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Mechanobiological regulation of endothelial
vascularization after myocardial infarction: matrix
mechanics, hydrogel strategies and applications
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Myocardial infarction (MI) triggers a wound-healing cascade that restores structural integrity but reshapes

the cardiac mechanical microenvironment. The transition from compliant, healthy myocardium to stiff,

fibrotic scar tissue creates biomechanical barriers that can impede neovascularization and contribute to

heart failure progression. These biomechanical cues regulate endothelial fate decisions, including

migration, proliferation, branching, and lumen formation, and thus influence neovascularization and per-

fusion recovery. This review addresses the mechanobiological principles governing endothelial cell beha-

viours and their translation into biomaterials-based strategies for cardiac regeneration or disease model-

ling. We first characterize the pathological remodelling cascade following MI, detailing the compositional

and architectural shifts from healthy to infarcted myocardium. We then summarize how mechanical pro-

perties such as stiffness, viscoelastic stress relaxation, porosity, anisotropy, and degradability function as

active regulators of endothelial activation, migration, junctional stability, and morphogenesis and ulti-

mately angiogenesis in two- and three-dimensional environments. Subsequently, we evaluate various

hydrogel platforms and tuning strategies, outlining how specific base composition, crosslinking chemistry,

and network architecture are leveraged to modulate mechanical cues. Building on these mechanistic

insights, we review hydrogel-based in vitro vascular models that emulate aspects of the post-infarct myo-

cardium, including self-assembled endothelial–stromal networks, macroporous and granular scaffolds,

organ-on-chip platforms with perfused microvessels, and 3D bioprinting approaches. Finally, we discuss

limitations in decoupling mechanical from biochemical and architectural cues and in assessing vascular

integration, perfusion, and functional outcomes in vivo. Altogether, this review highlights design principles

for selecting and tuning matrix mechanics in biomaterial platforms aimed at supporting endothelial-

driven revascularization of infarcted myocardium.

1. Introduction

Myocardial infarction (MI) remains one of the leading causes
of mortality worldwide.1 It occurs when coronary occlusion
deprives a region of the myocardium of oxygen, causing
massive cardiomyocyte death and triggering a wound-healing
cascade. The injured cardiac tissue undergoes pathological
remodelling characterized by inflammation, fibrosis, and scar
formation.2 While this process restores structural integrity, it
results in a stiff, collagen-rich scar with compromised contrac-
tility and inadequate vascularization.3 Nascent blood vessel

networks that form during healing are often disorganized and
insufficient to fully reperfuse the tissue, perpetuating
hypoxia.4 This accelerates adverse ventricular remodelling and
predisposes patients to heart failure. Thus, restoring a pat-
terned, perfusable blood supply through neovascularization is
essential for functional cardiac recovery. However, efforts to
stimulate neovascularization have had limited clinical success,
in part due to an incomplete understanding of how the bio-
physical microenvironment post MI regulates endothelial cell
(EC) behaviours.

ECs orchestrate new vessel formation through activation,
migration, and morphogenesis into stabilized tubes.5,6 It has
become increasingly evident that extracellular matrix (ECM)
mechanics plays instructive roles in vascular morphogenesis,
in coordination with angiogenic growth factors, such as vascu-
lar endothelial growth factor A (VEGF-A) and fibroblast growth
factor 2 (FGF-2).7,8 Post-MI, the ECM undergoes major
mechanical alterations including increased stiffness, altered
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viscoelasticity, and structural reorganization. ECs sense these
changes through integrins and other mechanotransducers.
This aberrant mechanosensing can shift endothelial behaviour
toward a pro-inflammatory, hyperpermeable, and EndMT-
prone state. These responses impair vascular stability,
adhesion, and migration, promote maladaptive signalling and
fibrosis, and ultimately hinder functional
revascularization.8–10 The growing recognition of the interplay
between ECM mechanics and angiogenesis has spurred the
development of biomaterials-based platforms to model and
manipulate the post-MI environment.11–13 Hydrogels and
engineered matrices with tunable mechanical properties are
effective tools in dissecting EC mechanobiology and guiding
therapeutic vascularization. These materials have also enabled
the development of increasingly sophisticated in vitro plat-
forms that capture key aspects of the post-MI microenvi-
ronment. Such systems have provided critical mechanistic
insight into angiogenic regulation and offer translational
opportunities for designing therapies that modulate matrix
mechanics to enhance microvascular regeneration.

Angiogenesis following MI and the development of cardiac
biomaterials have each emerged as major research directions
aimed at restoring perfusion and cardiac function, yet a
mechanobiological perspective that systematically connects
the evolving post-MI ECM environment with endothelial vascu-
larization and hydrogel design remains underexplored. In this
review, we will integrate a mechanobiological analysis of how
mechanical parameters regulate endothelial vascularization
while translating these mechanistic insights into rational
hydrogel design principles for cardiac repair. We first outline
the pathological remodelling of cardiac tissues post-MI, with a
focus on ECM mechanics and review how these mechanical
properties impact EC fate and vascular morphogenesis. We
then discuss strategies to tune these mechanical properties in
hydrogel platforms, and finally evaluate advanced in vitro
models designed to probe and promote revascularization in
mechanically defined environments. Altogether, we aim to
provide a cohesive framework for understanding and lever-
aging matrix mechanics in cardiac revascularization and to
identify opportunities for developing next-generation hydrogel
biomaterial-based strategies to restore microvascular function
in ischemic diseases. By clarifying how material properties
regulate endothelial responses post-MI, this framework may
help inform the design of targeted biomaterials that support
functional revascularization within the fibrotic post-MI
microenvironment.

2. Vascular response to pathological
matrix remodelling
2.1 Vascular remodelling following myocardial infarction

To develop hydrogel-based strategies that restore endothelial
vascularization after MI, it is first necessary to understand the
pathological mechanical environment that ECs encounter in
the remodelling myocardium. The vascular response to MI is

fundamentally shaped not only by biochemical signalling but
also by the rapidly evolving mechanical environment of the
infarct. As the ECM transitions from a soft provisional matrix
to a stiff fibrotic scar, ECs are exposed to progressively altered
mechanical cues that compromise vascular repair. This section
describes the post-MI changes in microvascular architecture
and ECM composition and mechanics that together establish
the pathological mechanical context in which endothelial
mechanobiological regulation operates.

After a myocardial infarction, the coronary microvasculature
undergoes a dynamic but incomplete remodelling. The
process begins with transient angiogenic proliferation, fol-
lowed by pruning and structural maturation of vessels.14,15 In
the infarcted region, capillary density drops precipitously
immediately after MI due to ischemic necrosis, and although
angiogenesis over the first 1–2 weeks repopulates the infarct
with new capillaries, their density remains below that of
normal myocardium. Although in large-animal models like
pigs and dogs, capillary density in ischemic myocardium can
transiently approach or exceed normal levels during peak
angiogenesis (e.g. dogs ∼2960 capillaries per mm2 at ∼1
week),16–18 many of these microvessels regress as tissue remo-
dels into a fibrous scar. Chronic human infarct scars conse-
quently show capillary densities 40–60% lower than healthy
heart tissue.18–20 Meanwhile, surviving myocardium remote
from the infarct often experiences microvascular rarefaction as
well, and is associated with impaired pro-angiogenic signal-
ling, such as higher VEGFR-1/VEGF-A ratios and elevated endo-
statin and hepatocyte growth factor (HGF). Ultimately, post-MI
patients exhibit approximately half the capillary density in
remote areas compared to non-infarcted heart.21

In tandem with quantitative changes, vessel morphology
and network architecture change markedly. Neovessels formed
within the infarct often exhibit an irregular diameter and lack
perivascular support. Over weeks, a subset of these microves-
sels shows increased perivascular smooth muscle coverage and
more arteriole-like morphology. However, this results in the
regression of smaller branches, leading to a sparser and
coarser microvascular network. Studies have documented a
shift toward larger average vessel diameter in healing infarcts,
accompanied by a decrease in the total number of microvascu-
lar segments.22 Fractal analysis further reveals reduced branch-
ing complexity and connectivity and increased spatial hetero-
geneity.22 By the chronic remodelling phase, months post-MI,
the infarct microvascular network is relatively sparse, with
fewer capillaries and a relatively preserved population of small
arteries/arterioles.22,23 The compromised microvasculature
implies longer diffusion distances and worse oxygenation
within the scar, while microvascular rarefaction in the remote
myocardium is associated with an imbalance of angiogenic
factors and progressive ventricular dysfunction. This vascular
remodelling occurs in parallel with substantial alteration in
ECM structure and composition.24,25 Importantly, these vascu-
lar dynamics and ECM stiffening unfold within an infarct
matrix whose mechanics change rapidly during healing. ECs
actively interpret this stiffening via various mechanosensors,
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resulting in limited vasculature sprouting and microvessel
instability. Altogether, this mechanobiological coupling
between scar maturation and endothelial fate provides a unify-
ing framework for the capillary pruning described above and
motivates biomaterial strategies that restore a permissive
mechanical environment for reperfusion.

2.2 Extracellular matrix remodelling following myocardial
infarction

The ECM is a dynamic and instructive microenvironment that
regulates cell behaviour through biochemical signalling and
biophysical cues. The healthy myocardial ECM maintains the
tissue architecture and transmits mechanical forces that pre-
serve endothelial functions. For example, cardiac ECM keeps
cardiomyocytes mechanically aligned for efficient force trans-
mission, preserves endothelial barrier stability via laminin/col-
lagen IV–integrin contacts, and provides a scaffold that guides
endothelial sprouting and lumen formation during vascular
morphogenesis.26,27

The cardiac ECM is composed primarily of fibrillar col-
lagens (type I and III), elastin, proteoglycans (PG), glycosami-
noglycans (GAGs), and glycoproteins such as fibronectin and
laminin.28 Under physiological conditions, collagen I constitu-
tes approximately 85% of the cardiac fibrillar collagen, provid-
ing tensile strength via dense bundles in the epimysium and
perimysium.29,30 Collagen III (11% of the cardiac collagen)
coexists with type I within perimysial and pericellular endomy-
sial collagen struts,31 and forms thinner, more elastic fibres
that confer resilience and elastic recoil.32 Elastin in coronary
vessels and the pericardium provides elasticity and aids elastic
recoil during diastole33 and intact vascular elastin also creates
a quiescent, anti-inflammatory niche for ECs to maintain
shear-dependent nitric-oxide signalling and barrier function.34

