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ABSTRACT

THE EFFECT OF CELL CONTRACTILITY AND PACKING ON EXTRACELLULAR
MATRIX AND SOFT TISSUE RHEOLOGY
Anne S. G. van Oosten
Paul A. Janmey
In the past decades it has become clear that the mechanical properties of tissues are
important for healthy functioning. The mechanical properties of tissues and their loadbearing components found in the extracellular matrix (ECM) have been tested
mechanically to provide more insight. However, there is a discrepancy between tissue
and ECM mechanics. In this thesis this discrepancy is investigated with a novel
multiaxial rheology method, which addresses a physiologically relevant combination of
shear and axial strains. Blood clots are used to study the effect of cell traction and cell
packing on ECM mechanics.
The results show that ECM networks compression soften and extension stiffen in a
typical asymmetric manner. The apparent Young’s moduli and shear moduli are
decoupled, and are strongly influenced by a modest degree of axial strain. Cell traction
induced pre-stress does not change the direction of this response but makes it more
symmetrical and increases shear moduli. Close red cell packing in blood clots reverses
the behavior of the clots from compression softening to stiffening, and from extension
and shear strain stiffening to softening, resembling soft tissues. The same effects can be
mimicked by embedding chemically inert beads into a fibrin network at densities
approaching the jamming threshold for granular and colloidal materials. The overall
conclusion is that cell jamming is likely to be the determining factor of soft tissue
mechanics. This has implications for the understanding of tissue mechanics in
physiological and pathological situations as well as the modeling of tissues.
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Figure 3.2: Testing of multiaxial rheology method with linear elastic
polyacrylamide gels. Showing the storage modulus (a), and axial stress (b). The
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Figure 3.5: Collagen type 1 networks soften in compression and stiffen in
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Figure 3.6: Coarse fibrin clots of 10 mg/ml soften in compression and
stiffen in extension. Rheology of a coarse fibrin clot with factor XIIIa cross-linking
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levels of axial strain, showing the storage modulus (a), axial stress (b) and loss tangent
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the data in (b) were obtained separately with the tensile tester. For tensile
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Figure 3.7: Coarse fibrin clots of 2 mg/ml soften in compression and stiffen
in extension. Rheology of a coarse fibrin clot with factor XIIIa cross-linking with a
concentration of 2 mg/ml measured at low shear strains (2%) at increasing levels of
axial strain, showing the storage modulus (a), axial stress (b), and loss tangent (c)
Figure 3.8: Simulations of storage moduli and axial stresses predict
multiaxial behavior of semiflexible biopolymers. Simulation for a diluted
phantomized triangular network (3D) with L/Lc = 6.67. (a) shows the storage modulus,
(b) shows the axial stresses. The normalised bending modulus 𝜅 = 10!! corresponds
with fibrin 𝜅 =   2×10!! with collagen.
Figure 3.9: Increasing the viscosity of the solvent phase of collagen
networks does not change multiaxial rheology. Rheology of composites with 2.5
mg/ml collagen and 4 mg/ml linear hyaluronic acid at low shear strains (2%) showing
the storage modulus (a), axial stress (b), and loss tangent (c). Experimental method is
identical as experiments with collagen gels as shown in Figure 3.4; with the
modification that samples are allowed longer relaxation times; between 15 and 30
minutes.
Figure 3.10: Composite collagen-hyaluronic acid networks strain-stiffen
significantly. Strain amplitude dependency of composite networks with 2.5 mg/ml
collagen and 4 mg/ml linear hyaluronic acid (in absence of axial strain).
Figure 3.11: Cross-linked hyaluronic acid gel shown different behavior
compared to semiflexible biopolymer networks. Rheology of 8 mg/ml thiolmodified hyaluronic acid cross-linked with thiol reactive PEGDA at low shear strains
(2%) at increasing levels of axial strain, showing the storage modulus (a) and axial
stress (b). Both measured with the shear rheometer.
Figure 4.1: Dynamics of storage moduli and axial stresses of 10 mg/ml
fibrin networks. Coarse networks (a-f) and fine networks (g, h) subjected to 1% (a,
b) or 10% (c-h) axial strain, with a sample diameter of 8mm (a-d, g, h) or 25mm (e,
f). Storage modulus is measured with oscillatory shear strain of 2%. The mean of 3
samples is shown. 3-10% of data points are depicted with a symbol.
Figure 4.2: Peak storage moduli normalized to initial storage moduli for 10
mg/ml fibrin networks subjected to varying axial strain, with varying
plate sizes and permeability. The initial modulus is calculated as an average over
10 sec before axial strain application, the peak is the highest point reached during or
immediately after axial strain application. A value of 1 indicates there is no peak but
the modulus moves to the new steady state without relaxation.
Figure 4.3: Dynamics of storage moduli and axial stresses of 2.5 mg/ml
collagen networks. Collagen networks (a-e) and composite collagen – HA networks
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(f, g) subjected to 0.5 comprssion% (a), 0.25% extension (b) or 5% compression (c, e)
2.5% compression (f) or 2.5% extension (d, g). Sample diameter was 25 mm (a-d, f, g)
or 8 mm (e). Storage modulus is measured with oscillatory shear strain of 2%. The
mean of 3 samples is shown. 3-10% of data points are depicted with a symbol.
Figure 4.4: Peak storage moduli normalized to initial storage moduli for
collagen networks subjected to varying axial strain, with varying plate
sizes and permeability. The initial modulus is calculated as an average over 10 sec
before axial strain application, the peak is the highest point reached during or
immediately after axial strain application. A value of 1 indicates there is no peak but
the modulus moves to the new steady state without relaxation.
Figure 4.5: Dynamics of storage moduli and axial stresses of coarse and
fine fibrin network at 2 mg/ml. Coarse networks (a) and fine networks (b) with a
sample diameter of 50 mm subjected to 5% compression. The mean of 3 samples is
shown. 3-10% of data points are depicted with a symbol.
Figure 4.6: Relaxation of storage moduli and axial stresses of fibrin
networks at 10 mg/ml after an axial step strain. The axial strain, plate size and
permeability were varied. The storage moduli (a, b) and axial stresses (c, d) were
normalized to the peak value that was reached after axial strain application. The mean
of 3 samples is shown.
Figure 4.7: Relaxation of storage moduli and axial stresses of collagen
networks after an axial step strain. The axial strain, plate size and permeability
were varied. The storage moduli (a, b) and axial stresses (c, d) were normalized to the
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Figure 4.9: Axial stress-relaxation compared to shear relaxation. A step
strain was imposed on a collagen network (a), 10 mg/ml coarse fibrin network (b), a
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of data points are depicted with a symbol.
Figure 4.10: Frequency-dependence of collagen and composite collagenhyaluronic acid networks in axial and shear direction. A 1% oscillatory strain
was imposed on a collagen network (a) and a composite collagen-hyaluronic acid
network (b) in compression, extension and shear. The average ± SD of 5 cycles is
shown for 1 sample. The shear moduli were obtained with the shear rheometer, the
Young’s moduli with the tensile tester. The dependence of the modulus to the frequency
is determined by fitting a power-law over the whole range of frequencies.
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Figure 5.1: Imaging of fibrin network in whole blood clots. Native state (left)
and with blebbistatin treatment (right). Fluorescent imaging of fibrin network by
incorporation of Alexa Fluor 488-fibrinogen.
Figure 5.2: Storage moduli of whole blood, plasma and fibrin clots. The
storage modulus of whole blood clots at 1% shear strain; and of plasma clots and fibrin
at 2% shear strain, all in absence of axial strain. For whole clots and fibrin the mean of
3 samples is shown ± SD; for prp 1 sample is shown, for ppp the mean of 2 samples is
shown ± SD
Figure 5.3: Native and blebbistatin-treated whole clots, platelet-rich and
platelet-poor plasma clot show compression softening and extension
stiffening. Rheology of native, blebbistatin-treated whole clots, ppp, and prp at low
shear strains (1-2%) at increasing levels of axial strain, showing the storage moduli
(a), axial stresses (b), loss tangents (c), and normalized storage moduli (d). The data
from (a), (b) and (c) are obtained simultaneously with the shear rheometer. For prp 1
sample is shown. For ppp the mean of 2 samples ± SD is shown, for whole clots 3
samples ± SD.
Figure 5.4: Simulations of storage moduli and axial stresses predict
multiaxial behavior of semiflexible biopolymers. Simulation for a diluted
phantomized triangular network (3D) with varying pre-stress and L/Lc = 6.67. (a, c)
show the storage modulus, (b, d) show the axial stresses. The normalised bending
modulus 𝜅 = 10!! corresponds with fibrin (a, b), 𝜅 =   2×10!! with collagen (c, d).
Figure 5.5: Dynamics of storage moduli and axial stresses of native and
blebbistatin-treated whole blood clots. A 5% compression (a, c) or extension (b,
d) was applied to native (a, b) or a blebbistatin-treated (c, d) clots. The storage
modulus is measured with a 1% shear strain.
Figure 5.6: Stress-relaxation of native and blebbistatin-treated whole
blood clots. The axial stress in compression and extension, and shear stress after a
5% strain is followed in time and normalized to the peak stress. The mean of 3 samples
is shown.
Figure 5.7: Strain-amplitude dependence of the storage moduli of native
and blebbistatin-treated clots compared to fibrin networks. The storage
modulus is shown as a function of the applied shear strain at a constant frequency of 1
rad/s.
Figure 6.1: Contracted clots compression stiffen and extension weaken.
Rheology of contracted rat blood clots at low shear strains (2%) at increasing levels of
axial strain, showing the storage modulus (a), axial stress (b) and loss tangent (c). The
data from (a), and (c) are obtained simultaneously with the shear rheometer. The axial
stress data in (b) are obtained with the tensile tester. The mean of 5 samples is shown ±
SD.
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Figure 6.2: Imaging of 3 jammed beads within fibrin network at different
depths. A 50% bead- fibrin construct is shown. Images show fibrin network imaged
with ALEXA-488 Fbg incorporation (a, b, c, d). Phase contrast image of beads (e)
corresponding with fluorescent image (a).
Figure 6.3: Beads embedded in a fibrin network change multiaxial
rheology to resemble tissues when bead density reaches a critical value.
Rheology of fibrin-bead constructs at low shear strains (2%) at increasing levels of
axial strain, showing the storage modulus (a), axial stress (b) and loss tangent (c). The
data from (a), (b) and (c) are obtained simultaneously with the shear rheometer.
Figure 6.4: Dynamics of storage moduli and axial stresses of contracted
clots and fibrin-bead constructs. A 5% compression (a, c, e, g) or extension (b, d,
f, h) was applied, to contracted clots (a, b), and 5 mg/ml fibrin networks with 50%
beads (c, d), 60% beads (e, f), and 70% beads (g, h). The mean of 3 samples is shown,
except for compressed contracted clots and 70% (n=4). 3-5% of data points is depicted
with a symbol.
Figure 6.5: Relaxation of storage modulus after axial strain application of
contracted clots and fibrin-bead constructs Stress-relaxation in compression,
extension and shear is shown, normalized to the peak stress of (a) contracted clots (b)
fibrin-bead construct with 50% beads, (c) constructs with 60% beads and (d)
constructs with 70% beads.
Figure 6.6: Stress-relaxation of contracted clots and fibrin-bead constructs
after a step axial or shear strain. Stress-relaxation in compression, extension and
shear is shown, normalized to the peak stress of (a) contracted clots (b) fibrin-bead
construct with 50% beads, (c) constructs with 60% beads and (d) constructs with 70%
beads.
Figure 6.7: Strain amplitude dependence of contracted clots. The storage
modulus of contracted rat blood clots is shown with increasing shear strains.
Figure 6.8: Strain amplitude dependence of fibrin-bead constructs at
varying axial strain. The storage modulus of fibrin-bead constructs with a bead
density of (a) 50% (b) 60% and, (c) 70% is shown with increasing shear strains at 20%
extension, 35% compression and 0% axial strain.
Figure 6.9: Overview of strain-stiffening and weakening behavior,
comparing normalized storage moduli of contracted clots and fibrin-beads
constructs. The storage modulus was normalized to the value at the lowest shear
stress (1% for contracted clots, 2% for constructs).
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CHAPTER 1: INTRODUCTION
When you study the material properties of tissues, you can’t help but to be impressed. It
is most intriguing that a material that is so soft and flexible can be equally strong and
resilient at the same time. The load bearing components of tissues, a class of materials
called biopolymers, are found both inside and around cells and have remarkable and
unique mechanical properties. Tissue strength is for good reason; the tissues in our
bodies and subsequently the cells in the tissues are constantly subjected to mechanical
stimuli. Often one will think of extreme events such as high impact sports when
considering mechanical stimuli on the body. However, all tissues are constantly
mechanically challenged. Even when lying perfectly still when you sleep, muscle
movements in the cardiovascular system, lungs and intestines are pushing and pulling
tissues. Also, gravitational forces are acting on tissues. These forces are necessary for
healthy functioning of tissues but can quickly become pathological when outside a
relatively narrow range.
The direct effect of forces on tissue function and development was documented as early
as 150 years ago. Henry Davis, an American orthopedic surgeon, made observations on
the production of new tendon as a response to tension 13. Three German orthopedic
surgeons separately published theories on the effect of forces on skeletal development.
Carl Hueter and Richard von Volkmann both concluded that an abnormally high level of
pressure slows down bone growth and that a lower level of pressure increased bone
growth 14,15. Julius Wolff stated that ‘every change in the function of bone is followed by
certain definite changes in internal architecture and external conformation in
accordance with mathematical laws’ 16. Another important work that emphasized the
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importance of forces in the development of a wide variety of tissues and organisms was
published in 1917. This book, On growth and form composed by Sir D’Arcy Wentworth
Thompson, is now considered one of the classical publications in the natural sciences 17.
Standard tissue culture techniques started to develop around the same time in history as
the publications mentioned above. Being able to study cells outside of the body resulted
in a flight of knowledge on the functioning of organisms. However, the belief that tissues
and cells respond to mechanical stimuli was not perpetuated into common biological
practice. On the contrary, most cell biologists operated under the belief that cells
respond merely to chemical cues, such as hormones. Consequently, to this day the
standard tool for cell culture remains the rigid (plastic or glass) dish, closely resembling
the version developed by Julius Petri while in Robert Koch’s lab 18. Though in their field,
microbiology, one used the dish as a carrier for agar or gelatin, scientists started growing
body cells directly in Petri dishes. However, tissue cells in the body are surrounded by
material that is much softer than glass or plastic – with the exception of bone – hence
the mechanical cues cells receive from being cultured in a plastic dish are
unphysiological. A breakthrough for the study of cell mechanics was the development of
the elastic substrate for cell culture by Albert Harris in 1980 19. In the mid 1990s the use
of elastic substrates for cell culture had been refined and scientists started to study the
effect of the material properties of these substrates on many aspects of cell behavior. We
now know that cell functionalities like morphology, cell traction, locomotion,
differentiation, and protein synthesis are influenced by the mechanical properties of the
substrate they grow on 20-23. Extrapolating these findings to cell behavior within tissues
in the body remains challenging as the properties of the materials in the body are much
more complex compared to the elastic substrates used in tissue culture.
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Tissues consist of cells surrounded by a network of proteins, sugary molecules and
hybrids thereof. This structure, called the extracellular matrix or ECM in short, is often
considered the mechanical backbone of tissues. The building blocks of the ECM can be
isolated from tissues and reconstituted in the lab. In order to better understand the
mechanical environment of cells in the body the mechanical properties of reconstituted
ECM networks have been investigated; mostly in shear, and to a lesser extend in
extension and compression. These experiments showed that the ECM has unique
mechanical properties that are not seen in simple rubber materials - like the elastic
substrates used to study cells in vitro. However, knowing the mechanical properties of
reconstituted ECM networks does not allow you to deduce the mechanical environment
of cells in vivo. The mechanical properties of these networks reported in literature show
a rather extreme variability. Another issue is that a deformation in the body is hardly
ever unidirectional, often there is a combination of shear and extension or compression.
Most importantly, there is a discrepancy between the mechanics of reconstituted ECM
networks and whole tissues. For example, ECM networks show an opposite response to
shear deformation compared to whole tissues, as shown in this thesis.
The primary goal of this thesis is to elucidate the factors contributing to the disparity
between ECM and tissue mechanics. This is done with a novel multiaxial rheology
approach, hereby also addressing a physiologically relevant combination of shear and
axial strains. Chapter 3 investigates the multiaxial rheology of semiflexible ECM
networks formed by collagen and fibrin, and also touches upon non-fibrillar ECM
constituents and composites of fibrillar and non-fibrillar ECM constituents. Chapter 4
discusses the dynamics of the mechanical properties of these networks during multiaxial
deformation.
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The obvious difference between a tissue and an ECM network is the presence of cells in a
tissue. Cells could change the mechanics of the ECM network in several ways. Here blood
clots are used as a model for soft tissues, to test the effect of cells on a fibrin network.
Chapter 5 addresses the effect of cell contractility on the multiaxial rheology of plasma
and blood clots. Chapter 6 addresses the effect of cell packing in fibrin networks both
with and without platelets.
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CHAPTER 2: BACKGROUND
2.1 Tissue = cells + extracellular matrix
Tissues are formed by cells and extracellular matrix (ECM). The cells, which are the
smallest functional units of the tissue, perform all vital functions such as energy
production and synthesis of proteins. The ECM is the supporting structure around the
cells. It is an intricate network formed by proteins, such as collagen, sugary fibers such as
hyaluronic acid, and other components that the cells synthesize and organize around
them. Especially connective tissues have a very abundant extracellular matrix 24. (Figure
2.1)

Figure 2.1: The ECM and cells in a tissue. Schematic representation (left) and
microscope image (right) of connective tissue, showing cells embedded in
extracellular matrix. Picture adopted from 5

The extracellular matrix was often though of as an inert substance, a space-filler
necessary for water retention, and in some cases mechanical strength. It has become
clear over the past decades that the ECM is a highly dynamic material that has an
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important role in preserving both chemical and mechanical homeostasis is tissue. In
addition, cells actively interact with their ECM, through receptors on the cell surface.
(Figure 2.2) These receptors are in turn attached to the cytoskeleton inside the cell;
which allows the cells to exert forces on the surrounding ECM 25.

Figure 2.2: Interaction between membrane receptors and ECM. Schematic
representation of a cell membrane with integrin receptors in the membrane making
connections with extracellular matrix constituents. Picture adopted from 3.

