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Abstract

Cells maintain tensional homeostasis by monitoring the mechanics of their microenvi-

ronment. In order to understand this mechanotransduction phenomenon, hydrogel

materials have been developed with either controllable linear elastic or viscoelastic

properties. Native biological tissues, and biomaterials used for medical purposes,

often have complex mechanical properties. However, due to the difficulty in

completely decoupling the elastic and viscous components of hydrogel materials, the

effect of complex composite materials on cellular responses has largely gone

unreported. Here, we characterize a novel composite hydrogel system capable of

decoupling and individually controlling both the bulk stiffness and surface viscoelas-

ticity of the material by combining polyacrylamide (PA) gels with microgel thin films.

By taking advantage of the high degree of control over stiffness offered by PA gels

and viscoelasticity, in terms of surface loss tangent, of microgel thin films, it is possi-

ble to study the influence that bulk substrate stiffness and surface loss tangent have

on complex fibroblast responses, including cellular and nuclear morphology and gene

expression. This material system provides a facile method for investigating cellular

responses to complex material mechanics with great precision and allows for a

greater understanding of cellular mechanotransduction mechanisms than previously

possible through current model material platforms.
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1 | INTRODUCTION

The homeostasis of tissues is ensured by the ability of cells to sense

and respond to the changes in their mechanical and biological micro-

environment. In order to better understand the mechanisms driving

cellular mechanotransduction responses, many synthetic and naturally

derived material platforms have been developed with varying degrees

of control over material mechanics. Most studies that aim to under-

stand cellular mechanosensing use purely elastic substrates.1–4 These

studies have shown that substrate stiffness is an important factor in

modulating cell morphology and differentiation; however, results do not

always mirror the cellular behavior found in vivo. This is because most

tissues found in the body are not purely linearly elastic, but rather dis-

play viscoelastic properties.5,6 To understand these discrepancies, there

has been recent interest in using materials that vary material viscosity to

understand its effect on cellular behavior.7–10 Recent findings demon-

strate that viscoelasticity is an important driver of cellular behavior, even

when keeping the elastic component of the material constant. For
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example, studies performed by Cameron et al. showed mesenchymal

stem cell area, focal adhesion length, proliferation, and differentiation

increased with increasing substrate loss modulus.7

Many hydrogel systems have had success at controlling viscoelas-

ticity by altering the solid phase by either varying polymer and/or

crosslinker molecular weight or crosslinking density.8,9,11 However,

with these material systems, the degree of control over stiffness is

limited. Changing the crosslinking density not only affects the mate-

rial's viscoelastic behavior, but also changes the material's elastic

behavior.12 A recent study by Cacopardo et al. investigated how alter-

ing the liquid phase of a hydrogel, through the addition of dextran

molecules, affected the ability to decouple the substrate's elastic and

viscous components in order to overcome the limitations associated

with altering the material's polymer network.13 While their results

showed that viscoelastic properties could be controlled by adding

dextran to the liquid phase, the alteration of the liquid phase did sig-

nificantly change the instantaneous elastic modulus that only settled

at a lower constant value after the time-dependent deformation had

concluded. So far, the material systems used to study mechanosensing

phenomenon have not investigated large combinatorial changes in

substrate stiffness and viscoelasticity. This is largely because alter-

ations that would change substrate stiffness would alter viscoelastic

properties at the same time. However, to more fully understand the

role that mechanosensing plays in maintaining homeostasis, a material

system is needed that can decouple and independently control both

the stiffness and viscoelasticity of the material over a wide range of

physiologically relevant values. Unfortunately for systems composed

of a single hydrogel material, fully decoupling the elastic and viscous

components of hydrogels cannot completely happen due to the inter-

actions between the hydrogel's liquid and solid phases.13

To that end, in this study we describe the characterization and use of

a composite hydrogel system comprised of microgel thin films built on top

of polyacrylamide (PA) gels. Microgel particles offer a high degree of con-

trol over individual particle size,14 stiffness,15 and functionality.16–18 These

particles can be fabricated into films through a layer-by-layer (LBL) centri-

fugation method to build multilayer films.19,20 PA gels are also used to

mimic soft tissues due to the high degree of control they offer over the

stiffness of the resulting gel.21 A previous study by our group has shown

that once microgel particles are constructed into thin films, these films

have stiffness values of ~100 kPa and have highly controllable surface loss

tangent values that are capable of influencing cellular migration, morphol-

ogy, and fibrotic responses.22 However, this previous study was per-

formed using microgel thin films built on glass. To develop a system

where bulk material stiffness could also be tuned, in this study, we devel-

oped a method to build microgel thin films with controllable surface loss

tangents on top of PA gels with tunable elastic moduli. Studies have

shown that fibroblast cells have a mechanical depth sensing range greater

than 10 μm.23 Since the microgel thin films used in this study have a thick-

ness of ~1.5 μm,22 fibroblasts seeded on these films are able to sense the

underlying substrate stiffness of the PA gel while also sensing the surface

loss tangent value of the microgel thin film. Therefore, by combining

microgel thin films with PA gels, a new material with decoupled stiffness

and viscoelasticity values that can be controlled independently of one

another is developed for studying the combinatory effect of both proper-

ties on cellular responses. The results presented here demonstrate the

effect that changing both stiffness and viscoelasticity can have on fibro-

blast cells by measuring cellular and nuclear morphological changes as well

as changes in gene expression in response to a wide range of these values.

These results have broad implications for cellular mechanotransduction

mechanisms. Additionally, this material system provides a facile method

for investigating cellular responses to complex material mechanics with

great precision and allow for a greater understanding of cellular

mechanotransduction mechanisms than previously possible through cur-

rent model material platforms.

2 | EXPERIMENTAL SECTION/METHODS

All reagents used were purchased from Sigma-Aldrich unless other-

wise specified.

