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matrix-mimicking hydrogels: what cells see vs.
what cells feel
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The extracellular matrix (ECM) is critical in regulating cell behavior and tissue function. This recognition

has driven the development of ECM surrogates to better understand cell–ECM interactions and advance

biomedical applications. Hydrogels are promising candidates for this purpose due to their biocompatibil-

ity, tunability, and ability to embed cells in 3D environments. While early efforts in the design of ECM-

mimicking hydrogels focused on macromolecular type, it is now clear that their biophysical parameters,

such as polymer molecular weight, fibrous versus non-fibrous structures, pore size, and mechanical pro-

perties, significantly influence cell behavior. Understanding the interplay of these factors is crucial for the

rational design of biomaterials, but remains challenging given the complexity of hydrogel systems and the

rapid pace of new findings. This review critically evaluates hydrogels as ECM mimics for 3D cell cultures. We

revisit key ECM properties to replicate, examine how hydrogel design can meet these needs, and summarize

the impact of biochemical, structural, and mechanical features on cell behavior. We also explore how struc-

tural and mechanical properties—what cells “see” and “feel”—are interrelated and jointly affect cell function.

Our analysis concludes that strategic combinations of polymeric materials will play an important role for

next-generation hydrogels to replicate physiological conditions and independently enable precise control

over key parameters. These advancements will enhance our understanding of cell–ECM interactions and

support the development of innovative biomaterials for tissue engineering and regenerative medicine.

1. Introduction

The tissue environment in which cells reside is composed of
extracellular matrix (ECM). By now, it is well established that
the ECM influences cell behavior and tissue function as much
as the intrinsic cellular properties. Specifically, the ECM acts
as an active regulatory milieu for directing cell functions, such
as growth, differentiation, and cell–cell communication.1–3

Moreover, the ECM forms one of the three key pillars in tissue
engineering and regenerative medicine, alongside cells and
regulatory signals.4 Therefore, the need for an ECM surrogate
or equivalent is recognized, both for gaining a fundamental
understanding of cell behavior in tissue environments and for
developing biomedical solutions and applications targeting
ECM-mediated cell and tissue functions. Hydrogels are prom-
ising as they are biocompatible and tunable, allowing cell
embedding in physiologically relevant 3D environments.

Historically, the first system of hydrogels approaching a 3D
cell culture appeared in the 1970s and was based on floating col-
lagen gels,5–8 followed soon after by systems based on reconsti-
tuted basement membranes (currently known as Matrigel).8,9

Around the 1990s, hydrogels evolved into a more complex
system incorporating non-animal-origin biopolymers such as
alginate10,11 for biocompatibility, ease of crosslinking, mild gela-
tion conditions suitable for embedded cells, and their relatively
low cost. Synthetic polymers such as dimethylaminoethyl meth-
acrylate (DMAEMA) and methacrylic acid (MAA)12 were then
incorporated for better controllability and superior mechanical
properties compared to collagen. Hybrid hydrogels13 surfaced as
attempts to combine the controllability and advantages of both
natural proteins and synthetic components.

From a broader perspective, the use of hydrogels as a bio-
material to embed cells has ushered in the era of three-dimen-
sional (3D) cell culture. Indeed, unlike two-dimensional (2D)
culture systems or scaffolds, embedding cells in hydrogels
provide a 3D mechanical environment to the cells, which better
mimics the in vivo 3D environment.14 Pioneering studies and
observations highlighted the impact of dimensionality on cell
behavior. Firstly, 2D culture places cells in a planar environment,
which imposes restrictions on cell migration along the direction
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perpendicular to the plane. Besides, cells cultured on 2D plans
lack direct exposure to physical confinement as well as the spatial
gradients of soluble factors from the surrounding microenvi-
ronment, which is present in the 3D environment.15 Secondly,
(ventral/dorsal) polarization of cells such as mesenchymal cells in
2D cultures does not appear when these cells are embedded in 3D
hydrogels.16 All these aspects influence cellular processes such as
cell phenotypic fate. For example, mouse and human mammary
epithelial cells embedded in hydrogels maintained a normal phe-
notype in vitro, while these cells display tumor-like characteristics
when cultured in a traditional 2D environment.6,17,18 Later studies
have shown that dimensionality also impacted the in vitromainten-
ance of the phenotype of fully differentiated cells, such as chondro-
cytes19 or osteocytes.20 These findings thus indicate the importance
of 3D culture of cells embedded in physiologically relevant ECM-
mimicking hydrogels for better recapitulating in vivo cellular
environments and preserving cell native phenotypes.

Initially, hydrogel development for cell culture focused on
selecting the macromolecular type. However, the increasing
complexity of hydrogel-based systems has revealed that cell
responses are also strongly influenced by other, more biophysi-
cally oriented parameters, such as polymer molecular weight,
fibrous versus non-fibrous structures, pore dimensions, and
mechanical properties. The role of each of these parameters,
especially in combinatorial permutation with each other, in
directing cell behavior and the eventual tissue function is far
from understood, even though this knowledge is crucial for
the rational design of biomaterials. Moreover, the rapid pace
at which various observations of cell response in different
types of hydrogel environments are reported has often made it
difficult not only to identify which parameters should be con-
sidered but also to distill the key determining parameters.

In this review, we will therefore take a step back and criti-
cally examine the use of hydrogels as an ECM mimic for 3D

cell cultures. We will start by revisiting the properties of the
ECM to be reproduced and how this need can be met with the
appropriate hydrogel design. Then we will discuss how the
structural and mechanical properties of the hydrogels (i.e.,
what cells see and what cells feel, respectively) are interrelated
and strongly impact cell function.

2. What do we want to reproduce?
key properties of the ECM

The ECM plays a double role in cell and tissue physiology. At
the cell scale, the ECM acts as a physical support and dynamic
environment for cells to attach to and navigate in. At the tissue
scale, the ECM provides mechanical strength, structure, and
resilience needed for bodily functions, but which individual
cells lack. To enable this dual role and simultaneously meet
the diverse tissue-specific physiological demands, Nature has
finetuned the ECM from an ingredient set of macromolecules
with unique properties, built with unique composition and
physicomechanical properties (Fig. 1A). To establish the speci-
fications that 3D ECM-mimicking hydrogel models must meet,
it is necessary first to understand the key properties of the
native ECM. We categorize them into three main groups: bio-
chemical, structural, and mechanical properties.

2.1. Biochemical composition

The ECM is composed of proteins, mainly fibrous, in a ground
substance. The most abundant proteins are collagens, which
constitute approximately 30% of the total ECM in the human
body, particularly collagen types I, II, and III.2 The mechanical
function of collagen is mainly to provide resistance to tension.
For example, in arteries undergoing high blood pressure and
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in ligaments of moving joints, collagen helps to transmit
forces and prevent excessive stretching.23 Other major ECM
proteins include elastin and fibronectin, and in the case of
wound healing, fibrin. Elastin is crucial in tissues that are
physiologically required to undergo elastic deformation, such
as lungs, skin, and arteries,23 and makes up about 50% of dry
weight in arteries.24 Fibronectin is a glycoprotein that primar-
ily functions as a connector for cell–ECM, ECM–ECM, and
ECM–growth factor. Therefore, although fibronectin has a neg-
ligible direct role in the mechanical properties of the ECM, it
plays a major role in cell binding to the ECM and the trans-
mission of mechanical forces from the cytoskeleton to the
ECM via integrins.25 Laminin is another protein that plays a
crucial role in connective tissues, particularly in the basement
membrane where it acts as a barrier between endothelial or
epithelial cells and connective tissues.26 It also binds to other
ECM components and cells, forming a supramolecular
network.2 The ground substance is composed of proteogly-
cans, large molecules comprised of a core protein to which gly-
cosaminoglycans (GAGs) are bound. Due to their negative
charges, GAGs bind to water. For example, one molecule of
hyaluronic acid (HA), a major GAG component, can bind up to
500 molecules of water, which contributes to lubrication and
resistance to compression, a critical function in joints.2,23

ECM components such as fibronectin and GAGs can bind
to various other molecules, such as growth factors, and are
involved in the activation of several biological processes.27 For
example, heparan sulfate, a type of GAG, can bind to vascular
endothelial growth factor and fibroblast growth factor-2 (FGF-2),
and its binding to FGF-2 is required for the corresponding sig-
naling and cellular response.28 ECM can directly bind and
release growth factors, thereby concentrating them in the vicin-
ity of cells; it can also sequester growth factors to protect them
from degradation.28,29 ECM can regulate (enhance30 or
inhibit31) the activity and signaling of growth factors, and reci-

procally, growth factors regulate the ECM by stimulating cells
synthesis or degrading ECM components.28 Extensive overview
of ECM–growth factor interactions can be found in review
articles by Taipale and Keski-Oja32 and by Schultz and
Wysocki;28 specifically for fibronectin–growth factor inter-
actions, see review articles by Clark and colleagues.30,33

As mentioned above, specific components of the ECM
enable cell adhesion. Cells bind to ECM components via
specific amino acid sequences known as cell-adhesion pep-
tides. Different adhesion peptides activate different receptors
on the cell membrane, which in turn trigger different cellular
responses (Table 1). Notably, integrins, key transmembrane
receptors found only in animal cells, connect the ECM to the
inside of the cell, and integrin activation facilitates different
bidirectional signal transmission pathways: from the outside
toward the inside of cells (outside-in), and from the inside of
cells toward the outside (inside-out).23 The binding of cells to
ECM via integrin also enables cells to respond to growth
factors, and to increase the synthesis of growth factors.28

Although the main macromolecular components of the ECM
are the same throughout the human body, the ECM is highly
tissue-specific. For example, the bone matrix is dense and stiff,
whereas the ECM in soft connective tissue forms a loose mesh.
This diversity and tissue specificity of ECM arise from variations
in its specific composition ratios and structural morphology.
Therefore, in the next section, we will briefly discuss the main
morphological features and parameters of interest in the ECM.

2.2. Structure

Fibers play a critical role in the ECM structure. The prevalence
of fibrous structures is largely attributed to the high concen-
tration of fibrous proteins in the ECM. Mechanically, a relaxed
network of elastin and collagen in the ECM accommodates a
wide range of tensile stresses through its hierarchical struc-
ture, which enables fiber bending, stretching, and alignment.

Collagen fibers exhibit a highly hierarchical structure.
Three polypeptide chains wrap together into tropocollagen, a
triple-helix line approximately 300 nm in length and
1.2–1.5 nm in diameter. These tropocollagens assemble to
form fibrils, which in turn assemble into fibers, with a dia-
meter of about 10 μm and a length of millimeters. This hier-
archical fibrillar structure allows for mechanical adaptability
at different levels, thus providing a variety of mechanical pro-
perties and efficient distribution of loading. The network of
interconnected fibers that they form also endows the ECM
with a strong yet tunable mechanical resilience at very low
solid volume fractions, thereby providing the necessary space
for other ECM components and cells.39

Elastic fibers, composed of microfibrillar glycoproteins
embedded in elastin, also exhibit a hierarchical structure.40 The
formation of the elastic fibers starts with the synthesis of the
microfibrillar glycoproteins, which act as a scaffold for the depo-
sition of tropoelastin. Crosslinking of the elastin stabilizes the
structure.40 In the media of arteries, elastic fibers form concentric
layers of elastic lamellae, between which the vascular smooth
muscle cells reside. The number of layers depends on the species,
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ranging from a few layers in mice to more than 50 layers in human
arteries. Arteries are subjected to blood pressure, causing cyclic cir-
cumferential stretching, which induces a larger strain on the inner
side of the arteries. The simultaneous extension and unfolding of
the elastic lamellae compensate for this gradient of strain and
maintain an even distribution of the circumferential stress
throughout all the layers. Thus, the structural heterogeneity con-
tributes to the maintenance of tissue homeostasis.41

The assembly and morphology of ECM fibrils strongly vary
depending on the protein type as well as the tissues, organs,
the mechanical functions they perform, and the species in
which they are found.42 For example, collagen I fibrils are
thicker (150–300 nm) than collagen III fibrils (25–100 nm).
This difference corresponds to collagen type I predominating
in organs bearing high tensile stress, such as bone and
tendon, while collagen type III is a major structural com-

Fig. 1 Key properties of the ECM. (A) Tissues (left) are composed of cells embedded in ECM (middle). Cells can bind to ECM components such as
fibrous collagen I, fibronectin, and hyaluronic acid chain via specific receptors such as integrins (right). (B) Key biochemical (molecular composition),
structural (biphasic material, bundle thickness, pore size, and (an)isotropy), and dynamic (degradability and degree of crosslinks) parameters of the
ECM that influence the mechanical properties and cell behavior. (C) Example of the unique mechanical behaviors of biological tissues. Left: visco-
elastic behavior can be measured by stress-relaxation or dynamic mechanical analysis experiments. In native tissues, viscoelasticity (represented by
the values of tan δ) varies as a function of frequency (reproduced from ref. 21 with permission from WILEY, copyright 2021). Lower values of tan δ

reflect more elastic behavior while higher values reflect increased viscous behavior. Right: nonlinear stress–strain behavior can be visualized by plot-
ting the stress–strain curves, or by computing the differential modulus K’ as a function of stress (or strain). The nonlinear behavior is illustrated with
stress–strain curves of human thoracic descending aortas (reproduced from ref. 22 with permission from Taylor & Francis Group, copyright 2012).
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ponent in internal hollow organs.23 Diameters of ECM fibrils
in the dermis range from 60 to 120 nm and increase with
depth, as mechanical stresses like stretch and compression are
more prevalent deeper beneath the skin surface.42,43 The
diameters of collagen fibers and elastin fibers in human pul-
monary alveolar walls are both close to 1 μm and collagen
fiber diameters slightly increase with age, as the alveolar wall
size increases while its integrity has to be maintained against
the mechanical stresses of respiration.44

The fibers of the ECM are not only important for tissue
function (and mechanical properties, as will be discussed further
below), but also define pores and spaces in the ECM through
which cells can migrate and communicate. The pore size of ECM
is typically in the micrometer range and varies across different
tissues, organs, and species. Examples of the extremes include
human corneal epithelial basement membrane and Descemet’s
membrane, with pore diameters of ∼92 nm and ∼38 nm,45

respectively, while human lateral meniscus has a pore diameter
of 37–48 μm.46 Table 2 summarizes the pore sizes of decellular-
ized ECM in different species and tissues.

