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ABSTRACT Themechanical behavior of tissues at themacroscale is tightly coupled to cellular activity at themicroscale. Dermal
wound healing is a prominent example of a complex system in which multiscale mechanics regulate restoration of tissue form and
function. In cutaneouswound healing, a fibrinmatrix is populated by fibroblastsmigrating in from a surrounding tissuemademostly
out of collagen. Fibroblasts both respond tomechanical cues, such as fiber alignment and stiffness, aswell as exert active stresses
needed for wound closure.
Here, we develop a multiscale model with a two-way coupling between a microscale cell adhesion model and a macroscale

tissue mechanics model. Starting from the well-known model of adhesion kinetics proposed by Bell, we extend the formulation
to account for nonlinear mechanics of fibrin and collagen and show how this nonlinear response naturally captures stretch-driven
mechanosensing. We then embed the new nonlinear adhesion model into a custom finite element implementation of tissue me-
chanical equilibrium. Strains and stresses at the tissue level are coupled with the solution of the microscale adhesion model at
each integration point of the finite element mesh. In addition, solution of the adhesion model is coupled with the active contractile
stress of the cell population. The multiscale model successfully captures the mechanical response of biopolymer fibers and gels,
contractile stresses generated by fibroblasts, and stress-strain contours observed during wound healing. We anticipate that this
framework will not only increase our understanding of how mechanical cues guide cellular behavior in cutaneous wound healing,
but will also be helpful in the study of mechanobiology, growth, and remodeling in other tissues.
SIGNIFICANCE Understanding how tissue mechanics and cellular activity are linked is key for improving treatment of
diseases or injuries in which mechanical function is paramount, for example, in cutaneous wound healing. Previous
mathematical models have described the spatiotemporal stresses, deformations, and change in mechanical properties of
the healing wound by relying on phenomenological assumptions. A more detailed understanding of how fibroblasts sense
and respond to mechanical cues by remodeling and exerting stress on the extracellular environment is needed to enable
the next generation of wound healing treatments. This study addresses this gap by establishing a multiscale modeling
framework that bridges our knowledge of cell adhesion at the microscale to the tissue mechanics at the macroscale.
INTRODUCTION

Mechanobiology is the study of how mechanical inputs, such
as strain or stiffness of the extracellular matrix (ECM), affect
the behavior of cells (1).Theability of cells to sense changes in
the mechanical environment is essential for morphogenesis,
maintenance of homeostasis, tissue growth, and remodeling.
There are several mechanisms cells use for mechanosensing,
including cell adhesions, cilia response to flow, and ion chan-
nels (2). For connective tissue cells, such as fibroblasts, and re-
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ceptors, such as integrins, are a critical component of howcells
bind to specific ligands in the ECM and sense mechanical in-
puts (3,4). However, it is still unclear how forces and deforma-
tions at themacroscopic tissue scale, on theorder of� 10�1m,
are transferred to the cells at the microscale, on the order of
� 10�6 m. This problem is not trivial because cells are not
rigidly attached to the ECM (5). Therefore, a proper under-
standing of tissue mechanics and mechanobiology necessi-
tates multiscale models that couple adhesion kinetics
between cells and the ECM at the microscale to deformation
and stress of the tissue at the macroscale.

Cell-cell and cell-ECM adhesion were first described
mathematically by Bell half a century ago (6). The core
idea of this cell-ECM adhesion model is that integrin-ligand
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bond kinetics have an intrinsic association rate, but the disso-
ciation rate is based on a Boltzmann probability distribution
with an exponential dependence on the energy at the adhe-
sion. This model has since been advanced to capture the ef-
fect of elastic (7) and viscoelastic (8) properties of the
substrate. The elastic model has shown that, other variables
being the same, stiffer substrates favor cell adhesion and trac-
tion, which is consistent with the broad observation that cells
spread and exhibit durotaxis in stiffer substrates (9–11).
Consideration of viscoelasticity in the model suggests that
the apparent stiffness sensed by cells is actually larger than
the equilibrium stiffness of the substrate. This occurs because
the energy in linear viscoelastic substrates is initially stored
but then dissipated (8,12). Overall, the model originally pro-
posed by Bell has continued to have success in modeling the
adhesion of several cell types to a variety of substrates
(7,8,13). However, the assumption of linear elastic or linear
viscoelastic behavior of the ECM is too simplistic. The
ECM is comprised of interpenetrating networks of proteins
and glycosaminoglycans, the composition and organization
of which vary depending on tissue type and pathological
states (14), which leads to the nonlinear mechanical behavior
of biological materials. For example, fibrin and type I
collagen are two important biopolymers that contribute to
themechanical integrity of tissues and are particularly impor-
tant during wound healing. Type I collagen and fibrin fibers
and networks behave nonlinearly when deformed, with a
characteristic strain-stiffening curve (15–18). The effect of
this nonlinearity on fibroblast adhesion and traction has not
been studied in detail. However, based on the evidence that
stiffness and viscoelasticity affect fibroblast adhesion and
traction, as well as evidence that fibrin and type I collagen
exhibit nonlinear mechanics, we hypothesized that this
nonlinearity would contribute to spatially heterogeneous
traction by fibroblasts during wound healing.

Cellular adhesion and activity at the microscopic scale are
eventually coupled to themechanics of the tissue.Todevelop a
model that integrates the macro- andmicroscales, we focused
on changes that occur during cutaneouswound healing. Type I
collagen is the primary load-bearing component of native skin
(19). Upon injury, the first stage of wound healing is the for-
mation of a provisional fibrin matrix at the site of injury
(20,21). In many cases, connective tissues are under a pre-
strain, including skin (22). Moreover, during wound healing,
contractile forces of individual fibroblasts are integrated
across scales to produce active stress needed for wound
contraction (23,24). Thus, the mechanical environment at
and around the wound is complex. The heterogeneity given
by the two different materials (i.e., the provisional fibrin ma-
trix and surrounding collagenous tissue), the geometry of the
wound, and the nonlinearity of the material itself, means that
homogeneous models at the tissue scale are not enough to un-
derstand how mechanical inputs coordinate cellular activity.
Instead, finite element models are a preferred tool to describe
tissue mechanics at the macroscopic scale. Models of cuta-
526 Biophysical Journal 121, 525–539, February 15, 2022
neous wound healing mechanics are prevalent, including our
own previous work (19,25–27). Recent efforts in computa-
tional modeling of wound healing have started to incorporate
aspects of fibroblast mechanobiology (25,28); however, these
models have relied on phenomenological assumptions. A bet-
ter understanding of wound healing requires multiscale
coupling between finite element models of tissue mechanics
to the cell-level models of adhesion.