2.1.1 Collagen: the most common extracellular matrix protein
The major ECM constituent in mammals is the protein collagen. There are as many as 28
types of collagen known; collagen type 1 is by far the most abundant in the body. The
hallmark of a collagen is the chain of continuous glycine-X-Y amino acid repeats in
which X and Y can be any amino acid. For fibril forming collagens like collagen type 1
usually the second amino acid is a proline, and the third a hydroxyproline. Three of such
so-called α-chains twist around each other to form a tropo-collagen. Tropocollagen
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monomers self-assemble into larger structures. Fibrils can further aggregate into even
larger fibers. (Figure 2.3) Some collagens form networks or associate with other collagen
fibrils. In the body the fibrils or fibers are cross-linked by specific enzymes such as lysyl
oxidases or transglutaminases 26. Reconstituted collagen networks do not contain these
enzymes and therefore lack covalent cross-links, these network are entangled.

Figure 2.3: Collagen self-assembly. Collagen peptide chains form tropocollagen and
subsequently assemble into collagen fibrils and fibers. Picture adopted from 7.

2.1.2 Fibrin: the extracellular matrix of blood clots
A protein called fibrin forms the extracellular matrix of blood clots, it is formed by
monomers called fibrinogen which are always present in the blood. The enzyme
thrombin is needed to form fibrin fibers from fibrinogen. Thrombin cleaves off
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fibrinopeptides after which the fibrinogen monomers assemble in a typical lateral
manner. The smallest assemblies are called protofibrils. The protofibrils pack together to
form larger fibers, which can branch out. (Figure 2.4) Fibrin fibers can be cross-linked by
specific enzymes. The transglutaminase factor XIIIa cross-links the fibrinogen monomer
ends within the fiber. Factor XIII is activated by thrombin as well but only in the
presence of calcium. When fibrin networks are reconstituted in the lab they form
branched, entangled networks 11.

Figure 2.4: Fibrin polymerization. Schematic representation of fibrinogen
polymerization into fibrin fibers. Picture adopted from 1.

2.1.3 Blood clots and how they compare to soft tissues
Blood clots are a unique tissue, as they are only formed in pathological situations. When
a vessel is damaged, chemicals are released that set the blood clotting cascade in motion;
which leads to thrombin activation among other things. The most important cells
involved in blood clotting are platelets. The platelets attach to the fibrin network, often
in aggregates, and pull on the network thus contracting it. In certain situations red blood
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cells are trapped in the network, as well as immune cells. When the fibrin network is
contracted by platelets, fluid (blood serum) is squeezed out and a very tight seal is
formed that stops bleeding 11.
In a laboratory setting different variants of blood clots can be formed: a plasma clot, a
whole clot or a contracted clot. In vivo plasma clots can be formed in the arterial system.
In the lab this can be mimicked with blood from which the red blood cells are removed
by centrifugation. The plasma clot is then formed from the remaining platelet-rich
plasma (prp).
When blood is clotted in a container to which the fibrin attaches sufficiently, the platelets
are not able to pull the fibrin network together or squeeze out fluid. All of the blood
constituents remain in the clot and is it therefore called a whole blood clot. The whole
clot generally has a fibrin concentration of around 2 mg/ml and a red blood cell volume
density of 40-50%. Hence, there is still a large volume of plasma present in the clot.
(Figure 2.5)

Figure 2.5: Fibrin and whole blood clot. Electron micrograph of (A) a reconstituted
fibrin network and (B) a whole blood clot. The fibrin network is pulled on by aggregated
platelets with red blood cells trapped in the network, plasma fills the open spaces. Images
adopted from 11. Bar = 5 µm
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In contracted clots red blood cells are trapped, and all the fluid (serum) has been
squeezed out. A contracted clot is made in the lab by letting the blood clot form in a
container to which the fibrin network does not attach. The platelets can contract the
fibrin network so vigorously that the red blood cells trapped in the network deform to
polyhedrals. (Figure 2.6) In vivo red blood cells get trapped in the fibrin network as well,
mostly in the venous system 12.

Figure 2.6: Contracted blood clot. Electron micrographs of interior (A) and exterior
(B) of a contracted blood clot. In (A) the polyhedral shape of the tightly packed red blood
cells can be seen. In (B) the fibrin network can be seen stretching over the red blood cells
on the outside of the clot. Picture from 12. Bar = 10 µm

Blood clots form a simple model system for soft tissues; in most soft tissues there is a
modest extracellular matrix surrounding a densely packed cell formation. However, the
soft tissue cells form many contacts with the ECM surrounding them. Blood clots allow
studying the effect of volume conservation and cell traction separately. The volume
conserving red blood cells are considered mostly non-adhesive. The platelets form
contacts with the fibrin network and put tension on the network, but form a very small
volume fraction of the total blood clot.
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2.2 Measuring ECM and tissue mechanics
2.2.1 Understanding basic mechanical properties
When you poke something you can feel whether it is soft or hard. Measuring material
mechanics is simply a more sophisticated way of poking and feeling. The three most
common ways of testing mechanical properties of materials are by compressing,
extending or shearing them, as depicted in Figure 2.7. The stress τ on a material is
defined as the force F over the area A on which the force is applied:
τ = F/A

(2.1)

With stress in Pa, force in N and area in m2. (Note sometimes the symbol σ is used to
depict stress.)
The modulus (E in axial direction and G in shear) is a quantitative measure of material
strength. It is calculated by observing the deformation γ (or strain) of a material when a
known stress is applied, or by measuring stress when a known strain is applied.
E (or G) = τ/γ

(2.2)

With modulus in Pa. (Note sometimes the symbol ε is used to depict stress.)
For linear isotropic elastic solids the shear modulus and axial modulus are related by the
Poisson’s ratio ν of the material by:
E = 2 G (1 + ν)

(2.3)
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For Newtonian fluids the stress is directly related to the change in deformation 𝛾 (strain
rate) and viscosity µ as follows:
τ=µ𝛾

(2.4)

With dynamic viscosity in Pa*s and strain rate in s-1.

Figure 2.7: Depicting compressive, extensional and shear deformation
and showing how stress and moduli are determined. Pictures adopted from 4.

2.2.2 Biological materials are viscoelastic materials
Most tissues and biopolymer networks, including extracellular matrices like collagen and
fibrin networks, are viscoelastic. Their mechanical behavior lies in between an elastic
12

solid like rubber and a viscous fluid like honey 27-34. Viscoelastic materials show time
dependent behavior like stress-relaxation. Figure 2.8 shows examples of the response of
an elastic, viscous and viscoelastic material to a quick deformation (or strain) that is kept
constant. An elastic solid like a rubber band will deform immediately and the resulting
tension (stress) in the rubber band will be maintained, or ‘stored’, which is often
modeled as a spring. As a result, the rubber band will snap back quickly and return fully
to its original shape. On the other hand, when deforming a viscous fluid like honey, the
tension dissipates immediately; hence the energy put into the movement is ‘lost’, often
modeled as a dashpot. Viscoelastic materials show behavior between these two extremes,
for a viscoelastic solid only a part of the energy will dissipate, for a viscoelastic fluid all
energy will dissipate eventually 2.
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Figure 2.8: Typical stress after application of constant strain for an elastic solid, a
viscous fluid, an viscoelastic solid and viscoelastic fluid. Graphs adopted from 2.

2.2.3 Rheometers are devices to measure mechanical properties of materials
Rheometers, literally machines that measure how materials flow, come in all shapes and
sizes. The rheometers used in the presented thesis research measure macroscopic
material properties of a piece of tissue or network constrained between 2 parallel plates.
One of the plates moves to apply a well-defined strain to the samples, while the stress
response is monitored. The tensile tester applies a known compression or extension by
moving the upper plate up or down. It continuously records the axial force the sample
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exerts on a force transducer that is attached to the upper plate. Equations 2.1 and 2.2 are
used to calculate the modulus of the materials.
The shear rheometer applies a shear strain by rotating the bottom plate. A force
transducer is attached to the upper plate, which measures the torque that the sample
exerts on the plate. The working equations of the shear rheometer are far more
complicated than those of the axial rheometer.
When a shear strain is applied by rotating a parallel plate the strain field is not
homogeneous. The shear strain varies with radius r, hence it is maximum on the edge
and zero in the center. Furthermore, the strain at position r = R depends on the angular
displacement θ, and the distance between the plates or gap height h:

𝛾=

𝜃𝑅

(2.5)

ℎ

With angular displacement in radians, gap and radius in m.
Hence the shear rate at a position r = R depends on the angular velocity as follows:

𝛾 = Ω𝑅
ℎ

(2.6)

With angular velocity in rad/s.
The shear stress is calculated from the torque balance M on the upper plate:

𝜏 =   

𝑀
2𝜋𝑅

3

3 +   

𝑑 ln 𝑀
𝑑 ln 𝛾

(2.7)

With the torque balance in Nm.
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Shear rheometers are often used in an oscillatory mode as this allows to continuously
measure material properties over long time scales at small strains. In this particular setup the shear strain oscillates sinusoidally with a given frequency ω:

𝛾 =    𝛾! sin 𝜔𝑡

(2.8)

With frequency in rad/s,
In the linear regime the stress will oscillate sinusoidally at the same frequency as the
strain but in the case of viscous fluids and viscoelastic materials the stress response will
be shifted by a phase angle δ.

𝜏 =    𝜏! sin(𝜔𝑡 +   𝛿)

(2.9)

With the phase angle in rad.
For elastic solids the stress-strain response is completely in phase, the phase angle is 0°.
For viscous fluids the stress response is completely out of phase with the strain, the
phase angle is 90°. Viscoelastic materials have a phase angle between 0° and 90°, which
allows to decompose the stress response in an in-phase fraction 𝜏 ! and out-of-phase
fraction 𝜏 !!   as follows:

𝜏 = 𝜏 ! + 𝜏 !! = 𝜏′! sin 𝜔𝑡 + 𝜏′′! cos 𝜔𝑡

(2.10)

This in turn allows to express the modulus of the material in an elastic in-phase
contribution, given by the storage modulus G’. The viscous out-of-phase contribution is
given by the loss modulus G’’. The two can be combined in a complex modulus G* as
follows:
G* = G’ + iG’’

(2.11)
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Equation 2.8 - 2.10 also allows one to deduct that the tangent of the phase angle δ is
simply:

tan 𝛿 =   

𝐺′′
𝐺′

(2.12)

The loss tangent is a useful way of expressing where on the spectrum of viscoelasticity a
material falls.
2.3.4 Multiaxial measurements with a shear rheometer
As mentioned in the previous section, a shear rheometer is normally used to measure
material properties in shear and a tensile tester is used for compression and extension
testing. In the presented research, the shear rheometer is used to do both. The gap
between the rheometer plates can be changed manually and thereby used to apply axial
strain, while the rheometer is programmed to apply shear strain.
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2.3 The extraordinary mechanical properties of the extracellular matrix.
2.3.1 Mechanical properties of reconstituted collagen and fibrin networks
(adapted from Van Oosten, Galie, Janmey, ‘Mechanical properties of hydrogels’, from Gels
Handbook, Fundamentals, Properties and Applications of hydrogels, World Scientific Publishing
Company)

2.3.1.1 Collagen
In the presented research we will focus on the fibrillar collagen type 1, which is the
predominant type of collagen in vivo and the most common collagen used to create
collagen hydrogels in vitro. The situation in vivo is much more complex because of the
addition of other collagen types 35,36 and other ECM components such as hyaluronic acid
37,

chondroitin sulfate 36 fibronectin and laminin 38, which alter the structure and

mechanics of hydrogels based on collagen type 1.
The mechanical behavior of collagen gels in the linear regime has been tested
extensively, both in shear and uniaxial deformation. Generally, the variability of
mechanical measurements of collagen hydrogels is rather large due to differences in the
collagen source, hydrogel preparation and testing conditions. 39-41. For example the fibril
diameter and striation are modified by fluctuations in polymerization temperature, pH,
and ionic strength 42-44. The isolation method of collagen also affects the mechanical
properties of the networks; when acid-extraction is used the collagen telo-peptides
remain intact, whereas during pepsin digestion the telopeptides are cleaved, thereby
eliminating important cross-linking sites 39-41.
The shear storage modulus of collagen hydrogels in the concentration range of 0.5 – 10
mg/ml falls between 2 and 150 Pa. The loss modulus is typically 10-20% of the elastic
modulus. The shear moduli show little frequency dependence 35,45.
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In contrast to the relatively low magnitudes of shear storage moduli, tensile testing of 0.3
– 3 mg/ml collagen at fast loading rates or short times after deformation, reveals an
elastic modulus between 1.5 and 24.3 kPa 46,47 and an equilibrium modulus between 0.5
and 5 kPa for gels ranging from 1 – 10 mg/ml 48-50. The orders of magnitude differences
between the tensile and shear moduli are striking, but a systematic direct comparison of
identical samples in shear and uniaxial deformation has not yet been reported. In
prolonged confined compression at large strains, collagen gels have been observed to
have low moduli in the order of single Pascals; eventually collapsing when compression
is continued 41,51.
The non-linear properties of collagen hydrogels in shear deformation are similar to those
of many other networks of reconstituted biopolymers, showing strain-stiffening 8,39,52
and negative normal stress 10. The critical strain for the onset of non-linear behavior
starts between 5-30% strain and shows dependence on concentration 35,39,42,45.
Upon recurring large strains collagen networks show a shift of the critical strain; the
non-linear mechanical response starts occurring at higher strains 52. However, strainstiffening behavior is remarkably reversible unless rupture occurs, which is typically
around 100% strain 39,45. (non-linear behavior is explained in more detail in 2.3.3)
2.3.1.2 Fibrin
Fibrin hydrogels, like collagen, are used extensively in both in vivo and in vitro
applications

53.

Because of this prevalence, their mechanical properties are well-

characterized. Fibrin forms from thrombin-activated monomers that assemble into
protofibrils of approximately 10 nm diameter 54. Depending on the pH and ionic strength
of the solution, protofibrils aggregate laterally to create fibers of varying diameter and
branching frequency, which affects the pore size of the mesh and consequently tunes the
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mechanical properties of the hydrogels. These fibers can reach 100s of nm diameter, and
span roughly the same size scale as collagen fibers. From a mechanical perspective, fibrin
fibers are somewhat more flexible than collagen fibers of the same length and diameter.
Like collagen gels, fibrin is strongly strain stiffening at strain magnitudes greater than
10% and can withstand strain as large as 100% 55,56.
Fibrin, like most biomaterials, demonstrates a viscoelastic response to mechanical
loading: its resistance to deformation depends on the rate at which it’s deformed. In
contrast to other protein hydrogels like collagen, the material behaves remarkably
elastically at low strain rates when it is covalently reinforced by Factor XIIIa 57. There is
evidence that bending of the fibers causes this elastic behavior at low strain rates. Fibrin
also exhibits the viscoelastic property of creep, meaning that the material undergoes
plastic deformation to a constant load. Previous studies suggest that slippage between
fibers is responsible for this property 58.
2.3.2 ECM networks are remarkably strong
Networks formed by elastic polymers like rubber – also called elastomers- get stronger
the higher the density of the polymers is. This relation between the strength and the
mass density of the polymer is linear for elastomers; when the concentration doubles,
the strength increases twofold as well. Most networks formed by extracellular
biopolymers such as collagen and fibrin, but also intracellular biopolymers such as actin,
are much stronger than an elastomer of the same mass density 32,59,60.
For these biopolymer networks that are entangled the relation between the modulus and
concentration is:
Modulus ~ concentration 11/5

(2.13)
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For networks with permanent cross-links this relation is:
Modulus ~ concentration 5/2

(2.14)

This unexpected strength of the biopolymer networks is even more remarkable if one
considers another important structural feature. The intersections or nodes in the
biopolymer networks consist of maximum 2 fibrils or fibers. Maxwell’s theorem states
that for a stable conformation in a 3D network the intersections need to be formed by 3
intersecting fibers 61. This is known as the central-force rigidity threshold, and is
illustrated in Figure 2.9. It has been theorized that biopolymer networks have a stable
conformation in 3D because there is internal stress in the network 62-64.

Figure 2.9: Explanation of central force rigidity threshold. The hinging structure of
a bathroom mirror collapses upon the slightest touch. This structure consists of 2 beams
intersecting. The cytoskeleton in the cell consists of networks with 2 intersecting fibers. A
rigid dome of 3 intersecting beams can withstand large forces without deforming. Picture
from 9.
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2.3.3 ECM networks show typical non linear behavior when subjected to deformation
When rubber is stretched the deformation is linearly related to the force; a plot of the
extension as a function of the force needed to accomplish that extension is a straight line
(Figure 2.10). As a result the modulus is independent of the level of strain.

Figure 2.10: Linear
deformation of a spring as an
example of linear elasticity.
The change of the spring length
and the force needed for that
particular elongation (or
compression) are plotted. This
results in a straight line. The
slope is constant hence the
modulus is constant. Image
adapted from 6.

Biopolymer networks will initially respond linearly to deformation. However, at some
point the network starts to resist more deformation, and its stress will increase faster
than the increasing strain, consequently leading to higher moduli 8. This phenomenon is
called strain-hardening or strain-stiffening, and it is thought to be an important feature
for proper functioning of tissues. A good example is skin; it needs to be flexible enough
to move freely without discomfort. However, it can’t stretch too far in order to maintain
the structural integrity. Many biopolymer networks show this strain-stiffening behavior,
as shown in Figure 2.11.
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Figure 2.11: Strainstiffening of biopolymers.
The modulus of many
biopolymer networks increases
with increasing shear strain 8.

Another non-linear feature of biopolymer networks is seen when deforming the networks
in shear. An elastomer will expand when it is sheared; a biopolymer network tends to
collapse when it is sheared 10. To perform shear experiments the sample is held between
two plates that are kept at a constant distance, hence a sample will not be able to expand
or collapse. Instead the machine measures the force that the sample exerts on the plates
between which it is restrained. In this case the elastomer (polyacrylamide or PAA) will
push against the plates, shown in Figure 2.12 (f) as a positive normal stress. The
biopolymer network will pull on the plates, in Figure 2.12 (a-e) shown as a negative
normal stress.

