining (red) and DAPI staining (blue) generated 
configurations of iPSC derived endothelial cells on a randomly oriented 
scaffold and D) an aligned electrospun scaffold. Scale bars not stated in 
original paper. Reproduced with permission. Copyright[182] 2017, Springer 
Science+Business Media. E) SEM pictures of a random electrospun fibrous 

scaffold and F) a patterned electrospun scaffold with the ridge/groove 
width of 300/100 µm, G) phalloidin staining of endothelial cells loaded 
on the random electrospun scaffold and H) smooth muscle cells on the 
patterned scaffold showing a preferred direction of smooth muscle cell 
actin fiber morphology on the patterned scaffold. Reproduced with per-
mission.[183] Copyright 2015, Elsevier. I) SEM image of the cross section a 
trilayer tubular graft obtained by three-step electrospinning, J) H&E staining 
of cross section of transplanted constructs 2 weeks post transplantation in 
mice. Reproduced with permission.[185] Copyright 2018, Elsevier.
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Liu et al. also reported the fabrication of a SES double lay-
ered scaffold, subsequently wrapped onto a cylinder. The outer 
layer was formed by SES poly(dl-lactide)–poly (ethylene glycol) 
(PELA) fibers which were collected on ridge-groove surfaces of 
300/100 and 200/100 µm (Figure 5F). On this layer, smooth 
muscle cells aligned, and actin filaments and deposited ECM 
increased along the circumferential direction of the grooves 
(Figure 5H). A second layer of random SES fibers, loaded 
with ECs, induced formation of a continuous endothelial layer 
covering the entire lumen surface (Figure 5E,G). Mechanical 
tests showed that the strain at failure, tensile strength and 
suture retention were similar to human arteries, and radial 
compliance and burst pressure were similar to human veins. 
The dimensions achieved were an inner diameter of 6 mm 
with an average wall thickness of ≈450 µm.[183] However this 
is not reaching the native dimensions of 3.54 ± 0.51 mm and 
0.89 ± 0.21 mm.[184] Wu et al. developed a trilayered semi-syn-
thetic construct that mimic all three native layers, (Figure 5I) 
via a three-step SES approach. The intima-like layer was 
replicated by depositing axially oriented fibers (fiber diameter 
= 336.90 ± 107.27 nm) of PLCL/collagen (PLCL/COL) fibers 
on a 4 mm diameter mandrel. The tunica media-like layer was 
formed of circumferentially oriented fibers (fiber diameter = 
206.17 ± 46.23 nm) of PLGA/silk fibroin (PLGA/SF) deposited 
on the PLCL/COL layer. Lastly, PLCL/COL random fibers (fiber 
diameter = 361.15 ± 136.91 nm) were deposited as adventitia. 
Mechanical testing revealed the trilayer tubular graft had a ten-
sile force of ≈50 N with a strain of 100% in the axial direction. 
In vitro evaluation showed that HUVECs and smooth muscle 
cells aligned in the axial and circumferential fiber directions, 
respectively. In vivo subcutaneous implantation of the cell-free 
fibrous scaffold showed cell infiltration, matrix deposition and 
biodegradability after 10 weeks. Ten weeks after implantation 
the host tissue completely enclosed the scaffold, and scaffold 
fragments were observed (Figure 5J). Long-term mechanical 
stability is questionable and the degradation rate needs to be 
further optimized.[185]

With the combination of wet-spinning and SES, Williamson 
et al. created a bi-layered tubular scaffold, mimicking the dif-
ferent layers of the vessel. PCL was wet-spun on a 6 mm diam-
eter rotating mandrel, and polyurethane (PU) was electrospun 
on top of the aligned PCL fiber cylinder and thereby achieving 
random, pore sizes of 10–30 µm. HUVECs, were seeded on the 
PCL, secreted vascular-specific factors, and formed a cobble-
stone like arrangement (as described in the intima layer, 
Figure 1A). Human aortic smooth muscle cells were seeded on 
top of the porous PU layer and showed good cell attachment 
and proliferation. No mechanical testing was performed, so 
despite compatibility with two important cell types, mechanical 
performance remains to be investigated.[186]