To address this gap, we extended existing models of cell
adhesion at the microscale (6) to account for the nonlinear
mechanics of fibrin and type I collagen (15–18). We show
that the nonlinear stress-strain response of type I collagen
and fibrin naturally lead to variation in the cell adhesion
response. The behavior of cells and ECM were scaled up to
the tissue level to capture the mechanics of tissue constructs
through a custom finite element implementation. We antici-
pate that this work will lead to a better understanding of
how tissue-level deformations are connected to cell mecha-
nosensing, bridging, and expanding current biophysics
models of tissue growth and remodeling.
MATERIALS AND METHODS

Adhesion model

We started with the well-known model of cell adhesion proposed Bell (6).

Fig. 1 a illustrates the receptor-ligand interactions between the cell and the

substrate as first-order reactions. Assuming the association process is

intrinsic and independent of the mechanical properties of cells and the

ECM, kon is often considered as a constant, typically within the range of

0:002� 0:3 s�1(29–31). In this work, the association rate was chosen to

be kon ¼ 0:002 s�1(29). The kinetic dissociation rate in Bell’s adhesion

model is defined by a Boltzmann distribution

koff ¼ bkoffeDE=kBT ; (1)

where bkoff is the dissociation rate in the absence of force and can range from
10�5 to 0.012 s�1 (29,31, kB is the Boltzmann constant, T is the temperature

in Kelvin, and DE is the energy stored at the adhesion.

In the traditional formulation of Bell’s model, DE is calculated by the

multiplication of a force applied to the bond and a transition distance

(32). We compute this energy directly based on the deformation of the

ECM to account for the nonlinear mechanical behavior of the ECM, as

will be shown later. First, a Monte Carlo method was implemented in which

a set of possible pairs of integrins and ligands were simulated indepen-

dently. We then derived the approximating ordinary differential equation

(ODE) from the limit of integrins and ligands approaching infinity. For

the Monte Carlo and ODE simulations, the energy DE was computed

assuming linear elastic and viscoelastic models before the problem was

extended to the nonlinear mechanics regime.
Linear elastic and viscoelastic response

For the linear elastic (le) case, the energy stored at the adhesion is described by

DEle ¼ fg ¼ f 2

2kECM
; (2)

where g is a length scale parameter, f is the contractility force, and kECM is

the ECM stiffness (6,7,13). For linear-viscoelasticity (lv), the energy at the
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a b FIGURE 1 Schematic of microscale and macro-

scale models coupled in this study. (a) Microscale

adhesion model. A cell illustrated by the gray

dashed curve interfaces to the ECM through recep-

tors that adhere to the ligands on the ECM. Each

ligand can be represented by a spring that associates

with a receptor with rate kon. Once a receptor-ligand

pair is formed, the bond breaks at a rate koff , influ-

enced by the contractile force f. The mechanics of

the ECM can be captured with simplified models,

such as linear elastic (depicted as a linear spring

in the ‘‘elasticity’’ box in the figure), or linear visco-

elastic (‘‘viscoelasticity’’ box with a Maxwell repre-

sentation of a standard linear solid). More realistic frameworks for ECM mechanics are those of ‘‘hyperelasticity’’ and ‘‘hyper-viscoelasticity’’ (represented

as combinations of nonlinear springs and dashpots). (b) A simplified macroscale cutaneous wound domain. A round wound (red) embedded in a rectangular

skin patch (pink). In vivo, skin is typically under a biaxial prestrain. The whole domain has two axes of symmetry. Only the top right quadrant was discretized

with a finite element mesh. The cell-level model (a) can be upscaled to the tissue level (b) by homogenization based on the volume fraction of cells and

ligands. The deformation at the tissue level (b) can be downscaled to the cell level (a) by considering the stretch of individual fibers in Eq. 4.

Adhesion kinetics and nonlinear tissue mechanics
adhesion is a function of time from the moment a bond is formed. A

Maxwell element is considered (Fig. 1 a), with stiffness kl, additional stiff-

ness ka, and viscosity h. At the moment a bond forms, the single Maxwell

element follows the time evolution

DElvðtÞ ¼ f 2

2kl
þ
f 2kae

� 2kakl
hðkaþklÞ t

�
2e

kakl
hðkaþklÞ t � 1

�
2klðka þ klÞ : (3)

Nonlinear elastic and viscoelastic response

For the nonlinear elastic and viscoelastic cases, we propose hyperelastic

and hyper-viscoelastic models motivated by the Holzapfel-Gasser-Ogden

model of soft tissues (33,34), and by previous work on fibrin and type I

collagen gel mechanics (35–38). For simplicity, type I collagen is referred

to as ’’collagen’’ for the rest of the manuscript. The strain energy density of

a fiber network of nf fibers is modeled with
jf
�
Ii4; I

i
4e

�

¼
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nf

Xnf
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2k2
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:

(4)
The contribution of each fiber has an equilibrium elastic component and a

viscoelastic component. The equilibrium strain energy density of the ith fiber

is in terms of the square of the total fiber stretch, Ii4, while the viscous branch
contributes to the strain energy density through the elastic component only Ii4e.

The parameters for the fiber strain energy density are a coefficient of the stiff-

ness k1, a coefficient of nonlinearity k2, and a coefficient of viscosity b.
Defining a relaxation time t for the viscous branch (34), the time deriv-

ative of the elastic fourth invariant I4e can be computed by

_I4e ¼
1
t
jf
4eI4e

jf
4e4eI4e þ jf

4e

; (5)
where

jf
4e ¼

vjf

vI4e
; jf

4e4e ¼ v2jf

vI24e
: (6)
Thus, Eq. 5 is used to evolve the viscous branch in the nonlinear model.

Given the total strain energy density function for the nonlinear case, we can

compute the increase in energy at an adhesion as a result of the contractile

force f. For the purely hyperelastic (he) case (i.e., no viscous branch, b ¼ 0

in Eq. 4), the energy at the adhesion becomes
DEheðlÞ ¼ ðjð~lÞ�jðlÞÞ ,A , l0 ; (7)
where l ¼ ffiffiffiffi
I4

p
is the stretch of the substrate, A is the cross-sectional area of

a fiber, l0 is a characteristic length related to the distance between two
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adjacent ligands or integrins, and ~l is the new total stretch of the substrate

under a constant cellular contractile force f.