Proteoglycans, such as decorin and biglycan, organize collagen

fibres, keep the tissue hydrated, and contribute to overall
mechanical stability. Specifically, decorin can sequester TGF-
β-driven fibrosis, whereas biglycan is required for normal col-
lagen fibril assembly and mechanical strength in the healing
myocardium.35,36 Scaffolding is further supported by glyco-
proteins, such as fibronectin, which provides a provisional
ECM for endothelial adhesion and migration during new-
vessel formation, and laminin-rich basement membranes
envelop cardiomyocytes and vessels to stabilise cell contacts
and maintain barrier integrity.37–39 Finally, the heart contains
a small amount of hyaluronic acid (HA)-rich glycosaminogly-
can (<0.5% of dry weigh in porcine heart), which in healthy
hearts functions to bind water and cytokines, and regulates
cell mechanosensing via endothelial glycocalyx. After MI, acti-
vated fibroblasts secretes high-molecular-weight HA which
accumulates within the ECM in the infarct zone in similar
abundance to collagen.40,41 The HA forms a hydrated, HA-rich
scar that impairs macrophage phagocytic function, dampens
angiogenesis, and alters microvascular barrier
properties.40Comparatively, the ECM remodels after MI and is
eventually replaced by a higher concentration of stiff, cross-
linked type I collagen-rich scar,42 as summarized in Table 1.
The scar tissue and adjacent remote myocardium feature elev-
ated stiffness (2–4 times increase).31,43 This is also supported
by cardiac magnetic resonance elastography in porcine MI,
where infarct-region stiffness exceeds remote myocardium at
subacute stages (14 days: 4.6 kPa infarct vs. 3.0 kPa remote),
and by ex vivo tensile testing showing a substantially higher
modulus in infarct tissue (650 ± 80 kPa infarcted vs. 110 ± 20
kPa remote).44 In parallel with this mechanical stiffening, MI
drives a massive expansion of the extracellular space. The
porcine infarct extracellular volume fraction (ECV) increases
from 25–26% pre-MI to 48% by day 10 and 53% by day 21,
while remote tissue remains near baseline. Notably, infarct

Table 1 ECM composition and mechanical properties of healthy myocardium versus post-myocardial infarction (MI) scar tissue

ECM component Healthy myocardium composition Post-MI infarct scar composition

Collagen I 80–85% of total collagen; organized into a
hierarchical fibre network29,30

Dominant component (>90% of collagen). Forms thick, highly
cross-linked fibre bundles52–55

Collagen III 10–15% of total collagen; primarily in the
endomysium31

Initially deposited in the provisional matrix; constitutes a lower
proportion (5–10%) of total collagen in the mature scar56

Total collagen ∼49 mg per g dry weight in normal human LV
myocardium, epicardium 5.1 ± 0.4 in a canine
model

95.3 ± 9.7 mg per g dry weight in dilated cardiomyopathy hearts;
epicardium: 51.3 ± 5.9 mg g−1 in canine models29,57

Elastin Low in myocardium58 Largely degraded and fragmented following MI, contributing to
reduced tissue compliance and increased stiffness57

Fibronectin Low levels; primarily the cellular isoform37–39,59–61 Transiently upregulated in the early provisional matrix; levels
return to baseline in the mature scar62–64

Laminin and
collagen IV

In basement membranes (BMs) of myocytes and
vessels65–69

Re-deposited in new BMs: around new capillaries and border zone
myocytes, but scar core has little as myocytes are gone65–69

Proteoglycans
(decorin, biglycan)

Low levels; functions to regulate collagen fibres
and distribute mechanical load35,36

Upregulated during granulation tissue formation; incorporated into
the mature scar to modulate collagen fibre organization35,36

GAGs (HA, versican,
etc.)

Baseline low HA, PG-bound GAGs present65–69 Early surges of HA and versican accumulate in early infarct to form
matrix aiding cell infiltration; later removed as collagen matrix
matures65–69

Matricellular proteins Very low in healthy adult heart70 Dramatically spike early in infarct border zone modulating repair;
largely disappear in chronic scar70

Mechanical
properties

Compliant and anisotropic (e.g., passive stiffness
of ∼10–15 kPa in rat LV).71

5–10 times stiffer, less compliant; early scar ≈ 50 kPa (∼2 weeks)
and 0.5–1 MPa in mature scar31,71
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ECV correlates positively with tissue stiffness, and diffusion
MRI indicates that these microstructural shifts impose severe
transport constraints, altering the mean free pathway for cells
and soluble signals.45 Concurrently, this deteriorating physical
and transport environment restricts the microvascular archi-
tecture. In a pig MI model with 3D microvascular reconstruc-
tion, infarcted myocardium showed decreases by day 7 in
microvascular density-like measures such as vascular length
density 1.65 × 10−3 μm μm−3 at infarct day 7 vs. 3.51 × 10−3 μm
μm−3 in basal tissue alongside declines in capillary volume
fraction.46 This stiffening precipitates diastolic dysfunction,
compromises ventricular relaxation, and drives adverse remo-
delling marked by chamber dilation, wall thinning, and geo-
metric distortion. It also creates a microenvironment that is
less permissive for vascularization and more prone to
arrhythmogenesis.47–51

The cardiac ECM remodels over three main phases: inflam-
matory phase, proliferative phase, and maturation phase. The
inflammation phase begins within hours after MI and lasts a
few days. Ischemic injury causes cardiomyocyte necrosis and
triggers an acute inflammatory response. Matrix degradation is
an early event as ischemia-activated matrix metalloproteinases
(MMPs) contribute to the cleavage of pre-existing myocardial
collagens and other ECM proteins,72,73 releasing elastin and
collagen-derived fragments that recruit and activate neutro-
phils.65 These fragments have divergent vascular effects.
Collagen-IV fragments such as tumstatin decrease endothelial
proliferation and migration, thus decreasing angiogenesis.66,74

In contrast, elastin peptides can promote neovascularization
and angiogenic endothelial responses. Thus, their overall
influence on angiogenesis hinges on the balance of specific
fragments present.65

The inflammation responses are further amplified by
laminin fragments and low-molecular-weight HA.65–69 As
macrophages clear necrotic debris, activated cardiac fibro-
blasts (myofibroblasts) deposit a provisional loose, thin, type
III collagen-rich ECM.43,49,75,76 In this proliferative phase, the
provisional fibrin-based matrix is progressively replaced by a
cell-derived matrix rich in fibronectin and increasing amounts
of hyaluronan. Concurrent plasmin/MMP activity contributes
to ongoing ECM remodelling; both deficient and excessive pro-
teolysis have been shown to impair infarct healing, indicating
that a balanced relationship between matrix synthesis and
degradation is required.26,52 This phase is also characterised
by intense reparative angiogenesis with ECM composition and
structure providing a permissive scaffold for orderly capillary
sprouting and stabilisation.77 Fibronectin provides adhesive
substrate for endothelial α5β1-integrins,62,63 while fibroblast-
derived hyaluronan accumulates within the extracellular
matrix, contributing to the formation of a hydrated matrix.40,41

The maturation phase of infarct healing occurs in the sub-
sequent weeks and months, as the granulation tissue gradually
transitions into a permanent scar. This phase is characterized
by increased collagen I deposition and ECM cross-linking, and
a decline in elastin, cellularity and vascularity.52–55 As collagen
accumulates and crosslinks, matrix stiffness increases drasti-

cally. These changes are correlated with suppressed angio-
genesis, reduced myocardial contractility, and thus limited
functional recovery.

This dramatic compositional shift characterized by collagen
I dominance, elastin depletion, and reduced proteoglycans/
GAGs fundamentally alters the infarct scar’s mechanical land-
scape, increasing tissue stiffness and altering the viscoelastic
properties of the infarct matrix. The resulting changes in ECM
mechanical properties are not merely a passive structural
outcome, but also potent biomechanical regulators of EC
behaviours and angiogenic capacity. The following section
examines how ECs perceive and transduce these mechanical
signals.

3. Material mechanics and its effects
on vascularization
3.1 Stiffness

Matrix stiffness is a potent cue for EC behaviours and refers to
a material’s inherent resistance to deformation when sub-
jected to an applied force. Stiffness is typically quantified by
the Young’s modulus (E), or storage modulus (G′), with the
latter reflecting the elastic component of a viscoelastic
material under oscillatory loading. In 2D systems, ECs on
stiffer substrates generally form stable adhesions and generate
stronger traction forces that facilitate cytoskeletal organization
and capillary-like structures.78 These mechanical cues are con-
verted into intracellular signals through interconnected mole-
cular mechanisms involving integrin clustering, cytoskeletal
contractility, and transcriptional regulation as shown in Fig. 1.
Specifically, stiff substrates enhance integrin-dependent acti-
vation of focal adhesion kinase (FAK) by promoting the
engagement of matrix-binding integrins that recruit and acti-
vate FAK within focal adhesions, leading to its autophosphory-
lation and downstream signalling. Integrin-linked kinase (ILK)
is a focal adhesion protein that transmits mechanical cues by
interacting with integrins and linking them to Wnt/β-catenin
and protein kinase B (Akt) signalling pathways. Altogether,
integrin–FAK–ILK complexes are the major “load sensors” that
convert matrix stiffness into biochemical signals for EC pro-
liferation, migration, and survival.79,80

Matrix stiffness also increases EC contractility and stress
fibre formation by elevating Ras homolog family member A
(RhoA) GTPase activity and its effector Rho-associated kinase
(ROCK).81,82 The increased contractility, together with
increased FAK phosphorylation, promotes nuclear transloca-
tion of Yes-associated protein (YAP) and transcriptional co-acti-
vator with PDZ-binding motif (TAZ) (YAP/TAZ), which drive the
expression of genes that promote cell growth and angiogenesis
(e.g., CYR61, CTGF, ANKRD1).83–86 Elevated contractility also
activates the myocardin-related transcription factor/serum
response factor pathway (MRTF/SRF), which shifts ECs toward
a more motile and invasive phenotype. Notably, in stiffened
matrix, SRF activity has been shown to selectively regulate EC
tip cell invasion.87,88 In vivo, knockout of SRF inhibits tip-cell
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filopodia formation and severely impairs sprouting
angiogenesis.87,89 Beyond integrin-based mechanosensing,
Piezo1 is a mechanosensitive cation channel in ECs that opens
in response to membrane tension, allowing Ca2+ influx and
supporting endothelial migration and angiogenesis.90–93 This
influx has been shown to stabilize HIF-1α and drive pro-angio-
genic factors vascular endothelial growth factor (VEGF) and
angiopoietin 2 (ANGPT2) expression in mice and lymphatic
endothelial cells, as well as gastric cancer cells.94–97

Conversely, while high stiffness promotes angiogenesis, exces-
sive rigidity can impair vascular network formation through
multiple mechanisms. Over-activation of RhoA has been
shown to impair EC proliferation, migration and tube
formation.82,98,99 As stiffness-induced actomyosin contractility
rises (E ≥ 10 kPa), the vascular endothelial cadherin (VE-cad-
herin)/β-catenin-based adherens junction becomes destabi-
lized via FAK/Src-dependent phosphorylation, leading to junc-
tion disassembly, increased endothelial permeability, and
impaired network formation.100,101 Conversely, on softer
matrices (2.5 kPa),100,101 ECs maintain strong VE-cadherin/
β-catenin junctions, which supports barrier function and mor-
phogenesis. Chronic YAP activation can also contribute to
negative outcomes, such as pathologic fibrosis in wound
healing contexts.83