Extremely important in long term in vivo (>12 months) 
assessment for vascular grafts is the tissue regeneration-scaffold 
degradation equilibrium. De Valance et al. showed promising 
results in vivo in a short-term follow-up of electrospun PCL-
based vascular grafts whereas the long-term follow-up after 
implantation of the same grafts in vivo (18 months) resulted in 
stenotic lesions and calcification.[187] This failure was associated 
with the unbalanced ECM and structural support generation 
compared to graft degradation.[188]

To overcome these limitations, textile techniques and fast 
degrading polymers enable control over pore size, scaffold deg-
radation, and tunable mechanical properties. Lui et al. braided 
polyglycolic acid (PGA) PGS-coated fibers into a hollow lumen, 
resulting in a scaffold with large enough pores for cellular 
integration without causing bleeding through the graft. Prior 
implantation the braided-scaffold showed breaking stress and 
radial expansion higher compared to native arteries. Six months 
following in vivo implantation, infiltration by host smooth 
muscle cells, endothelialization, deposition of ECM, and scaf-
fold degradation was observed. Moreover, the PGS coating 
anti-inflammatory effect was beneficial to reduce macrophages-
induced scaffold degradation. The equilibrium between tissue 
regeneration and graft degradation was achieved in newly 
formed scaffold-tissue after 3 months in vivo with ex vivo 
mechanical properties comparable with the native aorta.[189]

For clinically relevant applications, the use of degradable 
xeno-free materials has also demonstrated promising results 
since it ensures proper cellular adhesion and function. Kenar 
et al. blended xeno-free collagen types I and III, and hyaluronic 
acid from human umbilical cords with PCL. These semi-
synthetic scaffolds resulted in a 3-fold increase in cell adhesion 
after 24 h, 1.6-fold longer vascular network, increased swelling 
and reduced elasticity (0.89 vs 1.31 MPa) compared to pure PCL 
scaffolds. A semi-synthetic material approach could be a prom-
ising tool for vascular graft engineering due to the significant 
increase in cellular response and easy manufacturing.[190]

5. Conclusion and Future Perspectives

We provided an overview of the recent and emerging fiber pat-
terning technologies used for the repair of the injured myo-
cardium, aortic valve and coronary arteries. Fiber patterning 
technologies have the potential to recapitulate the 3D organi-
zation of cardiac tissue on the scale of the ECM. Operating 
in this scale allows for a bottom-up approach in that once the 
original ECM structure is restored, the physical and mechanical 
properties can also be reestablished. Of the aforementioned 
techniques, SES is the technique that most closely represents 
the size of native ECM fibers, demonstrating the ability to 
guide cellular alignment and stem cell differentiation. How-
ever, due to the limited ability to create complex architectures 
that the ECM naturally exists in, some improvements to col-
lecting techniques are required to facilitate the improvement of 
geometric design. We envision both MEW and pull spinning 
techniques will improve cardiac tissue repair due to their flexi-
bility in fiber patterning geometries (box, squared, sinusoidal, 
hexagonal microstructures) and potential to directly create clini-
cally relevant-sized constructs and geometries (flat/tubular/
ventricle-shaped/up to 7 mm thicknesses).

It has been highlighted that for cTE of the myocardium, 
incorporation of natural components as supporting structures 
is beneficial especially in regards to degradation time matching 
with ECM production by the cells. This then provides the ini-
tial support until the cells have been directed into position 
and produce matrix. This is shown to be possible by the nano-
submicrometer sized fibers, either through SES alignment 
strategies or MEW microgeometries and architecture within the 
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construct. The next steps of this area will be to look further into 
composite materials that allow for both high resolution fabrica-
tion as well as some beneficial components for the tissue devel-
opment, such as compounds like graphene to enhance conduc-
tivity. The biomechanics of the contraction cycle of the heart is 
predominately dominated by chamber pressure, while tissue 
stiffness dominates the relaxation cycle. This appears to be an 
under recognized challenge in cTE. Optimal approaches will 
involve constructing fiber scaffolds in which the bulk material 
stiffness is modulated in synchrony with the beating cycle.[191]

