
Mechanical Properties of Type I Collagen and Biopolymer Networks
for Use as 3D Substrates in Cell Culture

A Thesis
submitted to the Faculty of the

Graduate School of Arts and Sciences
of Georgetown University

in partial fulfillment of the requirements for the
degree of

Doctor of Philosophy
in Physics

By

Kara Forbes Googins, M.S.

Washington, DC
March 20, 2020



Copyright c© 2020 by Kara Forbes Googins
All Rights Reserved

ii



Mechanical Properties of Type I Collagen and Biopolymer
Networks for Use as 3D Substrates in Cell Culture

Kara Forbes Googins, M.S.

Thesis Advisor: Daniel L. Blair, Ph.D.

Abstract

Extracellular matrix proteins such as collagen self-assemble to form branched net-

works that undergo dramatic structural changes in response to shear deformations.

Collagen fibers locally transform the applied shear from non-affine to affine through

reorientation and elongation. Under applied shear, the stress response of the network

transitions from a linear relationship with the linear modulus G0 into a non-linear

strain-stiffening regime. I manipulate collagen network connectivity, branching den-

sity, and individual fiber mechanics by controlling the polymerization conditions and

introducing additional chemical cross-links post-polymerization. I find that the linear

elastic modulus of the network does not predict the onset of nonlinear behavior.

In particular, it is the network structure that sets the strain for the onset of the

stretch-dominated non-linear regime, as well as the network yield strain. Individual

fiber mechanics set the stresses within the network during the stretch-dominated

non-linear regime. Next I investigate the stress relaxation of type-I collagen networks

under a held shear strain. Relaxation is highly dependent on the amount of cross-

linking present, suggesting a fiber level mechanism for the reduction of stress held

within the network. To form a connection between the bulk rheological and indi-

vidual fiber properties of collagen networks, I utilize imaging techniques to isolate

the mechanics of fiber attachments at the boundaries of the system. In collaboration

with Lawrence Livermore National Lab and the Georgetown Lombardi Comprehen-

sive Cancer Center, I investigate the polymerization and mechanical properties of
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gelatin-fibrin networks. I aim to quantify the properties of biopolymer networks for

use as a novel bio-memetic 3D substrate for culture of patient derived tumor cells

and rapid parallel testing of chemotherapy protocols.

Index words: Collagen, Rheology, Shear Strain, ECM, Glutaraldehyde,
Bio-gel, Boundary Stress Microscopy, Biopolymer Gel Networks
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Chapter 1

Introduction

Biopolymers such as actin, fibrin, collagen and vimentin compose the majority of

tissues within living creatures. Collagen is a main component of the extra-cellular

matrix (ECM) within biological tissues such as breast, tendon, and bone[1]. The

structure and mechanical properties of ECM networks are crucial to cell motility

and adhesions [2, 3, 4, 5, 6, 7, 8, 9]. When polymerized in vitro, type-I collagen

self-assembles into a branched, athermal network that exhibits a non-linear response

to shear deformations[10, 11]. A feature of athermal networks is that the fibers are

stiff enough that thermal fluctuations in their surroundings are not strong enough to

result in conformational changes to the fibers. The athermal nature of the collagen

contributes to the strain-stiffening of the network[12, 13, 14].

In this dissertation I concentrate on the rheological responses of type-I rat tail

tendon collagen networks polymerized in-vitro. My motivation is the desire to create

a 3D cell culture substrate that is able to be tuned to have stiffness gradient in 3D

without killing cells and allowing simultaneous imaging of the cells and measure-

ment of the forces within the network. Cells respond to their environment stiffness,

microstructure and dimensionality such that 2D hard substrates are not suitable for

replicating cell phenotypes observed in vivo. I am able to quantify the mechanical

properties of collagen to identify useful chemicals and mechanical regimes to maxi-

mize the retention of a stress gradient. Using the work I have done we come closer to
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being able to engineer a 3D substrate for cells that allows for the creation of a stiffness

gradient along with simultaneous imaging of cells and boundary stress microscopy.

1.1 Type-I Collagen Networks

In-vitro collagen networks self-assemble from monomeric acid solubilized rat tail

tendon collagen[15, 16, 17, 18, 19, 20]. The monomeric form of collagen is composed

of three α chains of nucleic acids that make up a triple helix structure capped

by non-helical ends[1, 21] These non-helical sites (telopeptides) play a key role

in the kinetics of nucleation and fiber formation of reconstituted type-I collagen

networks[22]. Without these sites, monomers are still able to form fibers with correct

overlap spacing and collagen-collagen interactions are maintained; it is hypothesized

that the telopeptides play the role of a catalyst for fiber formation[23].

Figure 1.1: Helices of acid solubilized collagen assembling into fibrils. The
overlap of monomers forms a characteristic banding pattern of fibrils with d = 67nm.

The self assembly of a full network is a multi-step process beginning with the

nucleation and growth of fibrils. Fibrils are formed via lateral alignment of helices,

with an offset between monomer helices of 67nm that creates a banding pattern(Fig.

1.1)[1, 18, 19]. The fibrils are formed early on during the polymerization process

with the rate of fibril precipitation controlled by electrostatic interactions between
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collagen molecules. Within the collagen monomers and also between helices within

fibrils there are "water bridges", or water molecules both intra- and inter- peptide

bonds. The loss of water indicates initial stages of fibril degradation[24]. Increased

temperature speeds up both the nucleation and fibril growth phases of polymerization

process[17]. Fibrils are bundled together to form fibers within a branching network,

and the attachment of additional monomers increases fiber diameter[17, 20, 21, 25].

This hierarchical structure formed within collagen networks during self assembly is

shown in Figure 1.2.

Figure 1.2: Schematic showing the hierarchical structure of collagen fiber
networks. Collagen helices laterally align to form fibrils, that are bundled together
into larger fibers that make up the overarching branched network structure.

The structure and density of monomer packing within fibers depends on pH of

the solution, with higher pH resulting in looser packing[19]. The pH of the solution

and packing of monomers impacts the final fiber diameter. To reduce variation of

network structure and fiber diameter I utilize a pH of 7; solutions of pH = 7 form

initial network fibrils with diameters ∼ 19 − 22nm with no significant dependence
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(a) Collagen polymerized at 22◦C (b) Collagen polymerized at 37◦C

Figure 1.3: Confocal images of collagen polymerized at 22◦C and 37◦ C.
Scale bar = 25µm

on polymerization temperature[16, 20]. The final network fiber thicknesses can range

between ∼ 22nm− 300nm as additional fibrils are bundled together[18, 25, 26].

Polymerization conditions induce changes to the network structure and mechanical

properties. Network architecture can vary widely depending on the polymerization

temperature [20, 27, 28]. Collagen polymerized at 37◦C has a smaller mesh size and

shorter fiber bundles (Fig.1.3b), whereas 22◦C polymerization results in increasing

fiber bundle thickness and mesh size (Fig.1.3a) [2]. Polymerization temperature also

gives rise to different mechanical properties, with low temperature polymerization

resulting in a higher storage modulus. Manipulation of pH during polymerization

also significantly modifies network structure and mechanical properties. The local

stiffness of the network is not uniform due to the disordered nature of the collagen

fiber network formation and local density fluctuations[29].
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1.2 Network Cross-linking

Within a fully formed network the term cross-link is generally used to define nodes

within a network where there is a branching point between network fibers. However, I

use cross-linking to define additional bonds between collagen monomers within fibrils

and between fibrils. The reconstituted collagen networks I use are not fully cross-

linked in comparison to in vivo collagen networks; the processing of acid solubilized

collagen removes any additional bonds within fibers that had been formed via native

enzymatic cross-linkers that existed in the donor collagen network. The lack of intra-

fibril cross-links results in a network that that is irreversibly deformed by steady shear

strains as fibers are stretched and broken in the shear direction. The deformation of

the network is proposed to be similar to the elongation of fibrin networks deformed

by steady shear strain, where fibrils slide past one another within larger fiber bundles,

causing fiber lengthening[30]. Elongation of fibers reduces the stress held within the

fiber, and is seen via bulk rheology as a decay in shear stress during a period of fixed

shear strain.

Chemical cross-linkers create additional covalent bonds between collagen poly-

mers, fibrils and fibers; the additional bonds limit the stress relaxation within the

collagen network. Computational models have shown that increasing cross-link den-

sity leads to an overall stiffening of the collagen network[31]. The cross-linkers, glu-

taraldehyde (GA), genipin (GP), transglutaminase(TG)[32, 33] and ribose, work by

reacting with the amine groups that make up the collagen fibrils. They expose alde-

hyde groups that are used to create covalent bonds between adjacent fibrils[34, 35].

The exact placement of these bonds has been suggested to take place between both

the fibrils and fibers within the network, limiting the slipping of fibrils within fibers,

and the slipping of fibers past one another[36].
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Figure 1.4: Proposed sites for Glutaraldehyde cross-links. Sites are suggested
to exist both intra- and inter-fiber within the network[36].

Cross-linkers can be introduced both post and prior to polymerization to create

additional bonds between fibrils. Introducing cross-linkers such as transglutaminase

(TG) and ribose is done prior to polymerization, and involves the simple addition

of the chemical into the collagen stock solution[32]. Ribose cross-linking includes

an additional pre-polymerization step. Ribose is diluted, and added directly to the

highly concentrated collagen stock and left for five days to form the final glycated col-

lagen stock. During this time, the ribose modifies the collagen monomers in solution,

allowing them to form additional covalent cross-links once polymerized[34]. Lysel oxi-

dase is an example of an enzymatic process to introduce additional covalent bonds

between collagen helices[37]. Lysyl oxidase primarily acts on the linear, non-helical

telopeptide ends of collagen monomers [21].

Both GP and GA are able to be introduced as cross-linkers post-polymerization[28,

36, 38, 39, 40]. Collagen is prepared and polymerized at either 22◦or 37◦C. Cross-

linkers are diluted into 1X PBS solutions in the desired concentrations, and then

pipetted in a reservoir surrounding the polymerized collagen(Fig.1.5). The collagen-

cross-linker system is left to diffuse for 4-18hours to determine the maximal cross-
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linking. Because GP is not readily soluble in 1X PBS, stock solutions are made 24-

48hours in advance. Extent of cross-linking is monitored using a 1Hz 1% oscillatory

test, giving the resulting storage modulus G’.

Figure 1.5: Use of glutaraldehyde solution for post-polymerization cross-
linking. A large reservoir of cross-linkers is created by pipetting a solution of 1X
PBS and GA directly around the rheometer tool containing the polymerized collagen
network. Over a period of four hours the GA molecules are able to diffuse through
the network and form cross-links within fibers.

The use of GA as a cross-linking agent provides a simple and reliable method

to modify network fibers[38]. The additional bonds formed between fibrils and fibers

works to strengthen fibers by increasing their bend and tensile modulus. This increase

in covalent bonds within fibrils limits the plastic deformations of fibers within the

network under shear[41].

Figure 1.6: Cross-linking dramatically increases the storage modulus of the
network. 2mg/mL collagen polymerized at 22◦C and then cross-linked over a period
of 14 hours using 0.04% GA solution. Maximal cross-linking occurs prior to 14 hours.
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1.3 Biopolymer Collaborations

In addition to my work on collagen networks, I collaborate with the Lawrence Liv-

ermore National Lab (LLNL) and the Georgetown Lombardi Comprehensive Cancer

Center. In Chapter 6 I will describe the projects and progress I have made to further

the collaborative research on 3D cell culture substrates. The center of this collabora-

tive project is to engineer easily reproducible 3D cell culture substrates to allow for

rapid, in-parallel testing of chemotherapy drugs on patient derived tumor cells that

have been transferred to in vitro substrates comprised of biopolymer gels.

Cells are highly sensitive to their surroundings and display vastly different pheno-

types and motility behaviors depending on the cell type, and substrate dimensionality,

stiffness, and microstructure[5, 42, 43, 44]. Traditionally cell culture has been done

using 2D substrates, in which cells are plated directly on top of the desired growth

substrate. Within the adhesions that cells form, there is a sensing mechanism that

responds to the stiffness of the substrate the cells experience, with substrate stiffness

governing the speed and type of attachment the cells form with the surroundings[44].

One such sensing mechanism heavily relies on filamen A as a key component to the

cellular mechanism to sensing environment stiffness and creating adhesions with col-

lagen matrices[7]. Fibroblast cells grown on collagen coated polyacrylamide (PA) of

stiffnesses ranging from 1kPa − 300kPa show dramatically different adhesion and

morphologies depending on the stiffness of the PA gel[3, 44]. Fibroblast cells grown

on soft (1kPa) 2D substrates have round cytoskeletons that form dynamic adhesions

with the surface. In contrast, fibroblast cells grown on stiff PA gels take on an elon-

gated cytoskeleton shape and form stable, long-timescale focal adhesions with the

substrate[3]. Cell type also guides the response to substrate stiffness, with neural

cells exhibiting increased growth and branching with a preferred soft PA substrate[8].
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However, in vivo cells are subject to both 2D and 3D type environments and

display different morphologies depending on the dimensionality of their surroundings.

For cells such as fibroblasts, 2D substrates limits growth and induces a polarity within

the cells that is not seen in vivo or in 3D substrates. When cells are cultured within

a 3D environment the fibroblasts become "spindle shaped", similar to morphologies

seen in vivo, and they modify the molecular composition of adhesions used to form

attachments to the 3D matrices [42, 45]. Within 3D in vitro substrates stiffness,

porosity, and microstructure change the growth and migration speeds of tumor cells

as they respond to their local environment[4, 5, 43, 46, 47, 48].