2.1 | Microgel particle synthesis

Microgel particles were synthesized in a precipitation-polymerization

reaction and are composed of the reagents poly(N-isopropylacrylamide)

(poly-NIPam), N,N0-methylenebis(acrylamide) (BIS), and Acrylic Acid

(AAc). The amount of each reagent was calculated based on the per-

centage of each reagent of the total 140 mM final solution concentra-

tion. Sodium dodecyl sulfate (SDS) was also added to control particle

size. Each reagent was then added to 95 ml of DiH2O until dissolved

and filtered using a 0.2 μm filter before being added to a three-necked

reaction vessel. The solution was then heated to 70�C and allowed to

equilibrate for 1 h. Ammonium persulfate (APS) was then dissolved in

2–3 ml of DiH2O and filtered using a 0.2 μm filter before being added

to the reaction vessel to initiate the reaction. The reaction was allowed

to proceed for 6 h at 70�C at a stir speed of 450 RPM and then cooled

overnight. The solution was filtered over glass wool to remove any large

aggregates and then purified using dialysis in 1000 kDA tubing against

water. Water for dialysis was changed every 12–16 h over the course

of 48 h. Upon completion of dialysis, the purified solution was then

freeze-dried for long-term storage at room temperature. Working solu-

tions of 5 mg/ml were made by suspending freeze-dried particles in

DiH2O.

2.2 | Polyacrylamide gel fabrication

Polyacrylamide (PA) gels with stiffnesses of ~2, ~9, and ~20 kPa were

made following the protocol outlined in Tse et al.24 Amino-silanated

coverslips were prepared by adding 300 μl of 0.1 M NaOH to 25-mm

coverslips and allowing them to dry overnight. Once dry, a uniform

layer of NaOH formed on the glass; the coverslips were swabbed with

(3-aminopropyl)triethoxysilane (APTMS) and allowed to react for

5 min. The coverslips were then rinsed with DiH2O to remove any

unreacted APTMS, then submerged in a solution of 0.5%
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glutaraldehyde in PBS for 30 min. The coverslips were then removed

and allowed to dry. Separately, chloro-silanted coverslips were made

by spreading 100 μl of dichlorodimethylsilane (DCDMS) onto each

coverslip and allowed to react for 5 min before being washed with

DiH2O. Acrylamide and bis-acrylamide were mixed to the required

concentrations in DiH2O. The specific ratios of percent acrylamide to

percent bis-acrylamide were as follows: 2kPa: 5:0.06; 9 kPa: 5:0.3;

20 kPa: 8: 0.264. A 1/100 total volume solution of 10% w/v of APS

and a 1/1000 total volume of tetramethylethylenediamine (TEMED)

was added to the mixture and vortexed to ensure uniform mixing.

25 μl of the unpolymerized gel solution was then pipetted onto the

amino-silanted coverslips and a chloro-silanated coverslip was placed

on top. The gel solution was allowed to polymerize at room tempera-

ture for 30 min. After polymerization, the gels were submerged in

PBS and the chloro-silanated coverslips removed.

2.3 | Composite microgel film and polyacrylamide
gel substrate formation

To build microgel thin films on top of PA gels, the PA gels were first

functionalized with sulfosuccinimidyl-6-(40-azido-20-nitrophenylamino)-

hexanoate (sulfo-SANPAH). A 0.2 mg/ml solution of sulfo-SANPAH was

made and 500 μl was added to each PA gel. The gel was then placed in

a 365-nm UV light source and exposed for 10 min. The gels were

removed from the UV source and rinsed with PBS for 5 min while shak-

ing before repeating the exposure to UV light a second time. PA gels

were washed again and a 0.05 monomolar solution of linear poly-

ethyleneimine (PEI) was added. The films were then incubated at 4�C

overnight. Following incubation, the first layer of microgels was built on

the PA gel by adding a 0.1 mg/ml solution of microgels to the PA gels

and centrifuging at 3700 RPM for 10 min. To increase the stability of

the multilayer film built on the PA gel, the first layer of microgels is

crosslinked to the PEI via a solution of 2 mM 1-ethyl-

3-(3-dimethylaminopropyl) carbodiimide (EDC) and 5 mM N-

hydroxysuccinimide (NHS) in a 0.1 M solution of 2-ethanesulfonic acid

(MES) pH 4.7. After crosslinking, the film was submerged in the PEI solu-

tion for 30 min and a second layer was built. This process was then

repeated until there were four layers of microgel particles. The microgel

film was then left un-crosslinked or was crosslinked using concentra-

tions of 0.2 mM/0.5 mM, 2 mM/5 mM, or 20 mM/50 mM of

EDC/NHS. The completed films were then coated in rat tail collagen I at

a concentration of 40 μg/ml and incubated overnight at 4�C.

2.4 | Mathematical modeling

The microgel and PA gel system was modeled in one dimension as a

system of two springs in series (Figure S2A). The materials were

modeled as linear elastic, homogenous (within each layer) materials.

For the PA gel layer, the assumption of no viscoelasticity is valid

based on prior literature.24 Although the microgel layer is viscoelastic,

by modeling several elastic stiffness values, the range of stiffness

values, which may occur even following stress relaxation, can be cov-

ered. Each layer has an associated stiffness (k) or elastic modulus (E)

along with a length. The cross-sectional area (A) is arbitrary. For a

given applied force (F), the equation for each layer is

Flayer ¼ klayer�Δℓlayer, ð1Þ

where Δℓ is the change in length. The overall composite follows a

similar structure of

Fcomp ¼ kcomp�Δℓcomp: ð2Þ

Since the springs are in series,

ℓlayer ¼ℓμgelþℓPA gel, ð3aÞ

Δℓlayer ¼ΔℓμgelþΔℓPA gel: ð3bÞ

Substituting Equations 1 and 2 into Equation 3 gives

Fcomp

kcomp
¼ Fμgel
kμgel

þFPA gel

kPA gel
: ð4Þ

Since the force is the same in each layer and the composite, this sim-

plifies to

1
kcomp

¼ 1
kμgel

þ 1
kPA gel

, ð5aÞ

or,

kcomp ¼ kμgel�kPA gel

kμgelþkPA gel
ð5bÞ

To convert stiffness to elastic modulus, 1-D formulations of stress,

strain, and their relationship are used:

σ¼ F
A
, ð6aÞ

ε¼Δℓ
ℓ

, ð6bÞ

σ¼ E�ε: ð6cÞ

Substituting Equation 1 and 2 into Equation 6a, and Equation 6a and

6b into Equation 6c yields

klayer ¼ Elayer�A

ℓlayer
, ð7aÞ

kcomp ¼ Ecomp�A

ℓcomp
, ð7bÞ
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after rearranging to solve for k. Substituting Equations 7a and 7b into

Equations 5a and 5b yields

ℓcomp

Ecomp
¼ℓμgel

Eμgel
þℓPA gel

EPA gel
, ð8aÞ

Ecomp ¼ ℓcomp
ℓμgel
Eμgel

þ ℓPA gel

EPA gel

: ð8bÞ

Parameter values are summarized in Table S1.