23

Figure 2.12: Biopolymers show negative normal stress, polyacrylamide does
not. Shear (circles) and normal (triangles) stresses as a function of shear strain for various
biopolymers compared to polyacrylamide. Graphs from 10.
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2.4 Tissue mechanics in health and disease
2.4.1 Tissue mechanics in health
The mechanical properties of tissues vary widely. On the lowest end of the spectrum is a
unique tissue mechanically speaking; blood is a viscous fluid 65. Blood is closely followed
by viscoelastic fluids like mucus 66 and synovial fluid 67. The softest viscoelastic solids
include brain, fat and mammary glands, which measure in the range of 0.1-1 kPa. On the
higher end of the range you find cartilage and tendon, which are in the MPa range and at
considerable distance is bone, which is in the order of GPa. Overall, most tissues are
viscoelastic materials in a range of 1 kPa through 20 kPa; and show a considerable
amount of stress-relaxation. The behavior of whole tissues with increasing strains varies.
Many connective tissues like lung 68, arteries 69, cornea 70, skin 71,72, ligaments 73,74, and
tendons 75-77 do show strain-stiffening, though the onset varies. The issue with
interpreting mechanical measurements on whole tissues is that there is a large variability
depending on testing methods, and particularly the directionality, as the organization of
tissues is often highly anisotropic.
Tissues with an obvious mechanical function such as bone, skin, muscle, tendon, blood
vessels, lung and cartilage have been the subjects of mechanical tests for decades 33,78-80.
Soft tissues have been tested to a much lesser extend and also suffered from a lack of
appropriate measuring methods resulting in large variances 81. Some of these soft tissues
were reported to strain-weaken when deformed in shear, for example brain 82,83, liver
84,85

and fat 86,87. The mechanics of soft tissues such as brain, liver, fat and kidney have

gained more interest recently however, due to the role of mechanics in pathologies.
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2.4.2 Tissue mechanics in disease
Changes in the mechanical properties of the extracellular matrix have been linked to
many pathologies, such as cancer, atherosclerosis and fibrosis, which will be discussed in
more detail below. Increased tissue stiffness is often linked to an increased deposition of
collagen, specifically collagen type 1. Other factors include increased cross-linking of the
already existent and newly deposited extracellular matrix 88-93.
Many tumors have a significantly stiffer stroma than healthy tissue. This has always been
intuitive to physicians who use palpation during physical exams to assess the presence of
lumps in skin, thyroid, testes and breast tissue. Tumor stroma in breast malignancies can
be up to 10x stiffer compared to healthy mammary tissue 94, and breast tumor stiffness is
an indicator of metastasis potential 95. Other types of tumors that are stiffer compared to
healthy tissue include colorectal cancer 96 and liver 97. Gliomas did not have higher
moduli in shear but showed significantly higher compression stiffening. Hence with the
increased pressure in brain tumors cells are likely to experience a higher stiffness in
gliomas in vivo 83. Tumor progression in vivo has been linked to the collagen crosslinking enzyme lysyl oxidase 98. In vitro studies have shown that a malignant phenotype
can be modulated by substrate stiffness 99.
Fibrosis occurs when tissue damage causes fibroblasts to transform to myofibroblasts.
The myofibroblasts produce scar-like collagen tissue and contract the matrix.
Unfortunately, the stiffening of tissue itself is a trigger for more myofibroblast transition.
Due to this positive-feedback it is difficult to stop the fibrotic process. Vulvular
fibroblasts cultured on a stiff substrates for 5 days were able to revert their phenotype on
a physiological substrate 100. However, lung fibroblasts that experienced a pathologically
stiff substrate for as little as 2 weeks permanently changed 101. Fibrosis of the lung
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parenchyma eventually destroys lung function completely. The mechanics of lung tissues
is significantly changed even in mildly abnormal parenchyma 102. In vitro, substrate
stiffness was shown to promote matrix deposition by alveolar cells 103 and fibroblasts 104.
Liver fibrosis is seen as a result of excessive drinking or hepatitis infections. It has been
shown that in the case of liver, the increase in matrix stiffness precedes the deposition of
collagen, shown by histological staining 105. In vitro a stiff substrate was necessary for
hepatic stellate cells to differentiate into myofibroblasts 106,107. Proliferation of
hepatocytes was shown to be altered by collagen gel structure 108. Metabolic rates and
albumin secretion were shown to depend on substrate compliance as well 109.
Stiffening of the arteries always happens gradually in aging, when the ratio of elastin to
collagen in vessel walls decreases 110. This is process is often enhanced in pathological
situations. It is known that increased arterial stiffening is correlated with higher
incidences of numerous cardiovascular diseases 111,112. In vitro it was shown that
endothelial cell layers become more permeable on substrates of supra-physiological
stiffness 113,114 and endothelial cells are more sensitive to inflammatory agents with
increasing substrate stiffness 115.
Overall the importance of the mechanical homeostasis in tissues has been established in
many systems.
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CHAPTER 3: THE EFFECT OF AXIAL STRAIN ON THE SHEAR RHEOLOGY OF
EXTRACELLULAR MATRIX NETWORKS

(Adapted from: Uncoupling shear and uniaxial elastic moduli of semiflexible biopolymer
networks: compression-softening and stretch-stiffening, Anne S. G. van Oosten, Mahsa Vahabi,
Albert Licup, Abhinav Sharma, Fred C. MacKintosh, Paul A. Janmey, Scientific Reports, 2015)

3.1 Abstract
Gels formed by semiflexible filaments such as most biopolymers show strong non-linear
behavior in shear deformation with a pronounced negative normal stress that also affects
the relation between shear and Young's moduli. Here we report measurements and
simulations of axial and shear stresses exerted by a range of hydrogels subjected to
simultaneous deformation in both compression or extension and shear. These studies
show that in contrast to volume-conserving linear elastic hydrogels such as
polyacrylamide, the Young’s moduli of cross-linked networks formed by the stiffer
biopolymers collagen and fibrin are not proportional to their shear moduli and both
moduli are strongly affected by even modest degrees of uniaxial strain.
3.2 Introduction
Networks formed by filamentous biopolymers - intracellular proteins like actin and
vimentin; as well as extracellular proteins like collagen and fibrin - show distinct
nonlinear viscoelastic mechanical responses when deformed in shear. The shear storage
modulus, 𝐺 ! , of such networks is higher than for flexible polymer networks with the same
mass density 60, and this increases with concentration as 𝐺′ ∝ 𝑐 !   , where 𝑥 ≅ 2.2 − 2.5 for
both intracellular and extracellular networks 32,59,116-120. The large elastic moduli and their
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strong dependence on polymer density occur even though biopolymer networks fall
below the isostatic threshold of 6-fold connectivity for minimal mechanical stability of
networks in 3D with only central-force (i.e., stretching) interactions 61: the nodes of such
networks consist of either 2 intersecting fibrils linked together or of branching points.
Thus, the elasticity of biopolymer networks must be due to additional factors, such as the
bending rigidity of fibrils or internal stresses such as those applied by motor proteins 6264,121.

Semiflexible polymer networks also show dramatic nonlinear elastic effects, including
strain stiffening at relatively low shear strains, depending on network density and
polymer stiffness 8. Strain-stiffening can be understood either by the non-linear force
extension relation of semiflexible polymers due to thermal undulations at the filament
level or by collective rearrangements and alignment of filaments at the network level 122.
When sheared, these networks also exhibit large negative axial (or normal) stress, in
contrast flexible elastomers that exhibit a much smaller positive (compressive) normal
stress. Therefore, biopolymer networks would tend to collapse upon shear whereas linear
elastic polymer networks would expand 10.
Nearly all measurements of the non-linear rheology of semiflexible polymer networks
have been made in shear deformation, with the assumption that the Young's modulus is
2 to 3 times larger, depending on the Poisson's ratio of the materials. Direct
measurements of Young's moduli have been made on collagen and fibrin gels, but not
directly related to rheology under shear strain.
Interest in biopolymer mechanics has increased since it has been shown that mechanical
properties of cell substrates or extracellular matrix (ECM), influence cell functions 23.
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Changes of the ECM have been linked to, or even precede common pathologies such as
cancer 99, atherosclerosis 111 and fibrosis 105.
Tissue engineering requires detailed knowledge of the mechanics of materials used as
scaffolds to replace tissues. For this purpose, reconstituted networks and tissues have
been characterized with either shear or uniaxial testing methods. However, most tissues
are subjected to multiaxial mechanical stimuli at a variety of time scales.
In the present work we adapt common rheological techniques to provide a mechanical
characterization of collagen and fibrin networks undergoing multiaxial deformations
that mimic strains that can occur in vivo. We show that shear moduli decrease to an
equilibrium value when networks are compressed but show a constant increase when
samples are extended. Young’s moduli are significantly lower in compression compared
to extension. When comparing apparent Young’s and shear moduli over a range of axial
strains, the networks’ apparent Young’s moduli are not linearly related to their shear
moduli.
3.3 Methods
3.3.1 Preparation of fibrin
Plasminogen depleted fibrinogen (Fbg) isolated from human plasma and (CalBioChem,
EMD Millipore, Billerica, MA, USA) was dissolved in 1X T7 buffer (50mM Tris, 150 mM
NaCl at pH 7.4), the fibrinogen solution was allowed to dissolve at room temperature
without disturbing the solution. Thrombin (Thr) isolated from salmon plasma (SeaRun
Holdings, Freeport, ME, USA) was diluted in ddH20 at 1000U/ml. Solutions were
aliquoted and snap frozen for future use. Salmon thrombin clotting properties for human
fibrinogen were checked previously 123,124 and found to be near identical to human
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thrombin at the Fbg and Thr concentrations used in this study. Factor XIII cross-linking
was checked with an SDS PAGE gel and no difference was found between human and
salmon thrombin.
To prepare fibrin networks, solutions were warmed to room temperature; fibrinogen
stock solution, 1X T7 buffer, CaCl2 stock and thrombin were added at appropriate ratios
to yield a 2 or 10 mg/ml fibrinogen, 15mM Ca2+ /mg Fbg and 1 or 0.5 U thrombin / mg
Fbg. The 2 mg/ml samples were polymerized at 37°C, 10 mg/ml samples at 25°C.
3.3.2 Preparation of collagen type 1
Collagen type 1 isolated from calf skin (MP Biomedicals, Santa Ana, CA) was dissolved in
0.02N acetic acid. To prepare collagen networks 10X PBS, 0.1M NaOH and ddH20 were
added in appropriate ratios to yield a 2.5 mg/ml collagen concentration in 1X PBS
solution with a pH between 7-7.5. The samples were polymerized at 37°C.
3.3.3 Preparation of composite networks with collagen and hyaluronic acid
To prepare composite networks of collagen and hyaluronic acid collagen networks were
prepared similarly as described in 3.3.2. Water was replaced by a 8 mg/ml hyaluronic
acid solution (hyaluronic acid sodium salt from Streptococcus equi, Sigma, St. Louis,
MO) to result in a final HA concentration of 4 mg/ml. Samples were mixed thoroughly
and centrifuged for 5-10 seconds at 2000 xG shortly to remove bubbles prior to pipetting
the samples between the rheometer plates.
3.3.4 Preparation of cross-linked hyaluronic acid gels
Thiol-modified hyaluronic acid (HA; HyStem, Biotime, Alameda, CA) and
poly(ethyleneglycol) diacrylate (PEGDA Mw=3400 Da, Extralink, Biotime) were used to
prepare HA gels. HyStem was dissolved in degassed water for 30 minutes at 37ºC.
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Fibronectin was added to HyStem so that the final concentration was 0.1 mg/mL of
protein in the gel. The Hystem solution was crosslinked with Extralink using a 1:4 v:v
Extralink to HyStem ratio, resulting in 0.8% w/w HA in the gel. The HA was allowed to
polymerize for 1.5 hour before starting measurements.
3.3.5 Preparation of soft polyacrylamide gels
40% acrylamide and 2% bis-acrylamide solutions (Biorad, Hercules, CA) were mixed
with ddH20 to yield a 7.5% acrylamide and 0.01% bis-acrylamide solution.
Polymerization was initiated by adding ammonium persulphate (APS) and
tetramethylehtylenediamine (TEMED). Gels were polymerized at room temperature in a
well, allowed to swell in ddH20, and cut into shape with a circular punch prior to
measurements.
3.3.6 Rheometry
A strain-controlled rotational rheometer (RFS3, TA Instruments, New Castle, DE) was
used with a parallel plate with a diameter of 8 mm for 10 mg/ml fibrin and a 25 mm
diameter for 2.5 mg/ml collagen and hyaluronic acid gels, all with a gap of 1 mm. A 50
mm with a 0.4 mm gap was used for 2 mg/ml fibrin samples. The bottom plate
incorporated a Peltier plate allowing to control the sample temperature, 25°C for 10
mg/ml fibrin, PAA and HA and 37°C for collagen and 2 mg/ml fibrin samples. The
biopolymer samples were pipetted between the plates prior to polymerization. After
polymerization appropriate buffer was pipetted around the free edge of the sample, to
prevent drying and allow free fluid flow in and out of the sample.
The shear moduli of the samples were measured by applying a low oscillatory shear
strain of 2% at a frequency of 10 rad/sec. Axial strain was applied by changing the gap
between the plates. Some samples were subjected to a fixed step compression or
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extension after which a shear strain sweep was performed. Strain sweeps were
performed in absence of axial strain, after applying 20% compression, and 12.5%
extension (for fibrin) or 2.5% extension (for collagen). The shear strain was increased
from 2% up to the point of breakage (depending on type of sample and level of axial
strain) at a frequency of 1 rad/sec. The lower frequency was necessary to observe the
response of the axial stress to the shear stress.
Other samples were subjected to either an incremental compression or extension series.
The step-size was optimized for axial strain in each direction, separately for collagen,
hyaluronic acid and fibrin, to yield optimal resolution and prevent the sample from
tearing (in extension). During the axial strain series the samples were allowed to relax
before continuing to the next level of axial strain. For a precise application of axial strain
the plate was moved at a low speed of 2 µm/s. The axial stress was collected
simultaneously from the analog signal of the rheometer and using a ProLink instrument
amplifier and Logger Pro software (Vernier Software and Technology, Beaverton, OR).

Figure 3.1: Experimental set-up for
multiaxial rheology method. A shear
rheometer is used with a parallel plate
geometry. Biopolymer samples are
polymerized between the plates; after
polymerization buffer is added around the
sample to prevent drying and allow free
fluid flow to in and out of the sample. The
gap between the plates is changed to apply
axial strain; the lower plate is rotated to
apply shear strain. The torque and axial
force are recorded.
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3.3.7 Tensile testing
To obtain additional data on the mechanical properties of networks under axial
deformation, a tensile tester was used (5564, Instron, Norwood, MA) with parallel
platens at a gap of 1 mm, using similar volumes of fluid as used for rheometry. To obtain
data on fully relaxed networks; samples were subjected to 10 µm steps of compression or
extension at 2 µm/s, which were allowed to relax for 15 minutes between consecutive
steps. Tensile testing was done on 10 mg/ml fibrin networks and collagen networks with
and without HA.
All results show the mean of 3 samples ± standard deviation.
3.4 Results
3.4.1 Verification of experimental method with polyacrylamide gels
The strain-stiffening and negative normal stress of semiflexible polymer gels suggests
that shear moduli might be altered by internal stresses generated by applying axial strain
orthogonal to the shear plane. Figure 3.1 shows the experimental system, which allows
uniaxial compression or extension to be applied to disk-shaped samples while their shear
modulus is measured by oscillatory shear displacements. A strain-controlled rheometer
with a parallel-plate geometry was used to apply axial strain by changing the height of
the gap after the network was fully formed. A reservoir of solvent surrounds the gels in
order to allow volume change by fluid flow across the free edges of the sample. As a
control, linearly elastic soft polyacrylamide gels were tested.
Figure 3.2a shows the storage moduli are independent of the level of axial extension. The
axial stress of PAA is linear with axial strain; independent of the direction. (Figure 3.2b)
The Young’s modulus of PAA is 2.8 times G' over the entire range of deformations, in
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close agreement with its linear elasticity and the reported Poisson's ratio of 0.486 125. The
axial stress observed with the shear rheometer confirmed the trend of the axial stress
observed with the tensile tester.
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Figure 3.2: Testing of multiaxial rheology method with linear elastic
polyacrylamide gels. Showing the storage modulus (a), and axial stress (b). The data
from (a) are obtained with the rheometer; the data in (b) are obtained separately with a
tensile tester. The reported Young’s modulus in (b) is the slope of the axial stress-strain.

3.4.2 Shear strain-stiffening onset and amplitude of semiflexible biopolymer networks
is altered when networks are axially strained
Networks of collagen at 2.5 mg/ml and fibrin at 2 and 10 mg/ml were subjected to
increasing shear strain amplitudes after static uniaxial compression or extension. An
oscillatory shear strain of constant frequency (1 rad/s) and increasing magnitude was
applied to measure the shear moduli of the networks. The behaviour of the shear storage
moduli is compared to strain-stiffening in the absence of axial strain (Figure 3.3).
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Collagen and fibrin networks strain-harden, both when extended and compressed,
although the initial storage modulus -at low shear strains- is altered dramatically by
application of axial strain. It is lower in compression and larger in extension compared to
uncompressed samples. For fibrin networks the degree of strain-stiffening is higher in
compression and lower in extension. However, the onset, critical strain (reversal of
strain-stiffening to weakening) and absolute peak value are similar for the three levels of
axial strain. The storage moduli converge at higher levels of shear strains. (Figure 3.3a
and c)
For collagen the onset of strain-stiffening occurs at larger shear strains in compression,
but the critical strain at which strain-weakening occurs is similar. In extension, collagen
networks show a similar onset of strain-stiffening, but the critical strain is lower
compared to the samples without axial strain. (Figure 3.3b)
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Figure 3.3: Semiflexible biopolymer networks strain-stiffen when axially strained,
but onset and amplitude is altered. Strain amplitude dependence of fibrin clots of (a) 2
mg/ml and (c) 10 mg/ml when 12.5% extended, 20% compressed and at 0% axial strain; and
(b) collagen gels of 2.5 mg/ml at 2.5% extension, 20% compression and 0% axial strain. (d), (e).
Storage modulus versus shear strain for a diluted phantomized triangular network with L/Lc =
6.67; with varying pre-stress: without any axial strain, with 10% extension and with 10%
compression. The normalised bending modulus 𝜅 = 10!! (d) corresponds with fibrin; 𝜅 =
  2×10!! with collagen (e).
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The negative (downward) axial stress observed when samples are sheared is also
observed in extended samples; however, in compressed samples there is a positive axial
stress with increasing shear strains (data not shown).
To model networks of fibrin and collagen, disordered, lattice-based networks were
generated that are constructed such that the average coordination number (connectivity)
is 3.4, consistent with direct observations of collagen networks 126. This connectivity is
well below the point of marginal stability for purely spring/stretching interactions 61
suggesting that the stability (finite shear modulus) of such networks arises from
additional stabilizing interactions, such as bending and applied stress. We model the
total elastic energy ℋof the network by combining bending and stretching contributions
of all the fibers f :

(3.1)
Here, κ is the bending rigidity of the individual filaments and µ is their stretch modulus
where the first term above represents bending and second term represents stretching
energies 127.
In order to model networks with local connectivity <4, 3D networks are generated by
dilution of a phantomized FCC structure, in which the six fibers crossing at a node are
separated randomly into three cross-linked pairs 128, using freely-hinged joints. To
reduce any edge effects, periodic boundaries are used for networks under deformation.
The dimensionless bending rigidity 𝜅 = 𝜅/(𝜇ℓ𝓁! ), where ℓ𝓁 is the lattice spacing. ℓ𝓁! , is
varied, keeping µ= 1 fixed. For collagen and fibrin fibers the dimensionless bending
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rigidity 𝜅 = 2×10!! , and 𝜅 = 10!!   have been chosen respectively.
The shear modulus G is obtained from the ratio of the shear stress σs to shear strain γ ,
where the stress is calculated from the strain derivative of the minimized total elastic
energy density H/V per unit volume V. Normal stresses are calculated from the energy
changes due to an infinitesimal axial deformation δε using fixed lateral boundaries.
To compare with the experimental results seen in Figure 3.3a,b and c, the generated
networks are imposed to a fixed compression or extension in addition to an increasing
simple shear strain and compared to one in the absence of the axial strain. Figure 3d and
e show the results for 3D network simulations with parameters quantifying the filament
rigidity and network mesh size that are realistic for the experiments. Similar to the
experimental results, applying axial stress changes the storage modulus.
3.4.3 Storage moduli of semiflexible biopolymer networks drop in compression and
increase in extension
To test the effects of axial compression or extension on the shear storage moduli of fibrin
and collagen networks in more detail, the networks were subjected to an incremental
series of compressions or extensions while measuring the dynamic shear moduli at 2%
shear strain and 10 rad/s. The networks were allowed to relax between 100 and 900
seconds (depending on the step size and sample) before applying the next step of axial
deformation. An example of a 10 mg/ml fibrin network is shown in Figure 3.4. The
storage modulus is shown monitored in time, while being compressed from 0% to 1% at
100 sec and from 1% to 2% at 1000 sec. The relaxed or steady-state values shown in
Figure 3.5, 3.6, and 3.7 are taken right before application of the next step of axial strain.
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Figure 3.4: Example of storage
modulus of fibrin network
followed in time during the initial
steps of a typical compression
sequence. The storage modulus of a 10
mg/ml fibrin network is shown as a
function of time during compression
from 0% to 1% and from 1% to 2%. The
relaxed value of the storage modulus is
taken right before the next level of
compression is applied, as pointed out
by the arrows. The same approach is
used for the storage modulus in
extension and the axial stress.