Another crucial structural characteristic of ECM fibers is
their orientation, which is directly linked to the physiological
function of the tissues. For example, blood vessels are com-
posed of three layers (intima, media, and adventitia) with

different fiber organizations in each layer, optimized to
sustain shear stress induced by fluid flow as well as intramural
pressure induced by the heartbeat.51 In articular cartilage, col-
lagen fibers are oriented parallel to the surface in the super-
ficial layer before transitioning to a perpendicular orientation
in the deeper zone to resist wear and transmit the load.52

Tendon fibers are aligned parallel to the main axis to resist the
tension.53

2.3. Mechanical properties

2.3.1. Stiffness. The most frequently described mechanical
parameter is stiffness.54 Stiffness is a measure of how much a
material resists deformation and is mathematically defined as
the ratio between the applied stress and the resulting strain.
The stress and strain can be in different deformation modes
(e.g., tension, compression, shear, twist, bending), so while
stiffness is often characterized by the elastic modulus in tension
or compression (Young’s modulus E), it can also refer to the
bending or shear stiffness (shear modulus G).55 It should be
mentioned that, in the biology literature, the term “stiffness” is
sometimes used synonymously (but erroneously) or confused
with other mechanical terms like “elasticity”, “compliance”, and
“hardness”. These terms refer to distinct mechanical concepts,

Table 1 Examples of common extracellular matrix components, their adhesion peptides, and the cellular receptor they bind to

Matrix
component

Binding
sequence Associated cell membrane receptors Examples of effects of receptor activation

Collagen I GFOGER α1β1, α2β1, α3β1, α10β1, α11β1, discoi-
din domain receptors (DDR)2

β1 subunits are essential for tissue repair.34 α11β1 is a major collagen
receptor on fibroblastic cells2 while α10β1 binds only to collagen II
DDRs regulate migration, proliferation, differentiation, survival, and
MMP expression

Fibronectin GRGDS ανβ3, ανβ5 ανβ3 activates cell contraction35 and fibroblast activation36

Fibrin RGD ανβ3, α3β226,37
Laminin IKVAV α3β1, α6β1, α6β4, α6β7, α7β1, α1β1,

α2β1, α10β12
Integrins α3β1 and α6β4 can either suppress or promote tumor develop-
ment and progression38

GAGs — CD44, RHAMM/CD168, ICAM-12 The binding of hyaluronic acid (HA) to CD44 and RHAMM guides
muscle development,2 and chondroitin sulfate modulates axon growth27

Table 2 Decellularized ECM: origin, pore diameter, fiber diameter, Young’s modulus E, measurement method for the available data. Certain refer-
ences originally measured pore dimension as area, and here such results are then converted to pore diameter with the assumption of perfect circle

Decellularized
ECM originate
from

Pore
diameter

Fiber
diameter

E Measurement method
for pore and fiber
diameter Measurement method for E Ref.Macroscale Nanoscale

Mice lung ∼17.5 μm ∼1.13 μm ∼17 kPa ∼2.9 kPa Scanning electron
microscope (SEM)

Macroscale E is measured by
macroindentation in a universal
micromechanical system; nanoscale E
is measured by AFM

47
Mice liver ∼13.0 μm ∼1.6 μm ∼20 kPa ∼5.6 kPa
Mice kidney ∼10.7 μm ∼1.31 μm ∼22 kPa ∼6.1 kPa
Mice spleen ∼10.0 μm ∼1.0 μm ∼40 kPa ∼3.6 kPa
Mice ovary ∼1.4 μm ∼0.73 μm ∼19 kPa ∼6.5 kPa
Porcine liver ∼10 μm — 1.25–1.31 kPa Silver staining of

sections observed
under inverted
microscope

Compression test 48

Rat liver — 0.58 ±
0.12 μm

97 ± 21.22 kPa SEM Tensile test 49

Mice salivary
glands

10–30 μm — 120 Pa SEM Micro-indentation tester 50
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and readers are recommended to pay careful attention to how
the quantity is defined and measured in the study.

The measured tissue stiffness depends on tissue hydration
state, scale (from molecule to whole tissues), and test type
(traction, bending, indentation compression, shear).56 Single
collagen molecules and collagen fibrils (∅ 50–200 nm) have a
Young’s modulus of a few GPa.57–59 Computational studies
estimated a decrease of Young’s modulus from the single
molecule level (∼6 GPa) to the fibril level (∼0.9 GPa), attributed
to the staggered arrangement of collagen molecules in
fibrils.60 At a larger scale, the measured elastic modulus of a
single collagen fiber (∅ 325 ± 40 nm) was 100–360 MPa.61 Note
that in some works describing the stiffness of ECM fibers such
as collagen or fibrin, the terms “fibers” and “fibrils” are often
used interchangeably to describe the fibril-bundle or fibril
structures. Collagen fiber is not extensible, with a breaking
strain of 10% for crosslinked fibril and Young’s modulus in
the range of 200–500 MPa. In contrast, a single fibrin fiber has
an elastic modulus on the order of 1–10 MPa with a breaking
strain of over 300%.62,63 For elastin, the elastic modulus is
approximately 1 MPa with a breaking strain of 150%.64 The
rather stiff and not extensible collagen fibers and soft and
extensible fibrin and elastin correspond to their functions
mentioned above: preventing excessive stretch and supporting
elastic deformation, respectively.

At the tissue level, non-mineralized tissues exhibit a wide
range of elastic moduli, from hundreds of Pa for the brain65 to
several MPa for articular cartilage,66 while mineralized tissues
such as bone and dentin can reach several GPa.67,68 The elastic
and shear moduli of ex vivo tissues can be measured using
mechanical testing machines through compression, tension,
bending, or shear experiments. In vivo measurements of tissue
require non-invasive methods: Boyer et al.69 measured Young’s
modulus of skin in vivo by their non-contact airflow system,
while Pailler-Mattei et al.70 employed indentation experiments
to exclude the elastic response of subcutaneous muscle, accu-
rately estimating the skin’s Young’s modulus in vivo. Table 3
summarizes the influence of different measuring methods and
different anatomical sites on the measured elastic modulus of
bone (a hard, mineralized tissue) and skin (a soft, non-minera-

lized tissue), exemplifying the variations of measurement
methods and the measured mechanical properties of human
collagenous tissues.

2.3.2. Viscoelasticity. Although stiffness is the most fre-
quently reported and well-studied parameter, it is insufficient
to capture the mechanical behavior of biological tissues. The
biphasic structure (Fig. 1B) of the ECM contributes to the
elastic and viscous nature of tissues (visco-elasticity).87

Viscoelasticity is a property related to the instantaneous elastic
response to loading and energy storage and the time-depen-
dent response to loading and energy dissipation during defor-
mation. Viscoelastic properties of materials can be measured
through creep tests (measurement of displacement under a
constant load) and relaxation tests (measurement of stress
under a constant displacement) (Fig. 1C – left). The relaxation
time, which defines the characteristic time scale over which
the resistance to deformation is relaxed, for native tissues is in
the order of magnitude of tens to hundreds of seconds.88 Half-
stress relaxation time (τ1/2) is defined as the time needed for
relaxing half of the initial stress value, which can be used to
analyze the stress relaxation response. Alternatively, viscoelasti-
city can also be characterized using dynamic mechanical ana-
lysis (DMA), where sinusoidal stress (or strain) is applied at a
range of frequencies covering physiological and potentially
pathophysiological loading conditions89–92 and the resulting
strain (or stress) is measured.93 Storage modulus (G′) describes
the in-phase stress–strain ratio, while loss modulus (G″)
describes the out-of-phase stress–strain ratio, indicating
energy dissipation.

The viscoelastic response of ECM is critical in understand-
ing ECM. For native soft biological tissues, the ratio of loss
modulus to storage modulus (tan δ) ranges from 0.1 to 0.2
when measured at 1 Hz.88 At higher shear frequencies (50–500
Hz), soft tissues such as the brain, liver, and muscles behave
more like liquids, with tan δ values ranging from 0.3 to 0.721

(Fig. 1C). The energy dissipation during loading occurs
through three main mechanisms:88 the unbinding or breaking
of non-covalent weak bonds among fibers such as collagen,94

the release of entanglements among polymer fibers, and the
unfolding of protein fibers such as fibrin.95

Table 3 Examples of variations of elastic moduli reported for a hard, mineralized tissue (bone) and a soft, non-mineralized tissue (skin) depending
on the type and the scale of the tests

Tissue Elastic modulus Method Ref.

Bone cortical 17.4 GPa Longitudinal compression 71
9.6 GPa Transversal compression
20 GPa Nanoindentation 72
8 GPa AFM 73

Bone trabecular 18 MPa Longitudinal compression 72
6–10 MPa Transversal compression

Bone osteoid 27 kPa AFM 74
Skin in vivo 20–1120 kPa Torsion 75 and 76

4–89 kPa Indentation 70 and 77–79
25–260 kPa Suction 80,81
0.3–20 MPa Traction 82

Skin ex vivo 70–160 MPa Traction 83 and 84
0.1–322 kPa AFM 85 and 86
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2.3.3. Linearity and nonlinearity. Stiffness and viscoelastic
properties of biological tissues are usually reported as single
values obtained at relatively low stresses or strains, i.e., in the
“linear regime”. In the context of a stress–strain plot, linearity
is depicted by a straight line through the origin, representing a
direct proportionality between stress σ and strain γ.
Conversely, deviations from this straight line in the stress–
strain plot denote nonlinearity, and in fact, many tissues and
biological samples exhibit nonlinear behaviors.96

Strain-stiffening refers to a mechanical property character-
ized by a material becoming stiffer or exhibiting increased re-
sistance to deformation as it is increasingly strained. Besides
the stress–strain plot, the differential modulus K′ as a function
of applied stress σ is also used to describe strain-stiffening
(Fig. 1C – right). K′ can be calculated by δσ/δγ. The material
exhibits a linear response at low stress levels, where K′ is
almost constant and equals the plateau modulus G0. As the
stress σ increases beyond a critical threshold σc, the material
enters a non-linear regime where K′ can be described as K′ =
σm, with m being the stiffening index. This critical stress σc
and the corresponding critical strain γc mark the end of the
linear regime and the onset of strain-stiffening. Collagen-
based tissues are representative examples of strain-stiffening,
such as vessels, tendons, and ligaments, which are primarily
composed of collagen fibers51,53 (Fig. 1C). On the contrary,
strain softening describes a phenomenon wherein a material
exhibits decreased resistance to deformation with increasing
strain. For instance, during shear loading, tissues such as the
brain97 and liver98 exhibit shear-softening.

2.3.4. Poroelasticity. Another mechanical property related
to both nonlinearity and viscoelasticity, but distinct from vis-
coelasticity, is poroelasticity, which describes the change in
volume under load due to fluid flow through the fibers and
out of the network,99 similarly to a sponge losing its water
under compression. Poroelasticity leads to greater energy dissi-
pation compared to the often-assumed constant-volume
condition.88,100 Under shear loading, non-poroelastic materials
like rubber and polyacrylamide exhibit positive normal stress,
while poroelastic fibrous biopolymers display negative normal
stress due to fluid efflux, particularly suppressed at higher fre-
quencies.101 Poroelasticity introduces nonlinearity in normal
stress, which is also influenced by the shear modulus (G).
However, the direct relationship between poroelasticity and
nonlinear G has yet to be extensively explored, indicating a
need for more detailed research in this area.

2.4. ECM as a dynamic environment

The term “dynamic” can assume different meanings depending
on the subject matter. Materials are often characterized as
“dynamic” when they exhibit time-scale-dependent viscoelastic
behavior/property under mechanical loading, in which case
“dynamic” refers to the time-dependent application of stress or
strain and the response of the material. In a physiological
context, “dynamic” refers to the inherently continuous remodel-
ing of the ECM, which constantly undergoes remodeling to main-
tain mechanical homeostasis. Cells degrade old ECM com-

ponents and secrete new ones, and ECM fibers undergo reorgan-
ization and crosslinking.102 This dynamic remodeling enables
the ECM to adapt in response to mechanical or biochemical
cues. For example, in the ECM of bone,103 tendon, and skeletal
muscle,104 matrix deposition and degradation depend on
mechanical loading. Additionally, certain mechanisms, such as
osteocyte differentiation105 and capillary formation,106 depend
on the matrix metalloproteinase (MMP)-mediated degradation of
the existing matrix. This balance can be altered during aging or
disease. The ECM dynamism in vivo is influenced by the stabiliz-
ation of collagen and elastin through covalent bonds formed by
lysyl oxidase (LOX) and lysyl oxidase-like (LOXL), as well as by
advanced glycation end products, which contribute to increased
matrix stiffness.26 Notably, LOX is crucial for the regeneration of
ECM mechanical strength after injury.107 Advanced glycation end
products accumulate through aging, resulting in increased
stiffness, and reduced viscoelasticity.108

Some pathologies can alter ECM composition, structure,
and mechanical properties, which are inextricably linked.87

Fibrosis, a disease accounting for 45% of deaths in industrial-
ized nations,109 is marked by excessive ECM deposition, which
in turn stimulates fibroblasts to increase ECM production,
thus activating a positive feedback loop.110 Fibrosis is associ-
ated with an overexpression of transglutaminases and LOXs, as
well as advanced glycation end products, which increase the
extent of collagen and elastin fiber crosslinking in the tissue,
thereby increasing the stiffness and reducing the viscosity of
the ECM.35 Additionally, fibrosis is also associated with an
increased HA content,111 which enhances the swelling
pressure, induces isotropic stretching of the collagen fibers,
and diminishes anisotropic alignment under tensile stresses,
further leading to enhanced isotropic stiffening and reduced
anisotropic strain-stiffening of collagen fibers. This leads to
the tissue generally becoming more mechanically linear36 and
diminishes the effectiveness of long-distance cell force trans-
mission.112 The ECM structure of the fibrotic tissue also
changes: in conditions such as idiopathic pulmonary fibrosis,
the collagen in ECM is characterized as more highly aniso-
tropic compared to nonfibrotic lung.113 Cancer impacts the
ECM structural properties and mechanical properties such as
stiffness and viscoelasticity.114 While some cancers such as
breast scirrhous carcinoma, prostate cancer, and thyroid
cancer increase ECM stiffness, others like intraductal and
papillary carcinoma soften it.42 ECM stiffness affects cancer
cell morphology, proliferation, invasion, and therapeutic
efficacy. However, these effects depend on the cancer type and
are not universally applicable, indicating that while ECM
stiffness is a promising target for cancer treatment, it necessi-
tates further investigation.115 The alignment of ECM fibers
perpendicular to the tumor boundary not only increases tissue
stiffness but also forms structures that act as routes that facili-
tate cancer cell migration.116,117 Cancer-associated fibroblasts
are one of the sources that produce and direct the assembly of
an anisotropic network of collagen I, which promotes tumor
cell spread from the primary tumor site.118 Keloid fibroblasts
also induce ECM anisotropy.119
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3. Engineering hydrogels

As we have shown in the previous section, native ECM offers a
complex mechanical and biochemical environment for cells.
To better understand the role of each cue on cell behavior, it is
useful to isolate each cue separately using in vitro models.
Given the three-dimensional, soft, viscoelastic, and biphasic
nature of the ECM, hydrogels have been particularly useful in
recapitulating cellular environments in a laboratory setting
and in studying the cell–ECM interface. Hydrogels are defined
as polymer chain networks that retain over 90% of volume as
water within the interstitial spaces between polymer chains.120

Their fabrication relies on the transition of a liquid precursor
solution into a gel, during which the hydrogel components are
assembled by physical crosslinking or chemical cross-
linking.121 Most peptide- or protein-based hydrogel networks
are created through self-assembly via physical crosslinking
methods. For more details about synthesizing hydrogels by
physical or chemical crosslinking, readers are referred to the
review by Hoffman.122 A key advantage of hydrogels is their
tunability, allowing various structural and compositional pro-
perties to be adjusted to modify their mechanical and struc-
tural characteristics. As we will discuss in the upcoming sec-
tions, however, decoupling these parameters is complicated as
structure and mechanics influence each other.