Beyond driving pro-angiogenic gene expression, matrix
stiffness also primes endothelial cells to respond more effec-
tively to soluble growth factors. VEGF-A binding to its recep-
tors (VEGFR-1 and VEGFR-2) is a central step in angiogenesis.
Crucially, matrix stiffness modulates this process by regulating
VEGF-A secretion, VEGFR-2 receptor dynamics, and down-

stream signalling.102,103 For example, ECs on E = 10 kPa hydro-
gels display higher p-ERK1/2 levels and VEGFR-2 endocytosis
than those on E = 1 kPa gels.103 Beyond these receptor
dynamics, the availability of VEGF itself can act as a dominant
regulator of endothelial morphogenesis. Specifically, in a thiol-
modified HA gelatin hydrogel system spanning 10 to 650 Pa,
high VEGF was required to initiate tube morphogenesis of
endothelial progenitor cells. Under these conditions, tube
morphogenesis increased as substrate stiffness decreased.104

Importantly, this stiffness potentiation of VEGF signalling is
most evident in nascent or sparse ECs, whereas strong adhe-
rens contacts override matrix cues.103 Substrate stiffness and
VEGFR-2 converge on the phosphoinositide 3-kinase (PI3K)–
Akt–mechanistic target of rapamycin (mTOR) signalling
pathway, promoting migration and capillary-like structure for-
mation. Inhibiting mTOR reduces stiffness-driven signalling,
reducing VEGF production and angiogenesis.102,105

Much of the mechanosensing framework has been estab-
lished in 2D culture on planar substrates. However, translating
these principles to 3D vascular models requires treating
‘dimensionality’ not as a single variable, but as a complex
bundle of coupled microenvironmental differences. Because of
this, cell–ECM mechanotransduction mechanisms in 3D often
diverge from 2D observations.106,107 Functional differences
arise from distinct features of each context, including how
adhesions and mechanical forces are spatially presented, how
diffusible cues are regulated, and whether certain multicellular
responses are even possible on planar substrates.106 In 3D
ECMs, mechanical confinement by the surrounding matrix
restricts global changes in cell shape and volume, but cells can

Fig. 1 Mechanosensing pathways of endothelial cells (ECs) on 2D matrix. Increased matrix stiffness is sensed by ECs through integrin/FAK signalling,
VEGFR2 organization, and the mechanosensitive channel Piezo. Integrin/FAK activation enhances RhoA/ROCK-dependent actomyosin contractility
and stress-fibre formation, promoting nuclear translocation of YAP/TAZ and MRTF/SRF and coordinating pro-angiogenic transcriptional factors.
Stiffness-associated signalling also engages PI3K-Akt-mTOR; context-dependent crosstalk between the YAP/TAZ and PI3K pathways supports
migration, survival, and morphogenesis. Matrix stiffness modulates barrier integrity via VE-cadherin/β-catenin stability: soft-to-moderate stiffness
favours adherens junction stabilization, whereas excessive stiffness elevates contractility, promotes junction disassembly, and increases vascular lea-
kiness. Piezo1-mediated Ca2+ influx can stabilize HIF-1α and stimulate the expression of pro-angiogenic factors (Fig. 1 drawn by the author).
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still generate matrix stresses through protrusion extension,
actomyosin-based contractility, and cell-volume regulation.
Importantly, cell–matrix interactions become dynamic as the
matrix is remodeled.107 Furthermore, imaging and interpreting
FA-based structures in 3D contexts is also more challenging
because adhesions can be reduced in size or intensity and are
harder to resolve in non-planar samples.106 Specifically, 3D
environments drive the formation of unique 3D-matrix adhe-
sions that selectively rely on α5β1 and αvβ3 integrins and
exhibit altered FAK phosphorylation compared to 2D focal
adhesions. In this setting, stiffness must be interpreted along-
side other matrix properties like viscoelasticity and degradabil-
ity, and 3D mechanotransduction can proceed through both
integrin-mediated pathways and mechanosensitive ion chan-
nels that respond to confinement.107 For example, studies
demonstrate that altering the stiffness of substrates like col-
lagen-coated PAAm or 3D collagen gels simultaneously mod-
ifies architectural features such as porosity, anchoring dis-
tances, and binding-site density, which can independently
alter focal adhesion formation and ERK/MAPK
signalling.108,109 The impact of this architecture is evident in
heterogeneous 3D collagen, where local fibril bundling gener-
ates large adhesion-scale stiffness heterogeneity of up to 10
fold that directly modulates adhesion stabilization.110 Unlike
in 2D globular collagen, where myosin II inhibition with bleb-
bistatin reduces β1 integrin activation and clustering, activated
β1 integrins in native 3D fibrillar collagen remain clustered
even under blebbistatin. This indicates that the fibrillar micro-
architecture itself can physically sustain integrin organization
even with reduced contractile input. ECs further illustrate how
these dimensional factors gate complex mechanobiological
outputs. Microvascular ECs cultured in 3D type I collagen lat-
tices show increased MMP-2 activation and upregulate MT1-
MMP compared to 2D monolayers. While broad-spectrum
MMP inhibition produces no noticeable change in 2D mono-
layer morphology or behaviour, MT1-MMP-dependent proteol-
ysis and its subsequent Cdc42 activation are strictly required
for multicellular network establishment, endothelial lumen
formation, and vascular guidance tunnel generation in 3D
matrices.110–112 Finally, transcriptomic comparisons demon-
strate that VEGF induces a broader response in 3D spheroid
sprouting than in 2D wound-healing and proliferation assays,
with pronounced changes in cell–matrix interaction, glycolysis,
and tip and stalk signatures uniquely evident in 3D.113

Within 3D matrices, EC migration occurs collectively with
cells connected in clusters or chains as they form vessel-like
structures. In soft matrix environments, the ECM more easily
yields to cell-generated force, preventing the buildup of strong
tension at integrin-based adhesion sites. Thus, integrin bonds
follow a “catch-bond” mechanism where mechanical tension
prolongs bond lifetimes. The relatively low stress on a soft sub-
strate causes these bonds to remain transient and disassemble
more readily, permitting cell rearrangement and aggrega-
tion;114 conversely in stiff environments, cells remain
anchored due to stronger focal adhesions. Furthermore,
increasing matrix stiffness often envelops the cells in a denser

polymer network which resists remodelling, physically confin-
ing cells into rounded morphologies and inhibiting YAP
nuclear translocation.115 Similarly, studies which created
dynamic stiffening gels showed a dissociation of β-catenin
from VE-cadherin and destabilization of adherens junctions as
stiffness increased, which is associated with altered vascular
network morphology.116,117 Conversely on softer gel, VE-cad-
herin and β-catenin remain more strongly co-localized at endo-
thelial junctions. Comparatively, studies on 2D human umbili-
cal vein endothelial cell (HUVEC) monolayers cultured on col-
lagen-coated PA gels show that increasing the stiffness from
2.5 to 10 kPa promotes VE-cadherin phosphorylation, widens
junctions, and reduces junctional β-catenin levels via FAK-
dependent signalling that promotes Src recruitment to adhe-
rens junctions.100 Consistent with this, inhibiting ROCK on
stiff substrates rescues migration118 indicating that reducing
ROCK-driven actomyosin tension can partially override “stiff-
substrate” behaviour. ECs also actively remodel their surround-
ings through protease-mediated ECM degradation. For
example, ECs embedded in softer 3D matrices (E = 2 kPa) have
increased matrix metalloproteinase (MMP) secretion and acti-
vation, facilitating efficient ECM remodelling and promoting
cell migration compared to those in stiffer matrices (E = 15
kPa).119,120 This MMP-driven remodelling in softer hydrogels
supports the formation of prevascular EC networks and
improved perfusion in vivo.120 Finally, unlike in 2D culture,
alterations in matrix stiffness in 3D are often accompanied by
concurrent changes in other physical properties, including
polymer density, porosity, and viscoelasticity, making it chal-
lenging to isolate the effects of stiffness alone. Altogether,
these findings underscore that 3D hydrogel matrices are not
simply thicker 2D substrates but present a fundamentally dis-
tinct mechanical and biochemical context that must be delib-
erately engineered to study and direct endothelial vasculariza-
tion. Consistent with these context-dependent differences, in
2D environments, moderate matrix stiffness has been reported
to promote integrin/FAK and YAP/TAZ pathways that stabilize
adherens junctions and provide traction for migration,
whereas pathological stiffening hyperactivates RhoA/ROCK
and disrupts barrier integrity. Conversely, in 3D matrices, soft
environments permit protease-driven matrix yielding for
robust network assembly, while increased stiffness imposes
steric confinement that restricts YAP translocation and inhi-
bits capillary morphogenesis.

In vivo evidence suggests the existence of a mechanically
optimal stiffness range for vascularization rather than a
simple softer or stiffer relationship. For example, in one silk-
fibroin scaffolds study, a compressive modulus of 5.7 kPa was
associated with the greatest vascular ingrowth (around 70
vessels per mm2), whereas both lower (3 kPa) and higher (15.3
kPa) modulus scaffolds were less supportive.121 In parallel, col-
lagen cross-linking studies show that stiffening ECM can also
shift vascular phenotype rather than simply increase vessel
number, for example by increasing angiogenic branching
while also destabilizing endothelial junctions and increasing
permeability, consistent with the altered VE-cadherin/
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β-catenin organization mentioned above.78 Furthermore, the
mechanical properties of the infarct zone evolve rapidly from a
soft provisional matrix to a stiff fibrotic scar over weeks.
Therefore, a hydrogel optimized for a single stiffness value
may be most permissive for vascularization only during a
limited therapeutic window and could become progressively
mismatched with the remodelling myocardium. This high-
lights the potential value of hydrogels with dynamically
tunable stiffness that can change in concert with the healing
infarct region.