The relaxed values of the storage moduli were plotted for every level of axial strain. The
storage moduli in absence of axial strain were 18.6 Pa ± 1.9 Pa, 1138 Pa ± 160 Pa and 458
Pa ± 23 Pa for 2 mg/ml and 10 mg/ml fibrin and collagen respectively. The storage
moduli of both collagen and fibrin increase steadily when extended (positive axial
strain), and collagen networks stiffen faster than fibrin. In compression (negative axial
strain) the storage modulus shows a decrease, which levels out between 5-10%
compression. At compression levels higher than 10% the storage modulus reaches an
equilibrium value. (Figure 3.5 a, 3.6 a and 3.7 a) When the samples are returned to 0%
axial strain from extension, the shear moduli return to their original value. When
decompressed collagen samples return to the same value; however, fibrin samples return
to a value that is slightly higher than their original value (data not shown).
The loss tangent (ratio of the loss and storage modulus, G’’/G’) of 2 mg/ml fibrin is 0.037
± 0.005 and for 10 mg/ml fibrin 0.022 ± 0.006 in absence of axial deformation. Both
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increase steadily under compression; when extended there initially is a slight decrease
after which the loss tangent stays constant. (Figure 3.6 c, and 3.7 c) The trend of the loss
tangent is different for collagen; from 0.064 ± 0.04 in absence of axial strain it reaches a
slightly higher equilibrium value under compression but shows a constant decrease in
extension. (Figure 3.5 c) These results indicate that filaments buckle under compression
and filaments stretch when the networks are extended.
3.4.4 Axial stress-strain curves have different slopes in compression and extension
A tensile tester was used to measure the axial stress at similar relaxation times and levels
of compression and extension (open circles) as were used with the shear rheometer, from
which axial forces can also be measured, but with less accuracy (solid circles). A positive
axial stress is recorded when the sample pushes against the plate (when compressed)
and a negative stress is recorded when the sample pulls on the plates (in extension). The
slope of the stress-strain curve is the Young’s modulus (E). The axial stress is set to be 0
Pa before the measurement is started, by arbitrarily setting it to 0 in the software.
However, often a small negative axial stress, in the order of single Pa, develops during
polymerization.
Both collagen and 10 mg/ml fibrin networks show a similar trend. In extension the axial
stress increases linearly with the axial strain over the entire range. In compression there
is a toe region up to 4% compression after which stress changes linearly with axial
deformation (Figure 3.5 c and 3.6 c). In compression the Young’s modulus is calculated
from the linear region between 4% and 10%. The Young’s modulus is much higher in
extension compared to compression. For collagen the Young’s modulus in compression
is 29.1 Pa and 6.52 kPa in extension. For 10 mg/ml fibrin the Young’s modulus in
compression is 128 Pa, and 10.7 kPa in extension. The axial stresses in 2 mg/ml fibrin
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networks were only recorded with the rheometer and are very noisy, hence no moduli are
calculated from these data.
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Figure 3.5: Collagen type 1 networks soften in compression and stiffen in
extension. Rheology of a 2.5 mg/ml collagen gel at low shear strains (2%) at increasing
levels of axial strain, showing the storage modulus (a), axial stress (b) and loss tangent (c).
The data from (a) and (c) are obtained simultaneously with the shear rheometer; the data in
(b) were obtained separately with the tensile tester.
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Figure 3.6: Coarse fibrin clots of 10 mg/ml soften in compression and stiffen in
extension. Rheology of a coarse fibrin clot with factor XIIIa cross-linking with a
concentration of 10 mg/ml measured at low shear strains (2%) at increasing levels of axial
strain, showing the storage modulus (a), axial stress (b) and loss tangent (c). The data from
(a) and (c) are obtained simultaneously with the shear rheometer; the data in (b) were
obtained separately with the tensile tester. For tensile measurements the sample diameter
was between 22.5mm and 25mm, with a 1mm gap.
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Figure 3.7: Coarse fibrin clots of 2 mg/ml soften in compression and stiffen in
extension. Rheology of a coarse fibrin clot with factor XIIIa cross-linking with a
concentration of 2 mg/ml measured at low shear strains (2%) at increasing levels of axial
strain, showing the storage modulus (a), axial stress (b), and loss tangent (c)
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3.4.5 Uncoupling of the axial and shear moduli of semiflexible biopolymer networks
In contrast to the results with polyacrylamide gels, the relationship between the
storage and Young’s moduli of fibrin and collagen varies with the axial strain. In
extension the Young’s modulus stays constant within the tested range, whereas the
storage modulus continues to increase. When compressed both the storage and Young’s
moduli approach a new limiting value at large strains. However, between 4% and 10%
compression the storage modulus of collagen is an order of magnitude larger than the
Young’s modulus. This result means that the resistance of the network to compression is
failing while it is still able to resist a shear deformation.
To compare with the experimental results seen in Figure 3.5, 3.6 and 3.7, the
simulated networks were subjected to increments of compression or extension, while
measuring the linear shear modulus (at shear strains of 1%). At each step, the network is
allowed to relax; the energy is minimized before applying the next axial strain. The
results in Figure 3.8 agree well with the measured dependence of G’ on axial strain. The
model can account for the features observed in the experiments, including the qualitative
differences between collagen and fibrin, e.g., the sharper onset of stiffening with axial
strain.
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Figure 3.8: Simulations of storage moduli and axial stresses predict multiaxial
behavior of semiflexible biopolymers. Simulation for a diluted phantomized triangular
network (3D) with L/Lc = 6.67. (a) Shows the storage modulus, (b) shows the axial stresses.
The normalised bending modulus 𝜅̃ = 10 !! corresponds with fibrin, 𝜅̃ =   2×10!! with
collagen.

3.4.6 Composite gels of collagen and hyaluronic acid behave similar as collagen
The ECM in vivo contains other types of biopolymers aside from fibrillar
collagen. Hyaluronic acid is a common component in the extracellular matrix; it is
especially abundant in cartilaginous tissues, the eye and upregulated in wound-healing
and developing tissues 129. HA has very different physical properties than collagen; it is a
flexible, and highly anionic linear polymer build from disaccharide repeats. Due to this
structure HA molecules have a high water retaining ability.
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Composite networks are highly relevant from a physiological point of view. Testing HAcollagen composites has the additional objective to elucidate whether the particular
multiaxial behavior of semiflexible networks can be modified by replacing the solvent of
near-water viscosity by a viscoelastic fluid. The final concentration of HA in the
composite networks is 4 mg/ml which by itself has a G’ and G’’ of 9 Pa and a loss tangent
of 1. (data not shown) The viscoelastic characteristics of the HA solution will limit the
free movement of the solvent. The anionic charge of HA can also have an effect on the
rheological behavior.
The composite networks have a storage modulus 168 Pa ± 62 Pa and a loss tangent of
0.31 ± 0.021. Even though these networks are much more viscous, the response of the
storage modulus, loss tangent and axial stress follows the same trend as pure collagen
networks. (Figure 3.9) With the distinction that the relaxation times needed to reach
equilibrium are much longer. Additionally, a strain sweep (in absence of axial strain)
shows significant strain-stiffening, similar to collagen networks without hyaluronic acid.
(Figure 3.10)
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Figure 3.9: Increasing the viscosity of the solvent phase of collagen networks
does not change multiaxial rheology. Rheology of composites with 2.5 mg/ml collagen
and 4 mg/ml linear hyaluronic acid at low shear strains (2%) showing the storage modulus
(a), axial stress (b), and loss tangent (c). Experimental method is identical as experiments
with collagen gels as shown in Figure 3.4; with the modification that samples are allowed
longer relaxation times; between 15 and 30 minutes.
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3.4.7 Cross-linked hyaluronic acid networks show different response to axial strain
Hyaluronic acid in the body is usually cross-linked with proteoglycans such as aggrecan.
Hereto, an 8 mg/ml thiol-modified hyaluronic acid mixture was lightly cross-linked with
bi-functional PEGDA. A low concentration of fibronectin incorporated into the gels made
the hyaluronic acid more adherent to the rheometer plates. The shear rheology is
modified differently by axial strain compared to the semiflexible collagen and fibrin
networks. In compression the storage moduli go up, in extension the moduli do not
significantly change over the tested range. The trend in extension seems to be going up
as well, however it was not possible to measure higher levels of extension due to
adhesion problems. (Figure 3.11) A solution of linear hyaluronic acid at 8 mg/ml has a
storage modulus of 50-60 Pa and a loss modulus of 40-45 Pa resulting in a loss tangent
of around 0.75. However, the linear solution does not show a change in of the storage
modulus with axial strain and is not able to bear loads in the axial direction. (data not
shown)
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Figure 3.11: Cross-linked hyaluronic acid gel show different behavior compared to
semiflexible biopolymer networks. Rheology of 8 mg/ml thiol-modified hyaluronic acid
cross-linked with thiol reactive PEGDA at low shear strains (2%) at increasing levels of axial
strain, showing the storage modulus (a) and axial stress (b). Both measured with the shear
rheometer.

3.5 Discussion
Polymer networks in soft biological materials are subjected to simultaneous axial and
shear deformation. For example blood vessels are subjected to shear strain from fluid
flow and extensional and compressive strains from dilation and constriction. Adipose
tissue is statically sheared and compressed at long intervals when sitting.
Analysis of such materials generally assumes a simple relationship between the
resistance to axial compression and extension, defined by the Young's modulus E, and
the resistance to shear deformation, defined by the shear modulus G. For elastic solids,
these quantities are generally related by E = 2G(1+ν), where ν, the Poisson’s ratio: the
ratio of transverse strain to axial strain, which also quantifies the extent to which the
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sample maintains volume when it is compressed. Nearly all simple materials have
Poisson ratios 0 < ν < 0.5, meaning that 2G< E <3G, where the upper limits are for
incompressible systems. This assumption underlies all measurements of elastic moduli
by atomic force microscopes or other indentation probes, which produce strains that are
combinations of simple shear, compression and extension. For hydrogels and other twophase materials such as biopolymer networks, in which the solvent is incompressible but
can move with respect to the compressible solid network phase, the elastic response to
uniaxial stresses that potentially change volume can differ dramatically from the
response to volume preserving simple shear: the short-time resistance to volume
changes can be very high, even for materials that are very soft to shear.
The experiments reported here show that the elastic shear moduli of collagen and fibrin
networks decrease under compression and increase when samples are extended. The
Young’s moduli are an order of magnitude lower in compression compared to extension.
The change of the elastic shear modulus is decoupled from the change of the Young’s
modulus during compression and extension: in extension the Young’s modulus is nearly
constant, whereas the shear modulus continues to increase. Furthermore, when
networks are compressed by only a small percentage of the original height, the Young’s
modulus drops below the shear modulus. When subjecting the samples to increasing
shear strain under axial deformation, the strain-stiffening behaviour is altered both in
onset and amplitude.
The simulations point towards these phenomena stemming from the difference between
bending and stretching contributions of the filaments. The bending contribution of a stiff
rod is:
𝑘∥ 𝑠! = 4𝜅 𝑠! 𝑟 !

(3.2)
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Whereas the stretching contribution is:
𝑘∥ 𝑠! = 3𝜅 𝑠! !

(3.3)

Where k is the stiffness, 𝑠! is the segment length, r is the filament cross-section radius.
From this it becomes apparent that filaments are stiffer in stretch than when bend,
which will lead to an asymmetrical force-extension, as opposed to springs that respond
symmetrically in both directions 130,131.
It is important to note that in the experiments here the samples are completely
surrounded by buffer and fluid is allowed to flow freely in and out of the network when
axially strained, allowing the sample volume to change. This change was visually
observed by photographing the boundaries of the gels after axial strain, which remain
the same for collagen and fibrin. The in/outflow of fluid and resulting compressibility of
collagen has been described previously 132. We also verified the water outflow of a
collagen network by incorporating food dye in the network and measuring outflow into
the surrounding buffer after 10% compression. By contrast, in our experiments on PAA
gels, we observe boundaries that bulge under axial compression and are concave in
extension, consistent with the near incompressibility (𝜈 ≅ 1/2)  of PAA. Thus, our results
are consistent with a vanishing Poisson ratio. Here, the Young’s modulus coincides with
the longitudinal modulus, in which the lateral dimensions of the sample do not change.
For this reason, we impose fixed lateral boundaries in our simulations.
The volume change of collagen results in higher (lower) protein concentrations in
compression (extension). But, the changes in the storage moduli cannot be explained by
the change in volume; the increased polymer mass in compression and its dilution in
extension make the effects of axial strain on storage moduli even more striking.
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Additionally, composite networks of collagen and linear hyaluronic acid were tested.
Though having longer stress-relaxation times, the equilibrium values of the axial stress
and storage modulus showed the same trend as the collagen networks prepared with
buffer with water-like viscosity, as did the composite networks show significant strain
stiffening. However, when a lightly cross-linked HA solution was tested, it showed
compression and extension stiffening. The cross-linked HA gels are expected to fully
maintain their volume during compression and extension, and hence the gels will bulge
when compressed and concave when extended. However, the same volume conservation
happens in PAA gels, the storage modulus of which shows no dependence on the level of
axial strain. It is therefore likely that this difference can be explained by the charges on
the HA. In the composite network the HA, though showing viscoelastic characteristics, is
in the solvent phase. Thus the charges are free to move and the composite as a whole will
stay electrically neutral. Moreover, the charges will not act repulsively when being able to
flow. The cross-linking of the HA changes this situation, now the network phase carries
the anionic charge. When compressed the charges on the network will act repulsively. In
extension this effect will be less but still present.
The few studies directly comparing mechanics in different directions show results
consistent with our findings. In one study the compressive moduli of collagen gels
measured with atomic force microscopy are between 2.85 Pa and 23.1 Pa, and the shear
moduli measured with a rheometer are between 19.9 Pa and 152 Pa respectively, for
collagen isolated from rats of increasing age 41. Another study compared creep in
confined compression and shear and concluded that the modulus was higher in shear
than in compression 51. It has been shown for fibrin gels that when compressed the shear
modulus drops initially. The same study also imaged the networks during compression
and showed directly that filaments buckle when compressed 133.
53

The relation between E and G in viscoelastic solids has previously described to be
extremely time dependent, with a Poisson’s ratio ranging from -1 to ~ 0.3. 134,135.
However, in our experiments, the networks are allowed to relax considerably and show
even larger variability in the relationship between E and G. Thus, the decoupling of E
and G is not merely a time dependence issue but an intrinsic material property. Fluid
flow into the gel might account for the differences observed in previous studies, where
extension of these gels is often described as viscoelastic. The results with collagen-HA
composites indicates that there is likely a poroelastic component to the behaviour of the
semiflexible networks as well. A logical continuation on the research presented in this
chapter is to analyse the time dependency of these systems.
Fibrin and collagen gels have often been suggested as scaffolds for cells in tissue
engineering applications. The mechanical adequacy has been often debated due to the
variability in reported moduli. In this study it becomes apparent that the ability of these
networks to withstand compression and the combination of shear and compression is
limited, which might pose a problem when these gels are used to replace damaged
tissues. Hereto, it is vital to further study the mechanics of whole tissues and cell seeded
biopolymer networks to deduct if this will improve the ability of constructs to resist
mechanical loads.
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CHAPTER 4: DYNAMICS OF EXTRACELLULAR MATRIX NETWORKS UNDER
SHEAR, COMPRESSION AND EXTENSION

4.1 Abstract
Time-dependent behavior of biological materials is important as in vivo mechanical
stimuli occur at a wide range of timescales. Here the dynamics of both the storage
moduli and axial stresses of fibrin and collagen networks are explored after application
of an axial step strain. The levels of axial strain, sample diameter, and permeability of the
networks are varied. Shear stress relaxation after a step shear is compared to axial stress
relaxation. The results show that for collagen and 2 mg/ml fibrin networks there is a
poroelastic component to relaxation after axial strains, which is absent for pure shear
deformation. The strong frequency dependence of axial moduli, and low frequency
dependence of shear moduli explain the large variability of mechanical properties
reported in literature.
4.2 Introduction
Biological materials, both soft tissues and reconstituted biopolymer networks, show time
dependent responses in mechanical tests, such as stress-relaxation, creep, or hysteresis
depending on the type of testing method. Time-dependence of biological systems is
important because in vivo tissues experience loading at a large range of timescales.
Quick loading occurs in sudden events associated with movement, the same tissues will
experience long intervals of sustained loading during standing, sitting or lying down. The
same diverse loading conditions will be experienced by biomaterials used in tissue
engineering applications.
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The time dependent responses of biological materials have been investigated, quite
extensively in the case of some tissues, like cartilage 79,136. The viscoelastic properties of
fibrin and collagen networks have been well established in shear 27,137, and are argued to
play a role in the mechanics in the axial direction 46,138.
However, hydrogels like collagen and fibrin gels consist of <1% protein. The remaining
>99% is buffer, which, like interstitial fluid, can flow within the porous biopolymer
network structure. When subjected to axial strains, these networks will change their
volume and hence a poroelastic component of the mechanical behavior is to be
considered, in which pressure differences cause fluid flow and local stress fields. The
existence of interstitial fluid flow or poroelasticity in axial deformation has been well
established experimentally, especially with collagen 51,132,139. Modeling of these principles
has been of great interest not only for biological materials, but for hydrogels in general
140,141.

