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ABSTRACT 

Cells within mechanically dynamic tissues like arteries are exposed to ever-changing 
forces and deformations. In some pathologies, like aneurysms, complex loads may alter 
how cells transduce forces, driving maladaptive growth and remodeling. Here, we aimed 
to determine the dynamic mechanical properties of vascular smooth muscle cells 
(VSMCs) under biaxial load. Using cellular micro-biaxial stretching (C𝜇BS) microscopy, 
we measured the large-strain anisotropic stress-strain hysteresis of VSMCs and found 
that hysteresis is strongly dependent on load orientation and actin organization. Most 
notably, under some cyclic loads, we found that VSMCs with elongated in vivo-like 
architectures display a hysteresis loop that is reverse to what is traditionally measured in 
polymers, with unloading stresses greater than loading stresses. This reverse hysteresis 
could not be replicated using a quasilinear viscoelasticity model, but we developed a 
Hill-type active fiber model that can describe the experimentally observed hysteresis. 
These results suggest that cells in highly organized tissues, like arteries, can have 
strongly anisotropic responses to complex loads, which could have important 
implications in understanding pathological mechanotransduction. 
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INTRODUCTION 

Many tissues undergo dynamic deformations, with strain rates ranging from 

~30% per second during cardiac contraction (1) to ~1% per year during aneurysm 

growth (2). As a result, cells within the tissue are exposed to constantly changing forces. 

Mechanical stimulation has been shown to influence a wide range of cellular functions 

(3-6), and alter gene expression and cell fate (7-10). The process by which the cell 

converts extracellular mechanical stimuli into biochemical signaling, known as 

mechanotransduction, is implicated in a number of diseases, from traumatic brain injury 

(11) to cancer metastasis (12, 13). A cell’s mechanical properties, which relate its 

deformation to its internal forces (14), likely influence mechanotransduction. Thus, it is 

important to determine the dynamic material behavior of cells in mechanically responsive 

tissues.  

Compared to most materials, cells have complex mechanical properties. Most 

notably, cells display temporally dynamic mechanical behaviors. For example, when a 

cell is rapidly stretched, its stress will initially increase, but with time will decay back to a 

basal level (15, 16); and when cyclically stretched, cells display stress-strain hysteresis, 

with higher stresses during extension than during subsequent compression (17). These 

behaviors are well-characterized in viscoelastic polymeric materials, which exhibit both 

fluid-like (viscous) and solid-like (elastic) properties. Thus, cells are often characterized 

as viscoelastic (18). However, unlike standard polymers, cells can actively adapt their 

stress state via acto-myosin contraction and cytoskeletal remodeling, which could 

produce viscoelastic-like stress-relaxation and hysteresis. The interplay between passive 

viscoelastic energy dissipation and active adaptive processes in regulation of cell stress 

is not fully understood. 

Time-dependent properties of cells have been characterized, but existing studies 

either measure small strain properties or do not account for structural anisotropy of the 

cell (19-22).  Recently, using cellular micro-biaxial stretching (C𝜇BS) microscopy, we 

demonstrated that vascular smooth muscle cells (VSMCs) with native-like architecture 

have highly anisotropic mechanical properties under large strains, due to their highly 

aligned acto-myosin cytoskeleton (23). Here, we expand on that study to examine 

hysteresis in cyclically stretched VSMCs. Using the C𝜇BS method, we find that 

hysteresis depends on the cellular architecture and that, surprisingly, under some 
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complex loads we observed hysteresis loops that are inverse to those observed in 

energy-dissipating materials. We modeled VSMC anisotropic hysteresis using 

quasilinear viscoelasticity (QLV) theory and a Hill-type contractile fiber model and found 

that only the contraction model was able to capture the experimentally-observed 

behavior. These results have important implications in in vivo mechanotransduction, 

when cells are exposed to complex loads, and in the development of models for better 

understanding cell physiology and biomechanical function within tissues. 

MATERIALS AND METHODS 

Substrate fabrication and cell micropatterning. Micropatterned C𝜇BS substrates  

were prepared as previously described (23). Briefly, VSMCs were micropatterned with 

aspect ratios (AR) 4, 2, and 1 (AR4: 32 𝜇m x 128 𝜇m, AR2: 91 𝜇m x  44 𝜇m, AR1: 63 𝜇m 

x 63 𝜇m) on polyacrylamide gels with Young’s moduli of 13.5 kPa, which were adhered 

to elastomer membranes. Passages 4-7 VSMCs were used for all experiments and the 

cells were serum starved in serum free media for 24-48 h prior experiments to induce a 

physiological phenotype (24). 

Cell structure. Cells were fixed, stained for F-actin and imaged using standard 

methods. Fiber distributions measured from 2D projections of F-actin confocal stacks 

were fit to a von Mises distribution function of the form  

𝑓(𝜃; 𝜅, 𝜃𝑝) =
𝑒𝜅 cos[2(𝜃−𝜃𝑝)]

𝜋𝐼0(𝜅)
    [1] 

where 𝜅 is the fiber concentration factor, describing the spread of the fiber distribution 

around preferred orientation 𝜃𝑝 and 𝐼0(𝜅) is the modified Bessel function of the first kind 

of order 0. 