3.1. Polymer types and ligands

The biochemical signatures of the native ECM can be repli-
cated by selecting appropriate polymers and ligands in hydro-
gels. These polymer networks can originate from either
natural or synthetic sources. Some natural polymers are
derived from the ECM and inherently contain binding pep-
tides, while others require functionalization to facilitate cell
adhesion. Common biological polymers used as hydrogels for
cell culture include collagen, gelatin (the denatured form of
collagen), and fibrin. Another widely used natural polymer is
Matrigel, which is derived from mouse sarcoma and primarily
composed of laminin, collagen IV, and entactin, along with
smaller amounts of structural proteins and various growth
factors. It should be noted that, due to the presence of mul-
tiple proteins and growth factors, Matrigel creates a poorly
defined chemical environment, which can affect the reproduci-
bility of studies.54,123

Polymers not derived from natural ECM, such as non-mam-
malian polysaccharides124 (e.g., alginate, dextran) or synthetic
polymers125 (e.g., polyethylene glycol (PEG),126 polyvinyl
alcohol (PVA),127 ureido-pyrimidinone (UPy)128), require
functionalization to enable cell binding. While various pep-
tides can be used for functionalization, RGD is the most
common. Additionally, polymers not derived from the ECM
cannot be naturally degraded by cells. This limitation can be
overcome by incorporating MMP-degradable crosslinkers. For
example, PEG gels can be crosslinked with MMP-sensitive
bonds to facilitate cell-mediated degradation.129–132

The use of synthetic polymers has improved our knowledge
of the effect of the biochemical environment on cell behavior.

Notably, the functionalization of polymers enables researchers
to vary ligand density independently of polymer
concentrations133,134 and to vary ligand type independently of
mechanical properties.135 This revealed that both ligand
type135 and ligand density134 influence cell phenotype and
traction forces. For example, valvular interstitial cells
embedded in PEG remained round in the presence of IKVAV
peptides but were able to spread in the presence of RGD.135

Increasing the concentration of RGD peptide in PEG hydrogels
from 0.5 mM to 2 mM enabled the formation of vinculin com-
plexes at the periphery of mouse embryonic fibroblasts, which
resulted in larger strains and stresses on the surrounding
matrix.134

Synthetic hydrogels also enable studies on the importance
of matrix degradation for cell spreading and differentiation.
For example, the differentiation of osteoblasts to mature osteo-
cytes requires dendrite extension, which is enhanced in PEG
gel containing MMP-sensitive crosslinkers.130 Furthermore,
degradability is of major importance for regenerative medicine
as it enhances cellular invasion from neighboring tissues136

and neo-tissue formation.131,137

3.2. Structure

3.2.1. Porosity. Similar to the ECM, hydrogels are porous
and biphasic. The solid polymer phase, or solid fibers, func-
tions as a framework and provides physical boundary con-
ditions for cells, while the liquid phase allows nutrient trans-
port and diffusion. Porous materials are described in terms of
three parameters: permeability, porosity, and pore size.
Permeability describes how easy it is for molecules to diffuse
through and for fluid to pass through the pores of the hydro-
gel. It is quantified by the fluid flow velocity under a controlled
pressure difference, typically exerted by the weight of the fluid
or an external pump, and is expressed as the flow rate per unit
area per unit pressure drop.138–140 Porosity is defined as the
ratio of the volume of pores to the total volume of the gel.141

Pore size refers to the characteristic length scale of the pores.
In this review, two distinct definitions of pore size are
described: (1) intrinsic pore size (or mesh size), referring to
the microscopic pores formed by the polymer network,
defined as the distance between crosslink points or solid
fibers;54 and (2) macropore size, referring to voids introduced
to create macroporous structures.142,143 Intrinsic pore size is
discussed in this section, while macropore size is covered in
section 3.6.

Pore size can be imaged using scanning electron
microscopy (SEM), though this technique introduces a bias as
it requires drying the hydrogels, which can distort the micro-
structure.121 Other imaging techniques such as confocal
microscopy associated with image post-processing144 or fluo-
rescence recovery after photobleaching (FRAP) can be used to
estimate pore size in hydrated states.121 Mean pore size or
mean pore diameter can be represented by permeability and
can be determined by diffusion-driven transport of FITC-
labeled dextran (Table 4). Maximum pore size can be estimated
by DNA electrophoresis.145 The polymer network of hydrogels
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creates molecular-size openings in the nanometer scale for
most non-fibrous synthetic hydrogels, and micrometer scale in
fibrous hydrogels such as collagen and fibrin.54,146 The range
of pore sizes depends on the experimental conditions, for
example, concentrations of polymers and crosslinkers, and
temperature.

Collagen mesh size can be predicted by the equation from
Jansen et al.:179 ξ = (1/ρl)

0.5, with ξ the average mesh size, ρl
the length of collagen fibers per unit volume defined as ρl = cp/
μ, with cp the concentration of collagen, and μ the average
mass–length ratio of the fibers. Fiber diameter d and μ both
decrease with increasing cp or increasing temperature. These
parameters can be calculated using the turbidity–wavelength
relationship of collagen fibrous gels, as measured by light scat-
tering. However, it is important to note that collagen sourced
from different species and different extraction and purification
processes have different polymerization times, mechanical pro-
perties, and structures, even under the same polymerization
conditions. The most prevalent collagen I sources are bovine
dermis,180 murine tendon,180 and porcine skin.181 Collagen
can be extracted through acid or enzymatic (pepsin) treatment.
Pepsin-treated collagen self-assembles into multimeric fibrils
more slowly, resulting in a larger mesh size (3–5 μm) and
longer fibrils. In contrast, acid-extracted collagen, even with
the same protein content, forms smaller pores (1–2 μm) and
shorter fibrils.182

Similarly to collagen, fibrin pore size depends on fibrino-
gen and thrombin concentrations. Wufsus et al.183 estimated
the fibrin network mesh size ξ from the square root of hydrau-
lic permeability Ks (ξ = Ks

1/2) or from measurements of shear

modulus G ¼ KB
2

kBTLc3ξ2

� �
, and the results of the two methods

had good agreement. The mesh size decreased from
300–400 nm to 20–30 nm when the fibrinogen concentration
increased from 3 mg mL−1 to 100 mg mL−1, and the most
obvious change occurred over the range of 3–30 mg mL−1.
These findings were confirmed by other studies.184–186

Pore size has a direct effect on cells by inducing mechanical
confinement, but also an indirect effect by influencing nutrient
diffusion (Fig. 2A).121 The intrinsic pore size of hydrogels has
been shown to significantly influence the migratory behavior of
cells and alter cellular fate decisions. The nanometer scale
meshes of synthetic polymer networks confine cells, making
cell migration or morphological change nearly impossible
without deforming or degrading the hydrogel.54 Rigid matrices
with mesh sizes less than 10% of nuclear cross section (≤7 μm2)
were reported to be able to block the squeezing through of cell
nuclei.187 Frequent squeezing through small intrinsic pores
comparable in size to a cell or its nucleus and characterized by
high stiffness may result in DNA damage.188

3.2.2. Fiber orientation. Another important hydrogel struc-
tural property is fiber orientation. Methods to achieve controlled
fiber orientation have focused mainly on collagen I hydrogels.
Though several methods exist to align collagen, we only included
those compatible with cell embedding. Applying strains during or
after collagen crosslinking is common. Pre-alignment of collagenT
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fibers can be achieved by casting and crosslinking collagen on
pre-stretched PDMS molds that are then released,190 by magnetic
field-induced flow of magnetic beads,191,192 or by applying shear
stress with low strain rates during collagen crosslinking.193 Fibers
can also be aligned after crosslinking by taking advantage of cell
contractility. As cells bind to the collagen fibers surrounding
them, they generate traction forces. In cylindrical free-floating
gels, the gel is compacted isotropically. However, modifying the
aspect ratio and/or boundary conditions194–196 results in preferen-
tial fiber alignment.

Non-fibrous anisotropic hydrogels can be created by includ-
ing rod-shaped microgels in a surrounding hydrogel.
Microgels containing magnetic particles embedded in a PEG,
fibrin, or collagen matrix have been successfully
oriented using a magnetic field. The effect on cell growth and
orientation depends on the differences in mechanical pro-
perties between the microgel and the embedding gel, the
density of microgels, their dimensions, and their interactions
with the embedding gels.197–199 These approaches illustrate
how microscale anisotropy within hydrogels can influence cell
behavior.

Similarly, hydrogels with pre-aligned fibers have dee-
pened our understanding of anisotropy on cell behavior

(Fig. 2B). They have notably provided insights into cell
migration in anisotropic environments, which is a hallmark
of the tumor environment.116,191,192 Aligned collagen
matrices promote cell protrusions along the fibers, acceler-
ating and directing cell spreading and migration in the
direction of the fibers. This behavior depends on focal
adhesion kinase localizations and Rac1 activity, as their
inhibition eliminated protrusion anisotropy in the aligned
matrices.191

Anisotropy within hydrogels not only influences cell
migration but also mediates the organization of the surround-
ing matrix. Cell contractile forces cause a denser matrix
immediately surrounding the cells151 and stiffen the local col-
lagen fiber network at the leading edge.200 Cells can also align
the surrounding fibers by exerting traction forces along their
long axis.194,201 This tension-driven collagen fiber alignment
enhances the effective transmission of cellular forces,
increases cellular stiffness, and drives further matrix
stiffening.202,203 Importantly, cell elongation is determined
more by the organization of surrounding collagen fibrils than
by the overall stiffness of the matrix,194 highlighting the intri-
cate relationship between matrix structure and cellular
mechanics.

Fig. 2 Relation between hydrogel structure and cell behavior. (A) When the pore size is smaller than the nucleus size, cells are confined within the
pore and can’t migrate or spread. When the pore size is larger than the nucleus, cells can squeeze in and elongate. Human mesenchymal stromal
cells were encapsulated in either a hyaluronic gel (HA-gel Hydrogel) with a nanopore size (a) or a cell encapsulatable cryogel (HA-gel CECG) with
macropores (b). Cells in the HA-gel expressed a low level of actin, while cells in the HA-gel CECG showed a high level of actin and were able to
spread. The increased pore size also enabled cell growth, as indicated by the presto blue assay (c) (reproduced from ref. 189 with permission from
IOP Publishing, copyright 2019). (B) Fiber orientation can guide cell orientation. Endothelial cells were embedded in collagen gel with preferential or
aligned collagen fibers. When fibers were randomly oriented, cells were also randomly oriented (a). When fibers were aligned in a preferential direc-
tion (anisotropy), cells aligned in that direction (b) and formed longer vessels (c) (reproduced from ref. 190 with permission from American Chemical
Society (ACS), copyright 2018).
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3.3. Mechanical properties

In this section, we will focus on the methods to tune the
mechanical properties of hydrogels and introduce their effect
on cell behavior (Fig. 3). For a detailed review of how cells
sense the mechanical properties, the mechanism of cellular
mechanotransduction, and the key effectors and signaling
pathways included, readers are referred to Saraswathibhatla
et al.26 and Di et al.204

3.3.1. Stiffness. The stiffness of natural ECM varies widely
across soft tissues and physiological states, ranging from tens
to several thousands Pa. Hydrogels designed to mimic the
ECM must be tunable within this range. Natural polymer
hydrogels, such as those formed from collagen, are typically

soft (around 0–250 Pa).206 Common strategies to increase
hydrogel stiffness include raising polymer concentration,
molecular weight, or crosslinker density. These factors are gov-
erned by scaling laws that describe the relationship between
stiffness and variables like polymer concentration, crosslinker
density, gelling temperature, and intrinsic pore size. Hydrogels
made from flexible synthetic polymers,207,208 and semi-flexible
biopolymers with thermal209,210 or athermal211–213 networks
follow distinct scaling laws, summarized comprehensively by
the review of Picu.214 However, increasing polymer concen-
tration also decreases pore size and, for natural ECM-derived
polymers, raises ligand density, introducing additional vari-
ables. To tune stiffness while maintaining control over other
properties, factors such as crosslinking temperature and pH

Fig. 3 Influence of mechanics on cell behavior. (A) When the polymer network embedding the cells cannot be deformed by the cells, cells are
confined and cannot spread or migrate. Fibroblasts in elastic alginate remain round while those in viscoelastic alginate can spread (reproduced from
ref. 133 with permission from Nature Publishing Group, copyright 2016). (B) Viscoelasticity can influence cell differentiation. Shorter relaxation times
increase stem cell differentiation into osteoblasts, as visualized by the increased ALP staining (reproduced from ref. 133 with permission from Nature
Publishing Group, copyright 2016). (C) Paratensile signaling is a communication mode in which matrix fibers transmit mechanical strain between
cells. This results in collagen alignment between neighbor cells (reproduced from ref. 205 with permission from Elsevier, copyright 2022). Nonlinear
elasticity increases this effect as strain stiffening extends the strain field generated by cell contractility.203
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can be adjusted to regulate pore size and bundle thickness, as
detailed in Table 4.

As introduced in section 3.2.1, increasing the gelation
temperature of collagen hydrogel leads to decreased pore size
and fiber diameter.179,215 Control of both temperature and
polymer concentration can modify collagen hydrogel stiffness
without altering the microstructure. For instance, Yang
et al.148 maintained similar pore sizes (5–7 μm) while increas-
ing collagen I concentration from 1 to 4 mg mL−1, leading to a
rise in G′ from 2 Pa to 110 Pa by adjusting gelation temperature
(22 °C to 37 °C). Similarly, Seo et al.161 showed that gradually
increasing gelation temperature from 4 °C to 37 °C for 6 mg
mL−1 collagen increased pore size and fibril diameter by
20–30% while it boosted stiffness sevenfold. Changes in pH
also affect collagen hydrogels: higher pH increases fibril
length, decreases fibril diameter, and raises stiffness.216 For
example, Sun et al.151 demonstrated that G′ rose from 5.7 Pa to
60.0 Pa as pore size decreased from 4.9 to 1.7 μm at constant
collagen concentration when pH increased from 6.0 to 9.0.