Many models are able to account for parts of the behavior seen, such as the

biphasic theory to model poroelasticity 132,142,143, which has been added onto and
modified to accommodate for the viscoelastic nature of the network phase,
poroviscoelasticity 144,145 and the non-linear nature of the network phase, hyperelasticity
146-148.

Other important factors such as tissue anisotropy, ionic charges, cell traction and

remodeling have been accounted for more recently 138,149-151.
In the previous chapter the multiaxial rheology of biopolymer networks at steady state
was discussed. In this chapter the dynamical responses of these systems to multiaxial
strains are explored. The response of both the storage moduli and axial stresses of fibrin
and collagen networks are followed in time during application of shear and axial strains.
To address the contributions of interstitial fluid flow and the viscoelastic properties of
the network, the axial strain, sample size and network permeability were varied. The
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relaxation of collagen networks changes with these parameters as expected from
poro(visco)elastic theory. Fibrin networks at 2 mg/ml show a significant difference
between highly permeable coarse clots and fine clots with a low permeability. Fibrin
networks at 10 mg/ml show no apparent dependence on plate size and permeability at
large axial strains, which is likely due to network anisotropy and experimental issues.
4.3 Materials and methods
4.3.1 Preparation of coarse and fine fibrin clots
Coarse fibrin clots were prepared identically as in Chapter 3. Briefly, fibrinogen (Fbg)
isolated from human plasma dissolved in 1X T7 buffer (50mM Tris, 150 mM NaCl at pH
7.4), thrombin (Thr) isolated from salmon plasma, 1X T7 buffer, and CaCl2 stock were
added at appropriate ratios to yield a 2 or 10 mg/ml fibrinogen, 30mM Ca2+ and 1 or 0.5
U thrombin / mg Fbg. The 2 mg/ml samples were polymerized at 37°C, 10 mg/ml
samples at 25°C.
Fine fibrin clots were prepare by dialyzing the fibrinogen solution against a 1X T8 buffer
(50mM Tris, 450 mM NaCl at pH 8.4) overnight at 4°C in SnakeSkin dialysis tubing (Life
Technologies, Carlsbad, CA). The solutions were spun down to remove aggregated
protein, aliquoted, snap frozen and stored at -80°C until further use. To prepare fine
clots, solutions were warmed to room temperature; fibrinogen stock solution, 1X T8
buffer, CaCl2 stock and thrombin were added at appropriate ratios to yield a 2 or 10
mg/ml fibrinogen, 30mM Ca2+ and 1 or 0.5 U thrombin / mg Fbg. The 2 mg/ml samples
were polymerized at 37°C, 10 mg/ml samples at 25°C.
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4.3.2 Preparation of collagen gels and composites of collagen and hyaluronic acid.
Collagen type 1 gels and composite gels with hyaluronic acid were prepared identically as
in Chapter 3. Briefly, to prepare collagen networks, 10X PBS, 0.1M NaOH and ddH20
were added in appropriate ratios to yield a 2.5 mg/ml collagen concentration in 1X PBS
solution with a pH between 7-7.5. The samples were polymerized at 37°C.
To prepare composite networks of collagen and hyaluronic acid collagen water was
replaced by a 8 mg/ml hyaluronic acid solution to result in a final HA concentration of 2
mg/ml or 4 mg/ml. Samples were mixed thoroughly and centrifuged for 5 sec at 2000xG
to remove bubbles prior to pipetting the samples between the rheometer plates.
The concentration of hyaluronic acid was lowered from 4 to 2 mg/ml in most
experiments as the addition of HA made the gels less adherent to the rheometer plates.
This made it difficult to obtain accurate data in extension.
4.3.3 Shear rheometry
The shear rheometer set-up used is identical to the one used in Chapter 3. A straincontrolled rotational rheometer (RFS3, TA Instruments, New Castle, DE) was used with
a parallel plate with a diameter of 8 mm for 10 mg/ml fibrin and a 25 mm diameter for
2.5 mg/ml collagen and composite collagen-hyaluronic acid gels, all with a gap of 1 mm.
A 50 mm with a 0.4 mm gap was used for 2 mg/ml fibrin samples.
The shear moduli of the samples were measured by applying a low oscillatory shear
strain of 2% at a frequency of 10 rad/sec. Axial strain was applied by changing the gap
between the plates. To obtain data on the dynamical changes of the samples, the storage
modulus was sampled every 2 seconds for samples with quick anticipated relaxation
rates, and up to 8 seconds per point for samples with slow anticipated relaxation rates.
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The axial stress was collected simultaneously from the analog signal of the rheometer
using a ProLink instrument amplifier and Logger Lite software (Vernier Software and
Technology, Beaverton, OR). The sampling rate of the axial stress was varied between
0.25 – 5 sec/point depending on anticipated relaxation rates. The speed of axial strain
application was varied between 2 – 25 µm/s.
Frequency sweeps were performed by changing the frequency of the applied oscillatory
shear strain between 0.01 rad/s and 10 rad/s while keeping the strain constant at 1%. At
each frequency 10 oscillations were performed of which the last 5 were used to calculate
the moduli.
4.3.3 Axial frequency sweep with tensile tester
To obtain the frequency dependence of networks in the axial direction the tensile tester
was used (5564, Instron, Norwood, MA) with parallel platens at a gap of 1 mm, using
similar volumes of fluid as used for shear rheometry. For frequency sweeps, samples
were subjected to a sawtooth shaped cyclic strain (compression or extension) with an
amplitude of 10 µm at frequencies between 0.00159 Hz and 1.59 Hz. 10 cycles were
measured, of which the last 5 cycles were used to calculate the Young’s modulus.
4.4 Results
4.4.1 The dynamics of storage moduli and axial stresses during compression and
extension
To obtain steady-state values of the axial stresses and storage moduli during the axial
strain sequences, as they were presented in Chapter 3, these variables were followed in
time. This presented the opportunity to look at the dynamics of the systems during the
axial strain application of both the storage moduli and axial stresses. Additional
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experiments were done increasing the axial step-size, and changing the sample diameter
and permeability of the fibrin and collagen networks.
The fibrin samples shown in Figure 4.1 were all prepared at a 10 mg/ml fibrinogen
concentration. The samples were axially strained 1% (a, b) or 10% (c-h). Additionally,
samples were tested with a 25 mm diameter plate instead of 8 mm (e, f); and fine clots
were tested, which have thinner fibrils and hence a smaller meshsize 152-154 (g, h). The
axial strain is applied at t = 10 sec. With 1% axial strain the storage modulus moves to its
new steady-state without an observable peak, which is lower than the initial value in
compression, and higher when extended. The axial stress, however, shows a pronounced
peak and subsequent relaxation. When a larger axial strain of 10% is applied, the storage
modulus does show a significant increase both in compression and extension. When a
larger plate is used or the permeability is lowered – using fine fibrin clots- the axial peak
stress is higher.
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Figure 4.1: Dynamics of storage moduli and axial stresses of 10 mg/ml fibrin
networks. Coarse networks (a-f) and fine networks (g, h) subjected to 1% (a, b) or 10% (ch) axial strain, with a sample diameter of 8mm (a-d, g, h) or 25mm (e, f). Storage modulus
is measured with oscillatory shear strain of 2%. The mean of 3 samples is shown. 3-10% of
data points are depicted with a symbol.
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However, the peak storage moduli do not show a clear trend, which is further obfuscated
by the variability in the initial storage modulus. Hence in Figure 4.2 the ratio of the peak
modulus G’peak to the initial storage modulus G’0 is shown. This shows that in
compression the increased plate size does not result in a larger peak, but in extension the
peak is larger with increased sample size. The decrease in permeability of the fine clots
results in larger storage modulus peaks for both compression and extension.
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Figure 4.2: Peak storage moduli normalized to initial storage moduli for 10
mg/ml fibrin networks subjected to varying axial strain, with varying plate
sizes and permeability. The initial modulus is calculated as an average over 10 sec
before axial strain application, the peak is the highest point reached during or immediately
after axial strain application. A value of 1 indicates there is no peak but the modulus moves
to the new steady state without relaxation.

For collagen the same type of experiments are plotted in Figure 4.3. Again it is observed
that the smallest step-size, 0.5% compression and 0.25% extension, results in a direct
move of the storage modulus to its new value without a peak (a, b). The axial stress
shows a pronounced peak even at these small axial strains. When the axial strain is
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increased 10-fold, both the storage modulus and axial stress show a pronounced peak. In
compression the relaxation to the new steady-state happens quickly, for both the storage
modulus and axial stress. In extension, the axial stress relaxes quickly but the storage
modulus shows a continuous decline over the test time. When a smaller plate is used (e)
5% compression still renders a peak in both the storage modulus and axial stress, though
the peak values are lower. When 2 mg/ml hyaluronic acid is added to the networks the
relaxation is slower. The peaks of the storage moduli were again normalized to the initial
value (Figure 4.4). This shows that with increasing axial strain and decreasing
permeability the peak increases, whereas the smaller sample diameter results in a
smaller peak. For cross-linked hyaluronic acid networks, there is no relaxation observed
after axial or shear strain, similar to soft polyacrylamide gels. (data not shown)
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Figure 4.3: Dynamics of storage moduli and axial stresses of 2.5 mg/ml collagen
networks. Collagen networks (a-e) and composite collagen – HA networks (f, g) subjected
to 0.5 compression% (a), 0.25% extension (b) or 5% compression (c,e) 2.5% compression (f)
or 2.5% extension (d, g). Sample diameter was 25mm (a-d, f, g) or 8mm (e). Storage
modulus is measured with oscillatory shear strain of 2%. The mean of 3 samples is shown. 310% of data points are depicted with a symbol.
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Additionally, coarse and fine fibrin networks were tested at 5% compression. A distinct
difference is observed in the dynamics, which is slower for the fine networks. (Figure 4.5)
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4.4.2 Stress-relaxation in compression, extension and shear
To assess the dynamics of these systems in more detail, the relaxations after axial strain
application were plotted. In this case the storage moduli and axial stresses are
normalized to the peak value, which in these systems occurs at the end of the axial strain
application. For 10 mg/ml fibrin networks it becomes apparent that the stress-relaxation
after 10% compression is similar for the samples of different diameters and permeability.
(Figure 4.6a) In extension the storage moduli show little stress-relaxation. The axial
stresses relax more in compression compared to extension. (4.6c, d)
The stress relaxation of the collagen samples shows more variability when test
parameters are changed. In compression, the storage modulus barely relaxes at the low
axial strain. With a larger strain the relaxation is more pronounced but still relatively
quick. With the addition of HA the relaxation happens much slower, but the degree of
relaxation is similar. A smaller plate size gives a faster and less pronounced relaxation.
The axial stresses in compression show a similar pattern. When extended, the level of
both the storage modulus and axial stress relaxation is low for the collagen networks.
The relaxation of the composite collagen-HA networks looks similar in compression and
extension.
Compared to 10 mg/ml fibrin networks, fine and coarse clots at 2 mg/ml show more
distinction in their dynamics after 5% compression. The coarse clots are fully relaxed; in
tens of seconds, the fine clots have not reached steady state after 300 sec. (Figure 4.8)
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Figure 4.6: Relaxation of storage moduli and axial stresses of fibrin networks at
10 mg/ml after an axial step strain. The axial strain, plate size and permeability were
varied. The storage moduli (a, b) and axial stresses (c, d) were normalized to the peak value
that was reached after axial strain application. The mean of 3 samples is shown.

67

b

c

d
Axial stress (normalized)

a

1

0.1

0.01

1

10

100

1000

Time (s)

Figure 4.7: Relaxation of storage moduli and axial stresses of collagen networks
after an axial step strain. The axial strain, plate size and permeability were varied. The
storage moduli (a, b) and axial stresses (c, d) were normalized to the peak value of each
sample. The mean of 3 samples is shown. 3-10% of data points are depicted with a symbol.
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Figure 4.8: Relaxation of storage moduli and axial stresses of coarse and fine
fibrin networks of 2 mg/ml after a 5% compression. The storage moduli (a) and
axial stresses (b) were normalized to the peak value of each sample. The mean of 3 samples
is shown. 3-10% of data points are depicted with a symbol

The measurement of the storage modulus during compression and extension is done
with a small oscillatory shear strain. To compare shear stress relaxation with the axial
stress relaxation, a step-shear strain of the same magnitude is applied. Figure 4.9 shows
the stress in the axial or shear direction after a step-strain in the same direction is
applied. This reveals that the shear stress relaxation is very minimal compared to the
axial stress relaxation. It also shows that for collagen and fibrin networks, the
compressive stress relaxes further than the extensional stress. However, the initial
relaxation is similar. The composite collagen-HA networks show very similar relaxation
in compression and extension.
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Figure 4.9: Axial stress-relaxation compared to shear relaxation. A step strain
was imposed on a collagen network (a), 10 mg/ml coarse fibrin network (b), a composite
collagen-hyaluronic acid network (c) and a 10 mg/ml fine fibrin network (d) in
compression, extension and shear. The resulting stress was followed as a function of time.
The stress is normalized to the peak value; the mean of 3 samples is shown. 3-10% of data
points are depicted with a symbol.
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Figure 4.10: Frequency-dependence of collagen and composite collagenhyaluronic acid networks in axial and shear direction. A 1% oscillatory strain was
imposed on a collagen network (a) and a composite collagen-hyaluronic acid network (b) in
compression, extension and shear. The average ± SD of 5 cycles is shown for 1 sample. The
shear moduli were obtained with the shear rheometer, the Young’s moduli with the tensile
tester. The dependence of the modulus to the frequency is determined by fitting a power-law
over the whole range of frequencies.

Lastly, the frequency-dependence of collagen and composite networks was compared.
This shows a dramatic difference between the frequency dependence of axial moduli and
the elastic shear modulus, both for the collagen and composite networks. For the
collagen networks, the Young’s modulus varies in between 2 and 20kPa, and is the same
in extension and compression, whereas the shear modulus varies between 30 and 50Pa.
The modulus in compression varies with the frequency to the 0.55 power, and
extensional modulus with a 0.53 power. The power is only 0.044 for the shear modulus.
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This effect is less strong in the composite network, which is a 0.2, 0.19 and 0.097 power
in compression, extension and shear respectively, though the difference between axial
and shear moduli is still large. (Figure 4.10)
4.5 Discussion
In this chapter the dynamics of fibrin and collagen networks during multiaxial
deformation were addressed. The stress field of a poroelastic material upon deformation
is described by:
(4.1)
In which the first term represents the solid phase of the material, the second term
represents the fluid phase.
To distinguish viscoelastic and poroelastic contributions of the response, the axial strain,
sample diameter, and permeability were varied. Effects of those parameters on the fluid
movement within the porous structure can be predicted with D’Arcy’s law:

−𝜅

𝑞 = 𝜇 ∇𝑝

(4.2)

Where q is the flux (in m3/s), κ is the permeability or D’Arcy constant (in m2), µ is the
viscosity (in Pa s) and ∇𝑝 is the pressure gradient vector (Pa m). For a cylinder,

which is compressed on the flat surfaces, this equation can be modified to 155 :

𝜕𝑒
!"

=

−𝜅 2
∇ 𝑝
𝜇

(4.3)

Where e is the displacement field:
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1 𝜕𝑢
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𝑒 =    𝑟 𝜕𝑟 𝑟𝑢𝑟 +    𝑟 𝜃
𝜕𝜃

(4.4)

with ur and uθ as the radial and the circumferential displacements respectively,
and the Laplacian operator in polar coordinates is:

1 𝜕
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+ 𝑟12

𝜕

2

𝜕𝜃

2

(4.5)

These equations have been used to solve the stress and strain decay in a linear, isotropic
elastic medium155, however, the network phase here is the non-linear, anisotropic, and
viscoelastic. It can be deduced from the change in the displacement field that the stressrelaxation will be slower: when the sample size is increased, when the permeability of the
medium is lower, and when the viscosity of the solvent is higher.
The responses varied between collagen, and fibrin of a high and low concentration. The
collagen networks showed pronounced differences in relaxation of both the storage
moduli and axial stresses. The relaxation –normalized to the peak- is slower for larger
samples and higher axial strains. The peak shear moduli -normalized to the unstressed
value- and axial peak stresses also show an increase with sample diameter and axial
strain. The addition of hyaluronic acid made the relaxation significantly slower and
resulted in high peak shear moduli and high axial peak stresses. For these composite
networks one has to take into consideration that the addition of hyaluronic acid is known
to change the collagen network structure 37,44. It is not known if a portion of the HA is
deposited on the collagen fibers or if it completely remains in the solvent phase. Nor has
it been tested whether the HA is squeezed out of the network upon compression. These