2.5 | Loss tangent characterization

To characterize how the surface loss tangent of the microgel films

changed with crosslinking, loss tangent imaging was performed using

a Cypher ES AFM (Asylum) and pyramidal BL-AC40TS-C2 cantilevers

(Olympus) with a cantilever constant of 0.09 N/m. 20� 20 μm areas

were measured in three different locations on two different batches

of microgel films built on glass for each condition.

2.6 | Cell membrane staining and seeding

Prior to seeding, cells were stained with a CellBrite fix membrane dye

(Biotium). 20 μl of a 100x solution of the membrane dye was added to

~1,000,000 human dermal neonatal fibroblasts (HDFn) resuspended

in PBS. The cells were allowed to incubate in the membrane dye at

37�C for 15 min before being mixed by gently pipetting and then

incubating again for another 15 min at 37�C. HDFns were then

seeded at a concentration of 15 k cells per well on the PA gel and

microgel film constructs following collagen I coating and incubated at

37�C for 24 h. After 24 h the cells were fixed in a solution of 95%

absolute methanol and 5% acetic acid for 5 min at �20�C. After fixing,

cells were incubated for 30 min with NucBlue (ThermoFisher Scien-

tific), which is a high purity form of the classic DAPI stain in a room

temperature-stable solution, in PBS to visualize the nucleus.

After fixation and cell staining, samples were mounted onto glass

microscope slides using Flouromount-G (Thermo Fisher). Samples were

then imaged using an EVOS FL Auto (Thermo Fisher) and a scale bar

added to each image. Cell area, cell circularity, nuclear area, nuclear circu-

larity, and nuclear aspect ratio were then measured in ImageJ for approx-

imately 30 cells per condition. To measure cell or nuclear area and

circularity, the perimeter of the cell or nucleus was traced using the free-

hand area selection tool. ImageJ was then used to calculate cell area and

cell circularity for whole cell measurements or nuclear area, circularity,

and nuclear aspect ratio for nuclear measurements. Circularity is calcu-

lated as 4π (area/perimeter2). Because cell shape and size change dra-

matically during cell division, any cells that had multiple nuclei in the cell

body were excluded from analysis. Cell attachment was also determined

for images by counting the number of cells per image for at least three

images per sample and four samples per condition. Average cell number

was determined per unit area.

2.7 | Real time quantitative polymerase chain
reaction gene expression

Cell lysis and RNA purification was performed following the manufac-

turer protocol using a Quick-RNA Microprep Kit (Zymo Research).

Using this kit, cells were lysed in a lysis buffer, cleared through a col-

umn, purified through a series of washes and a DNase digestion, and

eluted with DNase/RNase-free water into a microcentrifuge tube.

RNA sample purity, quality, and concentration were then measured

using a Nanodrop (Thermo Fisher). cDNA synthesis and amplification

was then performed following the manufacturer protocol using a

GoScript™ Reverse Transcriptase kit (Promega). After completion of

cDNA synthesis and amplification, purity, quality, and concentration

was measured using a Nanodrop. Real time quantitative polymerase

chain reaction (RT-qPCR) was performed by following the manufac-

turer protocol using SYBR™ Select Master Mix (Applied Biosystems).

The housekeeping gene used for this study was GAPDH and the two

genes of interest used in this study encoded for alpha-smooth muscle

actin (α-SMA) and connective tissue growth factor (CTGF). Specific

Primer IDs and sequences can be found in Table S2. Primers for the

house keeping genes and genes of interest were custom ordered from

Thermo Fisher. Three samples for each condition were then pipetted,

in duplicate, into a 96-well PCR plate, sealed to prevent evaporation

or contamination due to condensation, and placed in a QuantStudi

3 real-time PCR system (Thermo Fisher). Samples were then heated to

70�C for 15 min, cooled to 50�C for 2 min, heated to 95�C for 2 min,

and then for 40 cycles the samples were heated to 95�C for 15 s,

cooled to 60�C for 1 min, and a data point taken after the completion

of 1 min at 60�C. Relative gene expression was measured by calculat-

ing the log10(2
�ΔΔCT) values for each sample. The log10(2

�ΔΔCT) were

then normalized to a microgel film with a surface loss tangent value of

0.70 built on a glass coverslip in order to compare the gene expression

results.

2.8 | MatLab 3D graph modeling

To visualize the trends occurring across both stiffness and loss tan-

gent, 3D graphs of the data were created using MatLab. In MatLab,

the data was compiled into matrices and a cubic spline interpolation

was used to create 3D surfaces of the data. Since microgel film sur-

face loss tangent, PA gel substrate stiffness, and the measured cellular

responses are all continuous variables, a cubic spline interpolation was

used to model the relationships between them.25

2.9 | Statistical analysis

All statistical analysis was performed in the Prism software

(Graphpad). Linear regression was performed for loss tangent values

as a function of film crosslinking conditions; specifics of the linear

regression analysis are presented in Table S3. Data was statistically

analyzed using either a one-way or two-way ANOVA with subgroup
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comparisons done using the Tukey post-hoc test at a 95% confidence

interval. For two-way ANOVA analyses, comparisons between mean

values by gel stiffness and mean values by film loss tangent are pres-

ented in Tables S4–S11. All results are reported as the mean ± the

standard deviation.