3.3.2. Viscoelasticity. The relaxation speed of the hydrogels
(i.e., their viscoelastic behavior), can be tuned independently
from their initial stiffness to reproduce the range of visco-
elastic behavior observed in native tissues. We present here the
main methods available; for a more detailed review of various
crosslinking methods and their use for constructing visco-
elastic hydrogels, readers are referred to Lou and Mooney217

and Y. Ma et al.21

Most methods to tune the viscoelasticity focus on the
polymer phase of the material by changing either the mole-
cular weight of the polymer or the nature of the crosslinks.
Decreasing the molecular weight decreases the half-stress
relaxation time (τ1/2), meaning that the viscous behavior of the
material increases.88,218 This method has been notably applied
with alginate133,219 and HA.220 For example, when the average
molecular weight of alginate decreased from 280 kDa to
35 kDa, the τ1/2 decreased fourteen-fold.219 In a study on HA-
collagen interpenetrating networks, reducing the average mole-
cular weight of HA from 120 kDa to 20 kDa resulted in a thirty-
seven-fold decrease in τ1/2, whereas the molecular weight of
pure HA hydrogels showed minimal impact on τ1/2 under the
same conditions.220 Another option is to modify the type of
crosslinks. Ideal static covalently crosslinked polymer networks
result in an elastic material that does not exhibit viscoelasti-
city.221 In contrast, non-ideal incomplete covalent crosslinking
polymers and loose ends exhibit energy dissipation, thus
viscoelasticity.88,222 Alternatively, weak crosslinks (noncovalent
physical crosslinks or dynamic covalent crosslinks) can stabilize
the polymer network, giving rise to viscoelastic materials.21,218

For instance, a covalently crosslinked alginate network exhibits
an elastic behavior, while ionically crosslinked alginate is
viscoelastic.222,223 The introduction of reversible (dynamic)
covalent crosslinking can also generate mechanically stable
hydrogels with viscoelastic behavior.224 This type of crosslinking
has been used successfully with chitosan,225 HA,220 PEG,226–229

and alginate.230 Additionally, it is possible to covalently couple
different materials, such as using PEG spacers with alginate

chains to decrease the τ1/2 of the alginate hydrogel, indepen-
dently of the initial elastic modulus.133,219

Although most methods to tune viscoelasticity focus on the
solid phase polymers, it is possible to tune the viscoelasticity
by modifying the viscosity of the aqueous phase. Adding
dextran, a homo-polysaccharide of glucose, to the aqueous
phase of agarose or polyacrylamide reduces the relaxation time
(τ) and the instantaneous elastic modulus, which represents
the initial elastic response. However, it maintains similar equi-
librium moduli, which represent the static response after
viscoelastic relaxation during compression tests.231,232 This is
caused by the interaction between dextran and the hydrogen
bonding between water and the polymers. As less water is
available to bind to the polymer chains, more water can easily
flow between the polymer chains, thereby reducing the relax-
ation time and instantaneous modulus but maintaining the
equilibrium modulus.231

Tuning the relaxation behavior of the hydrogels indepen-
dently from the initial stiffness has unraveled the effect of
each parameter on cell behavior. Decreasing the relaxation
time (faster relaxation hydrogels) while maintaining the initial
elastic modulus enhanced cell spreading (Fig. 3A)133,233,234

and osteogenic differentiation (Fig. 3B) of mesenchymal
stromal cells.133,234 This effect was mediated through integrins
and actomyosin contractility, but not through traditional focal
adhesions.133

Viscoelasticity impacts individual cells, but also organoid
development and differentiation. Hydrogels with different
viscoelastic properties influence the growth, fusion, and
matrix secretion of organoids from various tissues such as car-
tilage,235 kidney,236 intestine, and breast epithelium.237 Faster
relaxation rates seem to improve cartilage and intestine orga-
noid growth and differentiation, but more studies are required
to draw general conclusions on the effect of viscoelasticity on
organoids.

3.3.3. Linearity and nonlinearity. Native fibrous tissues
usually display a nonlinear mechanical behavior. Fibrous
hydrogels such as collagen and fibrin can reproduce this be-
havior in vitro.96 In collagen hydrogels, the critical strain (γc),
marking the transition from the linear to the strain-stiffening
regime, increases as the polymerization temperature rises
from 26 to 37 °C, indicating enhanced non-linearity with
temperature.179 This can be explained by decreased connec-
tivity among fibers, from a majority of nodes with four
branches to nodes with three branches.179 Similarly, decreas-
ing the concentration of collagen increases the strain-stiffen-
ing behavior.238 Interestingly, the opposite behavior has been
observed for fibrin hydrogels: the strain-stiffening behavior
increases with fibrin concentration.239

Strain-stiffening properties are seldom observed in syn-
thetic hydrogels.96 One of the few strain-stiffening synthetic
polymers is PIC, which shows a low critical stress σc of tens of
Pa and a stiffening index m of about 3/2, similar to biopolymer
hydrogels.240,241 Keeping PIC concentration constant, increas-
ing polymer chain contour length L will increase the plateau
modulus G0 and critical stress σc with G0∝L2 and σc∝L,242
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while decreasing m,241 resulting in stiffer and less stress-sensi-
tive gels. Addition of an increased amount of peptide sequence
GRGDS to PIC polymers will decrease G0 and σc exponentially,
thus the strain-stiffening responsiveness is higher.243

Nonlinear hydrogels have improved our understanding of
cell–cell mechanical communication. Nonlinear elasticity
increases cell–cell mechanical communication via paratensile
signaling, a communication mode in which mechanical strain
is transmitted between cells via matrix fibers35 (Fig. 3C). This
effect is enhanced by strain stiffening as it extends the strain
field generated by cell contractility244 and thus promotes long-
range mechanical signaling.202,245 The importance of strain-
stiffening for mechanical communication depends on the cell
type. For neurons, the strain-stiffening is not obvious consider-
ing the lower level of stress that neurons can exert on the sur-
rounding matrix. For cells that can induce rather large stresses
through contractility such as fibroblasts,246 hMSCs,245,247 or
breast cancer cells,202,248 the effects of strain-stiffening
become obvious. This phenomenon is critical in the context of
fibrosis. Myofibroblasts embedded in a collagen gel can gene-
rate force, which is then transmitted through fibrous collagen,
and activate quiescent fibroblasts embedded in the same gel,
thus propagating fibrosis.249

3.4. Hydrogels as a dynamic environment

As discussed in section 2.4, the mechanical properties and
morphology or structure of the extracellular matrix (ECM)
evolve, and several studies have aimed to replicate these tem-
poral changes, usually using stimuli-responsive hydrogels. The
stiffness, swelling ratio, and structure of these hydrogels can
respond to various stimuli such as light, temperature, pH,
magnetic field, humidity, biomolecules, and cell force.250,251

Here, representative studies on stimuli-responsive hydrogels
compatible with embedded cells are introduced and categor-
ized based on the applied stimuli.

Photopolymerization is a common technique for manufac-
turing photoresponsive hydrogels.252 Photopolymerization can
induce a second crosslinking step to increase stiffness135,253 or
degrade the gel to reduce stiffness.254,255 Recently, PEG–algi-
nate hydrogels have been used to tune the relaxation rate of
the gels over time via photopolymerization of the PEG
network.256 Incorporation of PEG molecules in the alginate
network decreased the τ1/2. Though the τ1/2 was still higher
than the characteristic τ1/2 of most biological tissues (∼10 s),
the authors produced gels with relaxation times varying from
80 to 800 seconds. As this method is compatible with cell
encapsulation, the relaxation time of the gels can be tuned
during cell culture. Similarly, norbornene–HA hydrogels allow
spatiotemporal control over stiffness and relaxation rate upon
photocrosslinking.257 Despite these promising results, it is
important to note that photocrosslinking can be toxic for cells
because of the photoinitiator used and the type of light
required.258

Temperature- and pH-responsive hydrogels have been
widely explored for regenerative medicine applications. For
example, injectable hydrogels designed to gelate at physiologi-

cal temperatures (20–37 °C)259,260 or specific pH
conditions261,262 have been developed to encapsulate cells for
in vivo treatments, such as heart tissue regeneration or stem
cell delivery. While these applications are promising, they fall
outside the scope of this review, which focuses on hydrogels as
ECM mimics for studying cell behavior in vitro.

Other environmental stimuli include magnetic fields and
hydration. Magnetic fields can tune the stiffness and induce
anisotropy, guiding cell alignment,263,264 while 4D bioprinting
makes use of the degree of hydration to induce bulk shape.265

Hydrogels can also respond to cellular stimuli, such as
MMP secretion266 or traction forces. For example, pre-
determined patterns of mesenchymal cells can dynamically
fold collagen substrates into certain desired patterns, such as
hollow tube structures. The folded structure generates vessels
when the substrate is seeded with HUVEC.267

Recently, Major et al. have implemented a hydrogel
showing a progressively stiffening of compressive modulus for
about 10 to 15 kPa without requiring external stimuli during
the 3 week culturing time. The hydrogel is composed of
adipose-derived ECM and silk fibroin, which can be initially
photo-crosslinked by visible light and added photoinitiators.
The stiffening is due to the spontaneous formation of β-sheet
secondary structures through hydrogen bonding in silk fibroin
after crosslinking and during the culture time.268

3.5. Combination of materials

Though we have discussed hydrogels composed of single
polymer types, it is sometimes advantageous to combine
different types of polymers, to leverage both properties or to
introduce heterogeneities in the hydrogels. Interpenetrating
polymer networks (IPNs) are an example of hydrogels formed
by combining at least two crosslinked polymer networks that
are entangled but not chemically linked.269 IPNs can be made
from ECM-derived polymers, such as collagen and fibrin,270 or
collagen and Matrigel.271 In these cases, the architecture of
the collagen network is altered in different ways: incorporating
Matrigel decreases the collagen fiber length, whereas incorpor-
ating fibrin results in longer fibers. Changes in mechanical
properties accompany these architectural changes; Matrigel
reduces the nonlinear behavior of collagen, while fibrin
decreases the viscoelastic behavior of the collagen network.

IPNs can also combine ECM-derived polymers with poly-
mers lacking cell adhesion sites, enabling tuning the mechani-
cal properties by modifying nonfibrous components without
changing protein concentration or the structure of fibrous
protein components. However, the combination of different
polymers changes the bulk behavior of the material. A well-
known type of IPN is alginate–collagen IPN, in which collagen
fibrils network intercalate with alginate mesh. Ionic cross-
linking of alginate keeps the IPN fibrous architecture and
mesh size unchanged. Low concentration (<2 mM) or no Ca2+

for crosslinking alginate leads to IPN storage modulus close to
pure collagen hydrogel of the same concentration, and increas-
ing Ca2+ concentration from 2.5 mM to 10–15 mM leads to
stiffness increase from tens of Pa to about 1 kPa.171,272
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Another example is IPN gels made of collagen and GAG,
notably hyaluronic acid. Although HA has multiple cell recep-
tors, a study showed that its effects are similar to that of inert
alginate when combined with collagen, proving that the
observed effects were mechanical rather than biochemical.273

Compared with a pure collagen gel of the same concentration,
adding HA to the collagen network showed a two- to four-fold
increase in E153,156,157 or a fifteen-fold increase in G′,159 while
maintaining approximately the same pore diameter and fiber
diameter. However, adding other GAG (eg, chondroitin sulfate,
dermatan sulfate) to collagen to form hydrogel did not influ-
ence stiffness.156 Incorporating HA in collagen gels reduced
cell-traction forces and cardiomyocytes alignment.273

Additionally, HA in collagen gels also reduces plastic
deformation.274

The combination of two distinct polymer networks, where
the fibrous component is not derived from ECM proteins, can
also create IPNs. For instance, Chen et al.162 developed a
fibrous hydrogel using aldehyde-modified cellulose nanocrys-
tals (a-CNCs) as the structural component and incorporated
gelatin methacryloyl (GelMA) for intrafibrillar photocrosslink-
ing without affecting interfibrillar crosslinking among a-CNCs.
By increasing the degree of GelMA crosslinking—either
through higher methacryloyl group content or prolonged
photoirradiation—G′ was enhanced from several kilopascals to
over 10 kPa, while maintaining consistent a-CNC and GelMA
concentrations, as well as pore and fibril diameters. This
demonstrates how tuning intrafibrillar crosslinking can signifi-
cantly modulate hydrogel stiffness without altering other struc-
tural parameters.

While IPNs generally result in homogeneous hydrogels at
the cell scale, heterogeneous hydrogels can be created using
large inclusions of sacrificial materials to form large void
structures. These templating methods involve using a pre-exist-
ing structure or template to guide the creation of desired poro-
sity in the final hydrogel material.142 One common technique
involves incorporating solid particles (porogens) into the
hydrogel precursor, which are then removed after crosslinking
to create larger pore sizes, ranging from tens to several hun-
dreds of micrometers.143,275,276 Gelatin is a good porogen as it
is biocompatible, dissolves at 37 °C, and is soluble in water.
Incorporating gelatin beads allows for tuning pore size inde-
pendently of porosity. This method has been successfully used
with PEG,277 alginate,278 and various photocrosslinkable
bioinks.276 This principle can be extended to any cytocompati-
ble sacrificial material. For example, lyase-digestible alginate
and alginate resistant to lyase digestion have been patterned to
create microchannels after digestion.279

The inclusion of larger pores by using sacrificial material
allows us to uncouple the effects of porosity from pore size on
cell behavior. Porosity (26% vs. 65%) influenced cell growth in
PEG gels with pores created by leaching gelatin, while pore
size (122–233 µm) had no effect. Similarly, porosity, but not
pore size, influenced cell spreading.277 Osteoblast-like cells
cultured in bioprinted constructs also showed enhanced pro-
liferation with 40% porosity and pore sizes of the cell scale

(40 µm). Furthermore, matrix mineralization appeared more
uniform in the porous constructs than in the bulk hydrogels
after 14 days.276 Larger porosities forming channels inside the
hydrogel enable the connection to a perfusion system, which
supports cell proliferation and tissue formation.279 Thus, poro-
gens can be used to enhance nutrient diffusion and waste
removal to compensate for the reduced diffusion in the core of
hydrogels.

3.6. Interplay between properties

Although we discussed structural and mechanical properties
separately, they are interrelated and influence each other sig-
nificantly (Fig. 4A). For natural polymers derived from the
ECM, increasing polymer concentration raises the elastic
modulus, while simultaneously reducing pore size and increas-
ing the density of ligands to which cells can bind,280 thus
introducing additional variables (Table 4). In synthetic poly-
mers, ligand density can be adjusted independently of
polymer density,133,134 yet polymer density still correlates with
pore size.