73

two variables would have an influence on the charge balance when the networks are
axially strained.
The trends in the 10 mg/ml fibrin networks were not as expected. There is a pronounced
difference between a 1% and 10% axial strain for coarse clots of the same diameter.
However, there is no obvious trend when the sample diameter is increased or the
permeability is lowered. The axial peak stresses increase drastically between coarse and
fine clots. The peak of the storage modulus in compression increases as well for the fine
clot. However, when normalizing the relaxation of the storage moduli and axial stresses
to the peak values, the coarse and fine 10 mg/ml clots relax remarkably similar, as do the
samples for which the diameter was increased from 8 to 25 mm.
The 2 mg/ml fibrin samples were only tested at 5% compression. However, the
difference between coarse and fine clots at this concentration is clear. The relaxation of
both the storage modulus and axial stress is significantly slower for fine clots. The axial
peak stress is higher for the fine clots as well. The coarse and fine clot storage modulus
peaks are not different when normalized to the initial value. However, this could be due
to the fact that the fine clots were followed at a lower sampling rate, which would make it
likely the initial peak is underestimated.
The latter point touches on one of the many shortcomings of the presented experiments.
The sampling rate of the shear rheometer is limited by the frequency used, which is 1
sample per 2 seconds at 10 rad/s. In order to increase the sampling speed one needs to
increase the frequency, which is not always desirable. Another issue is the manual
application of axial strains, which makes it difficult to apply axial strains as fast as
possible and with high precision. It would be a possibility to fit the current data to get a
more quantitative comparison on the peak moduli and stresses.
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The results with the 10 mg/ml fibrin networks are inconsistent with what is expected
from literature and what is seen with 2 mg/ml fibrin and collagen. It is expected that due
to the poroelasticity of these networks, the increase in sample size or decrease in
permeability would result in slower relaxations, which is not observed. The peaks of both
the storage modulus and axial stress are higher for the fine clot indicating that there is a
difference initially. However, the subsequent relaxation is not different. These results are
likely to stem from network inhomogeneity. When a large pressure builds up in the
network due to the axial strain application, the solvent will try to find the path of least
resistance. Possibly there are ‘weak’ spots in the network structure where the network
gets damaged as a result of the pressure and the solvent can flow ‘freely’ in and out. This
principle was described for synthetic hydrogels in reference to epithelial sheet
fracturing 156.
Overall, the results here bolster the conclusion in Chapter 3 that the axial response of a
sample during axial deformation is decoupled from its shear response during the same
deformation. This is especially apparent in the small axial strains, where the storage
modulus shows no apparent peak or relaxation, where the axial stress does. The absence
of a peak in the shear modulus could be due to the small step size, between 0.25% and
1%, which is 2.5 - 10 µm. This step is on the same order of magnitude as the mesh size of
the networks. The change in the storage modulus could be due to a collapse of only one
or a few mesh sizes deep at the moving plate. This would still necessitate the movement
of solvent and hence result in an axial stress peak, but which would not result in a
rearrangement of the bulk of the network, and therefore not result in a large increase in
the storage modulus. This localized compression or collapse at the moving plate (or
piston) was seen in unconfined compression for fibrin 157 and in confined compression
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for collagen 139. Fibrin networks were suggested to behave like a foam in axial
compression, in this study where microscopy and shear rheometry were combined 157.
Other explanations for the behavior of the storage modulus with small strains are
feasible. The stability of these networks, that fall below the central-rigidity threshold
(explained in Ch2), is hypothesized to come from internal stresses 62,158. This is
confirmed by the observation of modest negative axial stresses that the networks develop
during polymerization. An internal stress decrease could account for the drop in the
storage modulus in compression; for small compressions the dominating factor is the
drop of tension on the network nodes as opposed to rearrangements of fibrils themselves
or buckling.
When larger compressions are applied there are significant increases in the storage
moduli of all systems, even in the compressed samples of which the modulus eventually
relaxes to below the initial value. This peak is the result of the incompressibility of water,
which results in a transient shape change, which in turn will result in transient radial
extension of the network. The stress due to this extension is likely the cause for the shear
modulus increase. The sample will revert back to its cylindrical shape as the solvent
flows out of the free boundaries. In extension the same principle applies; a transient
stress field will occur as the sample arches inward before fluid can flow in. However, in
extension the viscoelasticity of the network phase is likely also a determinant after the
fluid flow has subsided, which can be seen in the sustained relaxation of the storage
modulus of collagen in 2.5% extension.
Another significant observation in this chapter is the large difference in the frequency
dependence and stress-relaxation in shear, compression and extension. It shows a strong
dependence in the axial direction, and a mild dependence in shear. The reported moduli
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of especially collagen networks in literature vary dramatically. This variation is likely due
to variability in testing parameters, which it was shown here can lead to differences of
multiple orders of magnitude in the moduli. Hence, when comparing results of
mechanical tests the experimental methods should be carefully evaluated.
Overall, the data presented here show differences between shear and axial responses to
deformation. However, the interpretation of the results is clouded due to experimental
difficulties. It would for example be interesting to compare relaxations of axial and shear
stresses after application of axial strain, to better understand the stress field of the nonlinear viscoelastic networks during these experiments. Additionally, it would be desirable
to determine whether all of the relaxation is a direct result of fluid flow or not. It has
been previously noted it is difficult to discern between poroelasticity and viscoelasticity
in experiments 139. Experimental data of high precision will have to be combined with
one or more modelling approaches to accomplish this.
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CHAPTER 5: THE EFFECT OF CELL CONTRACTILITY ON MULTIAXIAL RHEOLOGY
OF EXTRACELLULAR MATRIX NETWORKS

(Partially adapted from: Uncoupling shear and uniaxial elastic moduli of semiflexible
biopolymer networks: compression-softening and stretch-stiffening, Anne S. G. van Oosten,
Mahsa Vahabi, Albert Licup, Abhinav Sharma, Fred C. MacKintosh, Paul A. Janmey, Scientific
Reports, 2015 )

5.1 Abstract
Cell traction is known to be an important modulator of tissue morphology. Contractile
cells are also known to increase the modulus of biological hydrogels and diminish shear
strain stiffening. Therefore, in this chapter cell traction is considered as an explanation
for the differences observed between soft tissue and ECM rheology. This is investigated
by comparing the rheology of plasma clots with and without platelets and whole blood
clots in their native state and after inhibition of myosin IIa motors. The results show that
the pre-stressed networks compression soften and extension stiffen, but the response is
more symmetrical compared to collagen and fibrin networks. The absence of platelets or
platelet contractility causes the clots to closely resemble reconstituted networks. There is
little difference between the clots with and without red blood cells. Overall the results
rule out cell traction induced pre-stress as the primary determinant of soft tissue
mechanics. However, the results do contribute to the understanding of blood clot
mechanics in vivo.
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5.2 Introduction
Though the extracellular matrix (ECM) is commonly assumed to be the
mechanical backbone of tissues; whole tissues show different mechanical behavior than
reconstituted ECM networks. It was shown in Chapter 3 that semiflexible biopolymer
networks, such as collagen and fibrin, show compression softening and extension
stiffening. In addition the shear and axial moduli are uncoupled as a function of axial
strain. Also, the collagen and fibrin networks tested show strain-stiffening. In contrast,
brain, fat and liver tissue shear strain weaken 82-85. Additionally, these same tissues show
an opposite response to multiaxial strain, showing hardening in compression and
softening in extension 83,86,87,159. However, a direct and comprehensive comparison of
ECM and tissue mechanics has not been done.
The unexpected strength of semiflexible biopolymer networks has been
hypothesized to originate from the bending rigidity of the fibers or pre-stress 62,64. This
pre-stress in tissues is likely to originate from cell traction on the network. The link
between cell traction and tissue formation was described decades ago when Bell and
colleagues monitored the contraction of collagen gels by fibroblasts. They observed how
cells contracted collagen matrices, expelling water in the process, resulting in a ‘tissuelike fabric’. Additionally they examined the effect of cytoskeletal disruption on the
process 160 Shortly after, Harris and Stopak investigated the traction potential of many
cell types and found that fibroblasts exert forces much larger than needed for
locomotion. They also made the observation that fibroblasts rearrange collagen networks
in a manner that resembles tendon and organ capsules, concluding from this that the
high cell traction was a means of controlling tissue morphology 161. Cell traction is now
known to be an important factor of tissue morphogenesis 93,162,163, but also to have a role
in pathologies, most notably in metastatis 164, fibrosis 89,165 and wound healing 166,167.
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Moreover, it was shown that cell traction can directly change network mechanics.
The presence of platelets in plasma clots and fibrin gels, significantly increases the
modulus of the gels and it results in a lower level of strain stiffening 56. Additionally,
fibroblasts and mesenchymal stem cells were also shown to increase fibrin gel stiffness
168,169.

The stiffness of a cell-seeded collagen gel is higher than that of an acellular gel 170.
In this chapter the effect of pre-stress in the network, imposed by cellular

contractile forces, is investigated as a possible determinant of the discrepancy between
tissue and ECM network mechanics. Hereto, plasma clots are prepared with and without
platelets, and whole blood clots are prepared in their native state and compared to clots
in which the contractile machinery of platelets is suppressed, by specifically inhibiting
non-muscle myosin IIa. The results show that though changes in sample stiffness are
observed, pre-stressed networks still compression weaken and extension stiffen.
Differences are observed in the symmetry of the steady-state values and the dynamics of
the systems.
5.3 Materials and methods
5.3.1 Preparation of platelet-rich and platelet-poor plasma
Blood donation were conducted in accordance with all appropriate guidelines and
regulations and with approval of the Internal Review Board at the University of
Pennsylvania (protocol nr. 805305). Human blood was drawn via venipuncture in
K3EDTA, with informed consent from a healthy volunteer.
To prepare platelet-rich plasma the whole blood was prepared by spinning for 15
minutes at 120xG, from which the supernatant was removed and used. Platelet-poor
plasma was prepared by spinning whole blood at 2200xG for 15 minutes. To prepare
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plasma clots salmon thrombin and calcium was added to yield 2U thrombin /ml and
30mM Ca2+/ml. The samples were polymerized at 37°C.
5.3.2 Whole blood clots
Whole blood was pipetted directly between the rheometer plates prior to polymerization.
For a number of samples blebbistatin was added to the blood at 5 µg/ml (17 µmol). The
blood was polymerized between the rheometer plates for 1.5 hours at 37°C.
5.3.3 Rheometry
A strain-controlled rotational rheometer (RFS3, TA Instruments, New Castle, DE) was
used with a parallel plate of 50 mm with a gap of 400 µm. The bottom plate incorporated
a Peltier plate controlled the sample temperature at 37°C. The samples were pipetted
between the plates prior to polymerization. After polymerization 1X phosphate-buffered
saline with calcium and magnesium was pipetted around the free edge of the sample, to
prevent drying and allow free fluid flow in and out of the sample. The shear moduli of the
samples were measured by applying a low oscillatory shear strain of 1-2% at a frequency
of 10 rad/sec. Axial strain was applied by changing the gap between the plates. Samples
were subjected to small step-wise axial strains, between each consecutive step the
samples were allowed to relax. Additionally, the samples were subjected to a 5% stepstrain, either in compression, extension or shear. After which the storage modulus and
stress (axial or shear) was monitored.
5.3.3 Imaging
Fibrin networks in whole blood clots were imaged by adding AlexaFluor-488 labelled
fibrinogen (Life Technologies, Carlsbad, CA) in an estimated 1:40 molar ratio to blood
samples. The samples were polymerized in between 2 glass slides with a Parafilm spacer.
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The images were taken with a Leica DMIRE2 inverted fluorescent microscope. (Leica
Microsystems, Buffalo Grove, IL).
5.4 Results
5.4.1 Platelet contractility increases storage moduli of whole blood and plasma clots
In Chapter 3 the strong effects of external stress on the shear moduli of collagen and
fibrin networks were described. These results suggest that the generation of internal
stresses within the network, such as are generated in vivo by cells, would alter the effects
of axial strain on the shear rheology of the networks. To determine the effect of internal
stress on fibrin networks, blood plasma was prepared with platelets (platelet-rich
plasma, prp) and without platelets (platelet-poor plasma, ppp). Platelets bind the fibrin
strands in a clot and put them under tension 56. Furthermore, whole blood clots were
prepared in their native state and with the myosin IIa inhibitor, blebbistatin.
Blebbistatin was added to whole blood prior to polymerization, which prevents the actomyosin action in platelets and therefore the platelets ability to pull on the fibrin network.
For whole blood clots the hematocrit of 40% is assumed to be the final red blood cell
volume in the clots.
Because of the rigid adhesive boundaries the parallel plates provide, the fibrin networks
in the clots with fully contractile platelets are put under significant stress. The
development of axial stress, -46 Pa for prp (n=1) and -71.6 Pa ± 2.9 for native whole
blood clots, confirms this. The axial stress in the ppp and blebbistatin-treated samples is
negative but small, in the order of single Pa. The axial stress was set to 0 Pa – by
changing the off set in the software- at the start of every experiment.
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The fibrin network of whole blood clots was imaged by incorporating Alexa Fluor-488
labeled fibrinogen. The imaging shows that the addition of blebbistatin to unpolymerized
whole blood results in a well-developed fibrin network, with significant platelet
aggregation. (Figure 5.1)

Figure 5.1: Imaging of

Native whole
blood clot

fibrin network in whole

Blebbistatin-treated
whole blood clot

blood clots. Native state
(left) and with blebbistatin
treatment (right). Fluorescent
imaging of fibrin network by
incorporation of Alexa Fluor
488-fibrinogen.

The presence of platelets or platelet contractility causes the moduli of the fibrin networks
to increase drastically. The storage modulus of prp in absence of axial strain is 199 Pa
(n=1), and that of ppp 41.9 Pa ± 15.4 (n=2). The storage modulus of native whole clots is
232.0 Pa ± 32, with blebbistatin 33.7 Pa ± 14.5. Additionally fibrin at a concentration of
2 mg/ml (data from Chapter 3) is shown to compare the values to a fibrin network at
physiological concentration, which has a modulus of 18.6 Pa ± 1.9. (Figure 5.2)
All clots are highly elastic. The loss tangents of prp and ppp are 0.046, and 0.45 ± 0.021
respectively. The loss tangents of whole clots are 0.038 ± 0.006, and 0.070 ± 0.02 for
native and blebbistatin-treated clots, respectively.
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in absence of axial strain. For
whole clots and fibrin the mean of
3 samples is shown ± SD; for prp 1
sample is shown, for ppp the mean
of 2 samples is shown ± SD
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Figure 5.2: Storage moduli of

5.4.2 Pre-stressed clots weaken when compressed and strengthen in extension, with
symmetry between compression and extension.
After polymerization the clots were subjected to a series of incremental compressions,
after which the gap was slowly returned to the original gap and a series of incremental
extensions was applied. The moduli and axial stresses were monitored during this
process. For both prp and native whole clots the storage modulus drops in compression
and increases in extension. (Figure 5.3a) However, in contrast with the collagen and
fibrin networks (Chapter 3), the slope of the storage modulus is linear over almost the
whole range of axial strains. Note the axial strain range is larger than in Chapter 3. For
native whole blood the axial stress is linear over the whole range of axial strains as well.
For prp the slope in extension is higher than the slope in compression, but only about 3
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Figure 5.3: Native and blebbistatin-treated whole clots, platelet-rich and
platelet-poor plasma clot show compression softening and extension stiffening.
Rheology of native, blebbistatin-treated whole clots, ppp, and prp at low shear strains (1-2%)
at increasing levels of axial strain, showing the storage moduli (a), axial stresses (b), loss
tangents (c), and normalized storage moduli (d). The data from (a), (b) and (c) are obtained
simultaneously with the shear rheometer. For prp 1 sample is shown. For ppp the mean of 2
samples ± SD is shown, for whole clots 3 samples ± SD.

85

times. (Figure 5.3b) The loss tangents of both prp and whole blood are small and change
little with the application of axial strain. (Figure 5.3c)
5.4.3 Inhibiting platelet contractility in whole and plasma clots results in clots that
resemble fibrin networks.
Ppp and blebbistatin-treated whole clots were tested and compared to prp and native
whole clots, to elucidate the effect of platelets and specifically active contractility on clot
mechanics. Ppp was tested similarly as prp and whole clots; blebbistatin-treated clots
were axially strained either in compression or extension. The response of the storage
modulus to axial strains shows asymmetry (Figure 5.3a) that compares well with a
physiological concentration of fibrin (Figure 3.6). Figure 5.3d shows normalized storage
moduli of all clots, which further illustrates the similarity between the clot types with
contractile cells, and between the clot types without pre-stress.
The axial stress-strain curve of ppp shows a similar asymmetry compared to prp (see
inset Figure 5.3b). Blebbistatin-treated clots show a higher asymmetry compared to
native clots in the response to axial strain. However, the asymmetry in neither ppp nor
blebbi-clots is as drastic as seen in 10 mg/ml fibrin and collagen networks. The loss
tangents of ppp and blebbistatin-treated whole clots vary more with axial strain
application compared to their counterparts with active cell contractility. Both types of
clots quickly become more viscous in compression. (Figure 5.3c)
Figure 5.4 shows additional simulations of the networks comparing the curves in Figure
3.7, which were generated in absence of pre-stress, to networks with an imposed prestress equivalent to 10% extension and 10% compression. Both the storage moduli and
axial stresses show a 10% shift in their response. The compressed networks stiffen later;
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the extended networks stiffen earlier. As a result the extended curves show a symmetric
response around 0% axial strain.

Figure 5.4: Simulations of storage moduli and axial stresses predict
multiaxial behavior of semiflexible biopolymers. Simulation for a diluted
phantomized triangular network (3D) with varying pre-stress and L/Lc = 6.67. (a,
c) show the storage modulus, (b, d) show the axial stresses. The normalised bending
modulus 𝜅̃ = 10!! corresponds with fibrin (a, b), 𝜅̃ =   2×10!! with collagen (c, d).
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Comparing prp to ppp and native to blebbistatin-treated whole clots reveals that the
curves are not merely shifted. Prp and ppp would not overlap at any point within the
tested range; even if the curve would be shifted on both the x and y axis. The whole blood
clots do have the same slope at higher levels of extension. However, the storage moduli
of the blebbistatin-treated clots level out quickly in compression, whereas the whole clots
show a more gradual decrease after 10% compression.
5.4.4 Stress-relaxation is changed by platelet-contractility.
To further determine the mechanical behavior of pre-stressed networks, the
dynamics of whole clots were followed as axial strains were applied. The networks were
subjected to a 5% compression or extension; the storage moduli and axial stresses were
followed over time. The storage moduli of whole clots do not show a peak or relaxation,
both in compression and extension. During the application of axial strain, which starts at
5 sec, the storage modulus moves to the new value and stays fairly constant for the rest of
the time. In compression, certain samples show a modest recovery after the compression
is completed. Additionally, when extended samples are released to a lower level of
extension, a more prominent recovery is seen. (data not shown) The axial stress of the
same samples shows a strong increase and relaxation. (Figure 5.5a, b) Blebbistatintreated clots have significant peak storage moduli both in extension and compression.
After this the storage modulus drops; it falls below the initial modulus when compressed
and levels out above the initial modulus when extended. The axial stresses of the
blebbistatin-treated clots show peaks when axially strained.
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Figure 5.5: Dynamics of storage moduli and axial stresses of native and
blebbistatin-treated whole blood clots. A 5% compression (a, c) or extension (b, d)
was applied to native (a, b) or a blebbistatin-treated (c, d) clots. The storage modulus is
measured with a 1% shear strain.