3 | RESULTS

3.1 | Microgel thin film viscoelasticity at varying
external crosslinking densities

We first synthesized poly(N-isopropylacrylamide) (poly-NIPam) micro-

gels copolymerized with Acrylic Acid (AAc) and crosslinked with

varying amounts of N,N0-methylenebis(acrylamide) (BIS). Particles

were then fabricated into four layer films constructed on

sulfosuccinimidyl-6-(40-azido-20-nitrophenylamino)-hexanoate (sulfo-

SANPAH) functionalized PA gels of varying stiffness or glass controls

using a LBL method alternating layers of microgels and poly-

ethyleneimine (PEI). To increase the stability of the multilayer film

built on the PA gel, the first layer of microgels is crosslinked to the PEI

via a solution of 2 mM 1-ethyl-3-(3-dimethylaminopropyl) carbo-

diimide (EDC) and 5 mM N-hydroxysuccinimide (NHS).

We first sought to characterize how varying the level of internal

particle crosslinking (i.e. BIS percentage) and EDC/NHS crosslinking

of films influenced film loss tangent parameters. A previous study by

our lab showed that increased intraparticle BIS crosslinking decreases

the viscoelastic nature of microgel thin films as observed by decreased

film surface loss tangent.22 BIS crosslinking occurs during microgel

particle synthesis, therefore, internally within the particle. However,

external crosslinking can also be performed by utilizing EDC and NHS

coupling chemistry to crosslink the carboxyl groups found in the AAc

within the particle to the amine groups found in the PEI that diffuses

in and out of the microgel particles and between layers.26,27 In the

absence of external crosslinking, changing the internal crosslinking

density by altering the amount of BIS used during particle polymeriza-

tion was enough to change film surface loss tangent in a linear fashion

where increasing the amount of internal crosslinking resulted in lower

surface loss tangent values. This is due to the decrease in polymer

mobility caused by the increase in the internal crosslinking density.

External crosslinking can further change the viscoelastic nature of

microgel thin films and was investigated by creating 4-layer thin films

on glass with microgel particles that had either 1%, 2%, 4%, or 7% BIS

crosslinking and were then either externally crosslinked with a solu-

tion containing 0 mM/0 mM, 0.2 mM/0.5 mM, 2 mM/5 mM, or

20 mM/50 mM EDC/NHS (Figure 1B). Results showed that as exter-

nal EDC/NHS crosslinking increased, the viscoelastic nature of the

films normalized to a minimum surface loss tangent value of ~0.6

(Figure 1C). The results indicate that externally crosslinking the micro-

gel films has a significantly greater effect on microgel film loss tangent

than does internally crosslinking the particles during synthesis. Even

at a low external crosslinking condition of 0.2 mM EDC/0.5 mM NHS,

the loss tangent values significantly decreased on films that had high

loss tangent values in the absence of external crosslinking for all con-

ditions except the 7% BIS particle films. For 1% BIS films, loss tangent

was significantly decreased (p < .001) for all crosslinking conditions

compared to uncrosslinked films and was also significantly decreased

(p < .001) between 0.2 mM EDC and 2 mM EDC groups. For 2% BIS

films, loss tangent was significantly decreased (p < .001) for all

crosslinking conditions compared to uncrosslinked films and was also

significantly decreased between 0.2 mM EDC and 2 mM EDC groups

(p < .001) and 0.2 mM EDC and 20 mM EDC groups (0.01). For 4%

BIS films, loss tangent was significantly decreased (p < .001) for all

crosslinking conditions compared to uncrosslinked films. The normali-

zation of the microgel film surface loss tangent values at higher exter-

nal crosslinking densities also suggests that the polymer chains were

fully immobilized. Linear regression was run to determine the relation-

ship between loss tangent values and crosslinking conditions; trend

lines are shown in Figure 1C and equations are presented in Table S3.

To ensure that changing the underlying substrate did not change

the resulting surface loss tangent value of microgel thin film, 4-layer

films were built upon PA gels with a stiffness of 9 kPa and crosslinked

externally in a solution of 2 mM EDC/5 mM NHS. Loss tangent imag-

ing of the films built on PA gels did not show any statistical signifi-

cance when compared to the values measured of the same types of

films built on glass (Figure S1). Furthermore, to determine the contri-

bution of the microgel thin film layer to the composite stiffness

values, we developed a simple, 1-D mathematical model of the com-

posite system (Figures S2A). Effective stiffness (kcompÞ and modulus

(EcompÞ is plotted as a function kPA gel and EPA gel, respectively, in

Figure S2B with % error plotted as a function kPA gel and EPA gel,

respectively, in Figure S2C. Overall, for all values of kPA gel and EPA gel,

composite values were very close to the values for the PA gel layer, as

expected. Percent error increased as values of kPA gel and EPA gel

increased. For kPA gel, percent error at microgel stiffness of 2353,

1059, and 235N/μm (corresponding to moduli of 2353, 1059, and

235N/μm) was 0.3%, 1.5%, and 3.2%, respectively. For EPA gel, percent

error at microgel moduli of 2, 9, and 20 kPa was 17.3%, 15.9%, and

13.9%, respectively. Since the PA gel modulus of 20 kPa represents

the highest possible value among the groups tested, these data show

that the elastic stiffness and modulus of the composite gels were

largely dictated by the underlying PA gel layer, and that differences

between different PA gel groups were maintained even when tested

as a composite with the microgel layer.

3.2 | Quantification of fibroblast morphology

To analyze the influence that both substrate stiffness and surface vis-

coelasticity have on cell morphology, microgel films of different sur-

face loss tangent values built on PA gels of different stiffnesses were

coated with collagen. Human dermal fibroblasts (HDFns) were then

seeded on all of the collagen coated microgel films and imaged after

24 h. Images were processed in ImageJ to quantify cell area and cell

circularity. Cells seeded on microgel thin films built on 2, 9, and

20 kPa (Figure 2, Figures S3, S4) all showed similar trends in cell area
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and circularity for surface loss tangent values greater than 1. At sur-

face loss tangent values greater than 1, cell area decreased and cell

circularity increased as the surface loss tangent increased with the

highest cell areas corresponding to cells seeded on the stiffest PA

gels. However, at surface loss tangent values lower than 1, the cell

morphologies measured across all conditions were highly variable and

seemed to oscillate between high and low area and circularity values

of 500–3000 μm2 and 0.2–0.8, respectively.