3.2 Viscoelasticity, plasticity, and stress relaxation

Viscoelasticity is a key biophysical feature of native tissues. It
describes the time-dependent mechanical behaviour of
materials combining both elastic and viscous responses,
enabling them to resist stress, deform over time, and recover
upon stress removal. Key parameters include storage modulus
(G′), loss modulus (G″), and the loss tangent (tan δ = G″/G′)
and stress relaxation time (τ1/2), which quantifies how rapidly
internal stress dissipates under constant strain. Native soft
tissues have stress relaxation times ranging from tens to hun-
dreds of seconds.122

With increasing recognition of viscoelasticity as a regulator
of cell behaviour, recent advances have focused on designing
viscoelastic hydrogels. Viscoelastic hydrogels can be syn-
thesized by physical crosslinking (e.g. ionic, hydrogen-bond,
hydrophobic, or host–guest interactions)123 or dynamic cross-
linking (e.g., Schiff bases, hydrazones, borate esters), as
reviewed elsewhere.62,81,124 Alternatively, interpenetrating net-
works combine a permanent covalent network for structural
integrity with a dynamic (physical or covalent) dissipative
network, achieving tissue-mimetic toughness for load-bearing
applications.125–128 These viscoelastic hydrogels can be engin-
eered with a tunable τ1/2, the time to decay to 50% of the
initial stress, to regulate vasculature formation. In general,
intermediate/fast relaxation of the order of tens of seconds to
minutes favors 3D vasculogenesis and angiogenic sprouting,
and various notable experiments found that stress relaxation
windows within hundreds of seconds promote
angiogenesis.129–131 For example, low stiffness elastin-like
peptide (ELP) hydrogels with fast relaxing increased branch
length by 33% and branch width by 57%, compared to slow-
relaxing, same-stiffness analogues.130

These benefits are mainly correlated with heightened FAK
activation via integrin β1 clustering and vinculin
recruitment,131,132 leading to myosin light chain phosphoryl-
ation (pMLC), its localization into the actin cytoskeleton, and
subsequent actin contraction, protrusions, and filopodia
formation.131,133 FAK signalling activates multiple downstream
pathways that collectively support angiogenesis. It increases
both MRTF/SRF and YAP/TAZ to drive the transcription of cyto-
skeletal and adhesion genes and engages PI3K/Akt/mTOR sig-
nalling to further support YAP activity,134,135 proliferation, and
survival.136 FAK signalling also upregulates MMP secretion
(MT1-MMP, MMP9, and MMP1), promoting ECM degradation
and remodelling, enabling sprouting, branching, and vascular

bed formation.81,89,131 Mechanistically, endothelial tubulogen-
esis in 3D matrices is tightly coupled to matrix proteolytic per-
missiveness. MT1-MMP operates in concert with Rho GTPase
signalling to support endothelial invasion, lumen formation
and the generation of proteolytically carved “vascular guidance
tunnel” spaces that enable subsequent remodelling.137

Moreover, it has been shown that viscoelastic gels allow cells
to migrate independently of MMP, where invadopodia exert
protrusive and contractile forces to mechanically open chan-
nels, bypassing the need for ECM degradation.138 This
migration is β1 integrin-, Arp2/3-, and Rac1-dependent but
does not require MMP activity. Conversely, when FAK signal-
ling is inhibited, upregulation of MT1-MMP, MMP1, and
MMP9 is reduced and downstream FAK/Src activation is
limited, yielding rounded, non-migratory ECs with negligible
sprouting.129

In vivo, the same fast-relaxing formulation doubled the
microvessel density, confirming that hydrazone dynamics,
rather than stiffness alone, drives endothelial morphogen-
esis.129 Thus, tuning stress relaxation kinetics is important as
intermediate relaxation supports angiogenesis, whereas overly
fast or overly slow relaxation can destabilize cell–cell adhesion
and impede functional vasculogenesis. Shayan et al. showed in
a subcutaneous implantation model that fast-relaxing, low-
stiffness hydrogels supported greater vascularization than
their slow-relaxing counterparts, increasing the microvascular
density from 5.4 ± 0.1 to 9.3 ± 2.0 vessels per mm2.129

Similarly, in a rat MI model, Sun et al. found that a dynamic
viscoelastic hydrogel increased arteriole density in the infarct
zone, indicating that viscoelasticity also affects post-MI vascu-
lar maturation toward smooth muscle-associated arteriole-like
vessels rather than simply an increase in capillary number.139

Despite these encouraging findings, the native myocardium
has a fibrillar structure and exhibits anisotropic stress relax-
ation that the current isotropic hydrogel systems do not fully
capture. Furthermore, stress relaxation profiles optimized
under in vitro conditions may behave differently under the
cyclic mechanical loading of the beating heart, where dynamic
compression and shear act continuously on implanted
materials.

In addition, many hydrogels also exhibit mechanical plas-
ticity, which is a permanent residual deformation after cyclic
mechanical loading/unloading arising from bond rupture/
reformation or network rearrangement. Plasticity arises when
networks contain bonds or topologies that can yield and
reform (e.g., host–guest supramolecular bonds interpenetrated
with a covalent network, or dynamic covalent chemistries such
as imines/hydrazones in interpenetrating networks), and is
typically determined by the non-recoverable deformation in
creep-recovery tests and quantified by (permanent strain/
maximum strain × 100%).131 Matrix plasticity has a biphasic
effect on angiogenic and vasculogenic activities of ECs. In
hydrogels engineered to span low (10% plasticity), medium
(25% plasticity), and high-plasticity (50% plasticity) with a
similar G′, medium plasticity maximized EC invasion distance,
branching, and lumenization. In highly plastic matrices, large
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irreversible deformations and network collapse are
accompanied by elevated EC contractility and reduced vascular
stability.132 This is due to matrices that are easily permanently
deformed, dissipating traction forces too quickly, which com-
promises vascular structures leading to premature gel collapse,
EC hypercontractility, and fragmented, non-perfusable net-
works. Mechanistically, this phenotype is associated with
excessive integrin-FAK signalling, heightened phosphorylated
myosin light chain activity (pMLC), and junctional breakdown
via VE-cadherin loss and β-catenin displacement. Conversely,
low-plasticity matrices inhibit angiogenesis, which is associ-
ated with their resistance opposing cell-driven matrix defor-
mation. As a result, integrins cluster poorly and FAK/Src acti-
vation is limited, yielding rounded, non-migratory ECs with
negligible sprouting.131,132

Altogether, these findings suggest that endothelial
responses to viscoelastic hydrogels depend on balancing stress
relaxation with sufficient matrix stability. Within this frame-
work, appropriately fast or intermediate relaxing matrices
promote β1-integrin clustering and FAK/pMLC signalling, sup-
porting protrusion formation and MT1-MMP-linked remodel-
ling or invadopodia-mediated channel opening that increases
branching and network formation. At the extremes, slow/non-
relaxing gels limit integrin clustering and sprouting, while
highly plastic matrices dissipate traction too quickly, driving
hypercontractility, junctional breakdown, and premature
network collapse.

3.3 Matrix degradability and porosity

Matrix degradability is a vital determinant of EC morphogen-
esis. During angiogenesis in native tissue, endothelial tip cells
secrete proteases to digest the basement membrane and inter-
stitial matrix, clearing a path for sprouts. If the matrix is non-
degradable, ECs often cannot progress to form tubules or
networks.119,140 To facilitate sprouting angiogenesis, enzyme-
cleavable crosslinks or labile bonds can be introduced.
Beamish et al. directly compared hydrogels with different
degradability using a PEG gel containing an MMP-cleavable
peptide (VPMS) or a plasmin-cleavable peptide (YKNR). MMP-
degradable hydrogels supported robust capillary network for-
mation across a range of crosslink densities. In contrast,
plasmin-sensitive (but MMP-inert) YKNR gels permitted sparse
and primitive capillary structures only at the lowest storage
modulus (27 mg mL−1 YKNR, G′ = 40–60 Pa), where total vessel
length remained significantly lower than in the density-
matched MMP-cleavable matrix. At higher polymer concen-
trations (32–40 mg mL−1) and in inert gels no capillary mor-
phogenesis was observed (Fig. 2A).140 Furthermore, protease
requirements depend on the ECM context such as appropriate
peptide sequences that are specifically susceptible to degra-
dation. For example, the peptide sequence VPMSMRGG
demonstrates susceptibility to degradation by MMP-1, leading
to faster ECM remodelling compared to other sequences.141,142

Conversely, using a less suitable or MMP-inert peptide
sequence significantly impedes the degradation process, hin-
dering EC migration, remodelling capacity, and capillary mor-

phogenesis.140 Conversely, if a matrix is excessively soft and
degrades too rapidly, loss of mechanical integrity may compro-
mise the stability of the initially formed vascular networks and
promote their regression.143 Therefore, tailored peptide cross-
links matching the enzymatic degradation profiles of EC-
secreted proteases are vital for effective, targeted, and orga-
nized capillary morphogenesis in 3D hydrogels.

In addition to matrix degradation, matrix porosity, includ-
ing the size and connectivity of pores in both engineered and
native matrices, critically dictates how ECs sense and navigate
through the matrix. In conventional cell-laden hydrogels, the
mesh pore size is in the order of nanometres, far smaller than
a cell, and thus ECs must rely on proteolytic remodelling,
matrix plasticity or viscoelastic yielding to create paths for
sprouting by mechanical deformation.138,147 In contrast,
hydrogels engineered with an initial microporosity of tens to
hundreds of µm permit more immediate cell invasion. Many
have reported that ECs and supportive cells can migrate in a
protease-independent manner when the pore sizes approxi-
mate the cell diameter.138,148,149 Chiu et al. observed that in
PEG hydrogels with 25–50 µm pores, endothelial invasion was
mostly confined to the outer surface; by increasing the pore
size to 50–150 µm, robust vascular ingrowth occurred through-
out the scaffold (Fig. 2C).145 Similarly, CD31 immunofluores-
cence of HUVECs on β-TCP scaffolds with 100, 120, or 150 µm
interconnections at 7 and 14 days showed increased CD31 over
time, with multicellular networks evident by day 14 in the
150 µm group, whereas network structures were less apparent
in the 100–120 µm groups.144

Porosity within hydrogels can be engineered through
several fabrication techniques, including variations in polymer
concentration, crosslink density, sacrificial templating, and
cryogelation methods. However, adjusting the porosity often
has a significant impact on the material’s mechanical pro-
perties; for example increased polymer content or crosslinking
typically reduces pore size, diffusivity, porosity and viscoelasti-
city while enhancing stiffness (Fig. 2E).146,150 Alternatively,
sacrificial templates or porogens, such as salt crystals, degrad-
able microspheres or microparticles are incorporated during
hydrogel synthesis and later removed via leaching or enzymatic
degradation to create predefined, interconnected macroporous
structures. However, this approach can modestly reduce the
bulk stiffness depending on pore size and volume fraction. For
example, using gelatin microspheres of 248 ± 44 µm from
heparin–hyaluronic acid (HepHA) gels yielded macroporous
scaffolds, which significantly increased HUVEC migration and
produced the most pronounced vascularization in vitro and
in vivo. However, the compressive modulus decreased mod-
estly.151 The mechanical deficit can be compensated by disper-
sing stiff nanofillers, such as graphene oxide/LAPONITE®,152

or by integrating fibrous reinforcement 3D-printed microfibres
or electrospun yarns. For example, embedding melt-electro-
spun polycaprolactone (PCL) microfibres (93–98% porosity)
into hydrogels increased the compressive stiffness 54-fold
while maintaining pore interconnectivity for cell migration.153

Similarly, poly(L-lactic acid) (PLLA) yarn-reinforced gelatin
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hydrogels exhibited 10-fold higher tensile strength and
enhanced fibroblast adhesion despite reduced pore size.154

Another method of creating porous materials is cryogelation,
which utilizes ice crystal formation to template interconnected
macropores of typically 50–200 μm. This process often pre-
serves mechanical stability by forming crosslinked polymer
walls around ice porogens, minimizing compressive modulus
loss.155 In Dong et al.’s design, gelatin methacryloyl (GelMA)/
poly(ethylene glycol) diacrylate (PEGDA) cryogels on sulfonated
LCFRPEEK implants achieved 96 μm pores, which approxi-
mately doubled HUVEC infiltration compared with the non-
porous control and increased angiogenesis.156 However, due to
the random nature of freezing, the pore size was hetero-
geneous (±28.98 μm standard deviation). Moreover, while
stiffness integrity remained constant, drying methods often
compromise mechanical resilience, leading to brittleness, pore
collapse, or poor elasticity, which limits functional deployment
in dynamic tissues such as the heart.157,158 These structural

limitations are repaired by incorporating an elastomeric
PEG-PCL backbone, yielding salt-leached scaffolds with reco-
verable elasticity and handling strength.159

In summary, matrices engineered with MMP-cleavable
crosslinks or initial macroporosity support protease-dependent
and contact-driven migration pathways, enabling tip cells to
overcome steric barriers for infiltration and capillary morpho-
genesis. Conversely, non-degradable or nanoporous environ-
ments can impose severe steric hindrance, limiting invasion to
the matrix surface and markedly restricting multicellular
network assembly. However, in the in vivo setting, degradation
rates optimized in vitro may not directly translate, as the
inflammatory environment, macrophage-mediated degra-
dation, and MMP activity differ substantially from controlled
culture conditions. Matching degradation kinetics to the pace
of vascular ingrowth and tissue remodelling in the infarcted
myocardium, which itself evolves over weeks, therefore
remains an important design consideration.