For the hyper-viscoelastic (hv) case, b>0, the energy in each adhesion

depends not only on the stretch but also on the time since the bond is

formed,

DEhvðl; tÞ ¼ ðjð~l; tÞ�jðlÞÞ ,A , l0 : (8)

As opposed to the linear viscoelastic case in Eq. 3, there is no closed-

form solution for Eq. 8.
Monte Carlo simulations

Cell adhesion is simulated by first considering an array of individual ligand-

receptor pairs. The association and dissociation processes can be considered

as a Poisson process. The probabilities of single association and dissocia-

tion in every time increment can be written as

Pon;0 ¼ 1� e�Dt kon ; (9)

Poff ¼ 1� e�Dt koff : (10)
Taking into consideration the density of bonds, rRL as in (39), the prob-

ability of forming a bond is

Pon ¼ 1� ð1� Pon;0ÞrRL : (11)

The dissociation rate, koff defined in Eq. 1 depends on the energy at the

adhesion, and, depending on the model of the ECM mechanics, is given

by Eqs. 2, 3, 4, 5, 6, 7, and 8. Note that when viscoelasticity is consid-

ered, the koff rate is time dependent (refer to Eqs. 3 and 8), requiring in-

ternal variables to keep track of the time at which a receptor-ligand pair

is formed. The material parameters are specific to each model; however,

all Monte Carlo simulations use the same range of contractile forces,

from 2:2� 35:6 pN(40). We chose f ¼ 7 pN(40). Table S1 summarizes

all the parameter values.

The number of bonds at tnþ1 ¼ tn þ Dt can be computed based on

Nnþ1 ¼ PonðNmax �NnÞ � PoffNn (12)

where Nnþ1 and Nn denote the number of existing bonds at next time incre-

ment and at the current time, respectively, and Nmax denotes the total num-

ber of possible bonds, i.e., the total number of possible receptor-ligand pairs

in the Monte Carlo simulation.
ODE limit

As the number of receptors grows, the total number of receptor-ligand

bonds can be approximated by the ODE

_4b ¼ rRLkonð1�4bÞ � koff4b ; (13)

where 4b denotes the density of the receptor-ligand bonds. Note that koff in

the ODE captures an average response from all receptor-ligand bonds. The

dissociation rate is a constant for the linear elastic case, and it only depends

on the initial stretch of the substrate for the hyperelastic case. However, in

the linear viscoelastic and hyper-viscoelastic cases, the dissociation rate is

time dependent for an individual bond. Thus, for the ODE we need to deter-

mine an average relaxation time. This can be derived from the analysis of

the nonhomogeneous Poisson process. The relaxation time, toff is based on
528 Biophysical Journal 121, 525–539, February 15, 2022
toff;avg ¼
R toff
0

tPoffðtÞ dtR toff
0

PoffðtÞ dt
; (14)

where

PoffðtÞ ¼ exp

�
�
Z t

0

bkoffeDEðsÞ
kBT ds

�
; (15)

ðkl þ kaÞh
�
1þ ffiffiffiffiffi

CI
p �
toff ¼
klka

log
1� CI

; (16)

with CI the confidence interval assumed in the averaging. In our simulation

we choose CI ¼ 0:99.
Macroscale response of biopolymer gels

Considering that the ECM in native tissues contains multiple materials be-

sides collagen and fibrin fibers, we treat the ECM as a fiber-reinforced com-

posite, where the fibrillar proteins are the ‘‘fibers’’ and the amorphous,

glycosaminoglycan-rich, ground substance as the ‘‘matrix.’’ The fibers are

scaled by a volume fraction zf . The total strain energy density function

can be written as

jðI1; I4; I4e; JÞ ¼ jmðI1Þ|fflfflffl{zfflfflffl}
isotropic matrix

þ zfj
fðI4; I4eÞ|fflfflfflfflfflfflffl{zfflfflfflfflfflfflffl}

anisotropic fiber

þ jvolðJÞ|fflfflffl{zfflfflffl}
volumetric term

;

(17)

which is the sum of an isotropic ground substance contribution (jm), a

weighted anisotropic fiber contribution (zfj
f ), and a volumetric term

(jvol) to capture compressibility or enforce incompressibility. The isotropic

contribution is dictated by the deformation invariant I1, and parameterized

by k0, i.e.,

jmðI1Þ ¼ k0ðI1 � 3Þ: (18)

Even though soft tissues are often treated as incompressible (19), exper-

imental evidence indicates that collagen and fibrin gels can be compressible

(41,42). Implementation of compressible volumetric terms as described in

(41,42) is reported and discussed in the supporting material. However,

compressibility based on (42), can cause nonconvex behavior and exhibit

extreme sensitivity to parameters. Thus, to ensure convergence of the finite

element simulations, we implemented the incompressible case; the volu-

metric term is given by

jvolðJÞ ¼ pðJ� 1Þ ; (19)

where J is the volume change. The incompressibility condition J ¼ 1 is en-

forced by the pressure Lagrange multiplier p which can be solved analyti-

cally for plane stress two-dimensional problems (25).
Finite element model

The finite element code used in the study is a custom implementation in

Cþþ. Mechanical equilibrium is solved for by requiring the vanishing of

the stress divergence

Vx , s ¼ 0 : (20)
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FIGURE 2 Linear elastic and linear viscoelastic models of adhesion. (a)

Monte Carlo (MC) simulations and corresponding ODE simulations for

adhesion processes on a purely elastic substrate and a viscoelastic substrate.

The scatter points show the results from 10,000 MC steps. The binding

probability was calculated by the ratio of the number of receptor-ligand

bonds to the number of total receptor-ligand pairs. The solid lines show

the results from the ODE model. (b) The histograms describe the distribu-

tions of the binding time of receptor-ligand pairs. The solid lines are the

regression curves for the corresponding statistical data. The median relax-

ation time of the viscoelastic model used in the ODE was computed based

on the statistics of toff . (c) The contour shows the influence of the additional

stiffness in the Maxwell branch and the viscosity (represented by the relax-

ation time) on the binding probability. The reference timescale toff;elas was a

characteristic unbinding time. (d) The contour shows the binding probabil-

ity on a purely elastic substrate with respect to the contractile force and the

stiffness of the substrate.