Overall, it is well established that cells are very sensitive to their environment

structure, stiffness and dimensionality[5, 42, 43, 44]. Culturing cells within self-

assembled 3D substrates comes the closest to replicating the 3D environment found

in vivo, but cannot fully replicate the in vivo environment experienced by cells[6, 49].

Studying patient derived cells within in vitro substrates will require quantification of

both tissue, tumor, and biopolymer networks to create a substrate that successfully

mimics the in vivo tissue ECM as closely as possible. My work aims to use my

quantification of collagen networks, and the properties of biopolymer 3D substrates

to engineer an in vitro biomimetic environment for the patient derived pancreatic

cells.
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Chapter 2

Rheology Techniques

2.1 Rotational Shear Rheology

Rheology is the study of a material’s response to a shear deformation[50]. Figure

2.1 shows a simple shear deformation, in which the a force, F , is applied to the top

surface, creating a displacement, ∆x. Shear strain is defined as γ = ∆x
h
, h is the

distance between the upper and lower plates. Shear stress is then defined as σ = F
A
,

the applied force divided by the surface area of the upper shearing surface[51, 52].

More complex shear deformations can be described using the full tensorial definitions

for both stress and strain.

Figure 2.1: Simple shear.

We are able to define the deformation of a volume as either affine or non-affine.

Affine motion occurs when local deformations match the macroscale strain, and there

is uniform deformation throughout the sample volume. Non-affine motions are when

local deformations do not match the expected uniform macroscopic strain [53].

Rotational shear allows for large strain amplitudes to be applied to the sample,

as is necessary for most soft materials[52]. To apply rotational shear a rheometer can
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be used with either a plate-plate tool geometry, where the top and bottom surfaces

can rotate, or a cup-and-bob geometry.

2.2 Rheometer Tool Geometries and Setup

The applied strain is dependent on the geometry of the top surface used; rheometers

utilize either parallel-plate or cone geometries. Parallel-plate geometries allow for a

uniform gap height (h) across the entire sample, whereas a cone plate geometry has a

radially dependent gap height. Cone-plate geometries allow for a uniform application

of shear strain to a sample, as the strain is independent of radius[52]. A parallel plate

generates shear strain that varies as a function of the radius (r). For a parallel plate,

as the tool is rotated by a specified angle φ, ∆x = r∆φ, the strain applied at any point

along the sample can be expressed as γ(r) = r∆φ
h

. The strain applied by the rheometer

is reported as the strain at the edge of the tool, where r = R, and γR = R∆φ
h

[54].

Figure 2.2: Rheometer tool geometries: parallel-pate and cone-plate. (left)
Parallel-Plate geometry with a user specified gap height, h. (right) Cone-plate geom-
etry with a fixed cone angle α and defined height h.

Rheometers are also capable of applying a fixed shear rate, defined as γ̇ = dγ
dt
.

The user is able to set a shear rate using dγ
dt

=
γf−γi

∆t
. Rheometers work in two ways,
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either applying a torque to the tool and monitoring the strain, or by imposing a strain

displacement and measuring the torque required[51].

2.3 Oscillatory Shear Rheology

Oscillatory tests are used to probe the visco-elastic response of materials using a

small oscillatory shear displacement. An oscillatory strain, γ(t) is applied with angular

frequency ω and the stress response of the material is observed. The functional form

of the applied strain is:

γ(t) = γ0 sin(ωt)

with the resulting shear rate γ̇(t),

γ̇(t) = γ0ω cos(ωt)

. If the material is an elastic solid then the stress response is given by

σelastic(t) = Gγ(t) = Gγ0 sin(ωt)

The resulting stress is in phase with applied strain (phase shift of δ = 0) as seen in

Figure 2.3a.

For a Newtonian liquid the stress response is given by

σvis(t) = ηγ̇(t) = ηγ0ω cos(ωt) = ηγ0ω sin(ωt+
π

2
)

The resulting stress is completely out of phase with the applied strain (phase shift

of δ = π
2
) as seen in Figure 2.3b.

Visco-elastic materials have both viscous and elastic properties, depending on the

timescale of the oscillations. In general, the visco-elastic stress response is given by:

σ(t) = σelastic(t) + σvis(t).
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Substituting in earlier equations, we arrive at the full stress response as:

σ(t) = G′γ0 sin(ωt) +G′′γ0 cos(ωt).

The stress response has both the elastic (in-phase) and viscous (out-of-phase) com-

ponents with a phase shift between applied strain and stress between 0 > δ > π
2
as

seen in Figure 2.3c.

Figure 2.3: Oscillatory strain and resulting stress responses. Resulting stress
responses for elastic(a), viscous(b), and visco-elastic(c) materials.

G’ is known as the storage modulus of the material, and measures the elastic

behavior of the system. The viscous behavior is given by G”, or the loss modulus.

The loss tangent, or ratio of loss and storage modulus, is used to quickly describe the
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behavior of a material at a given frequency, ω.

tan(δ) =
G′′

G′

Elastic materials respond such that G′ > G′′ and tan(δ) < 1. Viscous materials

have G′′ > G′ such that tan(δ) > 1.

The storage and loss modulii are components of the complex modulus G∗[50].

G∗ = G′ + iG′′

I use oscillatory rheology to monitor the polymerization and formation of networks,

more specifically I am monitoring when my materials transition from being a viscous

solution into a visco-elastic gel network and G′ >> G”. It is important to use strain

and frequency amplitudes that are small enough to not disturb network formation. As

in Figure 2.4, there is a viscous G” dominated regime for t < 5min before a cross-over

occurs and then the elastic modulus G’ dominates. The G’ plateau regime signals the

end of network polymerization[55].
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Figure 2.4: Example polymerization curve taken with oscillatory rheology
Polymerization of 8100 PDMS at 100◦C using oscillatory rheology at f = 1Hz and
γ = 1%.
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2.4 Stress vs. Strain Curves

Another rheology technique I utilize to investigate network mechanical properties is

taking stress-strain curves. To obtain these curves I use the definition of shear rate

γ̇ =
γf−γi

∆t
, to impose a strain ramp with shear rate γ̇ = 0.05%s−1, and increase the

strain γ = 0 − 100% while recording the resulting stress response of network. The

shape of the stress-strain curve gives information about the response of the material

under increasing shear strain.

An alternative method to monitor response to shear is using differential modulus

vs strain. ( as show in Figure 2.6) Purely elastic materials like polyacrylamide have

a constant modulus over many orders of applied strain, whereas bio-polymers like

fibrin and collagen exhibit two distinct response regimes. The initial response for bio-

polymers is a "linear regime" in which the modulus is constant for an applied strain.

There is then a transition into a second regime in which the modulus is increasing in

response to increasing applied strain, this is non-linear regime. Materials that exhibit

this regime transition are known as strain-stiffening, with the larger the applied defor-

mation the stiffer the material becomes.

2.5 Stress Relaxation

Beyond oscillatory tests, to explore more about visco-elastic materials, I use stress

relaxation tests. This test gives information about the viscous timescale of the mate-

rial, as well as how well the network can store stress.

Stress relaxation tests apply a step strain (or ramp up at set shear rate) to the

material, and measure the resulting stress response over time for the held strain.

For a completely viscous material the shear stress is only dependent on the shear

rate applied (σ = ηγ̇); the viscous shear stress spikes during a step strain and then
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returns almost instantaneously to zero. For a purely elastic material the shear stress

will stay constant during the held shear strain and go as σ(t) = Gγ (shown as the

green stress response in Figure 2.5). For a viscoelastic material the stress response to

the step strain has a time dependence and goes as

σ(t)

γ
= Gelastice

− t
τ + σelastic

with τ as characteristic timescale for the material’s relaxation time, τ = η0
Gelastic

. The

relaxation time is a fundamental property of the material [51, 55, 56]. The visco-elastic

solid will relax away a portion of the initial stress, and then maintain a non-zero

stress, σelastic . Visco-elastic fluids also exhibit stress relaxation, but with the stress

eventually decaying to zero[52].

Figure 2.5: Stress relaxation for viscous and elastic materials. Purely elastic
materials do not relax away stress under a held shear strain, whereas viscous materials
relax completely. Visco-elastic materials relax a portion of the stress prior to reaching
a plateau stress value for long time scales.
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I use these rheology techniques to probe the material properties of collagen net-

works, PDMS and various combinations of biological gels. Using the full spectrum of

oscillatory and shear rheology I am able to define bulk properties of these networks.

2.6 Rheology on Collagen

In Chapters 3 and 4, stress strain curves and stress relaxation of collagen networks are

monitored using an Anton Paar 301 or 302 rheometer(Graz, Austria) using a 25mm

parallel plate tool geometry with a gap size of 0.3mm to avoid gap-size dependent

rheology[57].

Collagen gels prepared in vitro are athermal due to the stiffness of fibers compared

to the characteristic mesh size of the network. When an external shear strain is applied

to a collagen gel, the network of interconnected fibers responds enthalpically, resulting

in rheological transitions that are determined by the specific mechanical state of the

network when polymerized. At small applied strains, the bulk rheology is linear and

elastic with a shear modulus G that originates from locally non-affine transformations

as the inherent curvature of fibers between network junctions is distorted [58, 59, 60].

Over a narrow range of applied strain, just beyond linear response, the gel transitions

to a configuration where an increasing fraction of the fibers become oriented in the

direction of the applied shear, leading to a nonlinear stiffening that reveals a rheolog-

ical response that is dominated by fiber stretching [28, 41, 59, 61]. At strains beyond

the nonlinear transition, nearly all remaining fibers are stretched in the direction of

shear, resulting in a non-linear response with a much higher effective modulus as

shown in Figure 2.6. Concomitant to the stretching of fibers with an applied shear

deformation is the increase of tensile stresses, resulting in negative normal stresses

that act to stabilize the network and contribute to the network stiffness[13, 14].
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Figure 2.6: Strain stiffening of biopolymer networks. Reprinted from Storm
et al. with permission [10].

In Chapter 5, I aim to connect the bulk rheological properties of collagen networks

to the individual fiber mechanics by directly measuring fiber forces using a novel

technique known as Boundary Stress Microscopy (BSM).
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Chapter 3

Non-linear Mechanics of Type-I Collagen

3.1 Introduction

Collagen is a main component of the extra-cellular matrix (ECM) within biological

tissues such as breast, tendon, and bone. The structure and mechanical properties

of ECM networks are crucial to cell motility and adhesions[2, 3, 4, 5, 6, 7, 8, 9].

When polymerized in vitro, Type-I collagen self-assembles into a branched, athermal

network that exhibits a non-linear response to shear deformations[28]. In response

to increasing shear deformations, the collagen network transitions between a bend-

dominated, linear regime for small deformations to a stretch-dominated non-linear

regime at larger strains. Small strain deformations result in a stress response that is

linearly related to the shear modulus G of the network[11]. For large strain deforma-

tions the network stress response is no longer linear with respect to G (non-linear) and

is dependent on the stretching of network fibers, indicating the network has stiffened

substantially[14]. This strain-stiffening is a property shared among many biological

polymer networks, including collagen and fibrin[10].

Polymerization conditions coupled with the post-polymerization addition of chem-

ical crosslinking moieties can dramatically influence the network architecture, fiber

stiffness, and ultimately the bulk rheological response of collagen gels [10, 19, 20]. In

particular, temperature can dramatically alter the nascent structure of the network,

determining the average coordination number 〈z〉, defined as the number of branch
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points within the gel, which is found to decrease with increased temperature (Fig

3.1)[58]. The rheology of networks is strongly coupled to the coordination number, for

collagen networks 〈z〉 ranges from three to four [14, 58, 62]. The relationship between

network size and structure plays a role in the nonlinear stiffening response, supporting

the idea that strain stiffening occurs when fibers align in the shear direction and tran-

sition from non-affine bending to affine stretching [54, 57]. The addition of chemical

cross-linkers post-polymerization influences network rheology through the creation of

additional bonds both intra- and inter-fiber. These additional bonds limit the slipping

of fibrils and lengthening of fibers, increasing both their tensile and bending modulii

[30, 31].

In this chapter I use in-vitro collagen gels as a model system to quantify the

response to shear deformations of branched networks within the stretch-dominated

non-linear regime. By changing polymerization conditions and through the addition

cross-linking, we are able to distinguish between a rheological response that is con-

trolled by single fiber mechanics from those controlled by the network architecture.

We find that the strain values that determine the onset of the stretch-dominated

non-linear regime, γc is determined by the structure of the network, which is set

by polymerization temperature. In contrast, the stresses within the network during

the stretch-dominated regime are set by the mechanics of single fibers, more specif-

ically the tensile modulus of the fibers, which we are able to modify via additional

cross-linkers post-polymerization.
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(a) 22◦C collagen. z projection ≈ 120µm (b) 37◦C z projection ≈ 101µm

Figure 3.1: Confocal images of collagen polymerized at 22◦C and 37◦ C.
Collagen concentration is set at 2mg/mL. Scale bar = 25µm

3.2 Materials and Methods

Collagen Polymerization

Type-I collagen derived from rat tail tendons is received in monomeric form in acetic

acid. The protocol used for collagen solutions is fully detailed in Appendix A.1. To

induce self assembly of a network the collagen solution is neutralized on ice. Once

neutralized the solution is degassed for five minutes on ice to reduce bubbles formed

during mixing. The final collagen solution is stable on ice for roughly two hours, and

begins to polymerize once warmed up to either 22◦C or 37◦C.