Fig. 2 Architectural control of endothelial activation and vascularization via scaffold porosity and degradability. (A) Endothelial-fibroblast co-cul-
tures in PEG-VS hydrogels with MMP-sensitive (VPMS), plasmin-sensitive (YKNR), or non-degradable (YD-KND-R) crosslinks at 27 or 40 mg mL−1.
UEA-lectin staining (red) shows capillary networks. Adapted from ref. 140 with permission from Wiley Periodicals, Inc, copyright 2019. (B) PECAM-1
(CD31) immunofluorescence of HUVECs on beta-tricalcium phosphate (β-TCP) scaffolds with 100, 120, or 150 µm interconnections at 7 and 14 days.
Cell–cell CD31 increases over time and is most robust on 150 µm scaffolds, where multicellular networks appear by day 14, marked by arrows.
Adapted from ref. 144 (Copyright 2025, Xiao et al.) and is open access. (C) Masson’s trichrome staining of porous gels 1 (A, D and G), 2 (B, E and H),
and 3 (C, F and I) weeks post-implantation. Panels show pore ranges 25–50 µm (A–C), 50–100 µm (D–F), and 100–150 µm (G–I). Vascularized
(arrow) collagen (blue) is evident in medium (D–F) and large (G–I) pores at all time points. (D) Confocal volume renderings of PEG hydrogels with
salt-templated pores (A: 100–150; B: 50–100; C: 15–50 µm). Pores (FITC-protein-filled) shown black after inversion; hydrogel matrix white. (C) and
(D) Adapted from ref. 145 with permission from Elsevier, copyright 2011. (E) Collagen pore sizes are changed due to a change in matrix density.
Adapted from ref. 146 with permission from Elsevier, copyright 2011.
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3.4 Anisotropy

The native myocardium exhibits intrinsic anisotropy defined
by the alignment of cardiomyocytes and ECM, resulting in
direction-dependent mechanical properties.160 The longitudi-
nal-to-transverse stiffness (E longitudinal/E transverse) typically
ranges from 2 to 3, and fibre orientation angles vary across the
ventricular wall to optimize the electromechanical coupling.161

After MI, the natural anisotropic fibre alignment of heart
tissue is disrupted. This leads to mechanical stiffening,
impaired contraction, and disorganized electrical propagation,
contributing to conduction abnormalities and heart failure.162

These changes may also reduce nascent capillaries of the
aligned guidance cues that normally orient endothelial sprout-
ing parallel to muscle fibres, thereby slowing reparative
angiogenesis.

Engineered anisotropy in biomaterials has been shown to
recreate aspects of these directional cues and support vascular
organization. On 2D substrates, ridge/groove patterns can
direct EC migration and the orientation of new vessels by
contact guidance.163 Suarez et al. showed that the ridge/groove
size of a substrate dramatically affects network formation.164

On nanopatterns, ECs were able to connect and form capillary-
like networks, albeit initially unstable, whereas on micropat-
terned grooves (1.5–9.9 µm scale), ECs tended to align along
the patterns but failed to interconnect into networks.164 In 3D
environments, topographical cues arise from the matrix micro-
structure. Native collagen and fibrin hydrogels provide contact
guidance for EC sprouting through their fibrous mesh, where
aligned fibre matrices lead to anisotropic, parallel capillary
orientation while isotropic fibre networks yield randomly inter-
connected capillary meshes.165,166 To mimic native fibrous
ECM, electrospun nanofibres have been embedded within
hydrogels.167 The presence of these embedded fibres provided
a 3D topographic framework that guided cell organization and
modulated the mechanical properties, for example by increas-
ing tensile strength along the fibre direction. The aligned
nanofibres orient the cells and create provisional guidance
channels for new vessels, while the surrounding hydrogel sup-
ported cell infiltration. Beyond fibre organization, pre-formed
microchannels within a hydrogel serve as templates that ECs
can quickly line and turn into perfusable vessels.

At the molecular level, aligned collagen or nanofibrillar
scaffolds organise paxillin into elongated focal adhesions,168

engaging FAK mechanosignalling and activating downstream
PI3K/Akt and the RhoA/ROCK-myosin-II pathways. These cas-
cades reinforce actin stress-fibres and directional traction.
Pharmacological blockade of FAK (FI-14), ROCK (Y-27632) or
myosin-II (blebbistatin) attenuates these effects, suggesting a
mechanotransductive contribution to endothelial responses to
anisotropic collagen.169,170 Contact guidance is the macro-
scopic outcome of this signalling where in nanofibrillar col-
lagen (cell alignment = 0.6) EC protrusions migrate 4.3-fold
faster along the fibre axis than perpendicular to it.169

Mechanistically, this process has been proposed to rely on
integrin-generated tension that propagates to adherens junc-

tions, where β1-integrin-dependent actomyosin contractility
stabilises VE-cadherin-β-catenin complexes and supports
sprout extension.171

Multiple fabrication strategies enable precise control over
material anisotropy, including electrospinning, photolithogra-
phy, bio-templating, and microfluidic flow-induced alignment.
For example, electrospinning using a “ridge-valley” spring col-
lector produced poly(D,L-lactic acid) (PDLLA)/PCL/gelatin
fibrous scaffolds with longitudinal-to-transverse modulus ratio
up to 3. On these scaffolds, VEGF, VE-cadherin and eNOS were
upregulated, resulting in increased EC proliferation compared
with random-fibre mats.172 Similarly, field-induced alignment
can be used to orient charged or magnetic fillers before
gelation. For example, a silk-chitosan pre-gel with polarized
fibres prepared by alternating current electric fields-induced
fibre alignment and anisotropic conductive hydrogels using
magnetically aligned Fe3O4 nanoparticles embedded in
GelMA both improved cellular alignment and supported
vascularization.173,174 Microfluidic shear printing has emerged
as a direct way to impose fibre alignment. Extruding a poly(3-
hydroxybutyrate-4-hydroxybutyrate)/PCL bio-ink through a
microfluidic print-head yielded strictly parallel filaments that
improved HUVEC metabolic activity and enhanced in vivo
angiogenesis.175

Bio-templating exploits native tissues that already possess
anisotropic micro-architecture with direction-dependent
stiffness that better matches the beating myocardium. For
example, Song et al. processed fish swim bladder collagen into
an anisotropic hydrogel patch with tunable directional
stiffness (e.g., E = 212 kPa parallel vs. E = 51 kPa perpendicular
to fibres) and strong resilience under cyclic tensile loading.176

Similarly, Liang et al. leveraged aligned plant cellulose to
create an anisotropic electroactive hydrogel that served as an
epicardial patch for cardiac repair.177. Both methods signifi-
cantly improved cardiomyocyte alignment, survival, angio-
genesis, electrical integration, and functional recovery in MI
models by recreating microstructurally anisotropic mechani-
cal-electrical microenvironment that closely matches native
myocardium. Altogether, these findings demonstrate that bio-
templated anisotropic matrices can promote vascularization
and cardiac repair; however, their specific effects on capillary
morphogenesis in vivo remain largely untested.

In summary, aligned topography provides contact guidance
by organizing elongated focal adhesions and engaging
FAK-PI3K/Akt and actomyosin tension, which can accelerate
directional migration and promotes parallelized vessel archi-
tectures. In isotropic matrices, symmetric adhesion and force
distribution more often yield randomly oriented, highly inter-
connected meshes with reduced higher order organization.

4. Hydrogel matrix materials

Hydrogels provide mechanically tunable, biomimetic scaffolds
that both model and promote post-MI neovascularization. By
tailoring stiffness, viscoelastic stress-relaxation, and per-
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meability, injectable gels can match the mechanics of native
myocardium and have been shown to accelerate arteriogenesis
in large-animal MI models.178–180 Cell-laden hydrogels, or
matrices infused with endothelial-cell extracellular vesicles,
form living constructs that anastomose with host vasculature
and mature into perfused microvessels. Crucially, the base
polymer’s mechanics, degradability and ligand density gate EC
adhesion, migration and lumen formation, making the
material choice as important as the bioactive cargo delivered.
Beyond injectable therapies, hydrogels also enable in vitro
models that recapitulate vessel-wall architecture, impose phys-
iological shear, enable barrier-integrity and thrombosis assays,
and support disease-specific or high-throughput drug screens.

4.1 Natural ECM-derived hydrogels

4.1.1 Collagen gels. As the primary protein of cardiac ECM,
collagen I is widely used to create hydrogels that mimic the
myocardial matrix by providing cell-adhesive ligands and an
architecturally fibrous scaffold.181–184 ECs primarily interact
with collagen I through the integrin receptor α2β1,185–187

which plays an important role in mediating adhesion,
migration, and angiogenesis within collagen-rich environ-
ments. Moreover, its inherent biodegradability due to its sus-
ceptibility to MMP-mediated breakdown allows for embedded
endothelial cells to degrade collagen and carve out lumen
space for vascular network formation.182,188 Collagen I is typi-
cally isolated from rat tail or bovine skin as acid-soluble mono-
mers, neutralized, and allowed to self-assemble into fibrils at
37 °C. Typical formulations for cardiac models use collagen
concentrations of 1–3 mg mL−1 (0.1–0.3% w/v). Although pure
collagen I gels represent the fibrous environment of the heart,
their storage modulus is in the order of 10–100 Pa (G′), which
is softer than healthy native heart ECM, and certainty much
softer than fibrotic post-MI ECM. Thus, to stiffen collagen
gels, they are often crosslinked chemically using
glutaraldehyde,189,190 genipin191–193 or transglutaminase.194,195

Dynamically stiffening collagen hydrogels has been used to
simulate age-related or post-infarct scar environments to study
how ECs behave in an increasingly fibrotic stiffer environ-
ment.101 This has been achieved by various methods such as
photocrosslinking of collagen I/methacrylated HA gels with a
ruthenium photoinitiator101 (E = 100 Pa to 180–240 Pa) or
interpenetrating collagen–norbornene–HA networks whose
stiffness is increased by introducing an additional peptide
cross-linker under UV light.196 Across these systems a trend
emerges where a soft starting modulus (E = 0.1–3 kPa)
increases sprouting, a moderate rise into the low-kPa range
consolidates lumens and tightens VE-cadherin junctions but
overshooting that window triggers contractility-mediated
regression and VE-cadherin junction disruption due to the
combination of low porosity and high stiffness (E = 14–32 kPa).
In addition, collagen gels can also be combined with cardiac
cells to model in vitro infarcts, enabling the observation of
revascularization as fibroblasts deposit additional collagen
and increase stiffness. For example, Sakaguchi et al. created
triple-layer neonatal rat cardiac-cell sheets of cardiomyocytes,

ECs, and resident fibroblasts perfused on a collagen-I gel pre-
cast with channels.197 Within five days ECs sprouted into the
gel, anastomosed with the channels and produced a perfusa-
ble microvascular tree.