Adhesion kinetics and nonlinear tissue mechanics
The total stress s can be separated into two parts: the passive contribution

spas and the active contribution sact,

s ¼ spas þ sact : (21)
The passive part of the stress considers isotropic and anisotropic contri-

butions based on Eq. 17. The active part is the result of cell tractions and is

introduced below.

The anisotropic term, Eq. 4 requires sampling multiple fiber orientations

for nf fibers, which can be done using Monte Carlo sampling. However, this

approach results in excessive computational time. Alternatively, we select

several primary orientations and compute the weighted mean of the strain

energy density function according to the probability density of a von Mises

fiber orientation distribution. Our code follows a total Lagrangian formula-

tion based on the second Piola-Kirchhoff stress. The isotropic ground sub-

stance (m) component of the second Piola-Kirchhoff stress is

Spas;m ¼ 2jm
1 Iþ 2pC�1 ; (22)
where jm
1 denotes the first derivative of the isotropic part of the total strain

energy density function with respect to the first invariant of deformation, I1,

and the term including p is the volumetric stress. The tensor I denotes the

identity, C is the right Cauchy-Green deformation tensor. The anisotropic

fiber (f) contribution is
Spas;f ¼ 2zf
Xnq
i¼ 1

PðqiÞ
�
jf
4;ia0i 5 a0i þjf

4e;i

Ii4e
Ii4
a0i 5 a0i

�
;

(23)

where

jf
a;i ¼

vjf

vIia
; a ¼ 4; 4e ; (24)

PðqiÞ is the probability of the ith angle qi appearing according to von

Mises distribution, and a0i is the orientation of the ith fiber in the reference

configuration.

The total second Piola-Kirchhoff stress is simply the sum

Spas ¼ Spas;m þ Spas;f þ pC�1 : (25)

To represent the formulation in the current configuration, the push-for-

ward of the stress is calculated by the deformation gradient F and the Jaco-

bian J,

spas ¼ 1

J
F , Spas ,Fu : (26)

We introduce an active contribution of the total stress due to cell contrac-

tility. This active stress is naturally defined in the current configuration

sact ¼ zc trðlÞ
X
i

ai5ai
trðai5aiÞ ; (27)

where zc is the volume fraction of the cells and ai is the orientation of the i
th

fiber in the current configuration. The traction produced by a single cell,

trðlÞ, is given directly as a function of force per receptor and the density

of receptors, and indirectly as a function of the deformation via the adhesion

model,

trðlÞ ¼ f , rr ,4bðlÞ ; (28)

where f is the contractile force per adhesion and rr is the density of recep-

tors per cell, the typical value of which is in the range of 300 mm�2 �
500 mm�2(39). Parameters of the finite element model are also summa-

rized in Table S1.
RESULTS

Adhesion kinetics for the linear elastic and
viscoelastic cases

For the Monte Carlo model, we assumed the initial states
of all the receptor-ligand pairs were ‘‘off,’’ tested a case of
1000 integrins in total, and simulated 3600 s with time
step Dt ¼ 0:36 s. We simulated both linear elastic and
linear viscoelastic cases, and compared the results of the
Monte Carlo method against those obtained with the
ODE model in Fig. 2, a and b. The results of the Monte
Carlo simulations matched the ODE. Note that in the
Monte Carlo simulations the time it takes for every
bond to dissociate is stored, toff (Fig. 2 b), whereas the
ODE method uses only the expected value of this
Biophysical Journal 121, 525–539, February 15, 2022 529
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FIGURE 3 Effect of nonlinear mechanics of fibers on cell adhesion. Experimental nominal stress data for uniaxial tension tests of (a) single collagen (15)

and (d) fibrin fibers (17) were used to obtain the parameters for the anisotropic part of the hyperelastic and hyper-viscoelastic models. The black dashed line

shows the experimental data; the blue solid line shows the fit with the hyperelastic model; the orange dashed line shows the fit with the hyper-viscoelastic

model. The changes of binding probability 4b as a function of the stretch of (b) collagen fiber in the hyperelastic model, (e) fibrin fiber in the hyperelastic

model, (c) collagen fiber in the hyper-viscoelastic model, and (f) fibrin fiber in the hyper-viscoelastic model under different contractile forces, f, are illus-

trated. The transient behavior of the adhesion probability and the influence of contractile force rate on fibers under different prestretch were further inves-

tigated. A relatively small prestretch (purple point) and a large prestretch (brown point) were chosen in c’ and f’, and three force loading rates were

applied.
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distribution. We computed the regression curve of toff
based on the theory of nonhomogeneous Poisson pro-
cesses. The agreements of the regression curves and the
statistical results allowed us to compute the average relax-
ation time of the viscoelastic model used in the ODE ac-
cording to Eq. 14.

To better understand the relationship of the binding prob-
ability 4b with respect to the relaxation time and the stiff-
ness in the elastic and viscoelastic systems, we defined a
characteristic time of dissociation for the purely elastic
model toff;elastic as

toff;elastic ¼ 1bkoff : (29)

We then compared the probability of unbinding time in
the viscoelastic case, toff , to the baseline time of the elastic
case toff;elastic. This ratio is proportional to the viscosity of
the Maxwell branch. We also varied the ratio of the addi-
tional stiffness in the Maxwell branch to the long-term stiff-
ness. We found that higher viscosity (higher toff) resulted in
increasing binding probability. Similarly, increasing the
additional stiffness also increased adhesion (Fig. 2 c),
consistent with experimental observations (8). Subse-
quently, we analyzed the influence of the contractile force
and the long-term stiffness (equilibrium stiffness of the
ECM) on the binding probability. The contour is depicted
in Fig. 2 d. The higher stiffness of the substrate improved
the binding probability, increasing adhesion, and the larger
530 Biophysical Journal 121, 525–539, February 15, 2022
contractility reduced that probability, which is consistent
with experiments (43,44).
Nonlinear mechanics of the ECM leads to
adhesion-mediated mechanosensing