Polymerization conditions induce changes to the network structure and mechan-

ical properties. Network architecture can vary widely depending on the polymeriza-

tion temperature [20, 27]. Collagen polymerized at 37◦C has a smaller mesh size and
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shorter fiber bundles (Fig.3.1b), whereas 22◦C polymerization results in increasing

fiber bundle thickness and mesh size (Fig.3.1a) [2]. Varying polymerization temper-

ature also gives rise to different mechanical properties, with low temperature poly-

merization resulting in a higher storage modulus[20, 27, 28].. Manipulation of pH

during polymerization also significantly modifies network structure and mechanical

properties[63]. We hold a pH = 7.0 ± 0.5 to minimize changes to network rheology.

More acidic conditions result in networks with higher tensile strength, similar to low

temperature polymerization at 25◦C [2].

Post-Polymerization Cross-linking

Chemical cross-linkers create additional covalent bonds between collagen fibrils and

fibers. These additional bonds limit stress relaxation and increase the stiffness of the

network[31, 41]. Cross-linkers such as, glutaraldehyde (GA), genipin (GP), and trans-

glutaminase (TG) [32, 33] react with amine groups along collagen fibrils to expose

aldehyde groups and create additional covalent bonds[34, 35]. The exact placement

of these bonds occurs between both the fibrils and fibers within the network, lim-

iting the slipping of fibrils within fibers and the slipping of fibers past one another

in the network [36]. Both GP and GA are able to be introduced as cross-linkers

post-polymerization [28, 36, 38, 39, 40].

We utilize 0.1% Glutaraldehyde (GA) as a cross-linking agent. For cross-linked

collagen networks, the sample is soaked in 0.1% GA for four hours prior to any

rheological testing as shown in Figure 1.5. Cross-linking with GA post-polymerization

forms inter- and intra- fibril bonds within the collagen network but does not otherwise

alter the network structure[41, 64].
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Rheology

Rheology was performed with an Anton Paar 301 and 302 rheometer (Graz, Austria)

using a parallel-plate geometry. The rheometer temperature is held at 22◦C for sample

loading at a gap of 0.3mm. The rheometer geometry and gap height was chosen

to be large enough to avoid gap-size dependent mechanics for the entire collagen

sample[57].Once loaded, a custom made solvent trap is used to reduce drying, and

the base-plate temperature is set to 22◦C or 37◦C for polymerization, ranging from

one hour to three hours. Polymerization times were chosen based on the concentration

of the collagen solution, with low temperature and concentration solutions left up to

three hours to ensure full network formation. After the network is fully formed, 2

mL of either 1X PBS or 0.1% Glutaraldehyde in 1X PBS is flooded surrounding

the sample and tool. For ’plain’ collagen networks, no additional cross-linkers are

added and 1X PBS is allowed to sit for five minutes, for cross-linked collagen the

glutaraldehyde solution is left to cross-link the sample for four hours. After allowing

maximal cross-linking, strain sweeps are performed for 0.01% < γ < 0.1% at 1Hz to

measure the linear rheology of the network. Immediately following the linear rheology,

stress-strain curves are measured using a ramp strain protocol from γ = 0 − 100%

with a shear rate of γ̇ = 0.05%s−1.

Rheological Definitions

Stress and strain at the critical and yield points of the system are found using the first

and second derivatives of stress-strain curves. We define the onset of network breakage

and yielding with the yield strain, which is found by taking the maxima of the first

derivative of stress vs. strain max( δσ
δγ

) (Fig.C.1b). The critical strain is defined as

the inflection of the first derivative, or the maximum of the second derivative δ2σ
δγ2
|max
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(Fig.C.1c)[65]. The critical stress is defined as the shear stress at the critical strain.

The yield strain is taken to be the maximum of the first derivative of the stress-strain

curve. The yield stress is the shear stress corresponding to the yield strain. Due to

the noise present in the raw data, I utilize curve fitting methods to produce smooth

differentiable curves to overlay the data in order to more accurately identify critical

values. All data processing was done with Igor Pro (Wavemetrics, Portland OR). First

derivatives are found from stress-strain data differentiated using a central differences

derivation method (Fig.C.1b)and are smoothed using a second order Savitzky-Golay

filter prior to a second differentiation. To produce a smooth second derivative, a

polynomial is fit to the first derivative up to its maximum and then differentiated

and overlaid on top of the raw data second derivative(Fig.C.1c).

We extract the linear modulus, G through a linear, least squares fit over a min-

imum of five points within the low strain linear regime of each stress-strain curve.

(inset Fig.C.1a). The fit of G is compared to the linear oscillatory rheology to confirm

values.

3.3 Results and Discussion

The shear modulus G defines the linear constitutive relationship between stress and

strain and is often considered a measure of the elastic energy stored per unit volume.

Increasing collagen concentration leads to an increase in G (Figure 3.2), with a power

law dependence on concentration G ∝ c∼2 [28, 66]; power-law dependencies are also

observed in other biopolymer networks such as actin with G ∝ c2.5 [67]. At lower poly-

merization temperatures (T = 22◦C) thicker fiber bundles form with a characteristic

fan-like structure and large pore sizes (Fig. 3.1a). It is hypothesized that fiber thick-

ness is the primary mechanism for the observed growth of G at low temperatures[28],
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whereas at higher polymerization temperatures (T = 37◦C), increasing concentration

reduces the average mesh size, thus increasing G. The addition of chemical cross-

linking serves to increase the linear elastic modulus by an order of magnitude for all

polymerization temperatures (Figure 3.2). It is important to note that cross-linking

is performed post-polymerization and does not alter the network structure.
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Figure 3.2: Elastic modulus G as a function of collagen concentration.
Elastic modulus is shown for plain (open) and cross-linked (closed) networks poly-
merized at 22◦C (blue) and 37◦C (red). For all graphs {�,4, �, ◦} correspond to
concentrations c ={0.5, 1, 2, 3}mg/mL. Increasing concentration increases the elastic
modulus G, with a G ∝ c∼2 relationship for all temperatures. For a given concen-
tration, decreasing the polymerization temperature results in stiffer networks. The
addition of cross-linkers does not change the elastic modulus dependence on concen-
tration or temperature; cross-linking increases the elastic linear modulus by roughly
an order of magnitude consistently across all polymerization conditions.

The critical strain γc defines the onset of the stretch-dominated regime as the

network transitions out of the linear regime. For strains γ < γc both bending and

stretching are present [13, 14]. Above the critical strain, deformations in the network

are dominated by the stretching of fibers as they become aligned in the shear direc-

tion [14]. The critical strain is consistent for a given polymerization temperature, and

remains unchanged with the addition of cross-linking(Figure 3.3a). Networks polymer-
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Figure 3.3: Critical strain and fiber stress for Type-I collagen. Critical strain
and fiber stress (γc and σc · c−1) as a function of polymerization temperatures 22◦C
(blue) and 37◦C (red) and concentration for native (open) and cross-linked (closed)
networks. (a) Polymerization at higher temperatures results in an increased critical
strain value for both native and cross-linked networks. (b) The critical strain does
not show any dependence on network concentration. (c) Critical fiber stress is highly
dependent on the cross-linking of the network, and is relatively independent of poly-
merization temperature. (d) Fiber stress shows a dependence on collagen concentra-
tion.

ized at 37◦C have larger critical strains than those polymerized at 22◦C, as the net-

work undergoes more strain before fibers are fully straightened and begin stretching

in the shear direction. This agrees with the confocal images for the two polymeriza-

tion temperatures, 22◦C networks have large, elongated fiber bundles that are mostly

straight, whereas 37◦C networks fibers lack fiber bundling and appear to have more

homogeneously distributed branching points (Fig.3.1). Collagen concentration weakly

controls the critical strain (Fig. 3.3b)[65]. Increasing collagen concentration decreases
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the mesh size of the network. With shorter distances between network junctions, there

is less space for fibers to bend and reorient prior to stretching, which decreases the

critical strain values. Changes to either the network branching or mesh size control the

critical strain, supporting that the onset of the stretch-dominated non-linear regime

is set by the network structure.

In contrast, critical stress appears to only depend on the single fiber mechanics and

the addition of cross-linking. Scaling the bulk stress by the concentration of collagen,

σc · c−1 serves as a simple way to quantify the amount of stress within the network

fibers at the onset of the stretching regime. This fiber stress shows no dependence on

the polymerization temperature (Figure 3.3c) or the network concentration (Figure

3.3d)[60]. Network mesh size is related to the concentration of collagen monomers in

solution, scaling as ξ ∼ 1/
√
c [68]. The networks formed at 22◦C look much different

than those formed at 37◦C, but have similar stress responses within the non-linear

regime. The addition of cross-linkers increases the fiber stress by over an order of mag-

nitude, as the additional bonds within the fibers act to prevent fibril slip. For strains

γ > γc the response of the network is dependent on individual fiber mechanics, as

aligned fibers are stretched in the shear direction, with minimal structural contribu-

tions.

The limit of affine stretching occurs at the yield strain, γy, from Figure C.1.

The yield strain is dependent on the polymerization temperature of the network,

similar to that shown by the critical strain values. The temperature dependence is

not changed with varying collagen concentration or additional cross-linking (Figure

3.4a). The end of the stretch-dominated non-linear regime is also controlled purely

by network structure, as fibers are pulled out entirely straight and past their contour

length before rupturing. Similarly to the critical fiber stress, the fiber yield stress is

controlled by the addition of cross-linkers. The amount of stress required to reach
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Figure 3.4: Yield strain and fiber stress for Type-I collagen. Yield strain and
fiber stress (γc and σc · c−1) as a function of polymerization temperatures 22◦C (blue)
and 37◦C (red) and concentration for native (open) and cross-linked (closed) networks.
(a) Polymerization at higher temperatures results in an increased critical strain value
for both native and cross-linked networks. (b) The yield strain does not show any
dependence on network concentration. (c) Yield fiber stress is highly dependent on
the cross-linking of the network, and is relatively independent of polymerization tem-
perature. (d) Fiber stress shows a dependence on collagen concentration.

the yield point of the network only depends on the individual fiber mechanics with

minimal contributions from the arrangement of the fibers in the network structure.

Both the onset and the end of the linear regime is set by the network structure.

Within the non-linear regime ( γ > γc), fibers are primarily stretching in response

to deformation [13]. We use the non-linear modulus Ys to quantify the stretching

modulus of the fibers, much like G within the linear regime is used to interpret the

bending modulus of the fibers. The non-linear stiffness of the network is found by

a simple slope approximation in the non-linear regime Ys = σy−σc
γy−γc . The non-linear
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Figure 3.5: Non-linear stiffness as a function of concentration. Non-linear
stiffness normalized by the linear elastic modulus Ys/G with Ys = σy−σc

γy−γc as a func-
tion of network concentration c for plain (open) and cross-linked (closed) networks
polymerized at 22◦C (blue) and 37◦C (red).

stiffness is directly controlled by the cross-linking, indicating that the primary contri-

bution to the stiffness within the non-linear regime is the individual fiber mechanics.

When normalized by the linear elastic modulus G the ratio Ys/G provides a simple

connection between the linear elastic modulus and the non-linear modulus. For low

collagen concentrations (c < 3mg/mL) the non-linear modulus is linearly propor-

tional to the linear elastic modulus and controlled by temperature and cross-linking.

Networks polymerized with low collagen concentrations at 22◦C have Ys ≈ 2.5G

(Fig.3.5a), whereas networks polymerized at 37◦C have Ys ≈ 8G (Fig.3.5b). The

addition of cross-linking increases Ys/G by almost an order of magnitude for both

22◦C and 37◦C networks. This increase with addition of cross-linking suggests that

the bonds created by the GA work to increase the tensile modulus of individual fibers,

which in turn is the primary control for the non-linear stiffness without changing the
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scaling relation of Ys/G. The addition of cross-linking also increases G through the

bending modulus of individual fibers but its affects are competing against the network

structure. Once the collagen concentration is sufficiently high enough, Ys/G collapses

for all temperatures and loses dependence on cross-linking, suggesting that there is a

point at high concentration in which the network branch points are so closely packed

that the non-linear regime loses its complete dependence on individual fiber stretching

and gains a strong dependence on the network structure.

3.4 Conclusion

Bulk rheology contains information about the network mechanics, which is directly

tied to individual fibers within the stretch dominated non-linear regime. Setting spe-

cific polymerization conditions and the cross-linking status of individual fibers, allows

for the prediction of the onset of non-linear behavior and associated fiber stresses for

the network. The onset of the non-liner stretch regime, γc is set by the structure of

the network which is set by the polymerization temperature. In contrast, the stress

σc is set by the individual fiber mechanics and cross-linking.