Both intrinsic pore size (or mesh size) and mechanical pro-
perties influence cell migration. If the mesh size is larger than
the cell nucleus, cells can move freely. If the mesh size is
smaller, cells must either degrade or deform the matrix. Cells
can migrate through a matrix that is plastic enough and of
nanometer-scale intrinsic pore size without using proteases,
by using protrusions to open up micrometer-scale channels
for migration.281 If the gels are elastic and too stiff for the cells
to deform, this creates a mechanical confinement for the cells,
which negatively impacts various biological processes.230,282,283

Viscoelasticity also enables cell spreading at constant stiffness
and pore size,133,284 as previously mentioned in section 3.3.2.
However, increasing mesh size decreases stiffness,54,207–214

making it difficult to separate stiffness from mesh size. Thus,
while mesh size influences overall stiffness, factors such as
stiffness, viscoelasticity, and plasticity also affect how intrinsic
pore size impacts cells. It is worth noting that while this is
true for the intrinsic porosity (mesh size), the impact of larger
pores created by including porogens is different: in this
context, porosity but not pore size influences the bulk
stiffness. Besides, the local stiffness (cell scale) remains
unchanged.277

In addition to pore size, structural anisotropy also impacts
mechanical properties as structural anisotropy leads to
mechanical anisotropy. Consequently, the effects of these two
properties are difficult to decouple. For collagen hydrogel with
the same concentration, anisotropically oriented collagen
fibers enhance the hydrogel elastic modulus along the fiber
orientation compared to hydrogels with isotropically oriented
fibers.285 The anisotropic distribution and stiffness of matrix
fibers stabilize cell protrusions in the direction of the align-
ment and promote cell migration,280 as well as fibroblast to
myofibroblasts transition.286 However, increased elastic
modulus alone through crosslinkers does not promote cell
elongation.280
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Besides the reciprocal influence between mechanical and
structural properties, mechanical properties can also interact
and influence each other. For instance, Nam et al.94 demon-
strated the interplay between relaxation and strain-stiffening
in fibrous hydrogels. Fibrin and collagen exhibit both strain-
stiffening (Fig. 4B) and viscoelasticity (Fig. 4C). The higher the
initial strain, the faster the stress relaxation, leading to a rapid
decrease in the strain-stiffening effect over time. Numerical
simulations suggested that force-dependent unbinding fol-
lowed by rebinding of fibers can explain stress-enhanced stress
relaxation in collagen networks. Covalent crosslinking reduces
this effect. Thus, increasing collagen stiffness through trans-
glutaminase or glutaraldehyde crosslinking also alters the
material’s viscoelastic and nonlinear response. With the aid of
magnetic microrheometry and a probabilistic modeling

approach to enhance the analysis of the sparse probe-gener-
ated data, Arasalo et al.246 recently reported an enhanced
measurement and mapping of the spatial heterogeneity of vis-
coelasticity and stiffness in a 3D collagen hydrogel embedded
with cancer-related fibroblasts. Their study observed collagen
stiffening and bundle formation in the collagen matrix in the
vicinity of cells, and a decrease in the collagen phase angle,
indicating a more elastic behavior, which relates to the
stiffened collagen bundle formation by cell force.

It is important to note that while stiffness is commonly
reported, other mechanical properties (such as viscoelasticity
and nonlinearity) and structural properties (such as pore size
and the presence of fibers) are rarely mentioned or discussed.
This may explain why some studies report conflicting results
regarding the effect of stiffness on cell behavior. For example,

Fig. 4 Interplay between structural and mechanical properties. (A) Structural properties and mechanical behavior of hydrogels are interdependent
and interrelated with no simple one-to-one correspondence. For example, increasing the crosslinkers will increase stiffness but also reduce the
intrinsic porosity of the polymer network. The presence of fibers confers a nonlinear behavior, while porous hydrogels have a more linear behavior.
Nonlinearities and crosslinking types both influence the relaxation behavior. Fiber anisotropy leads to mechanical anisotropy with higher stiffness in
certain directions. (B) Collagen and fibrin exhibit strain-stiffening, but not agarose or polyacrylamide. (C) Strain-stiffening and viscoelasticity in
natural hydrogels influence each other. Crosslinking partially cancels this effect. (B) and (C) are reproduced from ref. 94 with permission from
National Academy of Sciences, copyright 2016.
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Hadjipanayi et al.287 observed 3.5 times more proliferation of
fibroblasts over 2 days in collagen gels at 143 kPa compared to
gels at 42 kPa. Conversely, Shie et al.288 found twice as much
proliferation of fibroblasts in 50 kPa GelMA gels compared to
139 kPa gels. The differences in the viscoelastic behavior of
these materials may explain such opposite observations; col-
lagen exhibits viscoelastic behavior, whereas GelMA is more
elastic. Chaudhuri et al.133 proposed a mechanism to explain
enhanced cell spreading and proliferation in viscoelastic
matrices. A cell embedded within a three-dimensional matrix
initially imparts strains on the matrix, leading to forces and
stresses that resist this strain. In purely elastic matrices, these
forces remain constant, preventing any remodeling of the
matrix microenvironment. In viscoelastic matrices, however,
forces within the matrix can gradually dissipate over time. The
extent of mechanical remodeling depends on the rate of stress
relaxation. In matrices with rapid relaxation, this process facili-
tates adhesion-ligand clustering, changes in cell shape, and
proliferation.

Differences in ligand densities can also explain discrepan-
cies between studies. Increasing collagen density to raise the
elastic modulus also increases ligand density, while increasing
the crosslinking of GelMA does not affect it. Moreover, gelatin,
unlike collagen, has lost its ability to form fibers, which also
impacts cell behavior.289 Thus, several factors can explain the
contrasting cell growth rates observed in these studies.

4. Conclusion and outlook

The extracellular matrix (ECM) surrounding cells is a complex
biochemical and mechanical environment that undergoes con-
stant remodeling in response to mechanical loading, injury, or
disease. These dynamic interactions significantly influence
cell behavior and play a crucial role in maintaining healthy
tissue. To better understand how these cues affect cellular
functions, it is essential to develop in vitro models that can
decouple these factors. Hydrogels emerged as promising can-
didates for this purpose, as they can mimic the biphasic be-
havior of the ECM and offer tunable properties. Both natural
and synthetic polymers, either alone or in combination, can be
employed to replicate the biochemical and mechanical charac-
teristics of the ECM. Thanks to these hydrogels, we have
learned how cells respond to the structural (pore size and an-
isotropy) and mechanical properties (stiffness, viscoelasticity
and nonlinearity) of the ECM. However, given the intercon-
nected nature of these factors and the difficulty of varying a
single property without inadvertently altering others, it
remains challenging to isolate the effect of single ECM para-
meters on cell behavior. This highlights the need to go beyond
the simple reporting of stiffness: complete mechanical as well
as structural characterizations should be provided.

Besides, the next generation of hydrogels should involve
strategic combinations of multiple polymers to better replicate
physiological conditions and achieve more precise control over
these variables. Because of the aforementioned intertwining of

structural and mechanical factors, designing such hydrogels
with desired properties typically requires laborious experi-
ments with trial and error. The recent rapid development of
artificial intelligence (AI) and its subfield machine learning
(ML) has already allowed more efficient optimization of para-
meters for 3D and 4D printing of hydrogel.290–292 Such
approaches can also be further developed as promising tools
to advance the design of functional hydrogels,293–295 possibly
via the strategy of simultaneously combining hydrogel compo-
sitions and structural properties to predict their influence on
the mechanical properties of multi-component hydrogels, in
combination with cellular mechanobiology to address their
complex impact on “what cells see” and “what cells feel”.

Author contributions

J. S.: conceptualization, writing – original draft, writing –

review & editing, visualization. S. P.: conceptualization, writing
– original draft, writing – review & editing,
visualization. N. A. K.: writing – review & editing, supervision,
funding acquisition.

Conflicts of interest

There are no conflicts to declare.

Data availability

No primary research results, software or code have been
included and no new data were generated or analysed as part
of this review.

Acknowledgements

This study has received funding from the European Research
Council (ERC) under the European Union’s Horizon 2020
research and innovation program (grant no. 851960), the
Netherlands Organization for Scientific Research (Gravitation
Program “Materials Driven Regeneration” (024.003.013), grant
2023/ENW/01511769, and grant 22090), EuroTech Universities
Alliance, and the Institute for Complex Molecular Systems.

References

1 S. L. K. Bowers, I. Banerjee and T. A. Baudino, J. Mol. Cell.
Cardiol., 2010, 48, 474–482.

2 N. K. Karamanos, A. D. Theocharis, Z. Piperigkou,
D. Manou, A. Passi, S. S. Skandalis, D. H. Vynios, V. Orian-
Rousseau, S. Ricard-Blum, C. E. H. Schmelzer, L. Duca,
M. Durbeej, N. A. Afratis, L. Troeberg, M. Franchi,
V. Masola and M. Onisto, FEBS J., 2021, 288, 6850–6912.

Biomaterials Science Review

This journal is © The Royal Society of Chemistry 2025 Biomater. Sci., 2025, 13, 5297–5324 | 5317

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


3 F. Rosso, A. Giordano, M. Barbarisi and A. Barbarisi,
J. Cell. Physiol., 2004, 199, 174–180.

4 Y. Ikada, J. R. Soc., Interface, 2006, 3, 589–601.
5 E. Bell, B. Ivarsson and C. Merrill, Proc. Natl. Acad.

Sci. U. S. A., 1979, 76, 1274–1278.
6 J. T. Emerman and D. R. Pitelka, In Vitro, 1977, 13, 316–

328.
7 G. Michalopoulos and H. C. Pitot, Exp. Cell Res., 1975, 94,

70–78.
8 M. Simian and M. J. Bissell, J. Cell Biol., 2017, 216, 31–40.
9 M. H. Barcellos-Hoff, J. Aggeler, T. G. Ram and

M. J. Bissell, Development, 1989, 105, 223–235.
10 T. Andersen, P. Auk-Emblem and M. Dornish, Microarrays,

2015, 4, 133–161.
11 O. Smidsrod and G. Skjakbrk, Trends Biotechnol., 1990, 8,

71–78.
12 C. L. Mallabone, C. A. Crooks and M. V. Sefton,

Biomaterials, 1989, 10, 380–386.
13 C. Wang, R. J. Stewart and J. KopeČek, Nature, 1999, 397,

417–420.
14 S. Sundaram and C. S. Chen, Trends Cell Biol., 2022, 32,

490–500.
15 M. W. Tibbitt and K. S. Anseth, Biotechnol. Bioeng., 2009,

103, 655–663.
16 K. Duval, H. Grover, L.-H. Han, Y. Mou, A. F. Pegoraro,

J. Fredberg and Z. Chen, Physiology, 2017, 32, 266–277.
17 E. Y. Lee, G. Parry and M. J. Bissell, J. Cell Biol., 1984, 98,

146–155.
18 O. W. Petersen, L. Rønnov-Jessen, A. R. Howlett and

M. J. Bissell, Proc. Natl. Acad. Sci. U. S. A., 1992, 89, 9064–
9068.

19 P. D. Benya and J. D. Shaffer, Cell, 1982, 30, 215–224.
20 C. Zhang, A. D. Bakker, J. Klein-Nulend and

N. Bravenboer, Curr. Osteoporos. Rep., 2019, 17, 207–216.
21 Y. Ma, T. Han, Q. Yang, J. Wang, B. Feng, Y. Jia, Z. Wei

and F. Xu, Adv. Funct. Mater., 2021, 31, 2100848.
22 C. M. García-Herrera, D. J. Celentano, M. A. Cruchaga,

F. J. Rojo, J. M. Atienza, G. V. Guinea and J. M. Goicolea,
Comput. Methods Biomech. Biomed. Engin., 2012, 15, 185–
193.

23 M. Franchi, Z. Piperigkou, N. S. Mastronikolis and
N. Karamanos, FEBS J., 2024, 291, 430–440.

24 G. Faury, Pathol. Biol., 2001, 49, 310–325.
25 C. J. Dalton and C. A. Lemmon, Cells, 2021, 10, 2443.
26 A. Saraswathibhatla, D. Indana and O. Chaudhuri, Nat.

Rev. Mol. Cell Biol., 2023, 1–22.
27 L. Zhang, in Progress in Molecular Biology and

Translational Science, Elsevier, 2010, vol. 93, pp. 1–17.
28 G. S. Schultz and A. Wysocki, Wound Repair Regen., 2009,

17, 153–162.
29 T. A. Wilgus, Adv. Wound Care, 2012, 1, 249–254.
30 J. Zhu and R. A. F. Clark, J. Invest. Dermatol., 2014, 134,

895–901.
31 Y. Yamaguchi, D. M. Mann and E. Ruoslahti, Nature,

1990, 346, 281–284.
32 J. Taipale and J. Keski-Oja, FASEB J., 1997, 11, 51–59.

33 K. M. Sawicka, M. Seeliger, T. Musaev, L. K. Macri and
R. A. F. Clark, Adv. Wound Care, 2015, 4, 469–478.

34 B. Hinz, C. A. McCulloch and N. M. Coelho, Exp. Cell Res.,
2019, 379, 119–128.

35 Y. Long, Y. Niu, K. Liang and Y. Du, Trends Cell Biol.,
2022, 32, 70–90.

36 V. F. Fiore, S. S. Wong, C. Tran, C. Tan, W. Xu, T. Sulchek,
E. S. White, J. S. Hagood and T. H. Barker, JCI Insight,
2018, 3, e97597.

37 J. Gailit, C. Clarke, D. Newman, M. G. Tonnesen,
M. W. Mosesson and R. A. F. Clark, Exp. Cell Res., 1997,
232, 118–126.

38 V. Ramovs, L. te Molder and A. Sonnenberg, Matrix Biol.,
2017, 57–58, 213–243.

39 A. Gautieri, S. Vesentini, A. Redaelli and M. J. Buehler,
Nano Lett., 2011, 11, 757–766.

40 M. Lannoy, S. Slove and M.-P. Jacob, Pathol. Biol., 2014,
62, 79–83.

41 X. Yu, R. Turcotte, F. Seta and Y. Zhang, J. R. Soc.,
Interface, 2018, 15, 20180492.

42 J. L. Young, A. W. Holle and J. P. Spatz, Exp. Cell Res.,
2016, 343, 3–6.

43 A. S. Craig, E. F. Eikenberry and D. A. D. Parry, Connect.
Tissue Res., 1987, 16, 213–223.

44 S. S. Sobin, Y. C. Fung and H. M. Tremer, J. Appl. Physiol.,
1988, 64, 1659–1675.

45 G. A. Abrams, S. S. Schaus, S. L. Goodman, P. F. Nealey
and C. J. Murphy, Cornea, 2000, 19, 57.

46 J. Waghorne, F. P. Bonomo, A. Rabbani, D. Bell and
O. Barrera, Acta Biomater., 2024, 175, 157–169.

47 A. D. Pospelov, O. M. Kutova, Y. M. Efremov,
A. A. Nekrasova, D. B. Trushina, S. D. Gefter,
E. I. Cherkasova, L. B. Timofeeva, P. S. Timashev,
A. V. Zvyagin and I. V. Balalaeva, Cells, 2023, 12, 2030.

48 G. Mattei, V. Di Patria, A. Tirella, A. Alaimo, G. Elia,
A. Corti, A. Paolicchi and A. Ahluwalia, Acta Biomater.,
2014, 10, 875–882.

49 J. Xiang, P. Liu, X. Zheng, D. Dong, S. Fan, J. Dong,
X. Zhang, X. Liu, B. Wang and Y. Lv, J. Biomed. Mater. Res.,
Part A, 2017, 105, 2662–2669.

50 P. Ramesh, N. Moskwa, Z. Hanchon, A. Koplas,
D. A. Nelson, K. L. Mills, J. Castracane, M. Larsen,
S. T. Sharfstein and Y. Xie, Biofabrication, 2022, 14,
035010.

51 E. E. Van Haaften, C. V. C. Bouten and N. A. Kurniawan,
Cells, 2017, 6, 19.

52 B. He, J. Wu, T. Kirk, J. Carrino, C. Xiang and J. Xu,
Arthritis Res. Ther., 2014, 16, 205.

53 M. Franchi, A. Trirè, M. Quaranta, E. Orsini and V. Ottani,
Sci. World J., 2007, 7, 404–420.

54 U. Blache, E. M. Ford, B. Ha, L. Rijns, O. Chaudhuri,
P. Y. W. Dankers, A. M. Kloxin, J. G. Snedeker and
E. Gentleman, Nat. Rev. Methods Primers, 2022, 2, 1–22.