Cell stretching and traction measurement. C𝜇BS experiments were conducted using 

our custom-built microscope-mounted biaxial stretcher (Fig 1A,B, FigS1A) at 37 °C in 

Tyrode’s buffer. Cell-seeded C𝜇BS substrates were exposed to either uniaxial or 

equibiaxial stretching protocols to 25% grip strain for uniaxial or 20% grip strain for 

equibiaxial stretches (Fig S1B,C). First, a priming stretch and cell location stretch were 

performed. Then, active cell stretch was performed by increments of 5% loading strain 

(0.1%/s ramp rate) to the substrate with 2 min hold periods for image acquisition (Fig 
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S1B,C). After reaching the maximal prescribed strain, cells were unloaded by performing 

-5% unloading strain and images were acquired. After one cycle, cells were passivated 

with 100 𝜇M of HA-1077 and the load-unload cycle was repeated on the passive cells. 

Finally, cells were lysed with 0.1% sodium dodecyl sulfate and the stretching protocol 

was repeated to acquire cell-free deformation of beads.  

The total deformation 𝐅 was referenced to the pre-stretched configuration (Fig S2A), and 

total substrate deformation was given by substrate stretch ratios, λx and λ𝑦, which were 

taken as the measured cell-free substrate deformations. Cell-induced substrate 

displacement was given by 𝒖 and determined using particle image velocimetry (PIV) to 

compare the cell-adhered and cell-free bead position at the top surface of the gel for 

each applied stretch value (25) (Fig 1C, Fig S2A).  

Cell-induced substrate displacement was used to calculate the mid-plane stresses in the 

cells as a function of stretch. Substrate traction stress vectors were determined from 

cell-induced gel displacement (𝒖) using an unconstrained Fourier transform traction 

cytometry algorithm (regularization factor: 1E-9, Poisson’s ratio: 0.5), which yielded a 

grid of 𝑛 substrate traction stress vectors given by 𝑻𝒏 = 𝑇𝑥
𝑛𝒆𝒙 + 𝑇𝑦

𝑛𝒆𝒚 where 𝒆𝒊 is the unit 

vector in the 𝑖 direction (Fig S2B). Substrate traction forces were given by 𝑻𝒏𝑎𝑛, where 

𝑎𝑛 is the area 𝑻𝒏 acts on (Fig S2B).  Substrate forces are balanced at the cell-substrate 

interface by cell forces (𝒇𝒏), so that 𝒇𝒏 = 𝑓𝑥
𝑛𝒆𝒙 + 𝑓𝑦

𝑛𝒆𝒚 = −𝑇𝑥
𝑛𝑎𝑛𝒆𝒙 − 𝑇𝑦

𝑛𝑎𝑛𝒆𝒙 . Next, 

forces were defined as tensile (positive) if they were oriented away from the cell midline 

and the total tensile forces 𝑓𝑥 and 𝑓𝑦 are given as 2𝑓𝑥 = ∑ 𝑓𝑥
𝑛 𝑟𝑥

𝑛

|𝑟𝑥
𝑛|𝑛  and 2𝑓𝑦 = ∑ 𝑓𝑦

𝑛 𝑟𝑦
𝑛

|𝑟𝑦
𝑛|𝑛 , 

where 𝒓𝒏 = 𝑟𝑥
𝑛𝒆𝒙 + 𝑟𝑦

𝑛𝒆𝒚 is the vector that described the location of surface 𝑛 with 

respect to the cell center (Fig S2B). The first Piola-Kirchhoff (PK1) stresses (force per 

unit undeformed cross-sectional area) at the cell’s midline were calculated as 𝑃𝑥 =
𝑓𝑥

𝐴𝑥
 

and 𝑃𝑦 =
𝑓𝑦

𝐴𝑦
, where 𝐴𝑥 and 𝐴𝑦 are the cell mid-line cross-sectional areas (Fig S2C), 

measured in a previous study to be 𝐴𝑥 = 78 𝜇𝑚2 and 𝐴𝑦 = 278 𝜇𝑚2 for VSMCs with an 

aspect ratio of 4, 𝐴𝑥 = 94 𝜇𝑚2 and 𝐴𝑦 = 190 𝜇𝑚2 for VSMCs with an aspect ratio of 2, 

and 𝐴𝑥 = 𝐴𝑦 = 117 𝜇𝑚2 for VSMCs with an aspect ratio of 1 (23). 

Modeling Cell Hysteresis. Two models were used to describe cell biaxial hysteresis: a 
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quasi-linear viscoelastic model and a Hill-type active fiber model. 

Cell deformation and elastic constitutive description. The cell was assumed to undergo 

isochoric planar biaxial deformation (i.e. no shear). The deformation tensor  𝐅 =

diag[λx, λy, λz] was taken as the observed deformation of the cell, where λi are stretch 

ratios in the 𝑖 direction (x: parallel to the long of the cell, y: parallel to the short axis of the 

cell, z: perpendicular to the gel surface).  Stretch ratios mimicked those of the 

experiments, both spatially and temporally. In a previous study, we found that cell 

volume does not significantly change in stretched micropatterned VSMCs (16), so for all 

deformations, we assumed λz = (λxλy)
−1

.  