Next the relaxations of the storage moduli and axial stresses were looked at in more
detail and compared to the relaxation of the shear stress after a 5% step shear strain.
Even though the storage moduli of the blebbistatin-treated clots relax significantly
compared to native clots (Figure 5.6a, b), the relaxation is less than what is observed for
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2 mg/ml fibrin networks (Figure 4.8). Shear stresses of both native and blebbistatintreated clots relax minimally compared to the axial stresses. The extensional stress of
native clots levels off before the compressional stress. For blebbistatin-treated clots the
compressional stress levels off before the extensional stress. (Figure 5.6c, d) This is
different than 10mg/ml fibrin and collagen. (Figure 4.6, 4.7)
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Figure 5.6: Stress-relaxation of native and blebbistatin-treated whole blood
clots. The axial stress in compression and extension, and shear stress after a 5% strain is
followed in time and normalized to the peak stress. The mean of 3 samples is shown.
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5.4.5 Strain amplitude dependence decreases in pre-stressed networks
To further assess the effect of platelet contractility on clot mechanics the effect of an
increasing strain-amplitude was investigated. Native whole clots show a very low level of
strain-stiffening at the tested range of 1-50% shear strain. Inhibition of myosin IIa with
blebbistatin restores the strain-stiffening in whole clots, though 2 mg/ml fibrin networks
(from Figure 3.3c) strain-stiffen more dramatically. Both native and blebbistatin-treated
whole clots show negative normal stresses with increasing shear strains. (data not
shown)
In Figure 3.3 it was shown that the shear storage moduli of fibrin networks with and
without pre-stress converge at high shear strains. When comparing the pre-stressed
native whole clots and 2 mg/ml fibrin networks, it seems likely that the storage moduli
would indeed converge- if native whole clots would have been tested up to higher shear
strains.
Native whole blood clot
Blebbistatin-treated whole clot
Fibrin 2 mg/ml

dependence of the storage moduli
of native and blebbistatin-treated
clots compared to fibrin networks.
The storage modulus is shown as a
function of the applied shear strain at a
constant frequency of 1 rad/s.
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Figure 5.7: Strain-amplitude
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5.5 Discussion
In Chapter 3 it was shown that the Young’s moduli of semiflexible biopolymer networks
are not proportional to their shear moduli and both moduli are strongly affected by even
modest degrees of axial strain, showing compression softening and extension stiffening.
In an effort to elucidate the effect of cell traction mediated pre-stress on the network
mechanics, plasma clots with and without platelets were compared as well as whole
blood clots in their native state and after blebbistatin treatment to specifically inhibit
myosin IIa. The results show that the pre-stressed networks also compression soften and
extension stiffen. However, the asymmetry seen in fibrin and collagen networks in
Chapter 3 is absent for the storage moduli. The axial stress of the native whole clots is
symmetric over the whole range of axial strains as well. The prp sample shows some
asymmetry in the axial stress response, though this is not different for ppp. When the
pre-stress is absent the samples closely resemble collagen and fibrin networks described
in Chapter 3.
The increase in storage moduli due to active pre-stress generation, as well as the
diminished shear strain stiffening, has been described before with regular shear
rheometry 56,168,169. The multiaxial rheology reveals several interesting features. Even
though the networks still compression soften and extension stiffen, the symmetry of the
response is greatly enhanced. The simulations reveal that a 10% extensional pre-stress
results in a symmetric response between 7% compression and 29% extension. We can
estimate the internal pre-stress in the experimental systems from the development of
axial stress during polymerization, while the gap is kept at a constant height. For whole
blood clots with an average storage modulus of 232 Pa the axial stress is on average -71.6
Pa, which is 30.9% of the storage modulus. For prp with a modulus of 199 Pa the axial
stress is -46 Pa, which is 23.1%. Though this number cannot be compared directly to the
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amount of pre-stress used in the simulations, it indicates that there is a higher pre-stress
than 10%. It is therefore likely that the symmetry seen over the whole test range for prp
and native whole clots, is due to the higher pre-stress imposed on the network.
The simulations show a simple shift in the response of the network to axial strain, with
imposed pre-stress. This is not seen when comparing the non-stressed networks collagen, fibrin, ppp, and blebbistatin-treated clots- to prp and native whole clots.
However, there are several parameters that could contribute to these differences. The
platelets do not only put tension on the networks, they also form aggregates and form
additional cross-links in the network 137. Ppp, fibrin and collagen are branched and
entangled. Blood proteins other than fibrin that are present in the clots prepared from
plasma and whole blood could also be important. Albumin, globulins and fibronectin are
present in plasma and are known to influence fibrin structure and mechanics 171-173.
Between the plasma and whole blood clots, the obvious difference is the presence of 40%
red blood cells, which alters network structure 174-176. Also, to prepare plasma one or two
spinning steps are necessary (for prp and ppp respectively). Whole blood is used directly
to form clots for each experiment.
The stress relaxation of native whole blood clots shows an interesting feature. The
storage modulus quickly reaches its new value when axially strained, without a
pronounced peak, or relaxation otherwise. The same was observed with passive fibrin
and collagen networks at very small axial strains in Chapter 4. However, in this system a
5% axial strain was applied to a sample with a large diameter (50mm). It is likely that the
effect of the pre-stress is what dominates the response here. When a sample is
compressed the tension on the network nodes is released and hence the shear modulus
drops. This effect apparently dominates the stiffening effect that will arise due to
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poroelastic effects. However, poroelastic effects are clearly present, concluding from the
axial peak stress and subsequent relaxation. This is another indication that the axial and
shear mechanics are decoupled in these systems. A subtle feature is that the storage
moduli of whole blood clots sometimes modestly recover after a compression (and after
deextension). This points towards active modulation of traction by platelets as a
response to mechanical forces, which has been observed previously 177,178.
The axial stress-relaxation of blebbistatin-treated clots shows a deviation: extensional
stresses of the biopolymer networks shown in Chapter 4 level out before the stresses in
compression, for blebbistatin-treated clots this is reversed. This difference could
originate in the presence of cross-linking in the clots, as well as the presence of red blood
cells. The differences in the peak stresses of native and blebbistatin-treated clots are due
to the speed at which the clots were axially strained, which was higher for the
blebbistatin-treated clots.
An important conclusion from comparing plasma and whole blood is that the presence of
red blood cells, at 40% hematocrit, has no apparent influence on the multiaxial rheology.
When comparing the pre-stressed samples; prp clots, which have no red blood cells and
whole blood with a 40% red cell density, there is very little difference. The differences
seen – for example in the level of symmetry of the axial stress- could originate from the
variability in preparation of the clots. Ppp, blebbistatin-treated clots and fibrin show
little difference in their mechanical behavior, even though there are differences between
these clots. Ppp and blebbistatin-treated clots contain a high amount of blood proteins,
like albumin, globulin and fibronectin, which are absent in fibrin networks. Blebbistatintreated whole clots also contain 40% red cells.
Concluding, though cell traction mediated pre-stress in semiflexible biopolymer
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networks does change the mechanics of the networks, it does not explain the difference
between biopolymer networks and whole tissues. The volume conserving effect of 40%
red blood cells also does not switch the mechanical behavior of the clots to resemble
whole tissues. Though these results exclude cell traction as the primary determinant of
soft tissue mechanics, the results are relevant for understanding blood clots mechanics
in vivo. Both whole blood and plasma clots form in vivo and are subject to compression
and extensional deformation due to vessel dilation and contraction as well as shear
stresses from blood flow.
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CHAPTER 6: THE EFFECT OF CELL PACKING DENSITY ON MULTIAXIAL
RHEOLOGY OF EXTRACELLULAR MATRIX AND MODEL TISSUES

6.1 Abstract
The discrepancy between the multiaxial rheology of soft tissues and extracellular matrix
networks cannot be explained by pre-stress imposed on the networks by contractile cells.
A red blood cell density around the natural hematocrit does not change the ECM
mechanics to resemble tissues either. Therefore, fibrin networks with dense red blood
cell or bead packing were tested. The results show that close red cell packing in blood
clots reverses the behavior of the clots from compression softening to stiffening; and
from extension and shear strain stiffening to softening, resembling soft tissues. The same
effects can be mimicked by embedding chemically inert beads into a fibrin network at
densities approaching the jamming threshold for granular and colloidal materials. It is
suggested to approach soft tissues as jammed systems. More work needs to be done to
understand the physics of these bead-network constructs. These results could have
implications for understanding the mechanics of tissues in vivo.
6.2 Introduction
In this chapter the discrepancy between tissue and ECM mechanics is investigated
further using blood clots as a simple tissue model. In Chapter 5 the effect of cell traction
was investigated but it was found that the resulting pre-stress did not change the
multiaxial rheology of porous biopolymer networks to resemble the mechanical behavior
of whole tissues. Moreover, it became apparent that the presence of a 40% red blood cell
volume in fibrin networks does not have a significant effect on multiaxial rheology either.
Therefore, to assess cell density as a determinant of tissue mechanics, contracted clots
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are tested here, in which the red cells are tightly packed. Additionally, the effect of cell
packing on the multiaxial rheology of fibrin networks is explored further by embedding
inert beads into the network in absence of contractile cells. The results show that
contracted clots behave similarly to multiaxial strains as whole tissues. Furthermore,
tissue-like behavior can be mimicked by embedding a high density of cross-linked
dextran beads in the network, mimicking the presence of cells, even in the absence of
platelets.
These findings will have implications on the understanding of the mechanical
environment of cells in vivo; modeling of soft tissues as well as the use of tissue
engineered constructs in clinical applications.
6.3 Materials and methods
6.3.1 Contracted clots from rat blood
Contracted clots were prepared from rat blood. The animals were sacrificed for the
purpose of other experiments performed according to all appropriate national guidelines
and with approval of Institutional Animal Care and Use Committee of the University of
Pennsylvania. The blood was collected after dissecting the vena cava, without the use of
anti-coagulant. The blood was immediately transferred to a tissue culture dish. The
resulting disc-shaped contracted clots were detached from the well and transferred to the
rheometer plate. To ensure proper attachment to the rheometer plates a high
concentration fibrin solution (20-25 mg/ml) was used to glue the clots to the upper and
lower plate.
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6.3.2 Fibrin networks with beads
Fibrinogen (Fbg) isolated from human plasma (product # 342576, CalBioChem, EMD
Millipore, Billerica, MA, USA) was dissolved at 42 mg/ml in 1X T7 buffer and dialyzed
overnight.
Beads made from cross-linked dextran (Sephadex G-75, GE Health Sciences) were
swollen with distilled water. The amount of water was adjusted to accomplish a 92%
swelling. For rheometry, fibrinogen, 10X T7 buffer, CaCl2 solution, thrombin and
distilled water were added to a bead solution to yield a 5 mg/ml fibrin network in a 1X T7
buffer with 0.5U thrombin/mg fibrin and a 50%, 60% or 70% volume of beads, based on
the presumed continued swelling of 92% swollen beads when placed in excess water.
Samples were polymerized for 90 minutes at 37°C. Once fully swollen, the dextran beads
have a diameter between 90 and 280 µm, have an exclusion limit of 80 kDa (hence
fibrinogen is excluded), and behave like rigid spheres obeying D’Arcy’s law.
6.3.3 Rheometry
A strain-controlled rotational rheometer (RFS3, TA Instruments, Newcastle, DE, USA)
was used with a parallel plate of 25 mm diameter. The gap was dependent on sample
thickness for contracted clots, ranging between 1.5 and 3 mm, and 1mm for all bead
embedded-fibrin networks.
The bottom plate incorporated a Peltier plate allowing to control the samples
temperature at 37°C. Appropriate buffer was pipetted around the free edge of the
sample, to prevent drying and allow free fluid flow in and out of the sample if possible.
The shear moduli of the samples were measured by applying a low oscillatory shear
strain of 2% at a frequency of 10 rad/sec. Axial stress was collected separately with a
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ProLink instrument amplifier and Logger Lite software (Vernier, Beaverton, OR, USA).
Axial strain was applied by changing the gap between the plates.
Samples were subjected to several tests varying the axial and shear strain. A number of
samples was subjected to a series of incremental axial strains while measuring the axial
stress and shear moduli. The step-size of the axial strain was relatively small and the
samples were allowed to relax prior to applying another axial strain step. Other samples
were subjected to a large step of strain (both shear and axial) after which the stress
relaxation was recorded.
In addition to axial stresses collected with the shear rheometer, the axial stress of
contracted clots was measured with a tensile tester (Instron 5564, Norwood, MA, USA).
6.4 Results
6.4.1 Contracted clots respond oppositely to axial strain as whole blood clots, plasma
clots, and reconstituted networks.
The results in Chapter 5 revealed that cell traction and a 40% red blood cell volume do
not cause the mechanics of blood clots to resemble tissues. Therefore, contracted blood
clots are tested here to investigate the effect of dense cell packing on multiaxial rheology.
Allowing whole blood to contract in a plate with some adhesion of the fibrin network to
the side and bottom, results in disc-shaped contracted clots. These clots effectively have
no free fluid in them, and the red blood cells will be packed together tightly. The
contracted clots can easily be detached and transferred between the rheometer plates,
without shape changes. To ensure proper adhesion, fibrin glue was used both on the
bottom and upper plate.
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When performing extension and compression series, contracted clots show behavior
opposite from whole blood clots, and similar to liver, fat and brain. The storage moduli
increase linearly with compression and show a decrease in extension, which levels off at
higher extensions. The axial stress shows asymmetry but opposite from ECM networks,
the slope in compression is larger than in extension. In extension the axial stress levels
off. The loss tangent of contracted clots is higher than the reconstituted networks and
other clots tested previously. Also, the loss tangent shows a decreasing trend in
compression, which is opposite from what was observed in reconstituted networks,
blood, and plasma clots. (Figure 6.1)
6.4.2 Shear rheology of contracted clots can be mimicked by embedding beads in a
fibrin network, in absence of contractile cells
The large difference between whole clots, with 40% red blood cells, and contracted clots,
with >90% red blood cells, motivated looking closer at the possibility that the rheology of
contracted clots and tissues is dominated by dense cell packing alone.
A fibrin network of 5 mg/ml fibrin was prepared with several volume densities of beads.
The initial bead volumes were 50%, 60% and 70%. The fluid that remains in these
constructs can flow in and out of the network, therefore the bead volume ratio will
change with applied axial strain. The constructs were imaged with Alexa Fluor-488
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Figure 6.1: Contracted clots compression stiffen and extension weaken. Rheology
of contracted rat blood clots at low shear strains (2%) at increasing levels of axial strain,
showing the storage modulus (a), axial stress (b) and loss tangent (c). The data from (a),
and (c) are obtained simultaneously with the shear rheometer. The axial stress data in (b)
are obtained with the tensile tester. The mean of 5 samples is shown ± SD.

fibrinogen added to the fibrinogen solution at a 1:40 molar ratio. This revealed that the
beads are orders of magnitude larger than the mesh size of the network. In between the
packed beads sits a well-developed network. At the positions where beads get in close
proximity of each other there is still fibrin present. However, the images indicate that -as
expected from the exclusion limit of the beads- the fibrin network is fully excluded from
the beads. (Figure 6.2)
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Figure 6.2: Imaging of 3 jammed beads within fibrin network at different
depths. A 50% bead- fibrin construct is shown. Images show fibrin network imaged with
ALEXA-488 Fbg incorporation (a, b, c, d). Phase contrast image of beads (e) corresponding
with fluorescent image (a).

Figure 6.3 shows the response of the storage modulus, axial stress and loss tangent to
axial strain for all three constructs. The storage modulus of networks with an initial bead
volume of 50% shows an initial decrease in compression; similar to fibrin, ppp and whole
clots. However, after a couple of percent compression the trend reverses and the
constructs start to stiffen with increasing compression. The storage modulus increases
with extension. For constructs with a 60% and 70% initial bead volume there is no
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significant weakening in compression; the constructs stiffen fairly constantly over the
whole range of compression. In extension the 60% bead constructs stiffen similarly as
the 50% constructs. However, the 70% bead constructs stiffen less in extension.
The axial stress of the 50% constructs shows similar asymmetry as fibrin and ppp
between -7.5% and 20% axial strain. It has a small slope in the initial phase of
compression, however, the slope increases at higher compressions. The axial stresses of
the 60% and 70% bead constructs behave almost identically. The slope of the axial stress
is similar in extension and the initial phase of compression, at higher levels of
compression the axial stress curves up. The axial stresses of the 60% and 70% bead
constructs have larger slopes over the whole range of compression compared to the 50%
constructs.
The loss tangents of all constructs drop in extension. In compression the loss tangents
initially increase, however, for all constructs this trend reverses. This reversal is most
pronounced and has the earliest onset in the 70% bead constructs.
When a 70% bead solution is put between the rheometer plates, there is no significant
storage modulus. When compressed up to 35% the storage modulus is 92 Pa ± 85 Pa,
with a loss tangent of 0.35 Pa ± 0.21 (n=4) (data not shown). Additionally, the storage
modulus of the fibrin used for the constructs was tested in absence of beads at 5 mg/ml,
which was 87.5 Pa ± 30.3 Pa (n=4) (data not shown).
In addition to using dextran beads, this experiment was also performed with 10 mg/ml
fibrin networks with densely packed red blood cells which were lightly fixed with 0.5%
gluteraldehyde. The results in these constructs show extensive compression stiffening
and mild extension stiffening, similar to the 70% bead – fibrin constructs (data not
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shown), indicating that the results are independent of the size and shape of the
embedded particles.
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Figure 6.3: Beads embedded in a fibrin network change multiaxial rheology to
resemble tissues when bead density reaches a critical value. Rheology of fibrinbead constructs at low shear strains (2%) at increasing levels of axial strain, showing the
storage modulus (a), axial stress (b) and loss tangent (c). The data from (a), (b) and (c) are
obtained simultaneously with the shear rheometer.
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6.4.3 Dynamics and stress-relaxation of contracted clots and constructs
As a follow up on the equilibrium results the dynamics of the storage moduli and axial
stresses of contracted clots and fibrin-bead constructs were investigated. The dynamics
of the storage moduli and axial stresses of the contracted clots and fibrin-bead constructs
were followed for a 5% step compression or extension (Figure 6.4), which is applied
quickly at t = 10 seconds. The storage moduli of contracted clots do not show a peak. In
compression the storage modulus keeps increasing slightly after the compression has
been applied. The axial stress in compression shows a continued relaxation. The storage
modulus of the 50% beads still resembles a fibrin network, with a pronounced peak and
a drop below the initial modulus. The peak decreases with increasing bead density, and
the modulus stays above the initial value. The storage modulus shows no visible peak in
extension for the 50% and 60% constructs, the 70% construct does show a peak,
however, the storage modulus drops back to a value close to the original value. The
relaxation of the storage modulus, normalized to the peak value, confirms the trends in
the dynamics. (Figure 6.5) Here the values are plotted for longer time periods. In
compression, it shows that at a longer time scale the storage modulus curves up mildly.
Figure 6.6 shows the axial stress relaxation after the 5% step axial strain and additionally
the shear stress after a 5% step shear strain. The shear stress and axial stress relaxations
are small for contracted clots, and both slower and less dramatic compared to the whole
clots. (Figure 5.7) The bead- fibrin constructs with an initial bead density of 50% show
quick relaxation in the axial direction, the stress in extension levels out quicker than
compression. This behavior is very similar to the stress-relaxation of fibrin and collagen
described in Chapter 4 (Figure 4.6). However, with 60% and 70% beads the axial stress
in compression levels out before the stress in extension. The level of extensional
relaxation stays roughly constant in all bead-fibrin constructs.
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Figure 6.4: Dynamics of storage moduli and axial stresses of contracted clots
and fibrin-bead constructs. A 5% compression (a, c, e, g) or extension (b, d, f, h) was
applied, to contracted clots (a, b), and 5 mg/ml fibrin networks with 50% beads (c, d), 60%
beads (e ,f), and 70% beads (g, h). The mean of 3 samples is shown, except for compressed
contracted clots and 70% (n=4). 3-5% of data points is depicted with a symbol.
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Figure 6.5: Relaxation of storage modulus after axial strain application of
contracted clots and fibrin-bead constructs Stress-relaxation in compression,
extension and shear is shown, normalized to the peak stress of (a) contracted clots (b) fibrinbead construct with 50% beads, (c) constructs with 60% beads and (d) constructs with 70%
beads.
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Figure 6.6: Stress-relaxation of contracted clots and fibrin-bead constructs
after a step axial or shear strain. Stress-relaxation in compression, extension and shear
is shown, normalized to the peak stress of (a) contracted clots (b) fibrin-bead construct with
50% beads, (c) constructs with 60% beads and (d) constructs with 70% beads.
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6.4.4 Non-linear behavior at high shear strains changes at high cell and bead packing
densities
Strain-stiffening is a feature often seen in biopolymer networks, but not in soft tissues.
To further elucidate the nature of this divergence, the behavior of contracted clots and
bead-fibrin constructs when subjected to increasing shear strains is compared.