55 E. Baumgart, Injury, 2000, 31, B14–B23.
56 S. Bose, S. Li, E. Mele and V. V. Silberschmidt, Materials,

2022, 15, 2753.

Review Biomaterials Science

5318 | Biomater. Sci., 2025, 13, 5297–5324 This journal is © The Royal Society of Chemistry 2025

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


57 N. Sasaki and S. Odajima, J. Biomech., 1996, 29, 655–
658.

58 J. A. J. van der Rijt, K. O. van der Werf, M. L. Bennink,
P. J. Dijkstra and J. Feijen, Macromol. Biosci., 2006, 6, 697–
702.

59 M. P. E. Wenger, L. Bozec, M. A. Horton and P. Mesquida,
Biophys. J., 2007, 93, 1255–1263.

60 A. Gautieri, S. Vesentini, A. Redaelli and R. Ballarini,
Int. J. Non-Linear Mech., 2013, 56, 25–33.

61 P. Dutov, O. Antipova, S. Varma, J. P. R. O. Orgel and
J. D. Schieber, PLoS One, 2016, 11, e0145711.

62 J. R. Houser, N. E. Hudson, L. Ping, E. T. O’Brien,
R. Superfine, S. T. Lord and M. R. Falvo, Biophys. J., 2010,
99, 3038–3047.

63 W. Liu, C. R. Carlisle, E. A. Sparks and M. Guthold,
J. Thromb. Haemostasis, 2010, 8, 1030–1036.

64 M. Guthold, W. Liu, E. A. Sparks, L. M. Jawerth, L. Peng,
M. Falvo, R. Superfine, R. R. Hantgan and S. T. Lord, Cell
Biochem. Biophys., 2007, 49, 165–181.

65 A. Garo, M. Hrapko, J. a. W. van Dommelen and
G. W. M. Peters, Biorheology, 2007, 44, 51–58.

66 C. G. Armstrong and V. C. Mow, J. Bone Jt. Surg., 1982, 64,
88.

67 L. Imbert, J.-C. Aurégan, K. Pernelle and T. Hoc, Bone,
2014, 65, 18–24.

68 J. H. Kinney, M. Balooch, S. J. Marshall, G. W. Marshall
and T. P. Weihs, Arch. Oral Biol., 1996, 41, 9–13.

69 G. Boyer, C. Pailler-Mattei, J. Molimard, M. Pericoi,
S. Laquieze and H. Zahouani, Med. Eng. Phys., 2012, 34,
172–178.

70 C. Pailler-Mattei, S. Bec and H. Zahouani, Med. Eng. Phys.,
2008, 30, 599–606.

71 R. B. Martin, D. B. Burr, N. A. Sharkey and D. P. Fyhrie, in
Skeletal Tissue Mechanics, ed. R. B. Martin, D. B. Burr,
N. A. Sharkey and D. P. Fyhrie, Springer, New York, NY,
2015, pp. 355–422.

72 E. F. Morgan, G. U. Unnikrisnan and A. I. Hussein, Annu.
Rev. Biomed. Eng., 2018, 20, 119–143.

73 K. Tai, M. Dao, S. Suresh, A. Palazoglu and C. Ortiz, Nat.
Mater., 2007, 6, 454–462.

74 A. J. Engler, S. Sen, H. L. Sweeney and D. E. Discher, Cell,
2006, 126, 677–689.

75 R. Sanders, Pflugers Arch., 1973, 342, 255–260.
76 P. G. Agache, C. Monneur, J. L. Leveque and J. De Rigal,

Arch. Dermatol. Res., 1980, 269, 221–232.
77 Y. Zheng and A. F. T. Mak, IEEE Trans. Rehabil. Eng., 1999,

7, 257–267.
78 G. Boyer, H. Zahouani, A. Le Bot and L. Laquieze, in 2007

29th Annual International Conference of the IEEE
Engineering in Medicine and Biology Society, IEEE, Lyon,
France, 2007, pp. 4584–4587.

79 G. Boyer, L. Laquièze, A. Le Bot, S. Laquièze and
H. Zahouani, Sking Res. Technol., 2009, 15, 55–67.

80 F. M. Hendriks, D. Brokken, J. T. W. M. Van Eemeren,
C. W. J. Oomens, F. P. T. Baaijens and J. B. a. M. Horsten,
Sking Res. Technol., 2003, 9, 274–283.

81 X. Liang and S. A. Boppart, IEEE Trans. Biomed. Eng.,
2010, 57, 953–959.

82 J. F. M. Manschot and A. J. M. Brakkee, J. Biomech., 1986,
19, 511–515.

83 A. J. Gallagher, A. Ní Annaidh, K. Bruyère and E. Al, in
2012 IRCOBI Conference Proceedings, International
Research Council on the Biomechanics of Injury, Dublin,
Ireland, 2012, vol. IRC-12-59.

84 M. Ottenio, D. Tran, A. Ní Annaidh, M. D. Gilchrist and
K. Bruyère, J. Mech. Behav. Biomed. Mater., 2015, 41, 241–
250.

85 V. F. Achterberg, L. Buscemi, H. Diekmann, J. Smith-
Clerc, H. Schwengler, J.-J. Meister, H. Wenck, S. Gallinat
and B. Hinz, J. Invest. Dermatol., 2014, 134, 1862–1872.

86 C. A. Grant, P. C. Twigg and D. J. Tobin, Acta Biomater.,
2012, 8, 4123–4129.

87 L. Cacopardo, N. Guazzelli and A. Ahluwalia, Tissue Eng.,
Part B, 2022, 28, 912–925.

88 O. Chaudhuri, J. Cooper-White, P. A. Janmey,
D. J. Mooney and V. B. Shenoy, Nature, 2020, 584, 535–
546.

89 W. Li, D. E. T. Shepherd and D. M. Espino, J. Mech. Behav.
Biomed. Mater., 2020, 102, 103460.

90 W. Li, D. E. T. Shepherd and D. M. Espino, Ann. Biomed.
Eng., 2021, 49, 3737–3747.

91 S. Ramadan, N. Paul and H. E. Naguib, Biomed. Mater.,
2017, 12, 025013.

92 D. K. Temple, A. A. Cederlund, B. M. Lawless,
R. M. Aspden and D. M. Espino, BMC Musculoskeletal
Disord., 2016, 17, 419.

93 P. A. Janmey, P. C. Georges and S. Hvidt, in Methods in
Cell Biology, Academic Press, 2007, vol. 83, pp. 1–27.

94 S. Nam, K. H. Hu, M. J. Butte and O. Chaudhuri, Proc.
Natl. Acad. Sci. U. S. A., 2016, 113, 5492–5497.

95 A. E. X. Brown, R. I. Litvinov, D. E. Discher, P. K. Purohit
and J. W. Weisel, Science, 2009, 325, 741–744.

96 C. Storm, J. J. Pastore, F. C. MacKintosh, T. C. Lubensky
and P. A. Janmey, Nature, 2005, 435, 191–194.

97 S. Cheng, E. C. Clarke and L. E. Bilston, Med. Eng. Phys.,
2008, 30, 1318–1337.

98 M. Perepelyuk, L. Chin, X. Cao, A. van Oosten,
V. B. Shenoy, P. A. Janmey and R. G. Wells, PLoS One,
2016, 11, e0146588.

99 R. Oftadeh, B. K. Connizzo, H. T. Nia, C. Ortiz and
A. J. Grodzinsky, Acta Biomater., 2018, 70, 249–259.

100 A. S. G. Van Oosten, M. Vahabi, A. J. Licup, A. Sharma,
P. A. Galie, F. C. MacKintosh and P. A. Janmey, Sci. Rep.,
2016, 6, 19270.

101 H. C. G. De Cagny, B. E. Vos, M. Vahabi, N. A. Kurniawan,
M. Doi, G. H. Koenderink, F. C. MacKintosh and D. Bonn,
Phys. Rev. Lett., 2016, 117, 217802.

102 J. D. Humphrey, E. R. Dufresne and M. A. Schwartz, Nat.
Rev. Mol. Cell Biol., 2014, 15, 802–812.

103 L. Wang, X. You, L. Zhang, C. Zhang and W. Zou, Bone
Res., 2022, 10, 1–15.

104 M. Kjær, Physiol. Rev., 2004, 84, 649–698.

Biomaterials Science Review

This journal is © The Royal Society of Chemistry 2025 Biomater. Sci., 2025, 13, 5297–5324 | 5319

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


105 K. Holmbeck, P. Bianco, I. Pidoux, S. Inoue, R. C. Billinghurst,
W. Wu, K. Chrysovergis, S. Yamada, H. Birkedal-Hansen and
A. R. Poole, J. Cell Sci., 2005, 118, 147–156.

106 T.-H. Chun, F. Sabeh, I. Ota, H. Murphy, K. T. McDonagh,
K. Holmbeck, H. Birkedal-Hansen, E. D. Allen and
S. J. Weiss, J. Cell Biol., 2004, 167, 757–767.

107 L. Cai, X. Xiong, X. Kong and J. Xie, Tissue Eng. Regener.
Med., 2017, 14, 15–30.

108 A. Gautieri, F. S. Passini, U. Silván, M. Guizar-Sicairos,
G. Carimati, P. Volpi, M. Moretti, H. Schoenhuber,
A. Redaelli, M. Berli and J. G. Snedeker, Matrix Biol., 2017,
59, 95–108.

109 N. C. Henderson, F. Rieder and T. A. Wynn, Nature, 2020,
587, 555–566.

110 M. W. Parker, D. Rossi, M. Peterson, K. Smith,
K. Sikström, E. S. White, J. E. Connett, C. A. Henke,
O. Larsson and P. B. Bitterman, J. Clin. Invest., 2014, 124,
1622–1635.

111 M. K. Cowman, H.-G. Lee, K. L. Schwertfeger,
J. B. McCarthy and E. A. Turley, Front. Immunol., 2015, 6,
261.

112 X. Chen, D. Chen, E. Ban, K. C. Toussaint, P. A. Janmey,
R. G. Wells and V. B. Shenoy, Proc. Natl. Acad. Sci. U. S. A.,
2022, 119, e2116718119.

113 M. Tisler, S. Alkmin, H.-Y. Chang, J. Leet, K. Bernau,
N. Sandbo and P. J. Campagnola, Am. J. Physiol.: Lung Cell.
Mol. Physiol., 2020, 318, L276–L286.

114 A. Levillain, C. B. Confavreux, M. Decaussin-Petrucci,
E. Durieux, P. Paparel, K. Le Bail-Carval, L. Maillard,
F. Bermond, D. Mitton and H. Follet, Materialia, 2022, 25,
101555.

115 B. Deng, Z. Zhao, W. Kong, C. Han, X. Shen and C. Zhou,
J. Transl. Med., 2022, 20, 540.

116 M. W. Conklin, J. C. Eickhoff, K. M. Riching, C. A. Pehlke,
K. W. Eliceiri, P. P. Provenzano, A. Friedl and P. J. Keely,
Am. J. Pathol., 2011, 178, 1221–1232.

117 B. Emon, J. Bauer, Y. Jain, B. Jung and T. Saif, Comput.
Struct. Biotechnol. J., 2018, 16, 279–287.

118 A. D. Theocharis, D. Manou and N. K. Karamanos, FEBS
J., 2019, 286, 2830–2869.

119 F. N. Kenny, S. Marcotti, D. B. De Freitas,
E. M. Drudi, V. Leech, R. E. Bell, J. Easton, M.-C. Díaz-de-
la-Loza, R. Fleck, L. Allison, C. Philippeos, A. Manhart,
T. J. Shaw and B. M. Stramer, Matrix Biol., 2023, 123,
1–16.

120 J. Jose, V. P. Athira, H. Michel, A. R. Hafeela, S. G. Bhat,
S. Thomas and L. Pereira Maria, in Sustainable Hydrogels,
ed. S. Thomas, B. Sharma, P. Jain and S. Shekhar,
Elsevier, 2023, pp. 1–22.

121 S. R. Caliari and J. A. Burdick, Nat. Methods, 2016, 13,
405–414.

122 A. S. Hoffman, Adv. Drug Delivery Rev., 2012, 64, 18–23.
123 C. S. Hughes, L. M. Postovit and G. A. Lajoie, Proteomics,

2010, 10, 1886–1890.
124 D. Diekjürgen and D. W. Grainger, Biomaterials, 2017,

141, 96–115.

125 A. Z. Unal and J. L. West, Bioconjugate Chem., 2020, 31,
2253–2271.

126 J. Zhu, Biomaterials, 2010, 31, 4639–4656.
127 A. Kumar and S. S. Han, Int. J. Polym. Mater. Polym.

Biomater., 2017, 66, 159–182.
128 L. Rijns, M. B. Baker and P. Y. W. Dankers, J. Am. Chem.

Soc., 2024, 146, 17539–17558.
129 M. A. K. Tolentino, M. H. Seyedzadeh, N. G. Peres,

E. Y. Du, L. Zhu, K. Gaus, J. Goyette and J. J. Gooding,
J. Biomed. Mater. Res., Part A, 2025, 113, e37811.

130 A. H. Aziz, R. L. Wilmoth, V. L. Ferguson and S. J. Bryant,
ACS Appl. Bio Mater., 2020, 3, 1666–1680.

131 M. P. Lutolf, F. E. Weber, H. G. Schmoekel, J. C. Schense,
T. Kohler, R. Müller and J. A. Hubbell, Nat. Biotechnol.,
2003, 21, 513–518.

132 R. A. Scott, K. G. Robinson, K. L. Kiick and R. E. Akins,
Adv. Healthcare Mater., 2020, 9, 1901593.

133 O. Chaudhuri, L. Gu, D. Klumpers, M. Darnell,
S. A. Bencherif, J. C. Weaver, N. Huebsch, H. Lee,
E. Lippens, G. N. Duda and D. J. Mooney, Nat. Mater.,
2016, 15, 326–334.

134 M. Colasurdo, E. B. Nieves, M. A. Fernández-Yagüe,
C. Franck and A. J. García, Biomaterials, 2022, 288,
121710.

135 K. M. Mabry, M. E. Schroeder, S. Z. Payne and
K. S. Anseth, ACS Appl. Mater. Interfaces, 2016, 8, 21914–
21922.

136 M. P. Lutolf, J. L. Lauer-Fields, H. G. Schmoekel,
A. T. Metters, F. E. Weber, G. B. Fields and J. A. Hubbell,
Proc. Natl. Acad. Sci. U. S. A., 2003, 100, 5413–5418.