Having verified that the linear models were consistent with
the literature, we increased the complexity by incorporating
nonlinearity. Equation 4 was fit to experimental data of
collagen fibers (15) and fibrin fibers (17) (Fig. 3 a), account-
ing for, and ignoring, viscoelastic behavior. Both fits were
able to capture the mechanical properties of collagen and
fibrin fibers. Due to the intrinsic nonlinearity of the strain
energy function, the model predicted changes of binding
probability, 4b, with respect to the stretch of the substrate
(Fig. 3, a–f). Note that the adhesion model was solved
following the stretch of the fiber. The collagen fiber is
significantly stiffer than the fibrin fiber, so the change in
4b with stretch for collagen was less than that for fibrin.
In both cases, the nonlinearity in the mechanics is such
that stretch led to an increase in binding probability,
showing the mechanosensitivity of cell adhesion to ECM
deformation. Increasing contractile forces, f, had the oppo-
site effect (Fig. 3, b, c, e, and f), consistent with the fact
that increasing force induces strain energy at the adhesion
and thus increases the dissociation rate (45). For collagen,
there were only small changes between the hyperelastic
model and the hyper-viscoelastic model (Fig. 3, b and c).
On the other hand, the viscous dissipation for fibrin was
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large (Fig. 3 d). As a result, binding probability became
extremely sensitive to stretch when the fibrin model was
switched from hyperelastic to hyper-viscoelastic (Fig. 3, e
and f). In Fig. 3 c and f only the equilibrium states are
considered. However, contractile forces are highly dynamic,
and this effect is important for the viscous fibers. Fig. 3, c’
and f’ show the time evolution of the adhesion probability
for cells on collagen or fibrin for two different values of fiber
prestretch and for three contractile force rates. For cells on
collagen fibers, the transient evolution of the adhesion is not
sensitive to fiber stretch or to contractile force rate due to the
high stiffness of collagen. In contrast, for the fibrin fibers,
which are softer, both the fiber stretch and contractile force
rate have an influence on binding probability. When a fibrin
fiber is stretched to a higher value, the tangent stiffness in-
creases. As a result, the steady state of the adhesion model
increases with prestretch of fibrin. This was already evident
in Fig. 3 f, but Fig. 3 f’ further illustrates the time evolution
of the adhesion toward two different steady states depending
on fiber stretch. The contractile force rate has an influence
on the transient behavior. A slower contractile force rate
leads to an overshoot in adhesion before the adhesion prob-
ability goes down to the equilibrium value. This is because
the increase in contractile force increases the dissociation
rate. By applying the contractile force gradually, the disso-
ciation rate increases slowly and the resulting dynamic
behavior is underdamped.
Homogeneous deformation of collagen and fibrin
gels

After fitting the experimental data of single collagen and
fibrin fibers, we fit the experimental data of collagen
(46,47) and fibrin gels (48) to the nonlinear models (Eq.
17). These data allowed us to determine the isotropic param-
eter k0 and volume fraction zf . Parameters are summarized
in Table S1. A von Mises distribution with parameter k

was used to describe different orientations. We chose four
different orientations k ¼ 0; 1; 3; 8 to sample fiber direc-
tions (Fig. 4 a). We computed the stresses of collagen and
fibrin gels under biaxial tension because it is more physio-
logically relevant than uniaxial tension (49), considering
both hyperelastic and hyper-viscoelastic models (Fig. 4, b,
e for collagen, Fig. 4, c, f for fibrin). The primary orientation
of fibers was assumed to be along direction ½1; 0�. As ex-
pected, the more aligned the fibers were, the more stress
was generated in the primary orientation, P11, whereas the
isotropic distribution k ¼ 0 led to an isotropic response,
P11 ¼ P22. The stresses in collagen gels were an order of
magnitude larger with respect to fibrin and the loading
path was highly nonlinear for collagen but more linear for
fibrin. The collagen gels exhibited much less viscous dissi-
pation than fibrin gels. All of these observations are in align-
ment with the experimental data of both individual fibers
and gels (15,17,46,48), and suggest that our constitutive
models Eqs. 4 and 17 are suitable to describe the multiscale
mechanics of collagen and fibrin.

Next, we focused on the active contribution of cells to the
substrate (defined in Eq. 27). We continued to consider a ho-
mogeneous problem but this time assuming free boundary
conditions in all directions. This type of problem is repre-
sentative of gel contraction experiments to measure cell
contractility (26,50,51). We investigated receptor density,
contractility, and characteristic length (a reference length
between two receptors) separately to determine the influ-
ence of those three parameters on the overall contraction
of collagen and fibrin gels. Increasing receptor density rr
(Fig. 5, a and d) and contractility f (Fig. 5, b and e) induced
Biophysical Journal 121, 525–539, February 15, 2022 531
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more contraction in a slightly nonlinear fashion due to the
binding probability dependence on stretch. Increasing the
characteristic length l0, or the distance between receptors
(Fig. 5, c and f), suppressed contraction. The effects were
larger on oriented gels with k ¼ 1 than on isotropic gels,
and larger on collagen than on fibrin. Note that these
contraction simulations were acute, i.e., no permanent gel
remodeling was taken into consideration. Thus, the values
of contraction were generally small. These curves were
not calibrated against experimental data, but they did align
qualitatively with experimental observations of gel contrac-
tion experiments (52–54) (see Table S2).
Finite element models of wound mechanobiology

Baseline simulations

Armed with the coupled adhesion model and description of
the nonlinearmechanics of collagen and fibrin, we proceeded
to simulate more representative tissue-scale problems with
the use of a finite element model. The setup of the first simu-
lation is illustrated in Fig. 6 a. To recapitulate cutaneous
wound healing (25), we assigned collagen gel properties
with slight anisotropy in the x direction to the blue healthy re-
gion in Fig. 6 b, and isotropic fibrin gel properties to the red
wound region in Fig. 6 c. We applied the symmetry boundary
conditions on the bottom and the left sides of the rectangular
tissue domain, and stretched the other two sideswith a biaxial
deformation. The principal stresses of both the total stress
and the active contribution generated by cells distributed at
a density chosen from (31,39) are plotted in Fig. 6, d–k. Prin-
cipal stresses increased with deformation, with greater stress
532 Biophysical Journal 121, 525–539, February 15, 2022
in the stiff collagen domain compared with the soft fibrin
domain, see Fig. 6 g. The active stress increased with stretch,
as expected from the adhesion model results in Fig. 3. How-
ever, the influence of stretch was trivial in the healthy region
occupied by the collagen gel because the collagen domain
was very stiff. The stretch-mediated mechanosensing was
more pronounced in the fibrin domain, with adhesion and
active stress increasing as a function of stretch (Fig. 6, h–k).