The cell was treated as a distribution of discrete contractile acto-myosin fibers within an 

isotropic matrix. The fiber contraction was modeled by altering the fiber zero-stress 

configuration, as shown in Figure S3. We let the passive (stress-free) cell (𝐵) be 

disassmbed into the bulk matrix (𝐵𝑚) and individual fibers (𝐵𝑓𝑝), each of which is stress 

free. The fibers are treated as one-dimensional, so that when they contract, they shorten 

along the fiber axis. In this disassembled state, the shortening is stress-free and given 

by the active stretch ratio 𝜆𝑎. When the fibers are reassembled (𝑏1), they are deformed 

from the zero-stress configuration back to their initial configuration, resulting in a stress 

prior to applied deformation.  Finally, when the cell is deformed (𝑭), a fiber deforms by 

the fiber stretch ratio 𝜆𝑓. The fiber’s elastic deformation (𝜆∗), or the deformation from the 

zero-stress configuration to the final deformation, which is used to determine the stress, 

is given by 𝜆∗ = 𝜆𝑓/𝜆𝑎.  

For a continuous distribution of fibers, the constitutive equation for the contribution of the 

fiber matrix was given by 

𝑊𝑓 = ∫
𝐶𝑓

2
((

𝜆𝑓

𝜆𝑎
)

2

− 1)
2

𝑝(𝜃)𝑑𝜃
𝜃

   [2] 

where 𝐶𝑓 is a fixed stiffness parameter and 𝑝(𝜃) is the fiber probability density function. 

The deformation of a fiber oriented with an angle 𝜃 from the x-axis of the cell was given 

by 

𝜆𝑓
2 = 𝜆𝑥

2 cos2  𝜃 + 𝜆𝑦
2 sin2  𝜃            [3] 
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In this model, we use discrete fibers, rather than a distribution, so 𝑊𝑓 for 𝑛 fibers was 

given by 

   𝑊𝑓 =
1

𝑛
∑

𝐶𝑓

2
((

𝜆𝑓𝑖

𝜆𝑎𝑖
)

2

− 1)
2

𝑛
𝑖=1     [4] 

where 𝜆𝑓𝑖 and 𝜆𝑎𝑖 are the fiber stretch ratio and active stretch ratio of the 𝑖𝑡ℎ fiber, 

respectively, and the strain energy density of a single fiber is given by 

𝑊𝑠𝑓 =
1

𝑛

𝐶𝑓

2
((

𝜆𝑓

𝜆𝑎
)

2

− 1)
2

         [5] 

The constitutive equation for the matrix was taken as neo-Hookean and given by  

𝑊𝑏 =
𝜇

2
(𝐼1 − 3)    [6] 

where 𝜇 is shear modulus and 𝐼1 = λx
2 + λy

2 + λz
2 is the first strain invariant.  

The total strain energy density for the cell is given by 

  𝑊 = 𝑊𝑏 + 𝑊𝑓    [7] 

For shear-free deformation of an incompressible material, the elastic 1st Piola-Kirchhoff 

stress in the 𝑖 direction is given by 𝑃𝑖
𝑒 =

𝜕𝑊

𝜕𝜆𝑖
−

𝑝

𝜆𝑖
 where 𝑝 is a Lagrange multiplier (14). 

Because the top surface of the cell is unconstrained, we let 𝑃𝑧 = 0, so 

𝑃𝑖
𝑒 =

𝜕𝑊

𝜕𝜆𝑖
−

𝜆𝑧

𝜆𝑖

𝜕𝑊

𝜕𝜆𝑧
     [8] 

where 𝑖 = 𝑥, 𝑦.  

Quasi-linear viscoelastic model. We modeled cell hysteresis as viscoelastic relaxation 

using a Fung-type quasi-linear viscoelastic (QLV) model (26), designed for large-strain 

deformations and nonlinear materials. In this model, the active stretch ratio 𝜆𝑎 was 

assumed to be uniform for all fibers and constant for all times. 

In the QLV model, the temporal stress was given as 
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𝑃𝑖(𝑡) = 𝑃𝑖
𝑒(0)𝐺(𝑡) + ∫ 𝐺(𝑡 − 𝜏)

𝜕𝑃𝑒[𝑭(𝜏)] 

𝜕𝜏
𝑑𝜏

𝑡

0
   [9] 

where 𝐺(𝑡) is the reduced relaxation function. The general form for 𝐺(𝑡) is 𝐺(𝑡) =

∑ 𝛼𝑖𝑒−𝛽𝑖𝑡
𝑖

∑ 𝛼𝑖𝑖
. For simplicity, we used a first order function given by 

𝐺(𝑡) = 𝛼 + (1 − 𝛼)𝑒−𝛽(𝑡)   [10] 

where 𝛼 and 𝛽 are constants.  

Hill-type active fiber model. We modeled cell hysteresis as active contraction by 

modeling the acto-myosin fibers with the Hill equation for muscular contraction (27). In 

this model, we ignore viscoelastic contributions, so that the elastic stress (Eq [8]) is the 

total stress, and temporally vary 𝜆𝑎 in each fiber. 