The network structure remains unchanged with the addition of cross-linking or

increase of collagen concentration. The stresses within the network during the non-

linear regime are the result of aligned fibers stretching. The average stress a fiber

feels is set by the amount of cross-linking present within the fibers; fibers polymerized

at any temperature without additional cross-links require less stress to reach γc in

comparison to cross-linked fibers. Additional cross-linking changes fiber mechanics

(bending and tensile modulus) such that more stress is required to reorient and stretch

fibers, regardless of the overall network structure.
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Within the non-linear regime the we define a network non-linear modulus Ys as the

approximate slope between γc and γy. The non-linear modulus is comparable to the

stretching modulus of individual fibers, as the primary mode of deformation within

the non-linear regime is fiber stretching. Ys/G provides a simple ratio to compare

the linear elastic modulus G to the non-linear modulus Ys. For low collagen concen-

trations, the ratio is a constant value, with the non-linear modulus being directly

proportional to the linear modulus as a function of concentration such that Ys = XG,

with X being a constant. The addition of cross-linking increases the ratio by acting

to increase the tensile modulus of the individual fibers. We find that the stiffness for

a network within the stretching regime is consistently related to the linear elastic

modulus of the network.
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Chapter 4

Stress Relaxation of Type-I Collagen

4.1 Introduction

Bio-polymers such as collagen compose the majority of tissues within mammalian

creatures and form branched fiber networks that provide the scaffolding for cells

within the extra-cellular matrix (ECM). Collagen is a main component of the ECM

within biological tissues such as breast, tendon, and bone. The structure and mechan-

ical properties of ECM networks are crucial to cell motility and adhesions [2, 5]. When

polymerized in vitro, Type-I collagen self-assembles into a branched, athermal net-

work that exhibits a non-linear response to shear deformations[10, 14, 21, 28, 30].

Imposing small strain deformations results in a stress response that is linearly related

to the shear modulus G of the network[14]. For large deformations the network stress

response is no longer linear with respect to G, indicating the network has stiffened

substantially[10, 14, 58].

For an applied shear displacement, the fibrillar networks rearrange and reorient

in the direction of shear[41]. Bio-polymer networks such as fibrin, behave similarly to

collagen for constant strain shear deformations. Fibers parallel to the shear direction

show increased orientation and elongation, while those perpendicular to shear direc-

tion buckle[30, 54]. Within individual collagen fibrils and fibers under small applied

strains, there is stretching of the individual collagen molecules as well as an increase
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to the distance between linearly arranged molecules within the fibers[69]. The ten-

sile strength of single fibers is closely related to the length and diameter of each

fiber[16, 70]. It is possible to modify individual fibers by introducing additional cross-

linkers such as glutaraldehyde, that work at the fiber and fibril level by creating

additional covalent bonds between collagen monomers, increasing tensile strength of

fibers[36, 71].

Collagen networks exhibit both visco-elasticity and strain stiffening when under-

going shear deformations. One visco-elastic mechanism observed in collagen networks

for constant strain deformations, is the reduction in the bulk stress held within

the network[72, 73]. For a fixed shear deformation, fibrin networks also display

stress relaxation. There are no structural changes to the network seen with confocal

microscopy while stress is being relaxed, indicating the relaxation must be coming

from elongation mechanisms within the individual fibers. [30]. The stress relaxation

of networks has been shown to be strain dependent for networks polymerized at high

temperatures[72].

In this chapter I will utilize polymerization temperature, concentration, post-

polymerization cross-linking, strain magnitude and varying shear rates, to quan-

tify the stress relaxation response of collagen networks. Networks without additional

cross-linking have a relaxation response that is dependent on shear rate, whereas

cross-linked networks are more robust to strain regardless of shear rate, strain mag-

nitude, temperature, and concentration. The effects of fiber cross-linking on reducing

relaxation strengthens the argument that the stress relaxation response is primarily

controlled by internal individual fiber mechanics, rather than the bulk connectivity

or network structure as a means to reduce stress.
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4.2 Materials and Methods

Collagen

Type-I collagen derived from rat tail tendons is received in monomeric form in acetic

acid. The protocol used for collagen solutions is fully detailed in Appendix A.1. To

induce self assembly of a network the collagen solution is neutralized on ice. Once

neutralized the solution is degassed for five minutes on ice to reduce bubbles formed

during mixing. The final collagen solution is stable on ice for roughly two hours, and

begins to polymerize once warmed up above 0◦C.

As discussed in Chapter 1, varying polymerization conditions such as tempera-

ture, pH, and collagen concentration induce changes to the mechanical and structural

properties of the final network. For this chapter I will confine the polymerization tem-

peratures to either 22◦C or 37◦C. The pH will also be held steady at pH = 7.0± 0.2

to reduce changes to fiber formation.

The term "cross-links" is generally used to define nodes within a network where

there is a bond between network fibers. Here cross-linking is used to define additional

covalent bonds between collagen helices within fibrils. Reconstituted collagen net-

works are generally not fully cross-linked; the processing of acid solubilized collagen

removes the majority of native enzymatic cross-linkers that may have existed in the

donor specimen[15].

Post-Polymerization Cross-linking

The use of GA as a cross-linking agent provides a simple and reliable method to

modify network fibers post polymerization without modifying network structure[38].

The exact placement of these bonds has been suggested to take place between both

the fibrils and fibers within the network (seen in Figure 1.4), limiting the slipping of
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fibrils within fibers, and the slipping of fibers past one another[36]. The additional

stiff covalent bonds increases fiber bending and tensile modulii of fibers and limits

plastic deformations within the network[41].

I utilize 0.1% Glutaraldehyde (GA) as a cross-linking agent. After polymerization,

the collagen networks are soaked in GA solutions for four hours prior to any rheological

testing (Fig. 1.5). Cross-linking with GA post-polymerization forms inter- and intra-

fibril bonds within the collagen network but does not otherwise alter the network

structure[41, 64].

Rheology

To monitor the stress relaxation of collagen networks I follow rheological testing as

described in Chapter 2. For each relaxation test, a fresh sample is prepared and

polymerized before strain is applied. Strain is applied at a shear rate defined by

γ̇ =
γf−γi

∆t
, and then held for a minimum time of 500s while measuring the stress

response (Fig.4.1a). To investigate shear rate dependent relaxation, the shear rate is

varied three orders of magnitude, γ̇ = [5, 0.5, 0.05]%s−1.

I choose the final strain values for relaxation tests to be γc and γy, which are

defined for each network given its individual polymerization conditions and quanti-

fied in Chapter 3. The critical strain, γc, is defined as the maximum of the second

derivative of the stress-strain curve and estimates the transition point of the network

from the linear regime to the non-linear regime where the fibers begin to transition

from bending into stretching. The yield strain, γy, is defined as the maximum of the

first derivative of the stress-strain curve to represent the point at which the network

begins to yield. The derivation of both the critical and yield strain values is shown in

Appendix C.1 and Figure C.1. Final strains are chosen to be either γc or γy so that
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the networks will all be within a similar region in their stress-strain curve and the

resulting relaxation will be due to similar mechanisms.

(a)

Figure 4.1: Strain protocols for stress relaxation. A shear strain is applied
at a chosen shear rate and held constant while the stress response of the material is
monitored. The initial stress σ0 is taken as the initial stress once the tool is stationary,
this is also recorded as time t = 0. The final stress σf is the remaining stress at the
end of the hold period.

4.3 Results and Discussion

I performed relaxation tests on networks polymerized at 22◦C and 37◦C using each

networks relative critical (γc) and yield strain(γy), with γc < γy. For all networks,

increasing the strain from γc to γy resulted in a dramatic increase in the amount

of stress relaxed, seen in Figure 4.2, consistent with previous literature results[72].

The addition of post-polymerization cross-linking via glutaraldehyde resulted in a

reduction in the amount of stress relaxed when compared to the non-cross-linked

original networks(Fig.4.2 and Fig.4.3). The addition of covalent bonds both increases

the maximum stresses reached at the final strain (σ0), as well as decreases the amount
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Figure 4.2: Normalized stress relaxation for 1mg/mL collagen networks.
Networks are polymerized at 37◦C (a) and 22◦C (b). Collagen is strained to either the
critical strain,γc (dark) or yield strain γy (light). Additional cross-linking was added
post polymerization (filled). The fraction of stress relaxed is strain dependent for
networks formed at 22C and 37C. Increasing the strain induces more stress relaxation.
Cross-linking reduces the amount of stress relaxed in all cases, but strain dependence
remains.

of relaxation seen in the bulk rheology for both polymerization temperatures without

changing the network structure. This reduction in stress relaxation indicates that the

mechanism controlling the relaxation is contained within the network fibers, rather

than solely dependent on the network connectivity or structure.

Changing network concentration does not impact the strain dependent relaxation

behavior, with networks at both polymerization temperatures showing strain depen-

dent relaxations for concentrations both above and below 1mg/mL. In addition to

maintaining the strain dependent relaxation, all networks show a reduction in relax-
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Figure 4.3: Normalized stress relaxation for 2mg/mL collagen networks.
Networks are polymerized at 22◦C. Collagen is strained to either the critical strain,γc
(dark) or yield strain γy (light). Additional cross-linking was added post polymeriza-
tion (filled). The fraction of stress relaxed is strain dependent; increasing the strain
induces more stress relaxation. Cross-linking reduces the amount of stress relaxed in
all cases, but strain dependence remains.

ation after the use of post-polymerization cross-linking, an example 2mg/mL network

is shown in Figure 4.3.

To quantify the amount of stress lost within the network during the relaxation

time, I use the fraction of stress lost, which I define to be the difference between the

initial stress at t = 0s, σ0, and the final stress at t = 500s, σf , all normalized by the

initial stress, 1− σf
σ0
. The initial and final stress values are taken from stress relaxation

curves as shown in Figure4.3 for all concentrations and temperatures, including data

Figure 4.2. The fraction of stress lost simply quantifies the amount of stress relaxed

by the network, and allows comparison between temperatures and concentrations.

Varying the collagen solution concentration does not diminish the strain dependent

relaxation. However, networks polymerized at 22◦C without additional cross-linking,
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Figure 4.4: Percent stress lost during relaxation. Percent stress lost (1− σf
σ0
) for

strain γc and γy as a function of concentration for collagen polymerized at 22◦C (blue)
and 37◦C(red) both with (closed) and without(open) glutaraldehyde cross-linking. No
clear dependence on concentration, but there appears to be something unique about
1mg/mL, may indicate a change in mechanisms responsible for relaxation.

relax less stress when compared to networks polymerized at 37◦C using identical

collagen concentrations (Fig. 4.4a). Collagen networks polymerized at high temper-

ature (37◦C) have a smaller mesh size corresponding to shorter fibers. Conversely,

22◦C networks have larger mesh sizes and longer fiber bundles[2]. Collagen networks

polymerized at low temperatures also exhibit a higher elastic modulus than high tem-

perature networks due to the increased size of the fiber bundles[28]. Fibers and fibrils

that are both thicker in diameter and longer possess more bonds between molecules,

which could provide a mechanism to reduce the amount of stress relaxed[70]. For both

22◦C and 37◦C polymerizations, at a collagen concentration of 1mg/mL there is a

local minima in percent stress lost, of 30% of the initial stress . Above and below this

concentration, the amount of stress lost increases to roughly 50% of the initial stress.
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For networks strained to γy, there is no apparent connection to concentration or

temperature. At the yield strain the network is undergoing the onset of breakage

and so there are both fibers stretched as well as breaking, so the relaxation behavior

loses its sole dependence on fiber stretching and is also due to fiber breakage. We

do not expect any connection to fiber length or arrangement because the strain is

intentionally chosen to incorporate breaking. Figure 4.4a shows that the addition of

post-polymerization cross-linking reduces the percent stress lost for critical strains to

below 10%, and Figure 4.4b shows yield strain relaxations are similarly reduced to

below 20% using cross-linking.

The elastic behavior of the fibers is not dependent on the shear rate[74]. I con-

firm that the stress strain curves for the networks are not impacted by shear rate by

applying a strain sweep at increasing frequencies to mimic shear rate in Figure 4.5.

The modulus for all frequencies is indistinguishable from one another given the sensi-

tivity limits of the rheometer and across multiple sample repeats, confirming that for

all shear rates the networks should be responding with a similar elastic mechanisms

to one another. However, the stress relaxation is dependent on the shear rate applied

to the network, as seen in Figure 4.6. This shear rate dependence alludes to a viscous

mechanism controlling stress relaxation. For cross-linked networks the maximum ini-

tial stress values decrease with increasing shear rate, which is indicative of breakage

within the network prior to reaching the final strain value.

Once normalized, the dependence on shear rate becomes even more apparent, with

a dramatic increase in the amount of stress relaxed for higher shear rates(Fig. 4.7a).

Networks cross-linked with glutaraldehyde show minimal shear rate dependence; as all

cross-linked network relaxations fall within 2.5% of one another, and collapse on top of

each other for higher shear rates. This collapse indicates the additional bonds between

fibrils is enough minimize any relaxation mechanics. The spread between cross-linked
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Figure 4.5: Collagen strain sweeps at increasing frequency. Strain sweeps
for collagen networks of 1mg/mL polymerized at 37◦C using frequencies f =
[0.05, 0.5, 5]Hz using markers (◦, ◦,4).
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Figure 4.6: Raw rate dependent stress relaxation. Relaxation for collagen net-
works of 1mg/mL polymerized at 37◦C using shear rates γ̇ = [0.05, 0.5, 5]%s−1 using
markers (◦, ◦, ◦) respectively as well as networks cross-linked with glutaraldehyde (•)
for the same range of shear rates.
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Figure 4.7: Normalized rate dependent stress relaxation. 1mg/mL collagen
polymerized at 37◦C for non-cross-linked networks compared to networks cross-linked
with GA. Cross-linking appears to mitigate shear rate dependence. Shear rate depen-
dence indicates viscous behavior of fibers that is mitigated using additional cross-
linking to stiffen fibers. Shear rate dependence disappears for cross-linked networks.

relaxations is small in comparison to the nearly 30% spread shown for networks lacking

cross-linking in Figure 4.7. For non-cross-linked fibers, the rate dependence is shows

a clear viscous behavior within the fibers, which is hypothesized to be due to the

slippage of collagen molecules within the fibers past one another using an insulating

layer of water found within and between helices[24, 70, 74].