The dynamic changes in the binding probability at the
macroscale were also of interest to better understand the
multiscale cross talk between tissue mechanics and adhe-
sion kinetics. Fig. 6, l–o show the time evolution of the
adhesion formation (an average response of the individual
cell adhesion at a specific location in the finite element
mesh). Adhesion binding probability equilibrated rapidly
in collagen, but evolved more slowly in fibrin. The equilib-
rium probability was slightly larger in collagen compared
with fibrin due to the contrasting stiffness of the two mate-
rials, which was expected based on the results in Fig. 3. The
active stress field, Fig. 6, h–k, follows directly from the
adhesion binding probability, as captured in Eq. 27.

Evolving cell densities

To better capture wound healing, we first considered
changes in fibroblast density in the wound region. We
changed the boundary conditions in Fig. 7 a, assuming
that the wound was not under external tractions but rather
subjected to fixed boundary conditions. As a consequence,
the only stresses generated were a direct result of cell
contractility. We only considered the hyperelastic equilib-
rium response. We used the volume fraction of fibroblasts
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(zc) to represent the cell density in the domain. To recapit-
ulate wound healing (55), we assumed that fibroblast density
in the wound region was initially less than that in the healthy
region (Fig. 7 d). Then, as healing progressed, fibroblasts
occupied the wound region, reaching values that were
higher than in the healthy region (Fig. 7, e–g). The density
of fibroblasts in the wound region that exceeded the density
in the healthy region can be attributed to traveling wave so-
lution (56). Finally, the density of fibroblasts in the wound
reached the same value as in the surrounding tissue (Fig. 7
h). We computed the principal stresses of each stage in
Fig. 7, i–m. As the wound was populated by fibroblasts,
the active stress field resembled the cell density field
(Fig. 7, n–r). However, even though there was a uniform
cell density by the end time point, the active stress was
not uniform due to the difference in material between the
two domains (Fig. 7 r). As in the previous case, the active
stress at the final step was fairly uniform in the two domains,
whereas the total stress reflected the deformation of a stiff
domain with a soft inclusion.

Transition in mechanical properties from fibrin to collagen

As wound healing progresses, the fibrin wound domain is
replaced by a collagen-based ECM (57–60). Thus, to
continue the refinement of our wound healing model, we
started with the same configuration shown in Fig. 7 a, but
considered a change in properties from fibrin to collagen
at the center of the domain. The change in the strain energy
density function from pure fibrin to pure collagen was based
on the volume fraction of collagen xcol in the wound region,
which was linearly changed from zero to one (Fig. 8 a). We
considered the same cell density changes shown in Fig. 7, d–
h. As the fibrin domain turned to collagen, the strain state in
the whole domain became more homogeneous (Fig. 8, b–k).
The corresponding principal stress field is shown in the sup-
porting material (Fig. S5). Permanent changes in fiber orien-
tation were not considered in the current framework. As a
result, the strain was not homogeneous in the final stage,
despite that the cell density was uniform and the entire
domain was made out of collagen. This implies that the me-
chanosensitive response of the fibroblasts may not return to
the physiological state after wound healing unless both tis-
sue composition and microstructure are remodeled. We also
observed that, when the fibrin domain had no cells, the
active stress in the surrounding region led to tensile strains
in the wound (Fig. 8, b and g). As the cell density increased
in the wound and the domain turned to collagen, the strains
in the wound became compressive, indicative of wound
contraction (Fig. 8, e and j). In addition, the anisotropy of
the collagen domain led to anisotropic strains, with greater
Biophysical Journal 121, 525–539, February 15, 2022 533



1 ()
1act (kPa)

(−) d e f g h

i j k l m

n o p q r

a

b

c

x

y

FIGURE 7 The effect of evolving fibroblast densities on stress distribution. (a) The same square tissue domain as Fig. 6 a was used, but the whole domain

was fixed on all sides. (b and c) As in Fig. 6, the collagen fibers were slightly oriented (k ¼ 1) in the x direction and the fibrin gel was isotropic. (d–h) The

lines and contours illustrate the radially distributed number of fibroblasts in the whole domain from the initial distribution where there were no fibroblasts in

the wound (d) and the redistribution over the course of wound healing until there was a homogenous distribution across the wound (e–h). The lines show the

relative cell density across the bottom of the square in (a), which is distributed radially. (i–r) The contours show the principal stress distributions of the total

stress and active contribution.

Guo et al.
strains in the weaker y direction compared with the
preferred collagen alignment in the x direction.

Increased contractility during wound healing

As a third example, we replaced the contractile force inside
the wound by a higher value (Fig. 9 a), considering the
contractility can be larger in the wound than that in the
healthy region (57,61). We still considered the cell densities
from Fig. 7, e–g, as well as the changes in collagen volume
fraction from Fig. 8 a. As expected, the higher cell contrac-
tility increased the strains in the wound region. In particular,
larger compressive strains (in terms of magnitude) were
observed over a larger region in Fig. 9, f and g compared
with Fig. 8, i and j. It also became clearer how the contraction
of the wound started at the boundary (Fig. 9 e), and extended
toward contraction of the entire wound region (Fig. 9 g).
DISCUSSION

To capture the macroscale mechanobiology of tissues based
onmechanistic models of cell adhesion at the microscale, we
progressively built more realistic simulations starting from a
nonlinear model of fibrin and collagen mechanics, then
coupling this model with Bell’s model of adhesion, and
finally linking the adhesion model to a tissue-level finite
element framework through a two-way coupling. We used
the model to simulate cutaneous wound healing incorpo-
rating the evolution of fibroblast density, the transition ofme-
chanical properties of the wound, and effect of contractility.
Continuummodels of soft tissues, aided by the finite element
534 Biophysical Journal 121, 525–539, February 15, 2022
method, are ideal to describe the biomechanics of complex
biological systems at the macroscale, including wound heal-
ing (21,25,62–66). Yet, the vast majority of models at the
tissue scale are based on phenomenological equations for
cell mechanotransduction (67–69). On the other hand, cell-
level mechanobiology models have also been developed,
following the well-known model of cell adhesion proposed
by Bell (6). These models are mostly limited to small scales
and cannot explain the spatiotemporal mechanics of healing
wounds at the tissue scale. In recognition of these limitations,
multiscale coupling efforts have been recently reported. For
example, in (70), the authors use an extension of Bell’smodel
to solve for cell adhesion and spreading, and they also solve a
finite element model of ECM deformation around a single
fibroblast cell. Our work extends a recent version of Bell’s
model that considers linear viscoelastic behavior for individ-
ual ligand-receptor pairs to include the nonlinear mechanics
of biopolymer fibers. This nonlinear adhesion model is then
incorporated into a custom finite element implementation
that couples cell adhesion kinetics to the nonlinear me-
chanics of tissues at themacroscale. Themodel demonstrates
that the nonlinear mechanics of fibrin and collagen fibers
naturally leads to stretch-driven mechanosensing at the cell
scale (Fig. 3). Furthermore, when coupled to the finite
element framework, the model captures how deformations
applied at the tissue scale lead to the development of hetero-
geneous strains, stresses, and active contractile forces depen-
dent on tissue composition and microstructure (Fig. 6).