Further indicating the importance of the threshold loss tangent

value of ~1, plotting the data by substrate stiffness instead of the

surface loss tangent (Figure 3) showed similar trends as when the

data was plotted by the surface loss tangent. Around the threshold

loss tangent value of 1, substrate stiffness caused a linear increase in

cellular area as seen by the data measured at the surface loss tangent

value of 1.09. At a loss tangent value greater than 1, cell area did not

appear to change with substrate stiffness as seen by the data mea-

sured at the surface loss tangent value of 1.53. At loss tangent

values less than 1, the effect of substrate stiffness on cellular area

was again variable as cells seeded on the surface loss tangent value

of 0.81 did not seem to have their area effected by substrate stiff-

ness while cells seeded on the surface loss tangent value of 0.68 saw

a linear increase in cellular area with substrate stiffness. When cells

were seeded on PA gels alone without any films, area increased line-

arly and circularity decreased linearly with increasing PA gel stiffness

(Figure S5). We additionally evaluated the influence of loss tangent

and stiffness on cell attachment. We found that cell attachment was

roughly equivalent on most surfaces studies (Figure S6, Table S6);

however, attachment was significantly greater on 20 kPa gels with

0.81 loss tangent films compared to 1.53 loss tangent films (p < .01),

on 20 kPa gels with 0.81 loss tangent films compared to 2 kPa gels

with 0.81 loss tangent films (p < .01), and 9 kPa gels with 1.53 loss

tangent films compared to 2 kPa gels with 1.53 loss tangent

films (p < .05).

To better visualize the trends of cell morphology across both stiff-

ness and viscoelasticity, results were also plotted in 3D (Figure 4). The

3D plots allow for more clear visualization that the trends across the

surface loss tangent are maintained on the different PA gel stiffness

and only the magnitude of the cell area increases as stiffness

increases. The variability at a surface loss tangent lower than 1 can be

observed by the frequent rise and fall of the surface at those values,

while the surface remains relatively smooth on surface loss tangent

values greater than 1.

F IGURE 1 Polyacrylamide (PA) gel and microgel composite substrate synthesis and characterization: (a) Composite microgel and PA gel
substrates were created by first polymerizing a PA gel on a glass coverslip. The polymerized PA gel was functionalized with sulfo-SANPAH and
incubated with polyethyleneimine for microgel film buildup. Microgel film buildup occurred in a layer-by-layer fashion with ethyl-
3-(3-dimethylaminopropyl) carbodiimide/N-hydroxysuccinimide crosslinking occurring after the first layer and again after the fourth layer. (b) A
chart of the PA gel stiffnesses, microgel particle internal crosslinking densities, and different amounts of external film crosslinking concentrations
used to create the composite substrates. (c) Loss tangent AFM imaging was performed on three different locations on two different microgel
films built on glass to measure how external crosslinking influences films viscoelasticity. Results are shown as the mean ± standard deviation. As
external crosslinking increased, the loss tangent of the microgel films decreased as does the viscoelastic nature of the film. Significant differences
were measured between films with different external crosslinking concentrations, but the same percentage of N,N0-methylenebis(acrylamide). **
p < .01, *** p < .001, **** p < .0001
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3.3 | Quantification of fibroblast nucleus
morphology

The nucleus plays an important role in cellular mechanotransduction

processes.28 To elucidate the role that both substrate stiffness and

surface loss tangent have on nucleus morphology, the area, circularity,

and aspect ratio of HDFn nuclei were analyzed in ImageJ 24 h after

seeding on a subset of collagen coated microgel/PA gel substrates

(Figure 5; Figure S7). Similar to cell morphology, nuclear morphology

across microgel film surface loss tangent follows similar trends across

different PA gel stiffnesses. Nucleus area and aspect ratio increased

until a microgel film surface loss tangent of approximately 1. At sur-

face loss tangent values lower than 1, nucleus area and aspect ratio

have a higher degree of variability and oscillate between high and low

values of 100–200 μm2 and 1–3, respectively. Nucleus circularity

decreased to a value between 0.7–0.8 as microgel film surface loss

tangent decreased to a value of 1 and began to oscillate between cir-

cularity values of 0.6–0.9 on microgel films with surface loss tangent

values lower than 1 irrespective of PA gel stiffness. To better visualize

the nuclear morphology trends across both stiffness and surface loss

tangent, these values were also plotted in 3D (Figure 6). On these

graphs, similar to the graphs depicting cellular morphology, nuclear

morphology appears to follow a consistent trend along loss tangent

and the magnitude of the observed responses increase with substrate

stiffness. Additionally, nuclear morphology has a similar trend of

increased variability at surface loss tangent values less than 1 as

observed with cellular morphology.

3.4 | Real time quantitative PCR gene expression

Changes in substrate mechanics and nuclear morphology have been

linked to changes in pro-fibrotic gene expression. To determine the

effects that both substrate stiffness and surface viscoelasticity had on

fibroblast gene expression, RT-qPCR was performed to quantify

α-SMA (Figure 7A, C) and CTGF expression (Figure 7B, D) in HDFn

cells seeded on composite substrates for 24 h. Results showed that

substrate stiffness influenced the overall magnitude of the relative

F IGURE 2 Cellular morphology with varying microgel film surface loss tangent: images were taken 24 h after seeding human dermal neonatal
fibroblasts (HDFn) cells on collagen coated composite substrates with a polyacrylamide (PA) gel stiffness of either 2, 9, or 20 kPa and microgel
film surface loss tangent values ranging from 0.6–1.8. (a) Representative images (i–iv) of HDFn cells seeded on a composite substrate with a 9 kPa
PA gel stiffness and microgel surface loss tangent of 0.68, 0.81, 1.09, and 1.53, respectively. The images were analyzed in ImageJ to measure
cellular area (b) and cellular circularity (c) with at least 30 cells measured across three different composite substrates. Results show a trend with
loss tangent where, irrespective of the substrate stiffness, at loss tangents greater than 1 there is a decreasing trend in cellular area and an
increasing trend in cellular circularity. However, at loss tangent values lower than 1, the response becomes highly variable
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rates of expression when normalized to the lowest surface loss tan-