4.4 Conclusion

During strain deformation the stresses within a collagen network are a combination of

the elastic and viscous responses of the individual collagen fibers[73]. For all networks,
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increasing the strain deformation from γc to γy results in a dramatic increase in the

amount of stress lost to relaxation. This strain dependence has been seen in works

done with networks polymerized at 37◦C[72]. However, in this chapter I have shown

that strain dependent stress relaxation is a feature of networks at both 22◦C and 37◦C

for collagen concentrations ranging from 0.25mg/mL to 4mg/mL. Despite networks

of 22◦C and 37◦C having vastly different structures, strain dependent stress relaxation

is preserved. For a consistent strain deformation of γc, networks polymerized at 22◦C

networks relax less stress than networks polymerized at 37◦C, indicating a weak

dependence on temperature.

Post-polymerization cross-linking with GA works to create additional covalent

bonds inter- and intra- fibers. The post-polymerization process ensures that the

only change that occurs in increasing the individual fiber’s bend and tensile mod-

ulus without impacting the network structure. With the additional cross-linking the

amount of stress relaxed within the networks becomes indistinguishable from one

another. This indicates that the primary mechanism for stress relaxation is within

the network fibers, and independent of network connectivity or concentration.

Collagen networks also exhibit stress relaxation that is shear rate dependent for

strain deformations of γc. Increasing the shear rate over three orders of magnitude,

γ̇ = [0.05, 0.5, 5]%s−1 results in increasing the amount of stress lost to relaxation in

the network. In general, shear rate dependencies indicate viscous behavior within a

material. The use of post-polymerization cross-linking reduced the shear rate depen-

dence of the relaxation such that the networks were within 2% of one another. The

addition of covalent bonds between fibrils and collagen molecules inhibits the viscous

process of fibril slippage. It is not clear if the primary mechanism to reduce the viscous

behavior is the physical presence of the elastic bonds completely dominating the stress

response or that the GA molecules limit the presence of water between fibrils[74].
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Another hypothesis for the role of GA in minimizing stress relaxation suggests that

the bonds bring the distance between collagen molecules below a threshold of 1.3nm,

excluding water within the hydration layer around fibrils and allowing molecules to

directly interfere with each other [75].

Overall, the bulk stress relaxation seen is dominated by individual fiber mechanics

as fibrils interact with one another within fibers. The amount of relaxation is strongly

dependent on shear rate, cross-linking and final strain, with only a weak dependence

on network structure due to polymerization temperature.
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Chapter 5

Boundary Stress Microscopy of Type-I Collagen

5.1 Introduction

Boundary stress microscopy (BSM) is a modification of a technique to measure local

traction forces of cells known as traction force microscopy (TFM), with code provided

by Dufrense et. al [76]. Traditional use of TFM is monitoring the forces cell adhesions

exert on a lower substrate[76, 77, 78]. Cells are cultured on top of a well known

elastic solid material (most commonly PA or PDMS) as shown in figure 5.1, and

adhere to the substrate using adhesions[79, 80, 81]. Through these contacts cells are

able to sense their local environment and exert forces to control their movement[45].

Without the use of tracer beads, deformations by cells to the lower substrate of thin

silicone rubber can be seen as wrinkles using dark-field illuminated microscopy[82].

This method calculates the forces caused by cells by deforming the substrate to a

similar degree using a known force applied via microneedles[82]. Forces during cell

migration atop a 2D substrate have been directly calculated using TFM and the

displacement of tracer beads within PA gels[83].

BSM takes the use of TFM into measuring 3D systems in which the lower sub-

strate serves as one layer in a two layer system to measure the propagation of forces

through the upper layer material. This application of BSM has been proven to work

with numerous systems over a wide range of material properties, from dense suspen-

sions to fiber networks[60, 84]. Instead of having a fluid or flowing system on top,
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Figure 5.1: Traction force microscopy (TFM). I use a base substrate of PDMS
on top of glass. The top surface of the PDMS is covered with fluorescent beads. The
cell (red) forms adhesions to the gel substrate and exerts forces that deform the top
surface, the resulting bead deformations can be used to calculate the forces exerted
by the cell adhesions on the gel.

I polymerize collagen collagen networks directly on top of PDMS, creating collagen

fiber attachments at the boundary (Figure 5.2). Under shear, the collagen network

is deformed and the stress is propagated from the upper plate through the network,

causing deformation of fluorescent tracer beads along the PDMS boundary. My work

concentrated on developing a BSM protocol using PDMS gel as a lower boundary

substrate to measure the local fiber stresses of collage networks while performing

rheology.

5.2 Materials and Methods

Previous successful iterations of BSM have used polyacrylamide (PA) gels as the

lower substrate. The manufacturing of the PA substrate involves a separate cure and

transfer stage that can result in holes or valleys along the upper boundary of the

PA. Large void spaces leave regions unusable for BSM and create heterogeneities

in the thickness of the substrate below the collagen. PA gel swells in the presence

of water, an issue for collagen surrounded with buffer solution. The loss of volume

conservation and large void spaces make it a less desirable material than spin-coated
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Figure 5.2: Boundary stress microscopy (BSM). The base substrate is a clear
PDMS layer on top of glass, the top surface of the PDMS is covered with fluorescent
beads. Collagen is polymerized on top of the gel substrate and forms fiber attachments
to the PDMS and lower surface of the rheometer tool. Similarly to TFM, bead dis-
placements are used to calculate stresses transferred from the rheometer tool through
the network to the PDMS substrate. Additional chemical cross-linkers can be added
via diffusion through a reservoir surrounding the collagen sample.

PDMS gels with homogeneous thickness and smooth upper interface[54]. Using PA

substrates with storage modulii, G′ ∼ 350Pa, BSM has been successfully used to

show heterogeneous stress distributions for collagen networks[60].

I use a PDMS lower substrate to avoid the issues associated with PA gels. The

most commonly available PDMS for stiff substates is Sylgard 184 (DOW Corning,

Midland ,MI) with a tunable elastic modulii on the order of multiple kPa. For softer

materials such as collagen that exert lower magnitude of forces (on the order of 100Pa)

I use NuSil 8100 (Nusil, CA) and choose a ratio of gel to cross-linker that results in

a PDMS gel with an elastic modulus of ∼ 350Pa (Full protocol in Appendix A.2).

The appropriate ratio of base to cross-linker are chosen from Table A.2, and mixed

thoroughly to ensure a homogeneous distribution of cross-linker. The softer Nusil

8100 PDMS is more prone to bubbles forming during mixing and transfer, requiring
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a degassing step prior to use in coating the glass slides. While degassing, 40mm glass

slides are cleaned and prepared for coating.

The advantage to using PDMS is the ability to spin coat slides to the desired

thicknesses, avoiding the valleys created during the transfer of PA gels. Spin coating

of PDMS onto the glass cover slide ensures a uniform smooth surface. By carefully

choosing the speeds used for spin coating, the thickness of the PDMS layer can be

varied from 15µm− 30µm. It is important the the lower PDMS gel substrate not be

thinner than 15µm; thinner than 15µm allows the lower glass slide to become involved

in the mechanics of the gel deformation (Full protocol in Appendix A.3). The coated

glass slides are then careully transferred to a hot plate for curing at 90◦C for two

hours.

After PDMS curing, fluorescent tracer beads (0.5µm in size) are covalently bonded

to the surface. Beads can also be added prior to PDMS spin coating if desired. The

addition of beads between the glass slide and the PDMS layer, as well as on top of the

PDMS allows for a more accurate measurement of the thickness of the PDMS layer

using the confocal microscope. Without the lower beads, the top reflection of the glass

slide is used along with the top boundary beads to measure PDMS thickness (Full

protocol in Appendix A.4). Slides not being used the same day as manufacturing are

stored under 1X PBS without ions until use.

To begin gathering data for BSM, the confocal microscope is set up with either a

20X or 63X objective and the PDMS bead slides are secured in place to the custom

rheometer base plate. These custom base plates have windows cut through to allow

imaging. Collagen is then polymerized directly on top of the PDMS bead substrate,

all within the rheometer (Figure 5.2). The gap height chosen for the collagen is 300µm

in addition to the measured thickness of the PDMS bead slide. Because the rheometer

reports the strain for the total gap height, calculations are needed to ensure that the
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collagen network above the PDMS layer is experiencing the desired level of strain

(Appendix C.2).

As the rheometer applies a shear strain to the collagen-PDMS system, a stack

containing the plane of fluorescence tracer beads is imaged. The stack encompasses

the full diameter of the beads and is compressed in post processing to a 2D image. The

time series of 2D images are combined to form a movie showing the bead positions.

Particle tracking is used to locate the centroids of each bead particle and track their

positions for the duration of the shear[54, 85]. After tracking each particle during the

shear deformation, the displacements between each frame are calculated. It is also

possible to use particle image velocimetry (PIV) to calculate displacements between

frames. The displacements of the beads, and the stiffness of the PDMS substrate

are used to calculate the stress exerted on the lower boundary using the assumption

that the PDMS is a linear-elastic solid, using a modification to code provided in the

supplemental material of Style and Dufresne[76] (Full protocol in Appendix C.3).

5.3 Results and Discussion

Particle tracking and particle image velocimetry (PIV) provide methods for the cal-

culation of the small displacements of beads embedded within the PDMS substrate.

PIV works by breaking up the full image into smaller windows. In subsequent images,

the program works for compare images and find the displacement for each window

taken from the previous image (Fig. 5.3). Particle tracking works by identifying the

centroids for each individual beads within each frame. If the displacement of beads

between subsequent frames is small enough, the tracking code is able to identify and

track beads for the entire time sequence. From the calculated displacements of either
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image windows or individual beads, the raw images can be converted into displace-

ment maps such as Figure 5.3.

Figure 5.3: Local bead deformations found using PIV. There are clear regions
of heterogeneous deformation. Red arrows represent displacements in the direction
of shear with the size of the arrow corresponding to normalized magnitude of the
displacements.

The displacement maps from particle tracking or PIV are then converted to stress

maps, using information about the stiffness of the PDMS substrate. Figure 5.4 shows

stress maps that are normalized by the maximum stress. The displacement maps show

that there is a heterogeneous distribution of stress within the field of view[54]. The

high stress regions show fiber bundles attached to the PDMS substrate under shear.

For cyclic shear, fibers are display a diminished stress response for the second shear

cycle, which mimics the bulk response of decreasing total stress under cyclic shear[30].

To ensure that the field of view captured contains enough fiber attachments to

represent the bulk mechanics we compare the average stress per frame with the bulk

rheology taken at the same time point. The magnitudes of the stresses are much
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(a) Cycle 1 (b) Cycle 2

Figure 5.4: Normalized local boundary stresses for collagen networks under
shear. Normalized local boundary stresses are calculated using BSM techniques for
fibers connected to the PDMS substrate in a 145µm x 145µm area located at a radius
r = 2

3
R within the bulk sample, under an imposed cyclic shear of γ = 30%. Cycle

2 (right) shows decreased fiber stresses for the fibers attached at similar regions as
first cycle. This decrease in stress indicates lengthening or orientation of fibers in the
direction of shear and decreased ability to store stress. Stress maps are normalized
by the maximum stress calculated at the maximum strain within the first cycle.

different but once normalized, ( in Figure 5.5) the fibers attached within the field

of view have a similar stress relaxation to the bulk network. The average stress per

frame (blue) tracks the stress measured by bulk rheology (black), showing that the

field of view is large enough to capture both local heterogeneities as well as bulk

system behavior. The drop in the BSM stress is indicative of fibers within the field

of view undergoing buckling or deformation leading to the reduction of stress within

the fiber. Using BSM it is possible to capture the both the local scale stresses as

well as the bulk, or average, response of the network that aligns with bulk rheology

measurements.
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Figure 5.5: Bulk rheology compared to average boundary stress. Bulk rhe-
ology of collagen relaxation (black) compared to the average stresses per frame from
BSM (blue). The fibers within the BSM region show a similar final relaxation to the
bulk of the network. In the initial strain ramp (t < 600s) there is fiber buckling or
reorientation that causes the deviation from the bulk rheology.

Moving forward this technique will be able to monitor and measure the stresses

and mechanical response to shear for individual fibers simultaneously with the bulk

response of the network. The aim would be to use this information to explain indi-

vidual fibers from the network and their mechanics in response to strain and con-

tributions to the network response. Beyond plain shear rheology, using collagen and

bio-compatible materials allows the seeding of cells within the network, and moni-

toring of the forces cells exert on the network during migration.
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Chapter 6

Collaboration with Lawrence Livermore National Laboratory

(LLNL) and the Georgetown Lombardi Comprehensive Cancer Center

6.1 Introduction to Bio-Reactor Gels

In vivo tissues are a complex environment of cells, extra cellular matrix (ECM) and

vascular structures supplying blood and nutrients. The ECM plays a vital role for

cells, providing the structure they exist in, move through, interact with, and remodel.

The local environment impacts the phenotype, attachment, and migration of tumor

cells[2, 4, 46, 48, 86, 87]. They are able to sense the local stiffness of their surroundings

and alter their behavior[3, 5, 88]. Cells are able to tell the difference between 2D and

3D substrate environments and behave differently depending on their surroundings.