Before deriving the extension of the adhesion model to the
nonlinear mechanics regime, we ensured that the model
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could capture the linear elastic and linear viscoelastic cases
described in the literature (7,8). We explored the adhesion
response over the parameter space by varying stiffness, vis-
cosity, and contractility. In line with experimental observa-
tions, the binding probability increased with increasing
viscosity and stiffness of the ECM (9,71–73). The parameters
for the individual bond kinetics, in particular the intrinsic as-
sociation and dissociation rates, can vary by orders of magni-
tude depending on cell type and on the ECM substrate (7,8).
Since we were primarily interested in fibroblasts, and fibrin
and collagen substrates, we restricted our parameters to those
scenarios as much as possible. A full list of parameter values
and their sources from the literature are reported in Table S1.

Following our verification of the linear case (Fig. 2), we
aimed to capture more realistic models of ECM mechanics
using hyperelastic and hyper-viscoelastic frameworks. We
introduced a new constitutive model that bridges the work
of single-fiber mechanics (36,38) and tissue-level mechanics
(33). This constitutive equation (Eq. 4) allowed us to fit
experimentally determined individual fiber data (15,17),
and the extension to biopolymer gels (Eq. 17) enabled fitting
to fibrin and collagen gel data (15,17,46–48), as seen in Figs.
3, 4, and S2. One limitation of our proposed constitutive
model is that it considers the biopolymer gels to be incom-
pressible. However, collagen and fibrin gels show volume
loss in uniaxial and biaxial tension (41). We explored the
role of compressible material models in the supportingmate-
rial but show the incompressible formulation in the main text
because the compressible models exhibited large sensitivity
to parameters and possible loss of convexity. In addition,
the adhesion probability for the nonlinear cases, governed
by Eqs. 7 and 8, depends on the in-plane response, which
was fitted in Figs. 3 and S2.

The proposed models of fibrin and collagen fibers and
gels were then used to study the differential effect of these
materials on fibroblast adhesion. A simplifying assumption
in the model was the use of constant contractile force in
most of the simulations. More realistic scenarios include
contractile force coupling to ECM stiffness as proposed
by Cao et al. (74) and Walcott et al. (75). We implemented
the force reinforcement model by Cao et al. and found that
the effect of reinforcement had a large influence in the small
deformation regime when the tangential stiffness of fibers
was low, but the contractile force reached a constant value
even at small stretches as the tangential stiffness of fibers
increased (see Fig. S1). Therefore, we used constant values
for the contractile force. With this assumption, we observed
that the stiff collagen showed limited changes in cell adhe-
sion with respect to stretch, but this was not the case for the
comparatively soft fibrin substrate. The binding probability
of cells to fibrin fibers was highly nonlinear, and stretch of
collagen and fibrin fibers led to an increase in adhesion den-
sity. Thus, our model was able to predict cellular response to
stretch using the well-established Bell’s model by simply
considering nonlinear ECM mechanics. To further investi-
gate the transient behavior and possible role of more dy-
namic loading, we solved for adhesion over time at low
and high prestretch of fibers and three different load rates.
Lower loading rate initially led to higher adhesion probabil-
ity, before equilibrating to the steady state, which depended
only on the force value but not on the rate. These findings
align with experimental observations (76).

Altered adhesion in stretched fibrin gels has been
described previously (77). Fibroblasts on collagen gels
have also shown increased adhesion in response to stretch
(78,79). Our model did show increased adhesion on collagen
with increasing stretch; however, the response was minimal.
We hypothesize that the reason for the small response to
stretch in collagen gels in our simulations stems from the
lack of a mesoscale model of collagen mechanics. Recent
work showed that fibrous soft collagen gels can produce
an increased mechanosensitive response (increased adhe-
sion) compared with fibrous stiff collagen gels, apparently
contradicting previous experiments of fibroblasts cultured
Biophysical Journal 121, 525–539, February 15, 2022 535
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on top of relatively homogeneous collagen gels of different
stiffness (80,81). However, upon closer inspection, Bales-
trini and Billiar (82) found that fibroblasts on the fibrous
gels were able to remodel the mesoscale fiber network in
softer gels compared with stiffer gels, effectively changing
the apparent stiffness sensed by the cells. Thus, for a math-
ematical model to capture the observations in (78,79,82),
coupled models of cell adhesion to mesoscale mechanics
are needed.

The parameters of the adhesion kinetics could have been
tuned to induce a more pronounced mechanosensitive
response of fibroblasts in collagen gels. However, rather
than trying to arbitrarily modify the model or the parameters,
we decided to keep thevalues obtained from the literature and
reported in Table S1. Together, observations from the litera-
ture discussed above, and our results showing limited sensi-
tivity of the adhesion model to collagen gel strains, point
toward the need for an intermediate, mesoscale model of
fibrin and collagen gels that accounts for the discrete fiber
network mechanics. Models of the mechanics of fibrin and
collagen gels using discrete fiber networks at the mesoscale
have been developed (35–38,83), including our own work
(66). Furthermore, we have coupled mesoscale models of fi-
ber networks to finite element simulations at the tissue scale
through the use of machine learning metamodels (64,84).
However, the nonlinear adhesion model still needs to be
coupled to the mesoscale model of fibrin and collagen gel
mechanics, which is part of our ongoing work.

A two-way coupling between the mechanics of the ECM
and the adhesion of fibroblasts was achieved by the introduc-
tion of an active contractile stress in Eq. 27. The active stress
term has been used in other modeling contexts, such as other
wound healing models (85), and remodeling of tissue engi-
neering constructs (28). Our equation predicts forces by indi-
vidual fibroblasts on collagen on the order of 26–44 nN for a
contractile force of 7 pN (31) and 300 mm�2(31) ligand den-
sity. This iswithin the range reported in (86,87),where a force
536 Biophysical Journal 121, 525–539, February 15, 2022
of 11–52 nN per fibroblast was estimated experimentally.
Similarly, our active stresses were in the range 2.4–4.6 kPa
(Fig. 6, l–s), and traction force microscopy experiments of fi-
broblasts on collagen gels reported active stresses by single
cells on the order of 0.353–4.14 kPa (39,88–91). The compar-
isons of the predicted values from our model with experi-
mental data from literature are summarized in Table S2.