Figure 6.7: Strain amplitude
dependence of contracted clots. The
storage modulus of contracted rat blood
clots is shown with increasing shear
strains.
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Figure 6.8 shows strain amplitude dependence of bead-fibrin constructs. All constructs
were tested in absence of axial strain, at 35% compression, and 20% extension. In
absence of axial strain the networks with 50% beads show strain-stiffening behavior
similar to fibrin by itself. However, the 60% bead constructs show strain-weakening up
to 15% shear strain after which strain-stiffening occurs, which is less pronounced than
that of the 50% bead networks. The 70% bead constructs show an even more distinct
initial strain-weakening, up to 50% shear strain, after which the samples stiffen again
but do not reach a modulus higher than was measured at 2% shear strain.
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When compressed, the 50% constructs show an initial weakening followed by strainstiffening that does not fully return the moduli to the initial value (comparable to 70%
constructs in absence of axial strain). Constructs with 60% beads show strain-weakening
over almost the whole range when compressed, only showing a slight restoration
between 100-200% shear strain. When the 70% bead constructs were compressed the
samples show strain-weakening over the whole range of shear strains. The extended 50%
and 60% constructs show very weak strain-stiffening and both have a lower critical
strain than the compressed samples. The 70% constructs show little strain-stiffening
when extended and do not show signs of a shift in critical strain. Overall the constructs
seem to converge at higher levels of shear strain.
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Figure 6.8: Strain amplitude dependence of fibrin-bead constructs at varying
axial strain. The storage modulus of fibrin-bead constructs with a bead density of (a) 50%
(b) 60% and, (c) 70% is shown with increasing shear strains at 20% extension, 35%
compression and 0% axial strain.

To better compare the effect of bead density on strain-stiffening, the normalized storage
moduli of contracted clots, all bead-fibrin constructs in absence of axial strain and the
70% construct at 35% compression were plotted. (Figure 6.9) From this graph it becomes
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clear that the higher the density of the beads in the network is, the more pronounced
strain-weakening becomes.
50% beads
60% beads
70% beads
70% beads - 35% compression
Contracted clot

Figure 6.9: Overview of strainstiffening and weakening
storage moduli of contracted
clots and fibrin-beads constructs.
The storage modulus was normalized
to the value at the lowest shear stress
(1% for contracted clots, 2% for
constructs).

Storage modulus (normalized)
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1
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10
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6.5 Discussion
In this chapter the possibility that the multiaxial macrorheology of soft tissues is
dominated by cell packing was investigated. Contracted blood clots were tested; in which
the platelets contract the fibrin network, hence squeezing out plasma and trapping red
blood cells. With these experiments it was shown that contracted clots show multiaxial
mechanics closely resembling whole tissues. Experiments using fibrin networks in which
dextran beads were embedded indicated that this behavior is not dependent on cell
traction. Differences are observed between the contracted clots and embedded beadfibrin networks, for example the modest extension and shear-strain stiffening seen in the
bead-fibrin constructs. These differences could be explained by the fact that it is
impossible to embed the beads into a fibrin network as densely packed as in a contracted
clot. Also, the platelets in the contracted clots put the network under significant stress;
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and platelets cause the network to be cross-linked, whereas the fibrin network in the
constructs has entanglements only. Other blood proteins could further add to the
deviation between contracted clot and bead-fibrin construct mechanics.
An important difference between tissues and the tested samples here is that in tissues
the volume conserving cells are attached to the ECM network. Red blood cells do have
receptors on their cell membrane, for example integrin α4β1 that can attach to -for
example- fibronectin. However, they are generally considered not adhesive and they will
not exert forces on the network if they attach to it 179.
6.5.1 Jamming to explain tissue rheology
From the experiments it seems likely that jamming plays a role in the macroscopic
response of tissues and contracted clots to multiaxial deformations. Jamming has been
related to cells in tissues, however, not directly related to the mechanical properties of
the tissues. Often the experiments focussed on cell movement in monolayers 180-183, for
example during bronchospasms 181,183. Interestingly, compressive stress was shown to
cause unjamming in a confluent monolayer of human bronchial epithelial cells 181,184,
where compression results in jamming in our system. Three dimensional movement was
followed in jammed embryonic tissues 185 and cells during malignant invasion in a
collagen network 186.
Here we consider jamming of cells and beads mechanically as described for granular
materials 187, colloids 188, glasses 189 and foams 190. In granular systems the jamming
transition was determined to be dependent on temperature, volume density and applied
load 191. In colloidal systems or bead suspensions the jamming transition lays around
64% at ambient temperatures 192-194.
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Both the 60% and 70% constructs compression stiffen. The 70% constructs extension
stiffen, but less than the 50% and 60% bead constructs, and especially less than fibrin
networks.
Interpreting these results is challenging as jammed systems and viscoelastic networks
are not fully understood by themselves. Jamming of particles embedded in a network has
not been studied. Closer approximations of the beads or cells in networks would be given
by attractive colloids, for which the jamming phase-diagram differs from hard spheres
188,195.

Colloidal suspensions can be strain-stiffening 196. More recently jammed colloid

systems were developed from droplets between which bonds can be formed through
biotin and streptavidin embedded on the surface. However, these have so far only been
used to study the mechanics of cell adhesion, not the rheology of jammed suspensions
197.

In the systems described here it seems likely that the network will have an effect on the
jammed particles, by limiting the ability of the particles to move freely as a response to
shear. This is possibly seen in the current experiments, as the reversal of the
compression-softening in the 50% constructs is seen around 5% compression. The 60%
constructs do not significantly weaken in compression even though it should still fall
below the jamming threshold. An exact quantification of the transition point of
compression-softening to compression-stiffening needs to be done, in order to determine
at what bead density the reversal happens.

Vice versa, jammed beads will likely have an effect on network properties, by limiting the
ability of the network fibers to move. Evidence for this is also seen in the experiments:
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the storage modulus of a 5 mg/ml fibrin network is much lower than that of the
constructs, even with 50% beads. Since the fibrin cannot penetrate the beads, the
effective concentration of fibrin is higher in the free fluid of the construct. In the 50%
bead constructs this will lead to an effective fibrin concentration of 10 mg/ml. Though
fibrin has not been tested at this concentration (note, the fibrin used here is different
than that used in Ch3-5); the modulus can be approximated by multiplying it by 22.5
(from Eq 2.14), which would result in a storage modulus around 500 Pa. Embedded
objects –below the jamming threshold- are known to have an effect on fibrin structure
and mechanics 174-176. Therefore, even though it is possible that the high storage modulus
in the constructs is caused by spatial limitations of the fibrin network, this comparison is
not proof that jamming induces network stiffening. Other factors like compaction of
fibrin fibers should be considered, which was recently shown to increase clot stiffness 198.
Compaction possibly also lies at the basis of the mild increase of the storage moduli
during experiments when contracted clots and fibrin-bead constructs are compressed.
Though in the case of the clots, active remodeling as a result of the applied compression
should not be ruled out.
Fiber constriction possibly also lies at the basis of the strain-amplitude dependence of
the constructs, which show combinations of shear-weakening and stiffening at bead
density of 60% and higher. In the current set-up the beads are so large compared to the
mesh size that a normal fibrin network can exist in between the beads, which makes it
hard to interpret the data, specifically for the strain amplitude behavior.
Hence, the fibrin-bead experiments need to be repeated with beads that are closer to the
mesh size of the network. Most importantly, the experiments need to be repeated with a
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linear network with beads embedded so that contributions of the network can be
considered to remain stable.
Overall it seems likely that jamming plays an important role in tissue mechanics, which
could have serious implications for modeling of tissues and understanding the
mechanical environment in vivo. More work needs to be done to fully understand these
systems.
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CHAPTER 7: CONCLUSIONS AND FUTURE DIRECTIONS
7. 1 Summary of results
The goal for this thesis was to elucidate the factors determining the discrepancy between
extracellular matrix and soft tissue mechanics. This was done with a novel multiaxial
rheology approach, allowing to monitor shear rheology and axial stresses while applying
compression or extension. By using this approach, the effects of physiologically relevant
but rarely considered combinations of shear and compression or extension are
addressed. Several other features were studied such as strain-amplitude dependence,
frequency dependence, and stress-relaxation.
The results in Chapter 3 show that semiflexible ECM networks, fibrin and collagen,
soften in compression and stiffen in extension. Over the tested range of axial strains, the
elastic shear moduli increase linearly in extension. In compression the shear moduli
initially drop, however, the values level off and stay constant after a few percent of
compression. The apparent Young’s moduli in extension are orders of magnitude larger
compared to those in compression. Overall, the relation between the shear modulus and
Young’s modulus is decoupled. In Chapter 4 the dynamics of these systems showed this
decoupling as well. However, higher quality data and modeling approaches are necessary
to quantitatively compare shear and axial relaxation of networks during axial
deformations. Shear stress relaxation after a step shear is significantly less pronounced
than axial stress relaxation after an axial deformation. Compressive and extensional
stress relaxation is similar at early time points. As a result, large differences in the
frequency dependence are observed in shear and axially.
In Chapter 5 the effect of cell traction induced pre-stress on the networks was
investigated. It became apparent that cell traction imposed on fibrin networks does not
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flip the behavior of the networks to resemble whole tissues. The pre-stressed networks
compression weaken and extension stiffen though the asymmetry is strongly decreased.
Additionally, comparing clots made with whole blood and plasma, showed a 40% red
blood cell volume had no apparent effect on multiaxial rheology. Therefore, the effect of
a higher red cell density was investigated in Chapter 6, by letting clots contract fully.
These contracted clots showed shear strain and extension softening, and compression
stiffening, like soft tissues. Additionally, embedding a sufficient amount of beads into a
reconstituted fibrin network can mimic this effect in absence of platelets, showing that
the tissue-like behavior is independent of cell traction. The swift transition between
compression softening and compression hardening is reminiscent of a jammed system.
These results are significant from both a fundamental as well as a translational point of
view. The results in Chapter 3 give new insights in the physics of semiflexible biopolymer
networks. Moreover, collagen and fibrin hydrogels are used in numerous biomedical
applications in which they are subject to multiaxial deformations. The results in Chapter
5 contribute to the understanding of the mechanical responses of blood clots in their in
vivo environment. Chapter 5 and 6 show that not cell traction but cell jamming is likely
to be the determining factor of soft tissue mechanics. This has implications for the
understanding of tissue mechanics in physiological and pathological situations as well as
the modeling of tissues. Moreover, the fundamental understanding of jammed particles
inside a network is a new niche in physics.
7.2 Future directions
The results presented in this thesis bring up many new questions. The reconstituted
biopolymer networks, constructs, and blood clots tested form a good model system but
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several features are highly simplified. This forms the basis of designing future
experiments continuing on this research highlighted below.
7.2.1 Deepening the understanding of semiflexible network physics
In the presented experiments stress responses in shear were collected and processed
with the rheometer software. Hereto, the average stress is computed from the first
harmonic of the sinusoidal torque signal measured. Though this approach is satisfactory
in the linear regime, there is much insight to be gained from the waveforms of the raw
data output in the non-linear regime. Raw waveforms can be analyzed by means of
Bowditch - Lissajous curves 199,200 or Fourier transforms 201, which have been used
previously to analyze fibrin 202-205, collagen 45 and soft tissues 85,206 in shear. Measuring
the differential moduli of networks, obtained by superimposing a small oscillatory strain
on a large step strain, is another method to more sensitively probe the non-linear regime
of networks 32,207.
7.2.2 Stress-relaxation
The stress-relaxation experiments presented here were limited and often collected in the
effort of obtaining steady state values. For better evaluation of stress-relaxation it would
be desirable to obtain higher quality data. Most importantly the axial stress application
should be as quick and precise as possible, and stresses should be collected at higher
sampling rates. This would allow for better quantification of the stress relaxation,
enhance the ability to model the systems and determine which constitutive equations can
be used to describe and predict the behavior.
A continuation on the stress-relaxation experiments would be to examine shear stressrelaxation and frequency dependence at different levels of axial strain, similar to the
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strain-amplitude experiments done at different levels of axial strain as shown in Figure
3.3 and Figure 6.5.
7.2.3 Generalization of multiaxial rheology principles to rigid, and flexible
biopolymers, and polyelectrolytes.
Tissues in vivo contain a wide spectrum of biopolymers, which are found both inside and
outside cells. This thesis was primarily focused on two semiflexible, uncharged,
extracellular components, collagen and fibrin. To fully understand tissue mechanics it
would be desirable to extend experiments on multiaxial mechanics to include both
extracellular and intracellular components with varying physical properties.
As shown in Chapter 3, gels prepared from lightly cross-linked, flexible and charged
hyaluronic chains show very different behavior than collagen and fibrin. As a
continuation on this, it would be interesting to extend the multiaxial rheology method to
other ECM components, including other types of collagen and proteoglycans, and
composites of 2 or more constituents.
Biopolymers that are found inside cells include actin, intermediate filaments, and
microtubules, which form the cytoskeleton. Microtubules are very rigid compared to
other biopolymers; and though not having been studied much, networks of microtubules
can be formed 31,208,209. Actin and intermediate filaments are both considered
semiflexible, though actin is more rigid; and both carry a significant charge, intermediate
filaments more so than actin. Testing actin and intermediate filaments could provide
insights in the effect of charges on the multiaxial rheology of semiflexible biopolymers;
preliminary results with vimentin point towards it behaving more like cross-linked HA
gels. Additionally, as cytoskeletal components form interactions with each other in vivo,
composite networks of cytoskeletal constituents would be a logical next step 210,211. For
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both extracellular and intracellular biopolymers testing of composite networks is
especially interesting in the multiaxial set-up. It was shown that the mechanical
properties of the solvent phase can significantly change buckling properties, which was
observed with microtubules in a cross-linked actin gel and illustrated with a plastic rod
in gelatin 212.
7.2.4 Influence of platelet contraction on fibrin network mechanics
The focus in this thesis is on soft tissue mechanics. However, as blood clots are used as a
soft tissue model, these results can be applied to understand the mechanical behavior of
blood clots in vivo. From literature 177,178 and presented experiments there are indications
that platelets actively adjust tension to accommodate to mechanical changes in the
network as a result of axial strain. To directly investigate the reactiveness of platelets to
changes in network stress it would be interesting to probe myosin activity right after
applied axial strains, for example by using Western blots for total myosin and
phosphorylated myosin.
7.2.5 Jamming of beads inside networks
The theory that (red blood) cells in tissues and contracted clots are a jammed system has
been investigated with constructs consisting of a fibrin network and embedded dextran
beads. More work needs to be done to understand this system better. Several construct
variables can be simplified to allow for better interpretation of jamming in a network,
and subsequently the properties of the constructs used in this thesis can be reintroduced
to make this applicable to biological systems.
The variables causing complexity are the mechanics of the network and the bead size.
The fibrin network exhibits non-linear rheology at relatively modest shear strains.
Experiments as presented here should be repeated with a linear network with beads
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embedded so that contributions of the network can be considered to remain stable.
Polyacrylamide would be an ideal candidate as it was shown already that the mechanics
of these networks do not change with shear or axial strains. However, as the mesh-size
of PAA is very small, other options would include cross-linked hyaluronic acid gels used
in Chapter 3, which are known to be linear at high shear strains 213,214.
The beads used in the presented experiments are polydisperse, and much larger than the
network mesh size. The polydispersity is quite dramatic, with beads varying between 90
and 280 µm, which is known to influence jamming behavior 205,215. Hereto, it would be
ideal to keep the bead diameter within a 5% fluctuation, which would allow to use theory
for monodisperse beads 216. Specifically for jamming experiments with fibrin networks,
there is a need to repeat measurements with beads that are closer to the mesh size of the
fibrin network. In the current set-up the beads are so large compared to the mesh-size
that a normal fibrin network can exist in between the beads. This makes it hard to
interpret the data, specifically the strain amplitude behavior.
The exact bead density at the transition point of compression-softening to compressionstiffening needs to be determined, in order to determine how the presence of a network
shifts the jamming transition. An option to make this determination easier is to use Nisopropyl acrylamide beads. The diameter of these beads varies with temperature, even
at the small temperature range of 25°C to 37°C at which fibrin networks are tested
commonly 205,217-219. Using this system would allow to increase the bead density at small
increments after full polymerization of the network without compression.
7.2.6 Effect of cell attachments on multiaxial rheology
In this thesis only cell traction mediated pre-stress on the ECM network and the dense
cell packing were investigated directly, but a third determinant of tissue mechanics could
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be the interaction between cells and the network. Cell-ECM interactions introduce an
abundance of cross-links and hereby restrain the network, which is not the case in the
current experiments. Here, the red blood cells are generally considered non-adhesive,
and the used dextran beads are chemically inert. To investigate this effect the fibrin-bead
constructs could be made with beads with adhesive properties like polystyrene or
dextran beads with specific surface modifications to make the beads adherent to the
network.
7.2.7 Extension of multiaxial rheology to tissues with varying cell to ECM ratio; cellular
traction and anisotropy
Ultimately the goal of the research presented here is to better understand the mechanics
of tissue in vivo and to be able to use that knowledge in applied fields like tissue
engineering and regenerative medicine. In order to get a full understanding of multiaxial
tissue mechanics this approach should be tried on multiple types of tissues, with varying
levels of cell densities and cell traction forces.
The bottom-up approach –testing intra- and extracellular components separately and in
composites- can be combined with data from the top down approach –testing tissues of
varying compositions - to construct a phase diagram for tissue mechanics in which
different regimes of tissue mechanics (jamming/cell traction/ECM dominated, for
example) are linked to mechanical determinants.
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