Using 3D culture environments is crucial to understanding how cells migrate, remodel

and interact with the ECM in vivo[42, 79]. The use of a bio-memetic 3D substrate is

a key component to the LLNL project, as we aim to culture patient derived cancer

cells in in vitro environments for the rapid parallel testing of chemotherapy drugs.

The use of an in vitro substrate to study cells also allows for continuous imaging

and monitoring of cell chemical output, as well as migration through the surroundings.

To study patient derived cells in an in vitro environment requires the manufacturing

of bio-mimetic and bio-compatible gel substrates that have vascular structures similar

to those found in tissue[89]. Most recent attempts at creating bio-memetic vascular-

ization involve the multiple layers of substrate and a removable lattice material that is
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vacated to form the vascular pathways[89, 90, 91].This method is reliable and repeat-

able, and allows for customization of both the substrate material and lattice material

used.

The gel substrate chosen for the LLNL bio-reactors is made of a gelatin and fibrin

co-gel (Full recipe in Appendix A.9). Individually gelatin and fibrin have been used

as cell culture substrates. Gelatin is a product of collagen created by thermal denat-

uration of the collagen triple helix structure into single-stranded molecules. Gelatin

without additional cross-linkers readily forms a gel as temperature is decreased below

37◦C, but remains relatively soft in comparison to substrates needed for cell cul-

ture. Fibrin networks are similarly too soft to mimic certain tissues, despite being

polymerized and cross-linked by thrombin.[92]

Figure 6.1: Polymerization of gelatin and transglutaminase gel. Polymeriza-
tion of a gelatin gel cross-linked with transglutaminase, data provided by O’Brien[93].
The final elastic modulus of the gel reaches ∼ 1kPa after around two hours.

The combination of the two bio-polymer systems creates a substrate with a stiff-

ness that mimics biological tissues with modulii on the order of ∼ 1kPa and supports

the use of 3D printing techniques to manufacture the bio-reactors. The gelatin and

55



Figure 6.2: Polymerization of a fibrin gel cross-linked with thrombin. Data
provided by O’Brien[93]. The final elastic modulus of the fibrin gel reaches ∼ 40Pa
after a very short polymerization time, and remains stable for 10+ hours.

fibrin gels are combined into a co-gel that is further cross-linked using transglutam-

inase (TG)[94]. The addition of a fibrin network within the gelatin has been shown

to impact on the survival, invasion, and structural shape of cells within the network.

Cells cultured within a bio-gel with minimal fibrin network display a phenotype

that is spherical in shape and have reduced invasion of their surroundings, in sharp

contrast with the cells cultured in bio-gels containing a robust fibrin network[95].

This phenotypic response of cells to the local gel micro-structure warranted further

investigations into how bio-gel assembly affects the final micro-structure experienced

by cells.

The bio-reactors are manufactured using a multi-step process involving the

printing and curing of layers of gel, pluronic, and cells. The initial layer of bio-gel
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Figure 6.3: Illustration of a fully assembled "Bio-reactor". Includes vascu-
larization and cell seeding locations. Pluronic is 3-D printed to form the desired
vascular structures and then back-filled with the bio-gel. After bio-gel polymerization
the pluronic is evacuated and the vacant space is filled with cell media to feed the
embedded cells or spheroids.

is flooded within the PDMS mold to create a gel base for the 3D printing of the

pluronic design. After curing the base layer of bio-gel at 37◦C, the pluronic is printed

into a customize-able pattern meant to mimic the vascularization of in vivo tissues.

The pluronic chosen is a solid at room temperature, and undergoes a phase transition

from solid to liquid when cooled to 4◦C. Once the pluronic structure is printed, the

remaining space within the mold is back-filled with bio-gel and sealed with a glass

slide. The bioreactor is kept at 37◦C to allow the remaining bio-gel to polymerize

fully before being transferred to 4◦C to melt and evacuate the pluronic[90, 91]. A

final illustration of an example bioreactor is shown in Figure 6.3. After evacuation,

the bioreactor is ready to be seeded with cells via flowing a mixture of media and cells

into the vacant space. To maintain cell viability the bioreactor is kept at 37◦C with
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a constant flow of media through the vacant channel to mimic for vascular functions

in vivo.

6.2 Rheology of Bio-Reactor Gels

The gelatin/fibrin hydrogel supports cell growth in three dimensions, replicating the

conditions found within in vivo tissue ECMs. Characterizing the exact stiffness and

microstructure of the gel matrix provides a more complete understanding of how well

the gel mimics a physiological system, and allows for the confirmation that the cells

are experiencing similar environments in vivo.
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Figure 6.4: Rheology of bio-gel polymerization at 37◦C. Polymerization curve
showing storage modulus G’ (red) and loss modulus G" (blue), for a LLNL biogel at
37◦C with a 0 minute TG incubation time.

Throughout the bio-reactor creation process the temperature is varied between

37◦C and 4◦C. Cell monitoring and media changes are all done at room temperature

(22◦C). Initial rheology testing only followed the gel for an hour of polymerization

while maintaining a temperature of 37◦C, while real-world production and appli-

cations of the bio-reactor requires temperature cycling between 37◦C and 4◦C. To

capture the rheological changes of the gel during manufacturing of the bio-reactor,
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oscillatory rheology was performed at a frequency of f = 1Hz and strain of γ = 1%

while the temperature was cycled through the construction procedure for the bio-

reactors, as seen in Figure 6.5. The gelatin and fibrin bio-gel undergoes a dramatic

change in elastic modulus, increasing by an order of magnitude, as the temperature

is lowered from 37◦C to 4◦C. A potential control over this temperature dependence

is the replacement of the gelatin component with collagen, or other bio-polymer that

is insensitive to temperature.
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Figure 6.5: Rheology of bio-gel polymerization during temperature cycles.
Polymerization curve showing storage G’ (solid) and loss modulus G" (open), for a
LLNL biogel sample with a 20 minute TG incubation time, and temperature cycling
from 4◦C − 37◦C (color gradient).

During the low temperature period, the gel modulus is increasing at a slower rate

than it had been for the high temperature period, indicating that the gel polymer-

ization and cross-linking has slowed down. This is to be expected as the gelatin is

the most temperature sensitive component of the gel; as the gelatin gets stiffer and

more viscous at low temperature, the process of cross-linking and network formation
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through the gelatin is arrested. Once the temperature is raised back above 22◦C the

bio-gel modulus returns to a value matching its stiffness before the temperature drop,

and then resumes a similar polymerization behavior to that seen initially. Lowering

the temperature not only arrests the gel polymerization, but increases the total gel

stiffness by an order of magnitude, which is critical to understand because the cells

seeded within the gel are extremely sensitive to their local environment stiffness and

micro-structure, both of which are changing within the temperature cycles.

6.3 Micro-structure Variations Caused by Gelatin Aging

While investigating rheology of the gelatin-fibrin bio-gel it was noted that the age

of the gelatin stock used has an impact on the cell growth and tumor proliferation

as reported by LLNL. To investigate the difference between freshly ordered gelatin

stock and aged stock (on the order of years older or artificially aged via extended

exposure to heat) I changed the type of gelatin used as well as vary the incubation

time with TG. Visually the final gel opacity of the gels made from fresh, un-aged

gelatin deviated from previous batches; fresh gelatin with the standard 20 minute TG

incubation results in clear gels, whereas gels made with aged gelatin were opaque.

Reducing or eliminating the TG incubation time while using the un-aged gelatin

produces an opaque final gel. The opacity of the gels indicates that there is a structural

difference between the two samples. Increased turbidity is a result of large aggregates

or structure within the sample that is able to reflect light and appears opaque, whereas

clear samples have minimal structure or aggregation allowing light to pass through

unobstructed.

Using confocal microscopy and fluorescently labelled fibrin I monitor of the evolu-

tion and polymerization of the fibrin network within gelatin to confirm the hypothesis
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of fibrin network structure based on visual observations of gel turbidity. For gels made

with aged gelatin stock there is a well defined fibrin network throughout, as seen in

figure 6.6d. Un-aged gelatin samples have no apparent fibrin network, rather they

have a homogeneously distributed background of small (∼ 1 − 3µm) labelled fibrin

aggregates suspended within the gelatin (Figure 6.6a). The gel samples made with

fresh gelatin stock and without a TG incubation time have a fibrin network more sim-

ilar to the old gelatin gels. While mixing it was noted that the qualitative viscosity of

the gel prior to the addition of thrombin was also dependent on the TG incubation

time. The new gelatin with a full 20 minute TG incubation was much more viscous

than the old gelatin, or new gelatin lacking TG incubation.

The addition of the TG begins the process of cross-linking the gelatin solution.

With un-aged gelatin stock, we assume that there has been minimal degradation of

the gelatin monomers, and minimal changes to the stock concentration, such that the

TG is able to cross-link the gelatin much more readily than in the aged gelatin stocks.

The enhanced ability to quickly form cross-links increases the viscosity of the gelatin

network early on during polymerization such that the fibrinogen monomers are kineti-

cally arrested before they are able to form a network. Kinetic arrest would explain why

the labelled fibrinogen aggregates are seen to be stable and homogeneously distributed

within the gelatin over long time scales(Fig.6.6a and b). To prove the stability of the

aggregates, the gel sample was partially bleached using the confocal laser and left for

over an hour. After one hour the bleached area was not seen to recover fluorescent

intensity, seen in Figure 6.6b as the large dark square within the fluorescing sample.

Artificially aged gelatin was created by exposing fresh gelatin powder to heat for a

prolonged period of time, in an attempt to damage the monomers and dehydrate the

powder to recreate the condition of aged gelatin. Preliminary attempts at artificial
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Figure 6.6: Confocal images of labelled fibrin network within the LLNL
bio-gel. New gelatin stock and 20 minute TG incubation (a), artificially aged gelatin
and 20 minute TG incubation (b), new gelatin and 0 minute TG incubation (c), and
old gelatin with 20 minute TG incubation (d). Red scale bars are 10µm while white
scale bars are 25µm

aging produces gelatin that behaves very similar to the fresh gelatin, and produces

well dispersed fibrin aggregates (Fig 6.6b).

Bench-top observations revealed that the gels made with fresh gelatin gel had the

ability to undergo a solid to liquid phase transition post-polymerization depending

on the storage temperature. Despite being fully cross-linked and having fully formed
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(a) 10min (b) 45min

Figure 6.7: Kinetic arrest of fibrin within the new gelatin stock. There is
no change in fibrin network formation over a period of 30min as the gelatin has fully
solidified and prevented fibrin monomer diffusion and network growth. Scale bar is
10µm

fibrin and gelatin gels, the samples stored at 22◦C returned to a liquid state within

72 hours, while those stored at 37◦C remained a solid gel with some shrinkage.

Cells are sensitive to their local environment microstructure and were shown to

behave differently for the two fibrin networks observed for the fresh and aged gelatin.

The cells showed a preference to bio-gels with fully formed fibrin networks, and

appeared to use the fibrin as a way of traversing and attaching to the bio-gel tissue,

whereas the kinetically arrested fibrin networks provided no structure for the cells to

form attachments with, resulting in very static and spherical cells[95].
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(a) 24hr (b) 72hr

Figure 6.8: Bio-gel phase change post-polymerization is temperature
dependent. Depending on storage temperature the bio-gel changes phase over a
period of 72 hours. Gel samples maintained at 37◦C remain in a solid gel state,
whereas gel samples polymerized for two hours at 37◦C and then left at 22◦C return
to a liquid state within 72 hours.

6.4 Rheology on Patient Derived Pancreatic Tumors

The bio-reactor project aims to place patient derived cells within a bio-gel substrate

with artificial vascularization to enable testing of chemotherapy drugs on multiple

tumor cells in parallel to more efficiently chose treatment options for patients. Cur-

rent methods for in vitro testing of chemotherapy drugs involve using mice and the

substrate for tumor growth after cells are retrieved from patients. In order for the

tumor cells to survive and metastasize similarly to their in vivo behavior, it is nec-

essary to recreate the biological environment using bio-gel with both similar stiffness

and microstructure to tissues. Previous experiments have shown that the bio-gel mod-

ulus once polymerized is ∼ 1kPA (Figure 6.5). To confirm that the bio-gel substrate

replicates the mechanical properties of in vivo tissues, the modulii of both healthy
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pancreatic tissue as well as pancreatic tumors are measured using oscillatory rheology

for comparison.

The tumor cells used are patient derived pancreatic cancer adenocarcinoma cells

that have been conditionally reprogrammed (CR) for implantation in mice and zebra

fish[96]. Prior to implantation within the mouse, the patient derived (G7) cells are

labelled using green fluorescent protein and luciferase (GFPLuc). The use of GFPLuc

creates tumor cells that fluoresce when exposed to 488nm laser light. The CR cells

are injected through the flanks and into the pancreas of the mice, along with culture

media and matrigel, and left to metastasize until they form a tumor at least 0.5cm3

in size; after the tumors reach a critical minimum mass, the mice are sacrificed and

tumors collected for rheology and histology[97].

Figure 6.9: Patient derived (G7) pancreatic tumors harvested from host
mice. Tumors have been labelled with GFPLuc providing both fluorescence and
luminescent labelling of cells, and were harvested from both the right and left sides of
the mouse. Unlabelled tumor cells and normal pancreatic tissue were harvested from
a second identical host mouse.

Rheology was done on the tumors using a 301 Anton Paar rheometer and a 25mm

parallel plate tool. Oscillatory strain sweeps were taken at f = 1Hz and 0.1% < γ <

10% for each tumor section.