A standard form of the Hill equation is given by 

    𝑉 =
𝑏(𝐹𝑜−𝐹)

𝐹+𝑎
     [11] 

where 𝑉 is velocity of shortening of the muscle fiber, 𝐹 is the constant force on the 

muscle, 𝐹𝑜 is the stall force, or force at which a tetanized muscle neither shortens nor 

lengthens (𝑉 = 0), and 𝑏 and 𝑎 are constants. Here, we aimed to replace the shortening 

velocity with the rate of change of the fiber zero-stress configuration, characterized in 

our framework as 𝜆𝑎. The stretch ratio of the fiber (𝜆𝑓) is decomposed into 𝜆𝑎 and the 

elastic deformation 𝜆∗ (Fig S3), such that 

 𝜆𝑓 = 𝜆∗𝜆𝑎 .    [12] 

The Hill equation is derived under constant force conditions (or constant 1st Piola-

Kirchhoff stress), which in our model means that the fiber elastic deformation is constant, 

so we let 
𝜕𝜆∗

𝜕𝑡
= 0. Thus, the fiber shortening velocity was given by 

 𝑉 = −
𝑑𝜆𝑓

𝑑𝑡
= −

𝑑𝜆𝑎

𝑑𝑡
𝜆∗ = −

𝜆�̇�

𝜆𝑎
𝜆𝑓 .    [13] 

The fiber force was given by 
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𝐹 = 𝑃𝑓𝐴𝑓 =
𝜕𝑊𝑠𝑓

𝜕𝜆𝑓
𝐴𝑓    [14] 

where 𝑃𝑓 is the fiber First Piola-Krichhoff stress and 𝐴𝑓 is the undeformed cross-

sectional area of the fiber. We assume that at the beginning of the experiment, each 

fiber is maintaining a homeostatic stress such that the fiber is neither contracting nor 

relaxing. This stress is given by 𝑃𝑜 and defined by 

𝑃𝑜 = 𝑃𝑓(𝜆𝑎𝑜)    [15] 

where 𝜆𝑎𝑜 is the active stretch ratio at which the fibers are in stress homeostasis. 

Substituting Eqs [13-15] into [11] and letting 𝛾 = 𝑎/𝐴𝑓 gives  

�̇�𝑎

𝜆𝑎
=

𝑏(𝑃𝑓−𝑃0)

𝜆𝑓(𝑃𝑓+𝛾)
     [16] 

where 𝛼 and 𝑏 are constant parameters. 

Solution Method. In both models, a random family of 2000 fibers, matching the 

measured von Mises distribution measured of an average cell, was generated. Time was 

discretized into 0.01 min increments over 18 min for equibiaxial stretch and 22 min for 

uniaxial stretch. Initially, 𝜆𝑥 = 𝜆𝑦 = 𝜆𝑧 = 𝜆𝑓 = 1. Parameters were fit to the equibiaxial 

data via least-squares fitting of the experimentally-measured stresses (both 𝑃𝑥 and 𝑃𝑦) 

and the mean model-predicted stresses during each stretch-hold period at each of the 

measured substrate deformations  λ = [1.00, 1.04, 1.08, 1.12, 1.16]. After initially screening 

a large range of potential parameters to determine the most relevant range, the 

parameter range that was considered was: 𝜇 = 0.5 − 4 𝑘𝑃𝑎, 𝐶𝑓 = 1 − 5 𝑘𝑃𝑎, 𝜆𝑎0 = 0.6 −

0.75, 𝛼 = 0.8 − 0.95, 𝛽 = 0.1 − 0.4, 𝛾 = .5 − 5 𝑃𝑎, and 𝑏 = 0.005 − 0.05. After parameter 

optimization, uniaxial stresses for corresponding uniaxial-axial or uniaxial-transverse 

stretches were then computed using the fitted parameters by applying experimental 

measured substrate deformations λ = [1.00, 1.045, 1.09, 1.135, 1.18, 1.225] in the direction 

of stretch and λ = [1.00, 0.99, 0.98, 0.97, 0.96, 0.95]  in the off-axis direction. 

Statistics. All results are expressed as means ± standard deviation. Differences in 

loading and unloading stresses for at each strain for all stretching experiments were 
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compared using paired t-tests in SigmaPlot (Systat Software Inc, San Jose, CA). A value 

of p<0.05 was considered to indicate statistical significance.  

RESULTS 

Vascular smooth muscle cells with in vivo-like geometry display anisotropic 

hysteresis.  

We used C𝜇BS microscopy (23) to apply dynamic physiological deformations (up 

to 25% applied strain) to individual adherent VSMCs, and concurrently measure the 

resulting stresses (Fig 1). Briefly, VSMCs were micropatterned with an in vivo-like 

elongated geometry (4:1 aspect ratio, AR4) on a polyacrylamide gel adhered to an 

elastomer membrane. Using a custom-designed microscope-mounted biaxial stretcher 

(Fig 1A-C, Fig S1A), we applied planar strains in increments of ~4% strain up to a 

maximum of 16-22%, then incrementally returned to 0% strain (Fig S1B,C).  A 

representative equibiaxial stretch (stretched equally in both x and y directions) can be 

found in Figure 1D. Traction stress on the substrate surface was measured using the 

substrate displacement during stretching and well-established traction force microscopy 

methods (Fig 1D). The mid-cell stress parallel to the long axis of the cell, or axial stress 

(Px), and  parallel to the short axis of the cell, or transverse stress (Py), were calculated 

from surface tractions and the cellular architecture, which was determined from confocal 

microscopy (23) (Fig S2C). Within a single cycle, stresses were dissimilar during loading 

and unloading, resulting in a stress-strain hysteresis loop (Fig 1E,F).  

Under equibiaxial loading, both Px and Py increased when loaded and decreased 

when unloaded (Fig 2A-D). Axial stresses were an order of magnitude higher than 

transverse stresses (Fig 2C,D), consistent with previous findings (23). Within the cycle, 

loading stresses were higher than the subsequent unloading (Fig 2C,D). These data are 

consistent with hysteresis loops traditionally associated with viscous energy loss. 