4.1.2 Fibrin hydrogels. Fibrin is a natural provisional
matrix formed during blood clotting and wound healing,
making fibrin hydrogels highly relevant for vascularization
models.198,199 In cardiac tissue engineering, typical fibrin gels
are made by mixing fibrinogen solutions with thrombin at the
point of use; this yields a fibrous network that inherently sup-
ports angiogenesis as endothelial cells readily invade fibrin
clots.200,201 Furthermore, fibrin contains binding sites for
growth factors like VEGF and basic FGF to promote
angiogenesis.202–204 This results in faster and more robust
capillary formation. A study showed that when human ECs
and mesenchymal cells were co-cultured, fibrin gels supported
extensive, well-connected capillary networks within 7–10 days
whereas collagen gels yielded only sparse tubes.205

However, fibrin gels are relatively weak due to being prone
to degradation by plasmin, and they often represent the early
wound matrix rather than a mature scar.206,207 To address this,
fibrin can be chemically modified to enhance its mechanics
and stability. For example, covalently bonding PEG to fibrino-
gen increased the stability of fibrin gel, promoted the sus-
tained release of encapsulated VEGF, and enhanced infarct
neovascularization and tissue preservation in a rodent MI
model.199 Another approach is ECM–fibrin hybrid hydrogels.
Williams et al. created scaffolds composed of decellularized
cardiac ECM from adult rat hearts mixed into a fibrin gel and
crosslinked with transglutaminase. In their formulation, the
base fibrin gel (3 mg mL−1 fibrinogen) had a Young’s modulus
of 2–3 kPa, but by adding a transglutaminase crosslinker at
12 µg mL−1 or 120 µg mL−1, they were able to increase the gel
stiffness to 14 kPa and 32 kPa, respectively, spanning the
stiffness range of neonatal and adult myocardium.208

4.1.3 Hyaluronic acid hydrogels. HA is a naturally occur-
ring GAG that is abundant in embryonic hearts and in healing
infarcts.209 It is highly tunable and have been widely explored
to model vascularization, often in combination with other
polymers.185,210,211 A unique feature of HA is its interaction
with cell surface receptors through CD44 and receptor for hya-
luronic acid-mediated motility (RHAMM) and its molecular
weight-dependent effects: high-molecular-weight HA is anti-
angiogenic and anti-inflammatory, whereas low-molecular-
weight HA fragments can stimulate angiogenesis by activating
inflammatory cells.212–214 This was demonstrated in a rat MI
model, where HA oligosaccharide treatment polarized macro-
phages toward a reparative phenotype, leading to significantly
enhanced neovascularization and improved cardiac
function.215

HA hydrogels are particularly attractive for infarct injections
because HA is biocompatible and chemically defined. HA gels
can be engineered to be biodegradable by hyaluronidase or
hydrolysis over weeks to months.216,217 For example, Hanjaya-
Putra et al. engineered an HA hydrogel with MMP-degradable
crosslinks, demonstrating that spatially patterned MMP-sensi-
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tive regions could direct where vessels form and how they
branch.7 Similarly, Li et al. developed an injectable methacry-
lated HA hydrogel crosslinked with MMP-2-sensitive peptides
and incorporated Arg–Gly–Asp (RGD) peptides, achieving
tunable stiffness (G′ = 1–5 kPa).218

The stiffness of HA-based hydrogels can be tuned by adjust-
ing polymer concentration and crosslinking density. For
example, photocrosslinked HA hydrogels formed from 5%
(w/v) methacrylated hyaluronic acid (MeHA) with 15 min UV
exposure have been used to yield gels with Young’s modulus =
50 kPa, while reducing the HA macromer concentration to 1%
or shortening the UV exposure to 5 min produces much softer
matrices with moduli = 3–4 kPa, as demonstrated.219 However,
HA lacks intrinsic cell-adhesive domains and therefore requires
incorporating collagen or adhesion peptides to improve cell
attachment. Common bioactive ligands incorporated into HA
hydrogels for EC attachment include integrin-binding
sequences like Tyr–Ile–Gly–Ser–Arg (YIGSR),220 RGD,218

Gly–Phe–Hyp–Gly–Glu–Arg (GFOGER),221,222 and heparin
binding peptides (HBP),223,224 as well as adding collagen.225–227

4.1.4 Alginate hydrogels. Alginate is a polysaccharide from
algae composed of mannuronic and guluronic acid units that
forms ionic hydrogels in the presence of divalent cations, such
as Ca2+.228–231 Similar to HA, alginate lacks intrinsic cell-
adhesive motifs; thus, angiogenesis-competent constructs
often use co-cultures, ECM additives, or peptide grafting (e.g.,
RGD) to support endothelial morphogenesis. For example, it
has been shown that in a chronic MI model, RGD-modified
alginate injected into the infarct significantly improved capil-
lary density and left ventricular function relative to unmodified
alginate and saline control respectively.232

The stiffness and viscoelasticity233 of alginate gels can be
tuned by varying the molecular weight or guluronic acid
content of the polymer and by adjusting the concentration of
crosslinking ions.233–235 Higher guluronic content and more
Ca2+ typically produce a stiffer, slower-degrading gel. The
degradation and mechanical strength of alginate gels can also
be modulated by mixing alginate with chitosan.236 Injection of
alginate hydrogels into the infarcted heart has shown success
in preclinical studies. In an infarct injection context, typically
a 1–2% (w/v) sodium alginate solution is prepared and mixed
with calcium salts upon injection, causing in situ gelation
within the heart muscle.237 This strategy thickens the infarct
wall, and preserves the ventricular dimensions and fractional
shortening, and RGD grafting onto the alginate further boosts
arteriolar density in the scar.238

4.1.5 Decellularized myocardial matrix (dECM) hydrogels.
A major advance in myocardial ECM biomaterials has been the
development of hydrogels derived from animal heart tissue. In
a landmark study, Singelyn et al. showed that an injectable
porcine decellularized myocardial matrix could self-assemble
into a nanofibrous hydrogel in vivo and recruit endogenous
cells.239 Composition analyses show that these dECM hydro-
gels retain a multitude of cardiac ECM constituents of primar-
ily collagen I and III, but also collagen IV, laminin, fibronectin,
elastin, and glycosaminoglycans similar to native tissue.240–242

Moreover, since dECM inherently contains angiogenic
factors,243 dECM hydrogels act as reservoirs for matrix-bound
growth factors such as VEGF and bFGF which can be released
during scaffold degradation or remodelling, thereby providing
additional pro-angiogenic signals to invading cells.244,245 In
preclinical models using dECM, ECs and smooth muscle cells
migrated into the matrix, significantly increasing arteriole
density within the infarct zone after injection,246,247 demon-
strating the pro-vasculogenic potential of dECM hydrogels in
an MI model.

The stiffness of dECM hydrogels is typically low, with a
storage modulus in the hundreds of Pascals, but they can be
concentrated to alter the mechanics. For example, increasing
the ECM concentration from 10 mg mL−1 to 60 mg mL−1

increases the gel stiffness from 84 Pa to 771 Pa.248

Alternatively, stiffness can be increased by chemical cross-
linking. For example, adding glutaraldehyde at 0.05–0.1% to
the myocardial matrix raises the storage modulus by roughly
an order of magnitude.249,250 Overall, the dECM hydrogel can
serve as a bioscaffold that integrates with host tissue by filling
the wound and providing structural support to the ventricle,
encouraging the ingrowth of blood vessels and cardiac cells. In
both small- and large-animal models, injected myocardial
matrix has been shown to increase vessel density and improve
left ventricular function,248 potentially due to retained ECM
proteins (e.g., collagens and proteoglycans) and matrix-bound
signalling cues.

4.2 Synthetic hydrogels

PEG is a widely used synthetic polymer for cardiac scaffolds
due to its biocompatibility and tuneable chemistry. In the
unmodified state, PEG gels lack biological signals, allowing
researchers to add biochemical functionalities and precisely
tune the mechanical properties without other confounding
cues.251 PEG and multi-arm PEGs are typically chemically
functionalized with diacrylate,252,253 thiol, maleimide, vinyl-
sulfone, and norbornene,254–256 and crosslinked through
photocrosslinking or click chemistry. By adjusting the concen-
tration of PEG and the degree of crosslinking, one can create
hydrogels ranging from very soft (E′ < 1 kPa) to quite stiff (E′ >
50 kPa), covering the spectrum from healthy myocardium to
fibrotic scar in terms of stiffness. For example, Günay et al.
photochemically tuned an anthracene-functionalised PEG
hydrogel from E′ = 10 kPa to E′ = 50 kPa to model the stiffness
of healthy myocardium and fibrotic scar by irradiating it with
365 nm light.257 Crosslink density controlled by light exposure
in photopolymerized PEG or by the ratio of reactive PEG end
groups seems to be another critical parameter requiring
precise tuning.253 Higher crosslink density will result in higher
stiffness and lower swelling which helps maintain structural
integrity and mechanical strength. However, it can also restrict
nutrient and waste transport.253,258 Conversely, if the crosslink
density is too low, the gel may swell excessively, potentially
compromising its mechanical properties. For cardiac and vas-
cularization studies, PEG hydrogels are often functionalized
with cell-adhesive peptides (like RGD) or combined with ECM
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fragments because pure PEG is bio-inert. Another important
consideration in vascularization is matrix degradation. PEG
hydrogels can be functionalized with protease-sensitive
peptide crosslinks such as Ac-GCRD-GPQGIWGQ-DRCG to
enable cell-driven degradation.259

Beyond the platforms analyzed above, novel hydrogels such
as poly(N-isopropylacrylamide) (PNIPAAm) gels and self-assem-
bling peptide (SAP) hydrogels (RADA16 carrying the Ser–Asp–
Lys–Pro (SDKP) motif ) have been evaluated in cardiac repair.
PNIPAAm hydrogels have increased neovascularization and
improved function in rat MI models, whereas (RADA)4-SDKP
has increased VEGF release from HUVECs and boosted vessel
area in chorioallantoic membrane (CAM) assays, with greater
microvasculature in infarcted rat hearts.260–262 While the pub-
lished studies generally do not vary mechanical properties yet,
these materials show promising future directions. Several
review papers discuss the variety of synthetic gels available for
cardiac repair, injectable, and hydrogel applications in detail
(Table 2).263–265

5. In vitro vascular models

Post-MI tissue mechanics provide the target context for in vitro
vascular models intended for cardiac repair. The passive myo-
cardial Young’s modulus in healthy tissue is often reported in

the single-digit to tens of kPa range whereas infarct/fibrotic
regions report around 20–100 kPa or higher in large-animal
and human assessments, with marked viscoelastic changes
during healing. Thus, hydrogel systems tuned from 1–10 kPa
to 20–100 kPa allow testing how matrix stiffness/viscoelasticity
differentially regulates angiogenesis and inosculation under
cardiac-relevant mechanics.274,275 Moreover, effective vasculari-
zation is essential for engineering viable cardiac tissues,
especially thick constructs mimicking the myocardium, where
diffusion alone cannot sustain cell viability beyond
100–200 µm.276,277 Perfusable hydrogel models overcome this
limitation by incorporating engineered channels or self-
assembled networks that enable convective nutrient/waste
transport and crucially, allow the study of vascular integration,
barrier function, and hemodynamic responses under physio-
logically relevant conditions.