gent condition built on glass coverslips. For α-SMA expression, cells

seeded on 20 kPa substrates had the highest overall rates of expres-

sion with values seen to be ~1.5–2 times that of the control, followed

by cells seeded on 2 kPa substrates with values ~0.5–1 times higher

than the control. The lowest rates of expression were seen from cells

seeded on 9 kPa substrates with values of ~1 times lower than the

control. For CTGF expression, cells seeded on 2 and 20 kPa substrates

had the highest overall rates of expression with values seen to be

~0.5 times that of the control while cells seeded on the 9 kPa sub-

strates had the lowest rates of expression with values ~0.5 times

lower than the control. Results also showed that the surface loss

tangent values mediated trends in α-SMA expression. With α-SMA

expression, the intermediate surface loss tangent values of 0.81 or

1.09 had the lowest rates of expression and created a non-monotonic

response pattern. However, surface loss tangent did not seem to elicit

any significant changes overall in CTGF expression.

4 | DISCUSSION

In this study, we demonstrate the ability to easily create a composite

substrate in which both the surface viscoelasticity and bulk stiffness

can be controlled to facilitate the study of the combinatory effect

F IGURE 3 Cellular morphology with varying polyacrylamide (PA) gel stiffness: Images were taken 24 h after seeding human dermal neonatal
fibroblasts (HDFn) cells on collagen coated composite substrates with a PA gel stiffness of either 2, 9, or 20 kPa and microgel film surface loss tangent
values ranging from 0.6–1.8. (a) Representative images (i–iii) of HDFn cells seeded on a composite substrate with a microgel film surface loss tangent
of 1.09 and a PA gel stiffness of 2, 9, or 20 kPa, respectively. The images were analyzed in ImageJ to measure cellular area (b) and cellular circularity
(c) with at least 30 cells measured across three different composite substrates. Results show that for cellular area, substrate stiffness had the biggest
impact at a loss tangent value of 1.09. However, PA gel stiffness did not seem to have as great of an effect on cellular circularity

F IGURE 4 Cell morphology responses to changing loss tangent and Stiffness: To better visualize the trends in cellular morphology across both
stiffness and loss tangent, the area (a) and circularity (b) responses of human dermal neonatal fibroblasts cells were plotted in 3D. These graphs show
that cell morphology responses follow similar trends as dictated by the loss tangent and that the magnitude of the observed responses changes with
stiffness. These graphs also highlight the variability in observed responses seen on substrates with loss tangent values below 1
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these mechanical properties have on cellular and nuclear morphology.

Surface viscoelasticity was controlled by using microgel thin films with

different internal and external crosslinking densities while substrate

stiffness was controlled by changing the amounts of acrylamide and

bis-acrylamide used during PA gel polymerization. Microgel thin films

have a thickness of ~1.5 μm and fibroblasts have been shown to have

the ability to sense the mechanics of an underlying substrate to a

depth of 10–20 μm.22,29 This ensures that both the viscoelasticity of

the microgel films and the stiffness of the PA gels is within the sensing

capabilities of the HDFn cells used in this study. Furthermore, our

modeling results demonstrate that the stiffness sensed by the cells is

dominated by the PA gels with minimal contribution from the microgel

F IGURE 5 Nuclear
morphology changes across
changing substrate stiffness and
viscoelasticity: human dermal
neonatal fibroblasts cells were
seeded on collagen coated
composite substrates and imaged
after 24 h. (a) Representative
images of nuclear morphology on

9 kPa PA gels with the pictures
labeled i–iii corresponding to the
points circled in red on the
corresponding graphs. Nuclear
morphology was then
characterized by measuring
nucleus area (b), circularity (c), and
aspect ratio (d) in ImageJ. At least
30 cells were measured across
three different composite
substrates. Similar to cellular
morphology, nuclear morphology
trends were dictated by substrate
loss tangent however, it does not
appear that substrate stiffness
influenced the magnitude of the
observed responses

F IGURE 6 Cell nucleus morphology responses to changing loss tangent and stiffness: to better visualize the trends in nuclear morphology
across both stiffness and loss tangent, the area (a), circularity (b), and (c) aspect ratio responses of human dermal neonatal fibroblasts cells were
plotted in 3D. These graphs show that nucleus morphology responses follow similar trends, as dictated by the loss tangent, and that the
magnitude of the observed responses changes with stiffness. These graphs also highlight the variability in observed responses seen on substrates
with loss tangent values below 1
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thin films. These results provide new context for prior reports investi-

gating the role of substrate stiffness in directing cell and nuclear mor-

phology changes and alterations in gene expression when cells are

cultured on PA gels with controllable linear elastic stiffness. We

showed, as many prior studies on PA gels only conditions have, that

cell spreading increases and cell circularity decreases with increasing

gel stiffness (Figure S6). Additionally, it has been previously reported

that nuclear area increases30 and nuclear circularity decreases31 in

response to increasing substrate stiffness, and α-SMA32 and CTGF

expression33 also increase with increasing substrate stiffness on tradi-

tional PA gels. Our results demonstrate that altering the loss tangent

of the PA gel surface influences cellular outcomes.

Analysis of cell morphology on substrates with varying stiffness

and viscoelasticity showed that microgel film surface loss tangent was

crucial for directing the trends of the response observed while PA gel

stiffness directed the magnitude of the response observed. As sub-

strate stiffness increased, the magnitude of the cell area generally

increased as well. The increase in magnitude of cell area as substrate

stiffness increases is consistent with studies performed on purely

elastic materials where an increase in cell area is observed as sub-

strate stiffness increases.4,34,35 However, regardless of the stiffness of

the PA gel, cells had a different trend of responses depending on the

viscoelasticity of the microgel film; statistically significant differences

between groups can be seen in Tables S4 and S5. Two basic trends

emerged; on films with a surface loss tangent greater than 1, cell area

showed a non-monotonic response where cell area increased until a

surface loss tangent value ~1.1 and then decreased. However, on

films with a surface loss tangent less than 1, cell area was highly vari-

able and oscillated between cells with large spread areas and cells

with low spread areas. This trend is also consistent with cell circularity

where on films with a surface loss tangent greater than 1, cell circular-

ity decreased until a surface loss tangent value of ~1.1 and then began

to increase again. Likewise, on films with surface loss tangent values

less than 1 the circularity was highly variable.