Individually normalized cell stress plots demonstrate that this trend was consistent cell-

to-cell (Fig 2E,F). Next, the cells were treated with HA-1077, a rho kinase (ROCK) 

inhibitor to block acto-myosin contractility. Following treatment, the stresses decreased 

by >10 fold (Fig 2G,H) and the cell-to-cell hysteresis decreased (Fig 2I,J).  
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 Next, we applied uniaxial deformation, where the membrane was stretched 

parallel to one axis, and held fixed parallel to the other. Notably, due to the PDMS ring 

adhered to the membrane to constrain the culture media (see Fig 1A,B), the deformation 

is neither strip biaxial nor purely uniaxial. Instead, uniaxial stretching yielded some 

compression in the transverse direction (e.g. Fig 3A,B), but less compression than would 

be expected for uniaxial deformation of an incompressible material. When the cell was 

stretched parallel to its long axis (uniaxial-axial) (Fig 3A,B), both the stress in the 

direction of extension (Px) and the stress in the off-axis direction (Py) increased with 

strain (Fig 3C-F) and unloading stresses were lower than loading stresses for each 

increment of strain, suggesting energy loss, similar to our equibiaxial stretch 

experiments. ROCK inhibition decreased all stresses by nearly 10-fold (Fig 3G,H) and 

decreased the degree of hysteresis (Fig 3I,J). For stretching perpendicular to the cell’s 

long axis (uniaxial-transverse) (Fig 4A,B), the stress in the direction of extension (Py), 

increased during loading and decreased with unloading (Fig 4D,F). But surprisingly, 

unloading stresses were greater than loading stresses, creating a hysteresis loop that 

was opposite to the standard loop associated with energy dissipation; instead 

suggesting energy gain. Stresses perpendicular to the direction of stretch (Px) were 

nearly unchanged during loading but then increased during unloading (Fig 4C,E). When 

contraction was inhibited, passive stresses were markedly lower than contractile 

stresses (Fig 4G,H) but we observed significant differences in loading and unloading 

stresses for both Px and Py (Fig 4I,J). Notably, the hysteresis in Px was reversed in the 

passive state, compared to the active, with unloading stresses lower than loading 

stresses (Fig 4I,J). Taken together, these data suggest that in highly structured cells, like 

VSMCs in arteries, hysteresis depends on the orientation of the load with respect to cell 

orientation, and that cytoskeletal tension is an important factor in the hysteresis 

magnitude. 

An active fiber model describes single-cell anisotropic hysteresis 

To better understand the dynamics of the observed anisotropic hysteresis, we 

aimed to develop a theoretical model of temporal stress in the cell during stretching. We 

first used a quasilinear viscoelasticity (QLV) model (26). QLV was used because we 

applied large strains to the cells and the QLV model is designed for viscoelastic 

materials with nonlinear constitutive behavior undergoing large strains. The elastic strain 

energy density function was based on our previously published study (23) and the 
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viscous behavior was characterized with a reduced relaxation function with an 

exponential decay. The parameters were fit to the equibiaxial stretching data (Fig S4A,B; 

Supplemental Table 1), and the model was then applied to the uniaxial-axial and 

uniaxial-transverse stretch cases. For uniaxial-axial stretching, the model (Fig S4C,D) 

captured the experimental hysteresis, where unloading stresses were lower than loading 

stresses for each point of strain for Px and Py. But, for uniaxial-transverse stretching, the 

model failed to predict the observed reverse hysteresis, instead predicting unloading 

stresses lower than loading stresses for Px and Py (Fig S4E,F). 

The Hill equation relates muscle force generation and contraction rate (27) and 

has been used for decades to describe smooth muscle contraction in blood vessels (28). 

More recently, the Hill relationship has been used to describe discreet acto-myosin fibers 

within cells to model cytoskeletal dynamics during cell migration (29-31). We modified 

our model to include active contraction via a Hill relationship between acto-myosin fiber 

stress and contraction velocity. This model did not include passive viscoelasticity. 

Equibiaxial experimental data were used to optimize the parameters (Fig 5A,B, Table 1) 

and the model was then applied to uniaxial-axial and uniaxial-transverse stretch. For 

uniaxial-axial stretch, the model hysteresis (Fig 5C,D) was consistent with the 

experimentally observed behavior. Additionally, for uniaxial-transverse stretch, the model 

predicted reverse hysteresis, where unloading stresses are higher than loading stresses 

(Fig 5E,F), as seen experimentally (see Fig 4C,D). This result suggests that active 

contraction and relaxation, not passive energy dissipation, was the primary source of 

hysteresis in our experiments. Given this finding, our subsequent work focused on our 

Hill-type active fiber model. 

Acto-myosin fiber orientation influences hysteresis anisotropy.  

To better understand why the Hill-type model replicated the experimentally-

measured hysteresis, we examined the model-predicted individual fiber active stretch 

ratios (𝜆𝑎), which evolve temporally as a function of fiber stress (see Eq [16]). In 

equibiaxial loading, initial applied deformation caused all fibers to be uniformly stretched 

such that 𝑃𝑓 > 𝑃𝑜. So, 𝜆𝑎 increased uniformly, regardless of fiber orientation (Fig S5A). 