The development of cTE aortic valve replacement is heading 
in a novel direction by shifting toward porous structures on the 
nano- and micro-scale. This is especially important considering 
the high ECM fraction and specific alignment throughout the 
tissue layers in order to maintain its function throughout life. 
The aim is to make something as strong and durable as the 
synthetic options currently available, but with the potential to 
integrate with the host and function throughout development. 
Developing stronger materials with the ability to increase high 
porosity will be of importance. Additionally, manufactured fibers 
could have proteins immobilized to drive host cells integration.

Recent progress in mandrel collection using SES and MEW has 
allowed cTE for coronary arteries to advance to the stage where 
fiber orientation and construct morphology are showing desired 
functionalities. However, the key limitation with these constructs 
is the wall thickness which only reached half the dimensions of 
the native artery. These constructs in particular have addressed 
the design challenge of pore size allowing for cellular integration 
while restricting bleeding through the construct in vivo.

Up to now, long-term functionality in vivo studies of organ-
ized patterned scaffolds are still lacking and although studies 
conducted to date show promise for cTE, more research is 
required. One of the key limitations of moving toward in vivo 
work using these technologies is the scaling up aspect to reach 
physiologically and anatomically relevant constructs. The exam-
ples presented here are mostly at the stage where they could 
potentially be applied in a small animal model. To proceed to 
this next critical size level, there are a number of hurdles to 
overcome including the current limitations of dimensions for 
the micro- and nano-scale fiber production technologies, as 
well as the time hinderance that comes from producing such 
large constructs. Additionally, nutrient supply will be a consid-
eration as these constructs become larger. Bioreactors with con-
trollable fluid dynamics would converge very well with the field 
in attempts to solve this concern. Another approach is to create 
a prevascularized network within the constructs while in the 
culture phase to assist with both nutrient supply and integra-
tion with the host once in vivo. A number of groups are already 
moving in this direction with the main limitation of resolution 
as the main approach is through extrusion-based bioprinting.

Furthermore, biofabrication technologies with high 
resolution could be converged with the fiber fabrication tech-
nique of choice into a one-step fabrication process. For example, 
stereolithography technique have been utilized with photo-
crosslinkable hydrogels to create cell-laden structures with 
resolutions of 25–50 µm.[192] SES has for instance been com-
bined with inkjet-based 3D printing of drops of solvent ink that 
selectively, and with a predefined pattern, dissolves parts of the 
electrospun scaffold, as demonstrated by Jia et al. The desired 

patterns can be based on computer-aided designs; thus, a mul-
tiphasic scaffold of different patterns can be created within 
the nanofiber electrospun scaffolds.[193] Another example of a 
promising convergence of technologies is microfluidic weaving. 
Due to the microfluidic spinning, fibers containing cells can be 
generated, and when combined with weaving, these fibers can 
be positioned in a 3D fiber network of physiological relevant 
sizes.[159] Moreover, convergence of 3D (bio)printing technolo-
gies and fiber patterning can improve the manner in which 
cells are included within fiber constructs.

More studies need to focus on reparative integration and 
functional coupling to the native myocardium, valves and 
vessels, as well as fiber scaffold degradation and material prop-
erties modification after in vivo application. Moving close to 
personalized medicine, advanced imaging techniques should 
also be utilized in this field to progress into patient-specific 
tissue-engineered constructs as this would allow for the “exact” 
match to be calculated from patient data, creating a custom, 
anatomically-precise construct. To conclude, the reviewed fiber 
patterning techniques present great promise for cTE and their 
consistency, reproducibility and ECM-like resolution. The next 
steps of material investigation and integrative clinical solutions 
for these treatments is imperative and exciting for the future 
field of fiber formation technologies for cTE.
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