The variability in cell morphology on substrates with surface loss

tangents lower than 1 could have implications in fibrotic responses.

Previous studies have shown that as fibrosis progresses in healthy tis-

sue, the viscoelasticity of the tissue decreases.36–38 Furthermore, a

vast degree of heterogeneity exists in fibroblasts undergoing fibrosis

and myofibroblast differentiation.39,40 These prior observed responses

are in line with the observed heterogeneity in cellular morphology

observed on composite substrates with surface loss tangent values

less than 1.

The high degree of deviation on the composite substrates with

surface loss tangents less than 1 could be due, at least in part, through

cellular mechanotransduction signals occurring via nuclear deforma-

tion. Nuclear deformation has been shown to influence cell signaling

by activating gene expression by decreasing the distance between

chromosomes,41 altering the rate of transport molecules through

nuclear pores,42 and/or by the supercoiling and bending of DNA and

F IGURE 7 Alpha-smooth muscle actin (α-SMA) and connective tissue growth factor (CTGF) gene expression across changing loss tangent and
stiffness: Gene expression of α-SMA (a) and CTGF (b) was measured by real time quantitative polymerase chain reaction. The values were also

plotted in 3D to better visualize how α-SMA (c) and CTGF (d) gene expression changed across both stiffness and loss tangent. The trends shown
on the 3D graphs show that substrate stiffness directs cellular gene expression while loss tangent does not seem to have a significant effect
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altering the rates of DNA and RNA synthesis.43 One way in which

nuclear deformation can occur is through traction forces generated by

the cells as they react and adjust to the mechanics of their environ-

ment.44 As the traction forces generated by the cell increases, the

nucleus will flatten and its area in a 2D focal plane will increase.31 As

the surface loss tangent of the composite substrate decreases, cells

are able to generate larger traction forces, which will deform the

nucleus as evident by the highly variable nucleus morphology

observed on substrates with low surface loss tangent values. The vari-

ability in nucleus morphology then leads to different levels of

mechanotransduction resulting in the higher degrees of variability in

cellular morphology observed on the composite substrates with low

surface loss tangent values. Interestingly, the trends in nuclear mor-

phology did not seem to vary based on the stiffness of the underlying

PA gel. Previous studies have linked substrate stiffness to driving

nuclear morphology, such that nuclear area and aspect ratio increase,

while nuclear circularity decreases on increasingly stiff substrates.

However, our results suggest that it is possible to decouple this rela-

tionship as the observations related to nuclear morphology were simi-

lar across different stiffnesses but varied across different loss

tangents. This opens up another avenue for study by which the impor-

tance of substrate loss tangent and its effect on nuclear morphology

and subsequent cellular responses can be further explored.

To determine if changes in gene expression were seen on cells

seeded on composite substrates, real-time quantitative PCR was per-

formed on cells seeded on either a 2, 9, or 20 kPa substrate with a

surface loss tangent of either 0.70, 0.81, 1.09, or 1.53 for α-SMA and

CTGF, which are both markers for fibrotic responses and myo-

fibroblastic differentiation. The PCR results similarly showed that the

stiffness of the PA gel dictated the magnitude of the cellular

responses, while the surface loss tangent of the microgel film modu-

lated the trend of responses within each stiffness group. Initially, we

hypothesized that α-SMA would increase with substrate stiffness in a

similar manner to cellular area. However, our results for α-SMA

expression showed a non-monotonic response based on the PA gel

stiffness. Cells seeded on 20 kPa gels had the highest amounts of

α-SMA expression, cells seeded on 9 kPa gels had the lowest amounts

of α-SMA expression, and cells seeded on 2 kPa gels had intermediate

amounts of α-SMA expression.

We believe that this non-monotonic response could be the result

of differences in the internal tension of the fibroblast cells, which is

influenced by the stiffness of the PA gel. Previous studies have linked

α-SMA expression with internal cell tension, such that α-SMA expres-

sion increases when cells generate higher tensional forces.45 Cells also

attempt to match the mechanics of their microenvironment in a pro-

cess known as tensional homeostasis with tensional forces increasing

with increasing substrate stiffness.46 However, studies have shown

that this response plateaus, and cell stiffness will reach a maximum

value even when the cells are seeded on much stiffer substrates, such

as glass. For fibroblast cells, it has been shown that above a substrate

stiffness of ~10 kPa, cell stiffness will reach its maximum of ~10 kPa

and no longer increase, even if seeded on stiffer substrates, where

stiffness was measured using AFM47,48 This would indicate that

fibroblasts under normal tensional homeostatic conditions would have

a stiffness value also ~10 kPa.

The three stiffnesses used in this study correspond to a value

below the tensional homeostasis value of a fibroblast (2 kPa), a value

approximately equal to the tensional homeostasis value of a fibroblast

(9 kPa), and a value greater than the tensional homeostasis value of a

fibroblast (20 kPa).47,48 When fibroblasts seeded on a 2 kPa substrate

attempt to undergo tensional homeostasis, the resulting internal stiff-

ness value is lower than the homeostatic value, so α-SMA expression

increases in order to increase the magnitude of the tensional forces

that the cell can generate in an attempt to bring the cell back towards

hemostasis. Fibroblasts seeded on 9 kPa substrates are able to match

and reach their normal homeostatic internal tension values and thus

become quiescent causing a decrease in α-SMA expression. Lastly,

fibroblasts seeded on 20 kPa substrates have an over expression of

α-SMA caused by an increase in contractility due to an abnormally

stiff and fibrotic environment. This also corresponds to the morphol-

ogy data collected with area increasing as the PA gel stiffness

increases.