Initially a small 6mm parallel plate tool was used, but the small contact area

and general surface smoothness of the tumors were not enough to keep the tumor

from slipping out from under the tool. If sufficient force was used to hold the tool in

contact the tumor was deformed up and around the edge of the tool. The use of a
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25mm parallel plate ensured that the entire tumor was in contact with the rheometer,

uniformly deforming the tumor and providing maximum contact area for maximum

torque signal.
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Figure 6.10: Rheology of patient derived (G7) pancreatic tumors.Oscillatory
rheology of patient derived pancreatic tumors(G7) harvested from mice and labelled
compared to normal pancreatic tissue (◦) and the bio-gel used by LLNL(–)). Tumors
were taken from both the left (L-green) and right (R-purple) pancreas and labelled
with GFPLuc. G’ calculated using the rheometer reported torque and corrected for
the volume of the tumors. All tumors have elastic modulii that is larger than healthy
pancreatic tissue.

As seen in Figure 6.10, the tumors labelled with G7GFPLuc have very similar

elastic modulii to one another, for both segments of the right tumor as well as the

left tumor (G7GFPLucR and G7GFPLucL) . The unlabelled tumor from the left side

of the mouse (G7L1) was moderately stiffer than the labelled tumors, but showed

similar behavior in response to the increasing strain. As expected, the non-cancerous

pancreatic tissue had a significantly smaller elastic modulus in comparison to the

tumors, but with similar magnitude to the bio-gel used by LLNL as a tumor tissue

substrate.
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6.4.1 Calculating Tumor Modulii

The tumor sections used were much smaller than the area of the 25mm parallel plate

tool. The rheometer calculates and reports modulii assuming the sample extends to

the very edge of the tool. The small sample size of the tumors necessitated calculating

the modulii by hand using the raw measured values for the torque generated by the

rheometer. If we assume that the total torque τT is generated only by the tumor

taking up an interior radius of rtumor with rtumor < R,

τT = 2πσL

∫ rtumor

0

r2dr = 2πσL
r3

3

∣∣∣rtumor
0

τT =
2

3
πσLr

3
tumor

rearranging to solve for the stresses generated by the tumor gives:

σ =
3

2π
τ

1

r3
tumor

For oscillatory rheology, stress is related to the elastic modulus, G’, by:

G
′
=
σ

γ
cos δ

with δ being the phase shift.

The strain experienced by the tumor is a fraction of the strain applied at the edge

of the tool,

γtumor =
r

R
γR

Plugging the strain experienced by the tumor to generate the stresses we get:

G
′

tumor =
σ cos δ
r
R
γR

Using the stresses generated by the tumor above and plugging in, we are able to

calculate a rough estimate for the elastic modulus (G′
tumor) of each tumor (seen in

Figure 6.10).

67



6.5 Discussion

Varying the age of the gelatin is found to control the fibrin network structure and

formation within the bio-gel during polymerization. Aged gelatin is degraded in such

a way that cross-linking with TG takes place over longer times scales, allowing the

fibrin to form a branched network within the gelatin. Fresh gelatin stocks are able to

quickly bond with TG and prevent a fibrin network from forming, instead freezing

dispersed fibrin aggregates in place.

Based on the findings for the differences in fibrin network formation caused by

gelatin aging, and TG incubation time, it is concluded that different artificial aging

techniques need to be implemented to reproduce the fibrin structure of naturally aged

gelatin gels. Until a procedure is found for artificial aging, it is possible to recover

the desired fibrin network by limiting the TG incubation time. Future studies should

be done for a systematic range of times between 0-20min for the TG incubation to

monitor the fibrin network formation and identify the ideal TG incubation time.

As a proof of principle for tumor rheology, I measured the stiffness of tumors and

to directly compare them to my rheology on the gelatin-fibrin bio-gel substrate. The

LLNL bio-gel appears to match with the rheology for healthy rat pancreatic tissue,

confirming the bio-gel as a successful replacement environment for pancreatic cancer

cells. The rheology also shows that if the desired environment for in vitro experiments

is the tissue within the tumor, modifications are needed to make the bio-gel stiffer to

match the rheology for the G7GFP tissue samples.
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Chapter 7

Summary and Conclusion

Chapter 1 provides an introduction to the motivation and contents of this dissertation.

It provides background on the composition and formation of type-I collagen networks

as well as the techniques used to investigate networks properties.

In Chapter 2 I outline the basic principles to rheology and the methodologies I

utilize for my work on collagen networks. Oscillatory rheology provides information

about the bulk shear modulus, G, while stress-strain curves allow me to identify

distinct regimes in which the mechanics of the network are dominated by either fiber

bending or stretching. I define the transition point between these two regimes as the

critical strain, γc. After identifying this critical transition strain, stress relaxation tests

provide information on the visco-elastic properties of the network at γc and strains

above. By leveraging this range of rheological test types I am able to quantify the

mechanical properties of my network.

Chapter 3 discusses the transition of collagen networks from a linear elastic regime

to the non-linear regime. The transition between the regimes takes place at a consis-

tent strain value that is primarily controlled by the network structure; the transition

is a product of network geometry. The stresses associated with the transitions between

regimes is controlled purely by individual fiber mechanics and cross-linking status,

rather than network structure.

In Chapter 4 I detail the relaxation mechanics for collagen networks under various

polymerization and cross-linking conditions. For all temperatures and cross-linking
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conditions, collagen networks exhibit a strain dependent relaxation, increasing the

final strain value results in increasing the amount of stress relaxed by the network.

While cross-linking reduces the amount of relaxation for all polymerization temper-

atures and concentrations, the networks still show the trend of strain dependent

relaxation. Networks without additional cross-linking also show a shear rate depen-

dent relaxation; Increasing the ramp shear rate results in an increase in the amount

of stress relaxed. This shear rate dependence indicates a viscous behavior of the fiber

mechanics or slipping of bonds between collagen helices. The viscous behavior is lost

with the introduction of additional cross-linking.

Chapter 5 elaborates on the uses of BSM as a measurement method for the stresses

exerted by individual collagen fibers on a lower boundary surface under shear. The use

of a soft PDMS lower substrate avoids previous issues related to PA gel manufacturing,

and allows for a simplified process for BSM procedures. The collagen networks exhibit

heterogenous stress distribution at the lower boundary, with only fibers attached to

the lower substrate participating in bead deformation. The stresses for individual

fibers and their mechanics can be averaged to achieve a similar mechanical relaxation

to the bulk response of the network. Future directions for this use would be to study

individual fiber attachments and stress relaxation for comparison to bulk behaviors,

as well as the addition of cells to the network to monitor the forces local adhesions

exert on the collagen network fibers.

In Chapter 6 I discussed the collaborative efforts with Lawrence Livermore

National Lab to create an in-vitro bio-memetic tissue substrate from gelatin and

fibrin that allows the study of patient derived tumor cells and spheroids. The micro-

structure of the fibrin network is a crucial component to the metastasis and invasion

of tumor cells within the gel. To better understand the in-vivo tissue stiffness, tumors

from patient derived pancreatic tumor cells were labelled and used for rheological
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testing in comparison to the healthy tissue and LLNL bio-gel. The results confirmed

the stiffness of the tumors was greater than that of healthy pancreatic tissue, which

was closely approximated by the LLNL bio-gel. This project holds great promise in

developing an in-vitro 3D cell culture system to study tumor cell metastasis and

rapid testing of chemotherapy drugs for patients.
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Appendix A

Material Protocols

A.1 Collagen Gels

A.1.1 Materials

1. DIH2O

2. 10X PBS (Cellgro)

3. 0.1N NaOH in 1X PBS made from stock 1N NaOH (Sodium Hydroxide, Acros,

124260010)

4. Type-I Collagen, High Concentration Rat Tail Tendon Collagen (Corning,

354249)

5. 1.5mL Microcetrifuge tube

6. Crushed ice

A.1.2 Procedure

*Note: All mixing of solutions is done on ice to prevent polymerization prior to

loading. Collagen stock is kept at 8C in fridge until use and then immediately replaced.

1. Insert stock solutions (except collagen) into crushed ice.

2. Insert microcentrifuge tube into ice.
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3. Follow recipe table (A.1) for a total sample volume of 300µL in order from

columns 2-5, mixing in microcentrifuge tube on ice.

4. Pipette mix total volume 3-4 times before degassing on ice for 5 minutes in

dessicator.

5. Final solution is now ready for use in rheological or confocal measurements and

is stable on ice for a maximum of 2 hours.

Table A.1: Collagen solution recipes for various concentrations. Solution
recipes are for a total sample volume of 300µL. Column 1 indicates final collagen
concentration for the solution c in units of mg/mL. Columns 2-5 indicate the volumes
of stock solutions used in units of µL. Volumes used are found using the provided
modified recipe from Corning.

c 0.1 NaOH 10X PBS DIH2O 8.9mg
mL

Coll Stock

0.5 4 29.5 249 17
1 8 29 229 34
2 16 28 190 67
3 23 28 148 101

A.1.3 Calculation of Stock Volumes

*Note: This is a modified version of the collagen recipe provided by Corning.

• Vcoll =
Vsample∗csample

cstock

• VNaOH = Vcoll ∗ (0.23)

• VPBS = Vunbuffered = Vsampple − VNaOH

• VDIH2O = Vsample − Vcoll − VNaOH − VPBS
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A.2 PDMS Gels

A.2.1 Materials

• NuSil 8100 Part A (NuSil, CA)

• Nusil 8100 Part B (NuSil, CA)

• Large plastic weigh dish

• Wooden stir stick

• Scale

• Dessicator

• Rheometer with temperature control base plate

• Steel Cone Geometry Tool (for Rheometer)

• Plastic Trimming Tool (for Rheometer)

• 2+ Circular 40mm Glass Microscope Slides (220-38-999 40CIR-1, Fisher Scien-

tific, PA)

• Vacuum grease

A.2.2 Procedure

1. Weigh out part A into the plastic weigh dish

2. Zero scale and weigh out part B into the same weigh dish

3. Mix part A and B together using the wooden stir stick. Stir thoroughly to ensure

homogeneous mixing.**Bubbles will form and this is okay.
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4. Place weigh dish in dessicator and dessicate the mixed PDMS for a minimum

of 30 minutes to ensure no bubbles are left in the solution.

5. The PDMS solution is ready for spin coating now and should be used immedi-

ately.

Table A.2: NuSil 8100 PDMS recipe. NuSil 8100 PDMS mixing ratios for parts
A:B and the resulting storage modulii. The exact ratio used will change the modulus
and it is important to check the stiffness of each batch made, prior to use for Boundary
stress microscopy.

Ratio A:B w:w Approximate Storage Modulus [Pa]

1:1 < 150
1:1.45 ∼ 500± 100
1:2 ∼ 1400± 100

A.3 PDMS Coated Slides for BSM

A.3.1 Materials

• NuSil 8100 PDMS (mixed and degassed following A.2

• Hotplate with temperature control

• Tinfoil

• Spin-Coater

A.3.2 Procedure

1. Using Table A.3, select the appropriate spin-coating settings for the desired gel

thickness. *Caution! Settings will vary depending on gel A:B ratio.
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2. Center the glass slide within spin-coater, and using spatula place 3 large drops

of PDMS solution in the center of the slide.

3. Replace cover on spin-coater, apply vacuum, and let spin-coater run.

4. Using tweezers, carefully transfer slide coated with PDMS to hotplate.

5. Cover slides with a tin foil "hat" to prevent dust from settling on the stop

surface

6. Set hotplate to 75− 90◦C and let slides cure for two hours.

7. Slides are now ready for coating with fluorescent beads, or use as-is. Storage

under 1X PBS with lid cover is recommended.

Table A.3: Spin coating settings and resulting thicknesses. Spin Coater set-
tings for NuSil 8100 of a ratio A:B of 1:1.45. Each spin speed should be set for a
period of t=30s.

t1[rpm] t2[rpm] Gel Thickness [µm]

1800 2600 15± 5
1000 1800 30± 5

A.4 Fluorescent Bead Coating for Boundary Stress Microscopy

A.4.1 Materials

• Glass slides coated with PDMS substrate

• EDAC

• Carboxylated fluorescent beads

• APTES (3-aminopropyl triethoxysilane)
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• Sonicator

• De-Ionized H2O (DIH2O)

• Tin foil

• Tin foil weigh boat

• 1X PBS with no ions

• 3mL micro-centrifuge tube

• 15mL centrifuge tube

• Large petri dishes (large enough to fit 1+ glass slides)

• 2+ Circular 40mm Glass Microscope Slides (220-38-999 40CIR-1, Fisher Scien-

tific, PA)

A.4.2 Procedure

1. Cover bottom of dessicator with tin foil and place the glass slides in the dessi-

cator, PDMS side upright

2. In the hood, pipette 70µL of APTES onto a tin foil weigh boat.

3. Place weigh boat of APTES in dessicator alongside the PDMS slides and cover

everything with a tin foil "hat" to contain the APTES.

4. Place dessicator under vacuum for 10 minutes

5. After 10 minutes turn off the vacuum and let the dessicator sit under pressure

for 30-45 minutes.
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6. While the glass slides are in the dessicator, dilute carboxylated beads in 1X

PBS without ions and sonicate for 25 minutes.

7. With five minutes left on the dessicator, remove the EDAC from the freezer.

Weigh out the appropriate amount of EDAC for your given bead solution into

a micro-centrifuge tube (100µgper1mL of bead solution).