Finally, we implemented the nonlinear adhesion model
into a custom finite element code and simulated the stress
field of a fibrin wound inside a collagen domain. We did
notmodel the entirewoundhealing process; rather,we started
with a basic problem setup and gradually incorporated some
of the evolving characteristics of the healingwound: evolving
fibroblast distribution (Fig. 7), change in mechanical proper-
ties of the wound from fibrin to collagen (Fig. 8), and
enhanced contractility of fibroblasts near the wound region
(Fig. 9). Our simulations showed that, initially, fibroblasts
in the collagen domain generated tensile stresses in the soft
fibrin domain that actually distended the wound. As fibro-
blasts with enhanced contractility populated the wound
domain and the composition changed from fibrin to collagen,
the strains in the wound turned from tensile to compressive,
i.e., they led to wound contraction (Figs. 8 and 9). This is in
agreement with experiments and previous wound healing
models (85,92,93). Thus, our finite element model shows
promise for recapitulating the complex mechanobiology of
wound healing, which has so far been restricted to phenome-
nological models at the tissue level (21,94).

More work is certainly needed to accurately model
wound healing mechanobiology at multiple scales. Here,
we developed a mechanistic model of fibroblast mechanobi-
ology through a two-way coupling between nonlinear ECM
deformation and fibroblast adhesion and contractile stress
generation. However, the model currently lacks growth
and remodeling, which is an essential part of wound healing
and our ongoing efforts. While we based our model param-
eters on experimental data from the literature, and obtained
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results that are in agreement with previous observations and
related computational models, additional experimental work
is still needed.
CONCLUSIONS

In summary, we bridged a well-established cell-level adhe-
sion model to the tissue-level mechanics of collagen and
fibrin gels. To do so, we proposed a new constitutive equa-
tion that integrates previous work on single-fiber mechanics
models and soft-tissue mechanics models. Consideration of
the nonlinear hyper-viscoelastic behavior of collagen and
fibrin naturally captured a mechanosensitive response in
the adhesion model: stretch of fibers nonlinearly affected
the energy at the adhesion and therefore the adhesion bind-
ing probability. The coupling is twofold: at the tissue level
we considered the active contractile stress by fibroblasts,
which is dependent on the solution of the cell-level adhesion
model. We used our modeling framework to simulate wound
healing accounting for the spatial evolution of fibroblast
density, mechanical properties, and contractility, and
observed wound contraction patterns in agreement with ex-
periments and previous models.
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2022.01.012.
AUTHOR CONTRIBUTIONS

Y.G., A.B.T., and S.C. designed the research. Y.G. carried out all simula-

tions, analyzed the data. Y.G., A.B.T., and S.C. wrote the article.
ACKNOWLEDGMENTS

This work was supported by the National Science Foundation under grant

CMMI 1911346 to A.B.T. and S.C.
REFERENCES

1. Kim, S., M. Uroz, ., C. S. Chen. 2021. Harnessing mechanobiology
for tissue engineering. Dev. Cell. 56:180–191.

2. Tschumperlin, D. J., G. Ligresti,., V. H. Shah. 2018. Mechanosensing
and fibrosis. J. Clin. Invest. 128:74–84.

3. Wozniak, M. A., K. Modzelewska,., P. J. Keely. 2004. Focal adhesion
regulation of cell behavior. Biochim. Biophys. Acta. 1692:103–119.

4. Jahed, Z., H. Shams, ., M. R. Mofrad. 2014. Mechanotransduction
pathways linking the extracellular matrix to the nucleus. Int. Rev.
Cell Mol. Biol. 310:171–220.

5. Humphrey, J. D., E. R. Dufresne, and M. A. Schwartz. 2014. Mechano-
transduction and extracellular matrix homeostasis. Nat. Rev. Mol. Cell
Biol. 15:802–812.

6. Bell, G. I. 1978. Models for the specific adhesion of cells to cells. Sci-
ence. 200:618–627.

7. Chan, C. E., and D. J. Odde. 2008. Traction dynamics of filopodia on
compliant substrates. Science. 322:1687–1691.
8. Gong, Z., S. E. Szczesny, ., V. B. Shenoy. 2018. Matching material
and cellular timescales maximizes cell spreading on viscoelastic sub-
strates. Proc. Natl. Acad. Sci. U S A. 115:E2686–E2695.

9. Isenberg, B. C., P. A. Dimilla, ., J. Y. Wong. 2009. Vascular smooth
muscle cell durotaxis depends on substrate stiffness gradient strength.
Biophys. J. 97:1313–1322.

10. Engler, A., L. Bacakova, ., D. Discher. 2004. Substrate compliance
versus ligand density in cell on gel responses. Biophys. J. 86:617–628.

11. Discher, D. E., P. Janmey, and Y. L. Wang. 2005. Tissue cells feel and
respond to the stiffness of their substrate. Science. 310:1139–1143.

12. Chaudhuri, O., J. Cooper-White, ., V. B. Shenoy. 2020. Effects of
extracellular matrix viscoelasticity on cellular behaviour. Nature.
584:535–546.

13. Evans, E. A., and D. A. Calderwood. 2007. Forces and bond dynamics
in cell adhesion. Science. 316:1148–1153.

14. Tonti, O. R., H. Larson, ., S. Calve. 2021. Tissue-specific parameters
for the design of ECM-mimetic biomaterials. Acta Biomater. 132:83–
102.

15. Svensson, R. B., T. Hassenkam, ., S. Peter Magnusson. 2010. Visco-
elastic behavior of discrete human collagen fibrils. J. Mech. Behav. Bio-
med. Mater. 3:112–115.

16. Buehler, M. J., and S. Y. Wong. 2007. Entropic elasticity controls nano-
mechanics of single tropocollagen molecules. Biophys. J. 93:37–43.

17. Liu, W., C. R. Carlisle,., M. Guthold. 2010. The mechanical proper-
ties of single fibrin fibers. J. Thromb. Haemost. 8:1030–1036.
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