The analysis of α-SMA gene expression also indicated a potential

non-monotonic response based on microgel film surface loss tangent

where a surface loss tangent value of ~1.09 resulted in the lowest

amounts of α-SMA expression. Although the data was not statistically

significant, this data suggests a similar response to surface loss tan-

gent as observed with substrate stiffness that warrants further inves-

tigation. In the same way that fibroblasts respond to changes in

stiffness values above and below the homeostatic value for their

internal cell stiffness, a similar response is likely occurring as a func-

tion of surface loss tangent. Biologically, cells with loss tangent values

above 1.5 have been associated with diseased, malignant cell types as

specifically seen in SW-13, A549, MCF-7, MDA-MB-231, and CaKi-1

cells.49 Benign cells, however, were all seen to have loss tangent

values lower than 1.5 but also higher than a loss tangent value of 1 as

seen in NIH-3T3, MDCK-II, NMuMG, and MCF-10A cells.49 Similarly,

the loss tangent value of healthy epidermis ranges from 1.2–0.850 and

the loss tangent value of health sheep aorta was found to be ~1.51

These values all suggest that the homeostatic loss tangent value of a

fibroblast cell is likely in the range of 0.8–1.2. The films used here

have loss tangent values over the range of 1.8–0.7. To put these

values in context, previous studies have reported blends of gelatin

methacrylamide (GelMA) blends to have loss tangents52 up to 0.23

and 0.2 mg/ml fibrin gels have loss tangents53 of ~0.05. Our studies

allow for probing cell responses higher than these previous reports.

Similar to stiffness, the viscoelasticity of tissue can change with

fibrosis and with tissue damage. In the skin and other organs, scar tis-

sue has been shown to decrease in viscoelasticity,54 while damaged

tissue increases in viscoelasticity compared to uninjured tissue.55,56

The surface loss tangent values used in this study correspond to a vis-

coelasticity below the homeostatic value (0.70), in the same range as

the homeostatic value (0.81 and 1.09), and above the homeostatic

value (1.53) of fibroblast cells. On films with the lowest loss tangent

values, α-SMA expression is higher due to overexpression caused by a

high stiffness/low viscoelasticity environment similar to fibrotic scar
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tissue. On the films with intermediate loss tangent values, α-SMA

expression decreases due to the cells becoming quiescent due to the sur-

face loss tangent values being in line with the homeostatic value of the

fibroblast in its native environment. Finally, on films with high loss tan-

gent values α-SMA expression increases. These results also match with

the trends seen in cell area with the highest cell area occurring when the

surface loss tangent value is ~1 and decreasing as the surface loss tan-

gent increases to 1.5 while becoming variable on surface loss tangent

values <1 due to the fibroblast populations undergoing fibrosis.

Similar to α-SMA expression, CTGF expression also showed a

non-monotonic response in magnitude about substrate stiffness.

Here, it was seen that cells seeded on both 2 and 20 kPa substrates

had the highest rates of CTGF expression while cells seeded on the

9 kPa substrates has the lowest rates of CTGF expression. CTGF is

known as a central mediator of tissue remodeling and fibrosis where

higher levels of CTGF expression are linked to greater degrees of

fibrosis and wound healing responses.57 Specifically, CTGF is known

to induce myofibroblast differentiation58 and activates myofibroblasts

to increase their rates of deposition and remodeling of ECM.59–61 The

same rationale for α-SMA's non-monotonic response in magnitude to

substrate stiffness could contribute to the non-monotonic response

seen with CTGF. However, CTGF expression did not seem to be

directed by microgel film surface loss tangent, which indicates that

surface loss tangent might not be an important mechanical cue for ini-

tiating CTGF signaling pathways.

However, these studies are not without limitations; staining for

F-actin for visualization of the whole cell and imaging with confocal

microscopy to allow for 3D reconstruction would allow for a more

thorough understanding of the observed responses. Additionally, cell

shape and size can dramatically change during cell division; use of a

cell proliferative marker to clarify the influence of cell proliferation on

morphological differences would further clarify the responses. Future

studies will utilize these analyses.

5 | CONCLUSIONS

Overall, we have shown that it is possible to create a composite sub-

strate comprised of both microgel thin films and PA gels. We were

able to create a material where both surface viscoelasticity and stiff-

ness can be controlled independently of one another to obtain combi-

nations of stiffness and viscoelasticity over a large range of

physiologically relevant values. Through the use of this novel compos-

ite substrate (Figure 8), PA gel stiffness and microgel surface visco-

elasticity was seen to be important in directing cellular morphology as

the highest areas were measured on the stiffest substrate with inter-

mediate surface loss tangent values. Nuclear morphology was seen to

be more greatly impacted by surface loss tangent than substrate stiff-

ness as the values were consistent across PA gel substrate stiffness

while the highest values were measured on the intermediate loss tan-

gent values. Lastly, gene expression was seen to be modulated by sub-

strate stiffness and not as greatly by surface loss tangent as α-SMA

and CTGF expression values were higher on the 2 and 20 kPa sub-

strate but not statistically different across loss tangent values. This

composite substrate also opens the possibility for further studying

cellular processes while seeded on a substrate that more accurately

mimics the mechanics of their native microenvironment to yield more

accurate results in in vitro experimentation.
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F IGURE 8 Summary of the effect of both substrate stiffness and surface viscoelasticity on cellular behavior: A summary of the combinatory
effect that both substrate stiffness and surface viscoelasticity have on cellular behavior. Cellular area appeared to be modulated by both substrate
stiffness and surface viscoelasticity as the highest areas were seen on composite substrate with the highest stiffnesses but intermediate loss
tangent values. Nuclear area appeared to be modulated only by surface loss tangent and not substrate stiffness as the max nuclear area values
were measured on substrates with a surface loss tangent of 0.81 irrespective of the substrate stiffness. Gene expression appeared to be
modulated only by substrate stiffness and not by loss tangent as the rates of gene expression only changed across the different stiffness values
and not the different loss tangent values
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