5.1 Bottom-up vascularization

Bottom-up vascularization strategies such as self-assembling
networks and modular spheroid assembly rely on the intrinsic
ability of endothelial cells to organize into capillary-like struc-
tures. In self-assembling systems, ECs are co-cultured with
supporting stromal cells (e.g., fibroblasts, pericytes, or
mesenchymal stem cells) to recapitulate the native cell–cell
crosstalk during vessel formation and stabilize nascent vascu-

Table 2 Comparison of common hydrogel matrices for post-MI vascularization and cardiac repair

Hydrogel
platform

Baseline stiffness
range and ease of
modification Common tuning mechanisms Adhesion & bioactivity

Suitability for MI application
(pros & cons)

Collagen G′ ∼10–100 Pa;
moderately tunable266

Concentration; fibrillogenesis
conditions (pH/temperature/ionic
strength); chemical crosslinkers
(e.g., EDC/NHS, genipin)267

α2β1 adhesion, MMP-
degradable, unmodified
supports EC migration/
angiogenesis185–187

Pros: highly biomimetic,
inherent bioactivity.
Cons: poor mechanical strength,
difficult to tune, potential
immunogenicity.

Fibrin ∼0.1–5 kPa (G′ at
1–10 mg mL−1 fibrino-
gen). Tunable but low
upper modulus268

Fibrinogen & thrombin
concentrations; pH/ionic strength;
FXIIIa crosslinking; blends (e.g.,
fibrin–collagen).268

Pro-angiogenic, wound-like
matrix, binds growth factors.
Fast degradation without
stabilization202–204

Pros: potently pro-angiogenic,
mimics wound healing.
Cons: mechanically weak,
degrades too rapidly for
sustained support.

HA No gel without
crosslinking, highly
tunable of Pa to 100+
kPa range269

Methacrylation +
photopolymerization; thiol–
norbornene click (NorHA, photo- or
Michael-type); guest–host; enzymatic
(HRP/H2O2).

269,270

High molecular weight HA
anti-inflammatory, low weight
stimulates angiogenesis with
added adhesion cues212–214

Pros: highly tunable, can match
myocardial stiffness, potential
for shear-thinning. Cons:
requires modification for
adhesion (RGD) and
crosslinking.

Alginate 1 kPa → >100+ kPa
depending on G
content & Ca2+/Ba2+ 235

Ionic crosslinking with divalent
cations (Ca2+/Ba2+); adjust M/G ratio
& polymer % post covalent/
photocrosslink232

Cell-inert, requires added
adhesion peptides or matrix
proteins, with adhesion it
supports vessel growth232

Pros: inexpensive, simple ionic
gelation. Cons: bio-inert, brittle,
unstable crosslinks in vivo.

dECM Soft gel of <0.5 kPa
depending on content,
difficult to tune271

Protein concentration; blending
(e.g., with collagen/gelMA)

Native-like heart matrix,
releases pro-angiogenic cues as
it degrades, recruits vessels,
increases arterioles240–242

Pros: unmatched biomimicry
and bioactivity. Cons:
mechanically very weak, batch
variability, potential
immunogenicity.

PEG No gel without
crosslinking; highly
tunable across a range
from Pa to >100 kPa
(ref. 272)

Chain-growth (acrylate/methacrylate)
or step-growth thiol–ene
(norbornene); control arm number/
MW/%, crosslinker stoichiometry273

Bio-inert, require adhesion
motifs or matrix fragments,
enzyme-cleavable links enable
cell-driven remodelling251

Pros: unrivaled tunability, bio-
inert “blank slate”.
Cons: lacks all inherent
bioactivity, requires extensive
functionalization.
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lar networks.278 However, these networks are typically ran-
domly oriented and require integration with microfluidics to
sustain perfusion in macroscale constructs.

5.1.1 Self-assembled EC-stromal networks. The architec-
ture and function of self-assembled vascular networks are
tightly regulated by the hydrogel’s physical properties. For
example, low-modulus, fast stress-relaxing hydrogels (e.g., G′ =
500 Pa) yield wider, more mature, and denser capillary
sprouts, while overly stiff or non-relaxing matrices suppress
branching and favor static EC morphologies.129 A physiologic
“sweet spot” in matrix mechanics, combining stiffness, viscoe-
lasticity, and controlled degradability, is essential for multicel-
lular invasion and robust, sustained network formation.
Micro-architectural features further impact outcomes.
Recently, there has been growing interest in granular gels
where materials are formed by jamming together microscopic
hydrogel particles to create a macroporous, injectable scaffold.
The porous nature allows rapid endothelial migration and
vessel ingrowth.129,151,279,280 Similarly, aligned topographies
(e.g., via microfibre scaffolds) can induce anisotropic vascular
orientation.281,282

Modular assembly offers an alternative, where pre-vascular-
ized spheroids or microtissues are assembled into larger
tissues. These micro-units inosculate post-assembly to form
connected networks, preserving cell viability and architectural
fidelity, though challenges remain in achieving uniform vascu-
lar density and precise organization. Studies show that when
embedded in a soft, viscoelastic hydrogel, these modules inos-
culate and connect both with each other and the host after
implantation, accelerating perfusion and functional inte-
gration.283 By contrast, stiffer or non-degradable matrices can
isolate spheroids, limiting vascular network formation and
integration.283 In vivo, compliant, degradable hydrogels enable
organoid- or spheroid-based constructs to form larger, more
mature vessels, resulting in superior graft perfusion and
improved cardiac function post-MI.284–286

5.1.2 Microfluidic vascular-on-a-chip systems. Microfluidic
organ-on-chip systems can provide precise control over the
microenvironment, enabling advanced modelling of perfusa-
ble microvessels in vitro. These devices typically feature
endothelialized microchannels287,288 fabricated in polymers
like polydimethylsiloxane (PDMS), emulating arterioles,
venules, or capillaries (Fig. 3A). Under continuous perfusion,
they achieve physiological flow regimes and hemodynamic
shear forces (1–60 dyn cm−2).289 These models are crucial
because a dynamic environment elicits distinct cellular beha-
viours such as cell alignment and tight junction changes that
are not fully captured in static 2D or 3D cultures (Fig. 3C).290

Critically, many endothelial behaviours are flow dependent,
and thus static vascular models without sustained perfusion
can underrepresent vascular biology. For example, networks
cultured under static conditions lost perfusion by day 12,
whereas continuous perfusion maintained perfusable vessels
for at least 51 days and reduced inflammatory signalling.291

Furthermore, these platforms can facilitate and allow the study
of complex intercellular interactions such as those between

endothelial and mural cells, which have a significant impact
on tube formation, perfusibility and establishment of micro-
vascular networks (Fig. 3B).292,293 Finally, vessel-on-chip
systems are powerful tools for examining angiogenesis, drug
transport, vascular pathology, and disease mechanisms tai-
lored to individuals and specific pathological conditions, by
incorporating patient-derived cells and tuning the mechanical
properties of specific areas to capture disease- and patient-
specific vascular phenotypes and test personalized therapeutic
responses in a controlled, perfused microenvironment (Fig. 3D
and E).294,295 Limitations include PDMS absorption of hydro-
phobic molecules and challenges in scaling tissue integration.
To overcome PDMS-related constraints, investigators can
utilize photocrosslinkable GelMA systems. By modulating
GelMA’s degree of methacrylation and increasing the GelMA
wt%, the Young’s modulus can be tuned up to the tens of
kPa.296–298 Similarly, diacrylated Pluronic F127 hydrogels
(15 wt% polymer, ≥90% acrylation) form non-swelling covalent
networks (G′ = 1–2 kPa; E = 75 kPa) that preserve channel geo-
metry under flow for a week.299

5.2 3D bioprinting

3D bioprinting brings together cells and biomaterials in
specific architectures to build vascularized tissues layer-by-
layer. Bioprinting enables the direct fabrication of channels or
vessel-like structures within a tissue construct, providing a pat-
terned vasculature on demand. High-impact advances have
shown that bioprinting can produce perfusion-ready vascular
networks in thick tissues, addressing the diffusion limit that
constrains tissue engineering.

5.2.1 Sacrificial printing. Sacrificial bioprinting involves
depositing a temporary filament (the fugitive ink) in the
pattern of the desired vascular network, and then encasing it
with a cell-laden matrix. Subsequently the sacrificial material
is removed to leave behind open channels that can be seeded
with cells. For example, sacrificial writing into functional
tissue (SWIFT) bioprinting prints sacrificial gelatin inks
through densely packed organoid matrices to form perfusable
channels within centimeter-scale, high-cell-density cardiac
patches.301

The mechanical characteristics of both the sacrificial ink
and support bath are critical. A matrix with insufficient yield
stress fails to maintain structure, while excessive stiffness can
hinder cell viability and channel fidelity.302 These trade-offs
can be mitigated by adding rheological modifiers. For
example, blending LAPONITE® RDS and CaCl2 into the
Pluronic bath raises its yield stress to 47 Pa and confers rapid
thixotropic recovery, resulting in high cell viability.303

Similarly, in ECs embedded within a glucose-sensitive poly
(ethylene glycol) diacrylate (PEGDA)/dithiothreitol (DTT)/poly-
ethyleneimine (PEI)-borax ink with tailored stiffness (G′ = 8.5
kPa) and self-healing properties, the cells in the ink main-
tained 79.4% viability post-print, proliferated four-fold over 14
days, and formed capillary-like networks; softer formulations
(G′ < 8.5 kPa) showed larger filament diameters and were more
susceptible to structural collapse due to low modulus and
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poor stackability, whereas a slightly stiffer control hydrogel (G′
= 10 kPa) was more brittle and harder to inject as continuous
filaments.304 More recently, shear-thinning PEG–norbornene
granular slurries were used as support baths for the sacrificial
patterning of mesoscale channels while preserving subsequent
interstitial microvascular self-assembly in >500 mm3 con-
structs.305 While sacrificial printing is well suited for building
perfusable channels ranging from 115 µm up to millimetres in
diameter, its resolution is limited mainly by nozzle size and
printing fidelity and offers limited precision at the capillary
scale.