When individual fibers (Fig S5B) were examined at the same strain during loading and 

unloading (Fig S5C), the model predicted that 𝜆𝑎 was greater during unloading than 

during loading in all fibers, resulting in stresses that were higher in loading than in 
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unloading and yielding the observed hysteresis loop. For uniaxial loading, 𝜆𝑎 varied with 

fiber orientation (Fig S5D,G). In uniaxial-axial loading, for fibers aligned with the long 

axis of the cell, 𝜆𝑎 increased with stretch; while in fibers transverse to the cell’s axis, 𝜆𝑎 

decreased. But, because the fibers in our micropatterned cells were primarily aligned 

with the long axis (Fig S5E), 𝜆𝑎 for individual fibers were qualitatively similar to the 

equibiaxial case (Fig S5F), resulting in lowered stresses during unloading, compared to 

loading. For uniaxial-transverse loading, the 𝜆𝑎 pattern is reverse that of the axial case 

(Fig S5G), since stretch was transverse to the cell’s long axis. But, because the fibers 

were primarily axially aligned (Fig S5H), 𝜆𝑎 for all fibers decreased (Fig S5I), and the 

model predicted increased stress in unloading compared to loading. Thus, the 

compression, and subsequent contraction, of the fibers primarily aligned with the cell’s 

long axis was the source of the reverse hysteresis during uniaxial-transverse stretching 

in the model.  

In vivo, VSMCs normally have a highly aligned acto-myosin cytoskeleton. 

However, in vessels with complex geometries (32, 33), and in aneurysms (34), they can 

lose their characteristic spindle shape and, as a result, their cytoskeletal alignment. 

Using our Hill-type active fiber model, we tested how cytoskeletal architecture could alter 

the dynamic mechanics of the cells. We assumed that acto-myosin fiber alignment could 

be described by a von Mises distribution and we performed a parameter study for the 

fiber concentration factor (𝜅) over a range of 𝜅 values from isotropic (𝜅 =0) to highly 

anisotropic (𝜅 =50). For uniaxial-axial stretch, increasing fiber alignment (increasing 𝜅), 

the model predicted higher stresses in the direction of stretch (Px) with increased degree 

of hysteresis (i.e. larger loops) (Fig 6A), while stresses transverse to cell alignment (Py) 

decreased (Fig 6B) due to decreasing fiber alignment in that direction. For uniaxial-

transverse stretch, increasing anisotropy led to lower stresses in the stretch direction 

(Py) (Fig 6D). Interestingly, for 𝜅 <  4, the model predicts a standard hysteresis loop for 

dissipative viscoelastic behavior, but for 𝜅 > 4, the model predicted reverse hysteresis 

similar to what we observed experimentally. A similar trend was predicted in the direction 

of cell alignment (Fig 6C). However, for values of 𝜅 >  0.05, the reverse hysteresis 

behavior was observed in the axial stresses during transverse stretch (Fig 6C). Taken 

together, the model data suggest that cytoskeletal anisotropy is an important factor in 

the anisotropic temporal dynamics of VSMC mechanical properties.   
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Finally, cells were micropatterned with 2:1 and 1:1 aspect ratios (AR2, AR1) but 

identical spread areas (Fig 7A), which has been previously shown to result in more 

isotropic cytoskeletal alignment (23). F-actin fiber distributions were measured from 

confocal imaging and characterized by von Mises distributions (Fig 7B). When stretched 

using uniaxial-axial (Fig 7C) and uniaxial-transverse (Fig 7F) protocols, the stress-strain 

behavior and stress magnitudes closely matched those predicted by the model. AR2 

cells were similar to AR4 cells with dissipative hysteresis for uniaxial-axial stretch (Fig 

7D,E) and reverse hysteresis for uniaxial transverse stretch (Fig 7G,H). Uniaxial 

stretching performed on the nearly-isotropic AR1 cell (Fig 7I)  showed normal dissipative 

hysteresis, independent of stretch direction, consistent with model predictions (Fig 7J,K). 

These data demonstrate that hysteresis anisotropy is cell architecture dependent. 

DISCUSSION 

It is increasingly clear that mechanical forces play an important role in regulation 

of cellular function. Thus, it is important to understand how cell stresses relate to cell 

deformations, particularly in mechanically dynamic tissues like arteries. Here, using 

C𝜇BS microscopy (23), we investigated loading and unloading dynamics of individual 

VSMCs exposed to large-strain biaxial stretching.  Previous studies found that a cell’s 

time-dependent mechanical properties are dependent on both strain magnitude (17) and 

strain rate (35). Our study found that VSMCs with in vivo-like architecture have markedly 

different hysteresis behavior under different loading regimes. Most notably, when 

stretched transverse to primary fiber alignment, VSMCs exhibited reverse hysteresis, 

with unloading stresses greater than loading stresses, suggestive of energy gain. To our 

knowledge, this reverse hysteresis has not been measured or characterized previously. 

We also found that this phenomenon was particular to anisotropic cells. The reverse 

hysteresis was not captured by a standard QLV model but was well-described by a Hill-

type active fiber model, suggesting that viscoelastic models are insufficient for modeling 

highly structured cells, like muscle cells, under complex loading, and that contractile 

behavior is important for describing the constitutive behavior of cells. 