137 E. Alsberg, H. J. Kong, Y. Hirano, M. K. Smith, A. Albeiruti
and D. J. Mooney, J. Dent. Res., 2003, 82, 903–908.

138 Y. Gao and H. J. Cho, Soft Matter, 2022, 18, 7735–7740.
139 S. H. Gehrke, J. P. Fisher, M. Palasis and M. E. Lund,

Ann. N. Y. Acad. Sci., 1997, 831, 179–184.
140 M. L. Oyen, Int. Mater. Rev., 2014, 59, 44–59.
141 S. T. Ho and D. W. Hutmacher, Biomaterials, 2006, 27,

1362–1376.
142 R. Foudazi, R. Zowada, I. Manas-Zloczower and D. L. Feke,

Langmuir, 2023, 39, 2092–2111.
143 E. Nicol, Biomacromolecules, 2021, 22, 1325–1345.
144 S. R. Peyton, Z. I. Kalcioglu, J. C. Cohen, A. P. Runkle,

K. J. Van Vliet, D. A. Lauffenburger and L. G. Griffith,
Biotechnol. Bioeng., 2011, 108, 1181–1193.

145 M. Akhmanova, E. Osidak, S. Domogatsky, S. Rodin and
A. Domogatskaya, Stem Cells Int., 2015, 2015,
e167025.

146 C. Licht, J. C. Rose, A. O. Anarkoli, D. Blondel, M. Roccio,
T. Haraszti, D. B. Gehlen, J. A. Hubbell, M. P. Lutolf and
L. De Laporte, Biomacromolecules, 2019, 20, 4075–
4087.

147 A. Rohatgi, WebPlotDigitizer – Copyright 2010–2024 Ankit
Rohatgi, https://automeris.io/wpd/, (accessed 11 February
2025).

148 Y. Yang, S. Motte and L. J. Kaufman, Biomaterials, 2010,
31, 5678–5688.

Review Biomaterials Science

5320 | Biomater. Sci., 2025, 13, 5297–5324 This journal is © The Royal Society of Chemistry 2025

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

https://automeris.io/wpd/
https://automeris.io/wpd/
http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


149 S. Oh, Q. D. Nguyen, K.-H. Chung and H. Lee, ACS Omega,
2020, 5, 3444–3452.

150 S. Sen, S. Mohanty and S. Roy, Nanoscale, 2025, 17, 3983–
3998.

151 W. Sun, C. T. Lim and N. A. Kurniawan, J. R. Soc.,
Interface, 2014, 11, 20140638.

152 A. Hayn, T. Fischer and C. T. Mierke, Front. Cell Dev. Biol.,
2020, 8, 593879.

153 S. R. Unnikandam Veettil, D. Hwang, J. Correia,
M. D. Bartlett and I. C. Schneider, Acta Biomater., 2021,
130, 183–198.

154 M. D. Mohan, N. Latifi, R. Flick, C. A. Simmons and
E. W. K. Young, ACS Appl. Mater. Interfaces, 2024, 16,
20169–20185.

155 S. Vogel, F. Ullm, C. D Müller, T. Pompe and U. Hempel,
ACS Appl. Bio Mater., 2020, 3, 6967–6978.

156 M. Cortes-Medina, A. R. Bushman, P. E. Beshay,
J. J. Adorno, M. M. Menyhert, R. M. Hildebrand,
S. S. Agarwal, A. Avendano, A. K. Friedman and J. W. Song,
Acta Biomater., 2024, 174, 116–126.

157 C.-W. Chang, H.-C. Shih, M. G. Cortes-Medina,
P. E. Beshay, A. Avendano, A. J. Seibel, W.-H. Liao,
Y.-C. Tung and J. W. Song, ACS Appl. Mater. Interfaces,
2023, 15, 15047–15058.

158 O. Bronner-Shtrauchler, E. Nativ-Roth, D. S. Sanchez,
M. Zaiden and N. Vidavsky, Acta Biomater., 2024, 178,
170–180.

159 J. E. Torres, F. Meng, S. Bhattacharya, K. P. Buno,
A. Ahmadzadegan, S. Madduri, P. M. Babiak,
P. P. Vlachos, L. Solorio, Y. Yeo and J. C. Liu,
Biomacromolecules, 2023, 24, 4718–4730.

160 I. G. Mercer, K. Yu, A. J. Devanny, M. B. Gordon and
L. J. Kaufman, Acta Biomater., 2024, 187, 242–252.

161 B. R. Seo, X. Chen, L. Ling, Y. H. Song, A. A. Shimpi,
S. Choi, J. Gonzalez, J. Sapudom, K. Wang, R. C. Andresen
Eguiluz, D. Gourdon, V. B. Shenoy and C. Fischbach, Proc.
Natl. Acad. Sci. U. S. A., 2020, 117, 11387–11398.

162 Z. Chen, M. Ezzo, B. Zondag, F. Rakhshani, Y. Ma, B. Hinz
and E. Kumacheva, Adv. Mater., 2024, 36, 2305964.

163 M. Kwon, Y. Lee and K. S. Kim, Biomater. Adv., 2024, 169,
214152.

164 F. D. Martinez-Garcia, J. A. van Dongen, J. K. Burgess and
M. C. Harmsen, Bioengineering, 2022, 9, 340.

165 A. Singh, N. Dalal and P. Tayalia, Biomed. Mater., 2023, 18,
025010.

166 E. Prince, Z. Chen, N. Khuu and E. Kumacheva,
Biomacromolecules, 2021, 22, 2352–2362.

167 J. Li, Y. Zhang, J. Enhe, B. Yao, Y. Wang, D. Zhu, Z. Li,
W. Song, X. Duan, X. Yuan, X. Fu and S. Huang, Mater.
Sci. Eng. C, 2021, 126, 112193.

168 S. Khodabakhsh Aghdam, A. B. Khoshfetrat,
R. Rahbarghazi, H. Jafarizadeh-Malmiri and M. Khaksar,
Int. J. Biol. Macromol., 2020, 156, 1270–1278.

169 C. E. Vorwald, T. Gonzalez-Fernandez, S. Joshee,
P. Sikorski and J. K. Leach, Acta Biomater., 2020, 108, 142–
152.

170 S. Saghati, Ç. B. Avci, A. Hassani, S. Nazifkerdar,
H. Amini, S. Saghebasl, M. Mahdipour, B. Banimohamad-
Shotorbani, A. R. Namjoo, F. N. Abrbekoh,
R. Rahbarghazi, H. T. Nasrabadi and A. B. Khoshfetrat,
Int. J. Biol. Macromol., 2023, 253, 127209.

171 Y. Li, N. Khuu, E. Prince, H. Tao, N. Zhang, Z. Chen,
A. Gevorkian, A. P. McGuigan and E. Kumacheva,
Biomacromolecules, 2021, 22, 419–429.

172 M. A. Polidoro, E. Ferrari, C. Soldani, B. Franceschini,
G. Saladino, A. Rosina, A. Mainardi, F. D’Autilia,
N. Pugliese, G. Costa, M. Donadon, G. Torzilli,
S. Marzorati, M. Rasponi and A. Lleo, JHEP Rep., 2024, 6,
100910.

173 M. H. Zaman, L. M. Trapani, A. L. Sieminski,
D. MacKellar, H. Gong, R. D. Kamm, A. Wells,
D. A. Lauffenburger and P. Matsudaira, Proc. Natl. Acad.
Sci. U. S. A., 2006, 103, 10889–10894.

174 M. Alonzo, S. A. Kumar, S. Allen, M. Delgado, F. Alvarez-
Primo, L. Suggs and B. Joddar, Prog. Biomater., 2020, 9,
125–137.

175 T. Davidov, Y. Efraim, N. Dahan, L. Baruch and
M. Machluf, FASEB J., 2020, 34, 7745–7758.

176 S. Burgalassi, E. Zucchetti, L. Ling, P. Chetoni,
S. Tampucci and D. Monti, Pharmaceutics, 2022, 14, 850.

177 D. M. Alhattab, I. Isaioglou, S. Alshehri, Z. N. Khan,
H. H. Susapto, Y. Li, Y. Marghani, A. A. Alghuneim,
R. Díaz-Rúa, S. Abdelrahman, S. Al-Bihani, F. Ahmed,
R. I. Felimban, H. Alkhatabi, R. Alserihi,
M. Abedalthagafi, A. AlFadel, A. Awidi, A. G. Chaudhary,
J. Merzaban and C. A. E. Hauser, Biomater. Res., 2023, 27,
111.

178 R. Jain and S. Roy, ACS Biomater. Sci. Eng., 2020, 6, 2832–
2846.

179 K. A. Jansen, A. J. Licup, A. Sharma, R. Rens,
F. C. MacKintosh and G. H. Koenderink, Biophys. J., 2018,
114, 2665–2678.

180 E. E. Antoine, P. P. Vlachos and M. N. Rylander, Tissue
Eng., Part B, 2014, 20, 683–696.

181 R. Naomi, P. M. Ridzuan and H. Bahari, Polymers, 2021,
13, 2642.

182 K. Wolf, S. Alexander, V. Schacht, L. M. Coussens,
U. H. von Andrian, J. van Rheenen, E. Deryugina and
P. Friedl, Semin. Cell Dev. Biol., 2009, 20, 931–941.

183 A. R. Wufsus, K. Rana, A. Brown, J. R. Dorgan,
M. W. Liberatore and K. B. Neeves, Biophys. J., 2015, 108,
173–183.

184 B. Blombäck and M. Okada, Thromb. Res., 1982, 25, 51–
70.

185 C. L. Chiu, V. Hecht, H. Duong, B. Wu and B. Tawil,
BioRes. Open Access, 2012, 1, 34–40.

186 N. Salam, S. Toumpaniari, P. Gentile, A. Marina Ferreira,
K. Dalgarno and S. Partridge, Materials, 2018, 11,
1781.

187 K. Wolf, M. te Lindert, M. Krause, S. Alexander, J. te Riet,
A. L. Willis, R. M. Hoffman, C. G. Figdor, S. J. Weiss and
P. Friedl, J. Cell Biol., 2013, 201, 1069–1084.

Biomaterials Science Review

This journal is © The Royal Society of Chemistry 2025 Biomater. Sci., 2025, 13, 5297–5324 | 5321

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


188 J. Irianto, Y. Xia, C. R. Pfeifer, A. Athirasala, J. Ji, C. Alvey,
M. Tewari, R. Bennett, S. M. Harding, A. Liu,
R. A. Greenberg and D. E. Discher, Curr. Biol., 2017, 27,
210–223.

189 C. Fan, Y. Ling, W. Deng, J. Xue, P. Sun and D.-A. Wang,
Biomed. Mater., 2019, 14, 055006.

190 M. G. McCoy, J. M. Wei, S. Choi, J. P. Goerger, W. Zipfel
and C. Fischbach, ACS Biomater. Sci. Eng., 2018, 4, 2967–
2976.

191 S. P. Carey, Z. E. Goldblatt, K. E. Martin, B. Romero,
R. M. Williams and C. A. Reinhart-King, Integr. Biol., 2016,
8, 821–835.

192 P. P. Provenzano, K. W. Eliceiri, D. R. Inman and
P. J. Keely, Curr. Protoc. Cell Biol., 2010, 47, 10.17.1–
10.17.11.

193 L. M. Dedroog, O. Deschaume, C. J. G. Abrego, E. Koos,
Y. de Coene, A. Vananroye, W. Thielemans, C. Bartic and
M. P. Lettinga, Acta Biomater., 2022, 150, 128–137.

194 P. Fernandez and A. R. Bausch, Integr. Biol., 2009, 1, 252–
259.

195 A. Ray, Z. M. Slama, R. K. Morford, S. A. Madden and
P. P. Provenzano, Biophys. J., 2017, 112, 1023–
1036.

196 A. C. C. van Spreeuwel, N. A. M. Bax, A. J. Bastiaens,
J. Foolen, S. Loerakker, M. Borochin, D. W. J. van der
Schaft, C. S. Chen, F. P. T. Baaijens and C. V. C. Bouten,
Integr. Biol., 2014, 6, 422–429.

197 S. Babu, I. Chen, S. Vedaraman, J. Gerardo-Nava, C. Licht,
Y. Kittel, T. Haraszti, J. Di Russo and L. De Laporte, Adv.
Funct. Mater., 2022, 32, 2202468.

198 D. L. Braunmiller, S. Babu, D. B. Gehlen, M. Seuß,
T. Haraszti, A. Falkenstein, J. Eigen, L. De Laporte and
J. J. Crassous, Adv. Funct. Mater., 2022, 32, 2202430.

199 A. L. Castro, S. Vedaraman, T. Haraszti, M. A. Barbosa,
R. M. Gonçalves and L. De Laporte, Adv. Mater. Technol.,
2024, 9, 2301391.

200 L. H. Wong, N. A. Kurniawan, H.-P. Too and
R. Rajagopalan, Biomech. Model. Mechanobiol., 2014, 13,
839–849.

201 D. Böhringer, A. Bauer, I. Moravec, L. Bischof, D. Kah,
C. Mark, T. J. Grundy, E. Görlach, G. M. O’Neill,
S. Budday, P. L. Strissel, R. Strick, A. Malandrino,
R. Gerum, M. Mak, M. Rausch and B. Fabry, Matrix Biol.,
2023, 124, 39–48.

202 M. S. Hall, F. Alisafaei, E. Ban, X. Feng, C.-Y. Hui,
V. B. Shenoy and M. Wu, Proc. Natl. Acad. Sci. U. S. A.,
2016, 113, 14043–14048.

203 H. Wang, A. S. Abhilash, C. S. Chen, R. G. Wells and
V. B. Shenoy, Biophys. J., 2014, 107, 2592–2603.

204 X. Di, X. Gao, L. Peng, J. Ai, X. Jin, S. Qi, H. Li, K. Wang
and D. Luo, Signal Transduction Targeted Ther., 2023, 8,
282.

205 U. Doha, O. Aydin, M. S. H. Joy, B. Emon, W. Drennan
and M. T. A. Saif, Acta Biomater., 2022, 154, 290–301.

206 H. Cao, L. Duan, Y. Zhang, J. Cao and K. Zhang, Signal
Transduction Targeted Ther., 2021, 6, 1–31.

207 D. Caccavo, S. Cascone, G. Lamberti and A. A. Barba,
Chem. Soc. Rev., 2018, 47, 2357–2373.

208 M. Jaspers, PhD Thesis, Radboud University, 2017.
209 F. C. MacKintosh, J. Käs and P. A. Janmey, Phys. Rev. Lett.,

1995, 75, 4425–4428.
210 I. K. Piechocka, K. A. Jansen, C. P. Broedersz,

N. A. Kurniawan, F. C. MacKintosh and G. H. Koenderink,
Soft Matter, 2016, 12, 2145–2156.

211 A. J. Licup, S. Münster, A. Sharma, M. Sheinman,
L. M. Jawerth, B. Fabry, D. A. Weitz and F. C. MacKintosh,
Proc. Natl. Acad. Sci. U. S. A., 2015, 112, 9573–
9578.

212 D. Vader, A. Kabla, D. Weitz and L. Mahadevan, PLoS One,
2009, 4, e5902.

213 Q. Wen, A. Basu, P. A. Janmey and A. G. Yodh, Soft Matter,
2012, 8, 8039–8049.

214 R. C. Picu, Soft Matter, 2011, 7, 6768.
215 C. B. Raub, V. Suresh, T. Krasieva, J. Lyubovitsky,

J. D. Mih, A. J. Putnam, B. J. Tromberg and S. C. George,
Biophys. J., 2007, 92, 2212–2222.

216 B. A. Roeder, K. Kokini, J. E. Sturgis, J. P. Robinson and
S. L. Voytik-Harbin, J. Biomech. Eng., 2002, 124, 214–
222.