5.2.2 Digital and stereolithography printing.
Stereolithographic bioprinting leverages patterned ultraviolet
(UV) or visible light to photopolymerize bio-resins into 3D
structures with microscale resolution, enabling the creation of
intricate vascular networks with high complexity. Techniques
like digital light projection polymerize bioinks layer-by-layer,
while volumetric printing solidifies the entire structure at
once, enabling the rapid fabrication of intricate channels
within minutes. Grigoryan et al., for example, used digital

light processing (DLP) stereolithography to fabricate multi-
scale hierarchical vascular networks and nested lumens by
photopolymerizing bioink using flashing patterned light.306

The printed channels enabled the formation of functional
endothelialized vasculature that supported flow, and related
stereolithographic systems have achieved printed feature sizes
as small as 50 µm. Unlike extrusion methods, DLP imposes
minimal shear stress on cells, and light-based curing enables
rapid production of complex 3D constructs. In addition, DLP
systems now allow stiffness tuning by adjusting polymer con-
centration or mixing ratios. For example, Wang et al. decreased
PEG content in a PEG/GelMA ink to reduce the compressive
Young’s modulus from 200 kPa to 20 kPa, which improved cell
viability and facilitated EC spreading through enlarged
pores.307

Volumetric printing extends stereolithographic principles
by curing entire 3D constructs at once using a patterned light
source, such as holographic or tomographic projection. For
example, holographic or tomographic techniques can print a
complete network within tens of seconds.308,309 The major

Fig. 3 Engineered organ-on-chip platforms for vascular and cardiac disease modeling. (A) Schematic diagram of the PDMS vasculature organ on a
chip structure used to generate the 3D blood–brain barrier (BBB) chip. (B) Engineered microvessels in a 3D BBB chip: surface (i, ii) cross-sections (iii,
iv), and high-magnification cross-section “zoom-ins” of the engineered microvessel wall (v, vi). (A and B) Adapted from ref. 288 (Copyright 2016,
Herland et al.) and is open access. (C) Confluent HUVECs exposed to homogeneous laminar shear stress (∼6.6 dyn cm−2) in a parallel-plate flow
chamber progressively elongate and align in the direction of flow, whereas static cultures remain largely non-oriented. Adapted from ref. 290
(Copyright 2022, Lindner et al.) and is open access. (D) (i) Schematics of a heteropolar scar myocardium organ-on-chip model that spatially com-
pares stiff fibrotic scar and healthy cardiac tissues to recapitulate the regional heterogeneity of a focal scar, border zone, and adjacent myocardium,
enabling the study of regional remodelling and differential drug responses. (ii) Schematic comparing the mechanical microenvironment used to
model the healthy myocardium vs fibrotic scar, showing a shift from physiological stiffness (∼8–10 kPa) to pathological stiffness (∼30 kPa). Adapted
from ref. 300 with permission from the Royal Society of Chemistry, copyright 2019. (E) (i) Cell isolation workflow for patient cell isolation for person-
alized drug-response testing; (ii) removal of non-adherent leukocytes and platelets from culture flasks seeded with cells isolated from the buffy
layer. (D) and (E) Adapted from ref. 294 with permission from the Royal Society of Chemistry, copyright 2019.
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upside of stereolithography is its high resolution and geo-
metric fidelity as one can replicate anatomically realistic
branching angles, vessel tortuosity, and hierarchical vascular
geometries across multiple size scales by appropriate mask
designs.310–312 Moreover, light-based printing is contactless,
reducing shear stresses on cells that come with extrusion
methods.311 The downsides relate to materials and biocompat-
ibility. Photoinitiators and monomers required for cross-
linking can be cytotoxic if not carefully chosen; thus, bioinks
must be formulated to balance printability with cell toxicity.
Additionally, most stereolithography printers work with syn-
thetic polymer solutions (e.g. PEG-diacrylate, GelMA) that have
lower cell content than extrusion bioinks, and thus encapsu-
lated cells are often present but at moderate densities due to
light scattering constraints. Post-print cell seeding is usually
needed to line the channels with endothelium.

5.2.3 Coaxial printing. Coaxial bioprinting employs con-
centric nozzles to simultaneously extrude a core and a shell
material, forming hollow, tubular vessels in a single step. An
inner needle delivers a core material or crosslinker, while an
outer needle deposits a cell-laden hydrogel; the hydrogel soli-
difies around the core, forming a continuous lumen.313,314

This method produces channels with tunable diameters
ranging from 100 µm to 1 mm and allows the spatial organiz-
ation of cells into multi-layered vessel walls, mimicking native
vessels (Fig. 4A–E).313–317 For example, an indirect co-culture
places an endothelial-cell bioink in the core and an osteo-
genic-cell bioink in the shell to model vascularized osteogenic
tissue and probe endothelial osteogenic interactions, with con-
focal imaging confirming a core–shell arrangement at printed
junctions along a branched structure (Fig. 4F–H).318

The mechanical properties of the printed constructs can
directly influence the cellular responses. For instance, Gao
et al. doubled the alginate content from 2 wt% to 4 wt% which
increased the tensile strength and decreased the likelihood of
filament fusion.319 The printed hollow, perfusable filament
maintained higher cell viability (67%), whereas non-perfusable
slabs of the same composition supported only 50% viable cells
by day 7,320 illustrating that perfusion through the channel
supports mass transport. In nanoclay/N-acryloyl glycinamide
(NAGA)/GelMA biohybrid vessels, modulation of the
NAGA : GelMA ratio enabled control over the stiffness and
burst pressure: HUVEC proliferation peaked on intermediate-
stiffness gels (7 : 3 ratio), while endothelial markers (CD31, von

Fig. 4 Coaxial bioprinting strategies for spatially organized multicellular constructs. (A) Schematic of a coaxial print that places endothelial cells in
the core (green) and companion cells in the shell (red). (B) Bright-field view of the printed fibre. (C) Green channel: cells confined to the core. (D)
Red channel: cells localized to the shell. (E) Merge confirming the concentric shell–core architecture. (A–E) Adapted from ref. 317 (Copyright 2021,
Wang et al.) and is open access. (F) Schematic of the indirect co-culture: endothelial-cell bioink in the core and osteogenic-cell bioink in the shell.
(G) Low-magnification confocal image shows the printed junction with core (endothelial, blue) surrounded by shell (osteogenic, green). (H) Merged
view tracing the core–shell boundaries along the branched structure. (F–H) Adapted from ref. 318 with permission from Wiley, copyright 2022.
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Willebrand factor (vWF)) maximized on softer formulations
(5 : 5 ratio), indicating a stiffness-dependent regulation of
endothelial phenotype.321 Similarly, triple-coaxial grafts with
reduced alginate (0.5% w/v) in the smooth muscle layer
lowered stiffness sufficiently to restore human aortic smooth
muscle cells (HAoSMC) spreading and boosted differentiation
markers (α-smooth muscle actin, smooth muscle protein 22-α),
while the endothelial core (3% vascular ECM) achieved 96%
luminal coverage and maintained 21-day patency in vivo, con-
firming that targeted softening accelerates tissue maturation
without compromising mechanical integrity.320 However,
while capable of producing implantable-scale grafts and
microfluidic networks, coaxial printing faces challenges with
nozzle clogging, extrusion consistency, diameter control, and
limited geometric complexity for features like high branching.
It excels for generating larger, continuous conduits but
struggles at capillary scales.

6. Discussion and conclusion

Mechanical cues within the cardiac ECM, such as stiffness, vis-
coelasticity, degradability, porosity, and anisotropy, signifi-
cantly affect EC behaviours and vascularization.

Recent advances in biomaterial engineering, particularly
hydrogels with independently tunable mechanical properties,
have allowed researchers to more systematically investigate
how individual matrix features regulate neovascularization and
tissue remodelling. For example, stress relaxation can be tuned
independently of stiffness by incorporating dynamic covalent
or supramolecular bonds into a stable network, or by directly
altering the molecular structure of the crosslinks, such as
changing the type of bond by selecting between aliphatic alde-
hydes and aromatic benzaldehydes to form hydrazone
networks.129,322 Interpenetrating polymer networks provide
another approach. Combining an inert mechanical backbone
with a bioactive component provides structural reinforcement,
increasing the overall stiffness without requiring gel densifica-
tion that compromises pore architecture.125,323 However, iso-
lating the effects of single mechanical cues remains challen-
ging, because while experimental designs typically decouple
two target variables, they often inadvertently alter confounding
factors such as porosity, plasticity, anisotropy, and essential
biological cues, eliciting divergent endothelial behaviours even
with similar mechanical properties due to differences in bio-
chemical composition and biochemical signalling. For
instance, in PEG hydrogels, endothelial network formation can
differ at a comparable stiffness depending on how the
modulus is achieved, reflecting material-specific microenviron-
mental differences beyond bulk mechanics.324 Similarly,
phenol-functionalized gelatin hydrogels only supported
HUVEC network formation when blended with hyaluronic
acid, whereas gelatin alone or gelatin–alginate blends with a
comparable Young’s modulus did not.325

Further refinement of hydrogel platforms is needed to more
accurately recapitulate the dynamic, hierarchical, and spatially

heterogeneous nature of native myocardium. This includes
mimicking temporal changes in stiffness and viscoelasticity
during healing, spatial gradients in porosity and ligand pres-
entation, and multi-scale anisotropy of fibre organization.
Because material, mechanical, and biochemical signals inter-
act in complex ways, there is currently no universal standard
for defining an “optimal” range of mechanical properties for
vascularization.

These challenges are compounded by an incomplete under-
standing of the mechanics and matrix composition of healthy
human cardiac tissue, which is rarely accessible for direct
study. Moving forward, there is a need to engineer matrices
that support not only robust but also spatially organized direc-
tional vascularization, mimicking the anisotropic and hier-
archical structure of native myocardium. While in vitro models
have yielded valuable insights, integrating hydrogel design
with spatiotemporally controlled biochemical and mechanical
cues, patient-specific cells and perfusion systems will be essen-
tial. Finally, translating these designs in vivo presents cross-
cutting challenges. Tissue remodelling presents a complex and
evolving environment, complicating the attribution of vascular
outcomes to specific mechanical cues. Furthermore, how
injected or implanted hydrogels interact with and alter the
local tissue mechanical environment in situ remains incomple-
tely understood. Rigorous in vivo evaluation of vascular inte-
gration, perfusion, and functional outcomes will be needed to
bridge the gap between engineered tissue constructs and clini-
cally meaningful myocardial repair.
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