The source of the observed reverse hysteresis can be inferred from the Hill-type 

active fiber model. In the model, we assume that all fibers are at a homeostatic stress 

(𝑃0), or stall force, prior to stretch. When a fiber is stretched, its stress rises above 𝑃0 

and the fiber relaxes by altering its zero-stress configuration. Conversely, when a fiber is 
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compressed, it contracts, raising the fiber’s tension. In highly anisotropic cells, even the 

fibers that provide tension in the cell’s short axis are primarily aligned with the cell’s long 

axis. Thus, when the cell is stretched transversely and shortens somewhat axially, these 

fibers contract, increasing the cell stress in both directions. In smooth muscle, 

contraction and relaxation are slow (28), so the fiber tension does not reestablish 

homeostasis in the time over which the experiment was performed, thus the fiber tension 

remains elevated and the unloading stress is greater than the loading stress. These 

results demonstrate that simple isotropic models of cell properties can miss subtle but 

physiologically important phenomena. 

There are several limitations in our measurement of viscoelastic properties. In 

vivo strain rates for arteries occur on the scale of 0.25-3%/s (36, 37) while in the 

experiment, due to temporal limitations during imaging, we perform a slower stretch, 

taking into account stretching and imaging time, of <0.1%/s (0.5%/s during actual 

stretch). In addition, tissues in vivo are often exposed to continuous cyclic stretch and in 

vitro studies have shown tissue properties are influenced by mechanical conditioning 

(38-40). Cell function can also be significantly altered by cyclic stretch (41, 42). We 

perform two conditioning stretches prior to the measured stretches and previously 

showed VSMCs do not exhibit a change in traction forces after four cycles of axial 

stretch (23), but did not investigate the ability of the cells to adapt to cyclic stretch or 

further conditioning stretches.  In the model, we treat the cell as a bulk neo-Hookean 

matrix with discrete acto-myosin fibers oriented with a defined distribution, but we 

neglect other cellular components such as the nucleus and other cytoskeletal filaments 

like microtubules and intermediate filaments (43-46). While these other structures 

undoubtedly contribute to the cell’s mechanical properties, the HA-1077 studies 

inhibiting acto-myosin contractility eliminate nearly all tension in the cell, so we believe 

assuming actin fibers are the primary cytoskeletal filament is a reasonable first 

approximation.  

Several other investigators have used Hill-type fiber contraction in models aiming 

to explain cytoskeletal self-organization, cell spreading, and durotaxis (29-31, 47-49). 

These models include both focal adhesion and cytoskeletal kinetics. Here, because our 

experiments take place over a relatively short time period, we have ignored both. 

Cytoskeletal remodeling acts in concert with contraction to modulate the stress fiber 

mechanics and could contribute to the temporal changes in cell stress that we observed. 
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It is possible that these more sophisticated models can better describe the dynamics of 

the cell and provide more detailed insight into the mechanisms of our experimentally 

observed hysteresis behavior.  

Finally, the large-strain mechanics of whole arteries are well-characterized (50, 

51), but modern biomechanical models such as constrained mixture models (52, 53) 

require a firm understanding of the mechanical properties of each component of tissues, 

including the cells. Mechanics of individual cells have been studied using a variety of 

tools including but not limited to micropipette aspiration, microrheology, magnetic bead 

twisting, atomic force microscopy, optical tweezers, and microfluidics (54-56). These 

measurements normally yield parameters for isotropic linear materials. Our results 

suggest linear isotropic properties and simple viscoelastic models are insufficient for 

describing cells under complex loads. Moreover, it is well-known that cell function is 

influenced by applied loading (41, 42, 57, 58). Our results suggest that the relationship 

between applied deformation and mechano-adaptation is more complex in highly 

structured cells in tissues than isotropic descriptions of cells might suggest. These 

findings are particularly notable in the development of mixture models of vascular 

mechano-adaptation, which have potential clinical applications predicting, for example, 

aneurysm growth and rupture (59, 60). Cells in bifurcations or in aneurysms are 

necessarily exposed to complex loads (60, 61) and models that can capture the 

anisotropic time-dependent and architecture-dependent material behavior of the cells will 

be more accurate.  
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Figure 1. Cellular micro-biaxial stretching and single cell hysteresis. (A) 
Microscope-mounted C𝜇BS device (B) Schematic representation of the elastomer 
membrane and constraining ring used to hold micropatterned cells. (C) Schematic 
representation of the cell and substrate construction. (D) Representative single 
micropatterned VSMC equibiaxially stretched. Top image set: extensional loading. 
Bottom image set: compressive unloading. Top row: brightfield image of the cell outlined 
by a dashed line. Cell-induced substrate surface tractions. (E) Cellular mid-plane First 
Piola-Kirchhoff stress in the long axis of the cell (parallel to the x-axis) vs stretch ratio in 
the x-axis. (F) Cellular mid-plane First Piola-Kirchhoff stress in the short axis of the cell 
(parallel to the y-axis) vs stretch ratio in the y-axis. 
 
Figure 2. Equibiaxial cyclical stretch of micropatterned vascular smooth muscle 
cells. (A) Brightfield image of cell before stretch and at 16% stretch (x,y-equibiaxial 
stretch, λx=λy). Cell outlined in white. Scale bars: 20 μm (B) Cell stretch ratio (λx, λy) 
during equibiaxial stretch cycle. (C) Axial active cell stresses (Px) during equibiaxial 
stretch. (D) Transverse active cell stresses (Py) during equibiaxial stretch. (E,F) 
Normalized individual cell axial (E) and transverse (F) stress traces. (Each cell 
normalized to the stress value at maximum applied strain) (G,H) Axial (G) and 
transverse (H) stress after HA-1077 treatment (I,J) Post HA-1077 treatment normalized 
individual cell axial (I) and transverse (J) stress traces. (Each cell normalized to the 
stress value at maximum applied strain) All graphs: (mean ± stdev) n=10. *=p<0.05.  
Black: loading. Red: unloading.  
 