217 J. Lou and D. J. Mooney, Nat. Rev. Chem., 2022, 6, 726–
744.

218 D. T. Wu, N. Jeffreys, M. Diba and D. J. Mooney, Tissue
Eng., Part C, 2022, 28, 289–300.

219 F. Charbonier, D. Indana and O. Chaudhuri, Curr. Protoc.,
2021, 1, e124.

220 J. Lou, R. Stowers, S. Nam, Y. Xia and O. Chaudhuri,
Biomaterials, 2018, 154, 213–222.

221 G. A. Parada and X. Zhao, Soft Matter, 2018, 14, 5186–
5196.

222 O. Chaudhuri, Biomater. Sci., 2017, 5, 1480–1490.
223 X. Zhao, N. Huebsch, D. J. Mooney and Z. Suo, J. Appl.

Phys., 2010, 107, 063509.
224 Y. Han, Y. Cao and H. Lei, Gels, 2022, 8, 577.
225 J. Berger, M. Reist, J. M. Mayer, O. Felt, N. A. Peppas and

R. Gurny, Eur. J. Pharm. Biopharm., 2004, 57, 19–34.
226 A. Chrisnandy, D. Blondel, S. Rezakhani, N. Broguiere and

M. P. Lutolf, Nat. Mater., 2022, 21, 479–487.
227 D. D. McKinnon, D. W. Domaille, T. E. Brown,

K. A. Kyburz, E. Kiyotake, J. N. Cha and K. S. Anseth, Soft
Matter, 2014, 10, 9230–9236.

228 D. D. McKinnon, D. W. Domaille, J. N. Cha and
K. S. Anseth, Adv. Mater., 2014, 26, 865–872.

229 S. Tang, H. Ma, H.-C. Tu, H.-R. Wang, P.-C. Lin and
K. S. Anseth, Adv. Sci., 2018, 5, 1800638.

230 F. A. A. Ruiter, F. L. C. Morgan, N. Roumans,
A. Schumacher, G. G. Slaats, L. Moroni, V. L. S. LaPointe
and M. B. Baker, Adv. Sci., 2022, 9, 2200543.

231 L. Cacopardo, N. Guazzelli, R. Nossa, G. Mattei and
A. Ahluwalia, J. Mech. Behav. Biomed. Mater., 2019, 89,
162–167.

232 A. Tirella, G. Mattei and A. Ahluwalia, J. Biomed. Mater.
Res., Part A, 2014, 102, 3352–3360.

Review Biomaterials Science

5322 | Biomater. Sci., 2025, 13, 5297–5324 This journal is © The Royal Society of Chemistry 2025

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


233 H. Ma, L. J. Macdougall, A. GonzalezRodriguez,
M. E. Schroeder, D. Batan, R. M. Weiss and K. S. Anseth,
Macromol. Biosci., 2020, 20, 2000268.

234 S. Nam, R. Stowers, J. Lou, Y. Xia and O. Chaudhuri,
Biomaterials, 2019, 200, 15–24.

235 J. F. Crispim and K. Ito, Acta Biomater., 2021, 128, 236–
249.

236 B. A. Nerger, S. Sinha, N. N. Lee, M. Cheriyan, P. Bertsch,
C. P. Johnson, L. Mahadevan, J. V. Bonventre and
D. J. Mooney, Adv. Mater., 2024, 36, 2308325.

237 A. Elosegui-Artola, A. Gupta, A. J. Najibi, B. R. Seo,
R. Garry, C. M. Tringides, I. de Lázaro, M. Darnell, W. Gu,
Q. Zhou, D. A. Weitz, L. Mahadevan and D. J. Mooney,
Nat. Mater., 2022, 1–11.

238 S. Motte and L. J. Kaufman, Biopolymers, 2013, 99, 35–46.
239 M. Benkherourou, P.-Y. Gumery, L. Tranqui and

P. Tracqui, IEEE Trans. Biomed. Eng., 2000, 47, 1465–1475.
240 P. H. J. Kouwer, M. Koepf, V. A. A. Le Sage, M. Jaspers,

A. M. van Buul, Z. H. Eksteen-Akeroyd, T. Woltinge,
E. Schwartz, H. J. Kitto, R. Hoogenboom, S. J. Picken,
R. J. M. Nolte, E. Mendes and A. E. Rowan, Nature, 2013,
493, 651–655.

241 K. Liu, S. M. Mihaila, A. Rowan, E. Oosterwijk and
P. H. J. Kouwer, Biomacromolecules, 2019, 20, 826–
834.

242 M. Jaspers, M. Dennison, M. F. J. Mabesoone,
F. C. MacKintosh, A. E. Rowan and P. H. J. Kouwer, Nat.
Commun., 2014, 5, 5808.

243 N. J. Westra Van Holthe, Z. Wang, J. Lauko, E. P. Gilbert,
V. Gangasandra and A. E. Rowan, Mater. Adv., 2024, 5,
9458–9470.

244 Q. Wen and P. A. Janmey, Exp. Cell Res., 2013, 319, 2481–
2489.

245 J. P. Winer, S. Oake and P. A. Janmey, PLoS One, 2009, 4,
e6382.

246 O. Arasalo, A. J. Lehtonen, M. Kielosto, M. Heinonen and
J. Pokki, Biophys. J., 2025, 124, 351–362.

247 R. K. Das, V. Gocheva, R. Hammink, O. F. Zouani and
A. E. Rowan, Nat. Mater., 2016, 15, 318–325.

248 Y. L. Han, P. Ronceray, G. Xu, A. Malandrino,
R. D. Kamm, M. Lenz, C. P. Broedersz and M. Guo, Proc.
Natl. Acad. Sci. U. S. A., 2018, 115, 4075–4080.

249 L. Liu, H. Yu, H. Zhao, Z. Wu, Y. Long, J. Zhang, X. Yan,
Z. You, L. Zhou, T. Xia, Y. Shi, B. Xiao, Y. Wang, C. Huang
and Y. Du, Proc. Natl. Acad. Sci. U. S. A., 2020, 117, 10832–
10838.

250 Y. Lu, A. A. Aimetti, R. Langer and Z. Gu, Nat. Rev. Mater.,
2016, 2, 1–17.

251 L. Wang, M. Neumann, T. Fu, W. Li, X. Cheng and
B.-L. Su, Curr. Opin. Colloid Interface Sci., 2018, 38, 135–
157.

252 M. Bril, A. Saberi, I. Jorba, M. C. van Turnhout,
C. M. Sahlgren, C. V. C. Bouten, A. P. H. J. Schenning and
N. A. Kurniawan, Adv. Sci., 2023, 10, 2303136.

253 K. M. Mabry, R. L. Lawrence and K. S. Anseth,
Biomaterials, 2015, 49, 47–56.

254 A. M. Kloxin, A. M. Kasko, C. N. Salinas and K. S. Anseth,
Science, 2009, 324, 59–63.

255 H. Wang, S. M. Haeger, A. M. Kloxin, L. A. Leinwand and
K. S. Anseth, PLoS One, 2012, 7, e39969.

256 P. Crandell and R. Stowers, ACS Biomater. Sci. Eng., 2023,
9, 6860–6869.

257 E. Hui, K. I. Gimeno, G. Guan and S. R. Caliari,
Biomacromolecules, 2019, 20, 4126–4134.

258 M. Bril, S. Fredrich and N. A. Kurniawan, Smart Mater.
Med., 2022, 3, 257–273.

259 A. Nain, S. Chakraborty, N. Jain, S. Choudhury,
S. Chattopadhyay, K. Chatterjee and S. Debnath, Biomater.
Sci., 2024, 12, 3249–3272.

260 H. Wang, D. Zhu, A. Paul, L. Cai, A. Enejder, F. Yang and
S. C. Heilshorn, Adv. Funct. Mater., 2017, 27, 1605609.

261 Z. Li, Z. Fan, Y. Xu, W. Lo, X. Wang, H. Niu, X. Li, X. Xie,
M. Khan and J. Guan, ACS Appl. Mater. Interfaces, 2016, 8,
10752–10760.

262 H. K. Kim, W. S. Shim, S. E. Kim, K.-H. Lee, E. Kang,
J.-H. Kim, K. Kim, I. C. Kwon and D. S. Lee, Tissue Eng.,
Part A, 2009, 15, 923–933.

263 B. Rios, A. Bu, T. Sheehan, H. Kobeissi, S. Kohli, K. Shah,
E. Lejeune and R. Raman, Device, 2023, 1, 100097.

264 T. Yan, D. Rao, Y. Chen, Y. Wang, Q. Zhang and S. Wu,
Acta Biomater., 2022, 138, 112–123.

265 A. Kirillova, R. Maxson, G. Stoychev, C. T. Gomillion and
L. Ionov, Adv. Mater., 2017, 29, 1703443.

266 T. P. Kraehenbuehl, L. S. Ferreira, P. Zammaretti,
J. A. Hubbell and R. Langer, Biomaterials, 2009, 30, 4318–
4324.

267 A. J. Hughes, H. Miyazaki, M. C. Coyle, J. Zhang,
M. T. Laurie, D. Chu, Z. Vavrušová, R. A. Schneider,
O. D. Klein and Z. J. Gartner, Dev. Cell, 2018, 44, 165–178.

268 G. Major, M. Ahn, W.-W. Cho, M. Santos, J. Wise,
E. Phillips, S. G. Wise, J. Jang, J. Rnjak-Kovacina,
T. Woodfield and K. S. Lim, Mater. Today Bio, 2024, 25,
101004.

269 M. S. Silverstein, Polymer, 2020, 207, 122929.
270 V. K. Lai, C. R. Frey, A. M. Kerandi, S. P. Lake,

R. T. Tranquillo and V. H. Barocas, Acta Biomater., 2012, 8,
4031–4042.

271 B. Buchmann, P. Fernández and A. R. Bausch, Biophys.
Rev., 2021, 2, 021401.

272 C. Branco da Cunha, D. D. Klumpers, W. A. Li,
S. T. Koshy, J. C. Weaver, O. Chaudhuri, P. L. Granja and
D. J. Mooney, Biomaterials, 2014, 35, 8927–8936.

273 N. Bouhrira, P. A. Galie and P. A. Janmey, Biophys. J., 2019,
116, 1340–1347.

274 M. Proestaki, M. Sarkar, B. M. Burkel, S. M. Ponik and
J. Notbohm, J. Mech. Behav. Biomed. Mater., 2022, 135,
105465.

275 S. H. Lee, K. Y. Shim, B. Kim and J. H. Sung, Biotechnol.
Prog., 2017, 33, 580–589.

276 L. Ouyang, J. P. Wojciechowski, J. Tang,
Y. Guo and M. M. Stevens, Adv. Healthcare Mater., 2022,
11, 2200027.

Biomaterials Science Review

This journal is © The Royal Society of Chemistry 2025 Biomater. Sci., 2025, 13, 5297–5324 | 5323

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a


277 S. Sokic, M. Christenson, J. Larson and G. Papavasiliou,
Macromol. Biosci., 2014, 14, 731–739.

278 C. M. Hwang, S. Sant, M. Masaeli, N. N. Kachouie,
B. Zamanian, S.-H. Lee and A. Khademhosseini,
Biofabrication, 2010, 2, 035003.

279 A. Negro, T. Cherbuin and M. P. Lutolf, Sci. Rep., 2018, 8,
17099.

280 S. I. Fraley, P. Wu, L. He, Y. Feng, R. Krisnamurthy,
G. D. Longmore and D. Wirtz, Sci. Rep., 2015, 5,
14580.

281 K. M. Wisdom, K. Adebowale, J. Chang, J. Y. Lee, S. Nam,
R. Desai, N. S. Rossen, M. Rafat, R. B. West, L. Hodgson
and O. Chaudhuri, Nat. Commun., 2018, 9, 4144.

282 S. Khetan, M. Guvendiren, W. R. Legant, D. M. Cohen,
C. S. Chen and J. A. Burdick, Nat. Mater., 2013, 12, 458–
465.

283 H. Lee, L. Gu, D. J. Mooney, M. E. Levenston and
O. Chaudhuri, Nat. Mater., 2017, 16, 1243.

284 S. Nam, J. Lee, D. G. Brownfield and O. Chaudhuri,
Biophys. J., 2016, 111, 2296–2308.

285 N. Khuu, S. Kheiri and E. Kumacheva, Trends Chem.,
2021, 3, 1002–1026.

286 C. Huang, X. Fu, J. Liu, Y. Qi, S. Li and H. Wang,
Biomaterials, 2012, 33, 1791–1800.

287 E. Hadjipanayi, V. Mudera and R. A. Brown, Cell Motil.,
2009, 66, 121–128.

288 M.-Y. Shie, J.-J. Lee, C.-C. Ho, S.-Y. Yen, H. Y. Ng and
Y.-W. Chen, Polymers, 2020, 12, 1930.

289 A. J. Berger, K. M. Linsmeier, P. K. Kreeger and
K. S. Masters, Biomaterials, 2017, 141, 125–135.

290 O. Ejeromedoghene, M. Kumi, E. Akor and Z. Zhang, Adv.
Colloid Interface Sci., 2025, 336, 103360.

291 B. Chen, J. Dong, M. Ruelas, X. Ye, J. He, R. Yao, Y. Fu,
Y. Liu, J. Hu, T. Wu, C. Zhou, Y. Li, L. Huang, Y. S. Zhang
and J. Zhou, Adv. Funct. Mater., 2022, 32, 2201843.

292 H. Bediaga-Bañeres, I. Moreno-Benítez, S. Arrasate,
L. Pérez-Álvarez, A. K. Halder, M. N. D. S. Cordeiro,
H. González-Díaz and J. L. Vilas-Vilela, Polymers, 2025, 17,
121.

293 D. Ege and A. R. Boccaccini, Bioengineering, 2024, 11, 415.
294 Z. Li, P. Song, G. Li, Y. Han, X. Ren, L. Bai and J. Su,

Mater. Today Bio, 2024, 25, 101014.
295 C. Owh, D. Ho, X. J. Loh and K. Xue, Trends Biotechnol.,

2023, 41, 476–479.

Review Biomaterials Science

5324 | Biomater. Sci., 2025, 13, 5297–5324 This journal is © The Royal Society of Chemistry 2025

O
pe

n 
A

cc
es

s 
A

rt
ic

le
. P

ub
lis

he
d 

on
 2

2 
A

ug
us

t 2
02

5.
 D

ow
nl

oa
de

d 
on

 6
/1

8/
20

26
 9

:4
8:

32
 A

M
. 

 T
hi

s 
ar

tic
le

 is
 li

ce
ns

ed
 u

nd
er

 a
 C

re
at

iv
e 

C
om

m
on

s 
A

ttr
ib

ut
io

n 
3.

0 
U

np
or

te
d 

L
ic

en
ce

.
View Article Online

http://creativecommons.org/licenses/by/3.0/
http://creativecommons.org/licenses/by/3.0/
https://doi.org/10.1039/d5bm00210a

	Button 1: 