8. Return the EDAC directly to the freezer after use.

9. Add to the EDAC micro-centrifuge tube 100µL of DIH2O for every 100µg of

EDAC.

10. In a 15mL centrifuge tube to make 1mL of final solution, add 100µL of the

diluted EDAC solution and 900µL and mix using pipette mixing.

11. Take the PDMS glass slides out of the dessicator and put in large plastic petri

dishes (will be used for storage later).

12. Gently pipette 2mL of final bead solution on to the center of each PDMS glass

slide.

13. Place fresh glass slides on top of the bead solution to form a "sandwich" and

apply pressure to spread the bead solution evenly over the PDMS substrate.

Let sit for 7 minutes.

14. Remove upper glass slides and gently rinse slides with 1X PBS without ions by

adding PBS in the corners of the petri dish to avoid shearing gel.

If need beads below PDMS substrate:

1. Dilute beads 1:100 in 1X PBS
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2. Dilute beads further 1:10 in ethanol

3. Pipette ethanol and bead solution onto plain glass slide (prior to spin-coating

with PDMS)

4. Using pipette tip, spread solution over entire slide and let dry

5. Slide is now ready for PDMS spin coating

A.5 LLNL Gelatin Stock

*Note: LLNL materials and protocol provided by LLNL and used with slight modifi-

cation

A.5.1 Materials

• Gelatin powder (Sigma, Type A: 300 Bloom from Porcine Skin, G18090-500G)

• 1X PBS(no ions),(Gibco, 10010-023)

• 1N NaOH

• Magnetic stir-bar

• Hot plate with stir-bar

• pH meter

• 150mL or larger clear glass bottle

• Sterilite vacuum filter sterilizer, 0.22µm PES

• 10mL Centrifuge tubes
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A.5.2 Procedure

DAY 1

1. For a final solution volume of 100mL of 15% gelatin, add 75mL of 1X PBS to

bottle along with magnetic stir bar.

2. Add 15g of gelatin powder to bottle and cap tightly.

3. Place bottle on hotplate set to 70◦C and stir speed set to ∼ 150rpm for 12+

hours. Care should be taken to ensure stirring does not generate bubbles, and

rpms used may vary.

DAY 2

1. Ensure all gelatin powder is dissolved before continuing.

2. Calibrate pH meter.

3. Adjust pH of gelatin solution using 1N NaOH pipetted in small increments until

pH reaches 7.5.

4. Bring total solution volume up to 100mL using 1X PBS [-] ions.

5. Allow solution to rewarm to 70◦C before continuing.

6. Filter solution using vacuum filter sterilizer, then allow to rewarm.

7. Aliquot sterilized gelatin into centrifuge tubes of smaller volumes. Recom-

mended volumes are 5-10mL per aliquot.

8. Store aliquots at ∼ 4◦C until use. Aliquots are stable for ∼ 1 month when stored

properly. Ensure gelatin does not freeze or rewarm prior to use.
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A.6 LLNL Stock Fibrinogen Solution

A.6.1 Materials

• 1X PBS no ions

• Fibrinogen (Sigma, F8630)

• 0.22µm PES Filter Sterilizer

• 10mL centrifuge tube

A.6.2 Procedure

1. Weight out Fibrinogen directly into the centrifuge tube (mF ).

2. Pipette the correct volume of 1X to bring the final solution concentration to

50mg/mL. Volume of 1X PBS found using mF
60mg/mL

−mF

3. Place centrifuge tube in bath at 37◦C for a minimum of 2 hours with gentle

inversion to aid mixing.

4. Once the majority of the fibrinogen is dissolved (there will be some left out of

solution) filter sterilize the solution using 0.22µm PES membrane.

5. Rewarm solution in 37◦ bath prior to use.

A.7 LLNL Stock Transglutaminase Solution

A.7.1 Materials

• Moo Gloo(TG) TI Transglutaminase Formula

• 1X PBS no ions
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• 10mL centrifuge tube

• 0.22µm PES Filter Sterilizer

A.7.2 Procedure

1. Weight out TG directly into the centrifuge tube (mTG).

2. While holding tube at a 45 degree angle, pipette in the correct volume of 1X

PBS to bring the final solution concentration to 60mg/mL. Volume of 1X PBS

found using mTG
60mg/mL

−mTG.

3. Place centrifuge tube in bath at 37◦C for a minimum of 2 hours with gentle

inversion to aid mixing.

4. Once the TG is fully dissolved, filter sterilize the solution using 0.22µm PES

membrane.

5. Rewarm solution in 37◦ bath prior to use.

A.8 LLNL Stock Thrombin Solution

A.8.1 Materials

• Thrombin powder 31U/mg (Sigma, T4648-10KU)

• 1X PBS no ions

• DIH2O

A.8.2 Procedure

1. Make an initial stock of 4,000 U/mL using DIH2O.
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2. Dilute 4,000 U/mL stock down to 200 U/mL using 1X PBS no ions.

3. Aliquot in amounts ≤ 0.5mL and store at −20◦C until use. Avoid excessive

freeze/thaw cycles.

A.9 LLNL Biogel

A.9.1 Materials

• 15% Gelatin in 1X PBS(no ions)

• 50mg/mL Fibrinogen in 1X PBS(no ions)

• 250mM CaCl2 in 1X PBS(no ions)

• 60mg/mL Transglutaminase (TG) in 1X PBS(no ions)

• 1X PBS(no ions) ,(Gibco, 10010-023)

• 200U/mL Thrombin in 1X PBS(no ions)**keep at -20C and thaw directly before

use. Avoid freeze/thaw cycles.

• Seriological Pipette

• 10mL centrifuge tubes

• 50mL centrifuge tubes

• Displacement Pipette

A.9.2 Procedure

* All mixing done at 37◦C

** Ensure all materials are filter sterilized prior to mixing

***Avoid bubbles while pipette mixing
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1. Heat all stock solutions to 37◦C, except for Thrombin. For volumes needed refer

to A.4.

2. Add Fibrinogen to 10mL centrifuge tube.

3. Add 1X PBS to tube with Fibrinogen.

4. Add TG to tube with the 1X PBS and Fibrinogen, pipette mix carefully.

5. Add CaCl2 to same tube. Pipette mix carefully.

6. Place in 37◦C bath.

7. WAIT 5 min. (5+ minutes results in protein precipitation).

8. Add Gelatin to tube and mix thoroughly (avoiding bubbles) using large serio-

logical pipette.

9. Place in 37◦C bath and WAIT 20 minutes to allow TG cross-linking. Perform

the next step during this incubation time.

10. Add Thrombin to separate large centrifuge tube and warm in 37◦C bath.

11. Using large seriological pipette transfer gelatin solution mix into large tube

containing Thrombin. Mix 2-3 times carefully (and quickly) to avoid bubbles

and immediately use displacement pipette to transfer to rheometer loading or

desired final polymerization destination.

12. Keep temperature at 37◦C and WAIT 1 hour to allow gel to completely poly-

merize.
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Table A.4: Bio-gel recipe.Volumes of stock solutions required to make a final
sample volume V in units of µL.

V[mL] Gelatin Fibrinogen TG CaCl2 PBS Thrombin

V V*(1/2) V*(1/5) V*(1/30) V*(1/100) V*(25.67/100) 5µL/1mLsample

1 500 200 33.3 10 257 5
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Appendix B

Boundary Stress Microscopy Protocols

B.1 Simultaneous Confocal and Rheological Measurements

The procedure for setting up Boundary Stress (BSM) measurements can be split

between two days if necessary, with the manufacturing of the PDMS/bead slides

taking place prior to the actual measurement day. Slides should be stored under 1X

PBS without ions and protected from ambient light until use. It is not recommended

to store slides for longer than 72 hours.

B.1.1 Materials

• 40mm glass slide coated with PDMS and beads using procedure from Appen-

dices A.2, A.3, and A.4

• Plain untreated 40mm glass slide

• 63X or 20X microscope objective (Leica, IL)

• Objective submersion oil, type FF (**)

• Vacuum grease ()

• Clear lucite slide clamp

• Collagen solution (on ice) at the desired concentration made using Appendix

A.1
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• Rheometer 25mm parallel plate tool, steel bottom (Anton Paar, **)

• Evaporation prevention clam shells (Custom made, Leon Der, Georgetown,

D.C.)

B.1.2 Procedure

1. turn on microscope and rheometer. Allow 1hr of warm up for rheometer prior

to calibration

2. set up objective, modify in microscope hardware config

3. using plain glass slide over top of the objective, zero gap rheometer using 25mm

parallel plate tool

4. Do motor and inertial adjustments using the plain glass slide

5. Raise tool, remove plain glass slide, apply immersion oil to objective through

base plate window

6. Place glass slide on base plate, secure with lucite slide clamp

7. bring objective up so the immersion fluid just makes contact with bottom of

PDMS/bead slide

8. Pipette collagen solution in center of PDMS/bead slide, lower rheometer tool

down to chosen height (note gap height is the desired thickness of the collage

in addition to the thickness of the PDMS slide)

9. Once tool is lowered, place evaporation control clam shells around rheometer

tool shaft and let collagen polymerize
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10. After polymerization, raise the focal plane of the confocal microscope to be at

the very bottom of the bead layer

11. During chosen shear for the collagen, make sure to account for difference

between the applied shear and the actual shear experienced by the collagen

using Appendix C.2

12. Image a z stack that encompasses the entire diameter of the beads. Make sure

that imaging is taken at an interval such that the strain evolved between stacks

is minimal such that the expected displacement of the beads is small

13. After imaging is complete, clean up rheometer and confocal setup following lab

procedures

14. Recover rheology data and .lif files from the confocal computers for use in force

calculations following Appendix C.3
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Appendix C

Derivations

C.1 Critical and Yield Strain Values

The critical and yield strain values are found using the stress-strain curves for collagen

networks, taken at a shear rate of γ̇ = 0.05%s−1. The first derivative of the stress-

strain curve with respect to strain (δσ/δγ) is taken and smoothed using a 5th order

Savitzky-Golay filter. The yield strain, γy is found using the maxima of the first

derivative. The critical strain γc is found by taking the maxima of the second derivative

of the stress-strain curve (δ2σ/δσ2). Critical strain values are shown in Figure C.1 as

dashed vertical lines.

From the stress-strain curves, the linear elastic modulus was found using a linear

fit for the first five points. The linear elastic modulus was also found for each sample

prior to the stress-strain curves by performing oscillatory rheology at f = 1Hz and

γ = 0.01%− 0.1% to avoid disturbing the system.

C.2 Applied Strain for Collagen and PDMS system

For the combined collagen and PDMS two layer system, the amount of strain the

collagen experiences is different than what the rheometer reports. This is because the

modulus of the PDMS is much greater than the collagen, so it experiences a negligible

amount of deformation. This difference in elastic modulus and height make it such

that the collagen experiences more strain than the rheometer reports, necessitating
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Figure C.1: Stress-strain data and derivatives used to find critical values.
(a) Sample stress-strain data of 2mg/mL collagen polymerized at 22◦C (◦) with 0.1%
glutaraldehyde cross-linker. Inset shows elastic modulus fit G (−). (b) First derivative
dσ
dγ

(◦) and polynomial fit up to the maximum γy as a guide for the eye(−). (c) Second
derivative d2σ

dγ2
(◦) and polynomial fit derivative (−) to find maximum γc.

the need for calculations to determine the actual strain experienced by the collagen

for a given applied strain.

For an applied strain, γapp = 0.2, a total gap height of ht = hcoll + hpdms, the

displacement of the top edge of the collagen is ∆xt. Using the definition of strain for

simple shear,

γapp =
∆xt
ht
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A desired strain γapp = 0.2 with a total gap height of ht = 315µm results in a top edge

displacement of 63µm if we assume the entire sample deforms as one unit. However,

we have established the elastic modulus of the bottom PDMS is much larger than that

of the collagen, such that it experiences no appreciable deformation. This assumption

means that the actual sample height that experiences deformation is given by hcoll.

Again using the quation for strain but this time subbing in our imposed top edge

deformation, and solving for the actual strain experienced by the collagen we get:

γcoll =
∆xt
hc

γcoll =
63µm

300µm
= 0.21

The strain experienced by the collagen upper layer is greater than that of the actually

applied strain reported by the rheometer.

γcoll > γapp

C.3 Boundary Stress for Collagen and PDMS system

The general procedure for BSM involves calculating the stress at the boundary of the

PDMS using the assumption that the lower PDMS layer is a linear-elastic solid. Stress

is calculated from the displacement of beads on lower surface, using procedures listed

in Appendices A.2,A.3,A.4 and B.1. BSM code from Style et. al. is used to transform

displacement of the beads to stresses[76]

C.3.1 Materials

• Particle tracking code

• FIJI with PIV plugin
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• Matlab

• Base code from Dufresne and Style supplemental materials[76]

C.3.2 Procedure

1. Take .lif files and compress the 3D stacks into a 2D image of the beads

2. Track bead centroids for each time frame using particle tracking code from Blair

Lab website.

3. Calculate the displacement of each bead between frames. This can be done

manually using the particle tracking outputs or can be done via PIV out puts

without particle tracking. For best results use particles that have been tracked

for the entirety of the experiment.

4. Convert bead displacement and position information into a structured array

format. Examples of structured array format available in the tutorial/sample

data given in the supplemental materials of Style et. al[76]

5. Using the BSM code, PDMS elastic modulus and thickness, and structured

array of bead displacements, generate stress maps

6. Stress maps rescaled and concatenated to create time series to watch the evo-

lution of boundary stresses.
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