Figure 3. Axial cyclical stretch of micropatterned vascular smooth muscle cells. 
Cell elongation parallel to the long axis of the cell. (A) Brightfield image of cell before and 
after 18% stretch (x-direction of stretch, λx). Cell outlined in white. Scale bars: 20 μm (B) 
Cell stretch ratios (λx, λy) during uniaxial-axial stretch cycle. (C) Axial active cell stresses 
(Px) during uniaxial-axial stretch. (D) Transverse active cell stresses (Py) during uniaxiail-
axial stretch. (E,F) Normalized individual cell axial (E) and transverse (F) stress traces. 
(Each cell normalized to the stress value at maximum applied strain) (G,H) Axial (G) and 
transverse (H) stress after HA-1077 treatment (I,J) Post HA-1077 treatment normalized 
individual cell axial (I) and transverse (J) stress traces. (Each cell normalized to the 
stress value at maximum applied strain) All graphs: (mean ± stdev) n=10. *=p<0.05.  
Black: loading. Red: unloading.  
 
Figure 4. Transverse cyclical stretch of micropatterned vascular smooth muscle 
cells. Cell elongation parallel to the short axis of the cell. (A) Brightfield image of cell 
before and after 18% stretch (y-direction of stretch, λy). Cell outlined in white. Scale bars: 
20 μm (B) Cell stretch ratios (λx, λy) during uniaxial-transverse stretch cycle. (C) Axial 
active cell stresses (Px) during uniaxial-transverse stretch. (D) Transverse active cell 
stresses (Py) during uniaxial-transverse stretch. (E,F) Normalized individual cell axial (E) 
and transverse (F) stress traces. (Each cell normalized to the stress value at maximum 
applied strain) (G,H) Axial (G) and transverse (H) stress after HA-1077 treatment (I,J) 
Post HA-1077 treatment normalized individual cell axial (I) and transverse (J) stress 
traces. (Each cell normalized to the stress value at maximum applied strain) All graphs: 
(mean ± stdev) n=10. *=p<0.05.  Black: loading. Red: unloading.  
 
Figure 5. Anisotropic hysteresis is captured by a Hill-type active fiber model. (A-B) 
Hill-type active fiber model for equibiaxial stretch, fit to experimental data during. (A) 
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Model-predicted axial cell stresses (Px) during equibiaxial stretch. Inset: enlarged image 
of plot showing mean stresses (dark line) and 95% confidence interval (shaded) 
calculated with 100 runs. (B) Model-predicted transverse cell stresses (Py) during 
equibiaxial stretch. (C-D) Hill-type active fiber model for uniaxial-axial stretch, using 
parameters fit to equibiaxial data. (C) Model-predicted axial cell stresses (Px) during 
uniaxial-axial stretch. (D) Model-predicted transverse cell stresses (Py) during uniaxial-
axial stretch. (E-F) Hill-type active fiber model for uniaxial-tansverse stretch, using 
parameters fit to equibiaxial data. (E) Model-predicted axial cell stresses (Px) during 
uniaxial-transverse stretch. (F) Model-predicted transverse cell stresses (Py) during 
uniaxial-transversel stretch. For all figures: Black: loading. Red: unloading. 
 
Figure 6. Hill-type active fiber model predicts the effect acto-myosin fiber 
orientation on hysteresis. (A,B) Uniaxial-axial stretch model predictions for fiber 
concentration factor values 𝜅 =  0, 0.5, 2, 10, 30, 50. (A) Axial stresses (Px) due to applied 
axial strain (λx). (B) Transverse stresses (Py) due to off-axis strain (λy). Solid lines: 
loading stresses. Dashed lines: unloading stresses. (C,D) Uniaxial-axial stretch model 
predictions for fiber concentration factor values 𝜅 =  0, 0.5, 2, 10, 30, 50. (C) Transverse 
stresses (Py) due to applied axial strain (λy). (D) Axial stresses (Px) due to off-axis strain 
(λx). Solid lines: loading stresses. Dashed lines: unloading stresses. 
 
Figure 7. Cellular architecture mediates hysteresis anisotropy. (A) F-actin 
immunofluorescent images of cells micropatterned with aspect ratios of 4 (AR4), 2 
(AR2), and 1 (AR1). (B) Measured fiber distribution (translucent lines) and von Mises 
distribution fits (solid lines). (C-E) AR2 uniaxial-axial stretch (C) Brightfield image of 
representative cell outlined in white. (D,E) Axial (Px) and transverse (Py) first Piola-
Kirchhoff stress. (F-H) AR2 uniaxial-transverse stretch. (F) Brightfield image of 
representative cell outlined in white. (G,H) Axial (Px) and transverse (Py) first Piola-
Kirchhoff stress. (I-K) AR1 uniaxial-axial stretch. (I) Brightfield image of representative 
cell outlined in white. (J,K) Axial (Px) and transverse (Py) first Piola-Kirchhoff stress. For 
all graphs: mean+/- stdev. *=p<0.05. All scale bars: 20 𝜇m 
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Parameter Value 

𝜇 1.25 kPa 

𝐶𝑓 4 kPa 

𝜆𝑎0 0.675 

𝛾 2 Pa 

𝑏 0.01 

 
Table 1. Hill-type active fiber model parameter values 

 
















