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ABSTRACT

The cerebrovasculature is vital in maintaining health in the brain, but can be
damaged by traumatic brain injury (TBI). Even in cases without hemorrhage, vessels are
deformed with the surrounding tissue. Subfailure deformation could result in altered
mechanical properties and dysfunction of these vessels. This dissertation aims to provide
a better understanding of the biaxial mechanical properties of cerebral arteries, as well as
determine mechanical stretch thresholds which produce ultimate failure and subfailure
alteration of mechanical properties or vessel function. Three in vitro studies were
undertaken. Passive biaxial mechanical properties under physiological loading, as well as
failure properties of rat middle cerebral arteries (MCAs), were measured and compared to
those of human pial arteries. Best fit parameters for a Fung type strain energy function
are provided for the biaxial mechanical properties. Rat MCAs are stiffer in the axial
direction than the circumferential, but less stiff in both directions than human arteries.
Rat MCAs also exhibit a lower ultimate failure stress but higher failure stretch. The effect
of subfailure axial overstretch on the contractile behavior of smooth muscle cells (SMCs)
in rat MCAs was investigated. Potassium dose response tests were conducted before and
after a single axial overstretch, with varying magnitude and strain rate. Overstretches
beyond a threshold of both magnitude and strain rate significantly reduced SMC
contraction relative to time-matched controls, mirrored by an increase in potassium

concentration required to evoke the half maximal contraction. The effect of subfailure



axial overstretch on passive mechanical properties in sheep MCAs was investigated.
Axial response was measured before and after a single quasi-static overstretch of various
magnitudes. Post-overstretch, samples showed persistent softening (lower stress values at
a given level of stretch). Softening was only observed above an overstretch threshold, and
then increased with overstretch severity until a second threshold was reached, above
which softening did not increase until failure. This dissertation provides improved
understanding of cerebrovascular mechanics and relationships between such data
acquired from animals and humans. It also provides insight into the potential role of
subfailure cerebrovascular damage in disease states associated with TBI, such as second

impact syndrome and stroke.
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CHAPTER 1

INTRODUCTION

1.1 Motivation and Objective

Traumatic Brain Injury (TBI) is a devastating health issue with a huge societal
burden. Each year in the United States alone there are 2.4 million TBI cases (CDC, 2013)
resulting in 53,000 deaths (Coronado et al., 2011) and incidences of TBI are increasing
across the globe (Maas et al., 2008). The economic impact of TBI in the United States
has been estimated to be $60 billion per year (Finkelstein et al., 2006)

TBI is extremely complex, including injury to both nervous tissues as well as
cerebrovasculature. The final clinical impact of a TBI event is a combination of both the
initial mechanical injury and secondary complications caused by pathological processes
set in motion by the initial injury. The health of nervous tissue in the brain is of primary
importance. Damage to nervous tissue caused by the initial injury includes stretch-
induced diffuse axonal injury (Siedler et al., 2014) and concussion (McAllister et al.,
2012). However, mechanically-induced damage to cerebral blood vessels results in both
hemorrhage and cerebrovascular dysfunction, both of which can lead to devastating
secondary complications (Adelson et al., 1997; Bassan et al., 2007; Black, 1986; Burke et
al., 2013; Golding, 2002; Golding et al., 1999a). Hemorrhage leads to exposure of

nervous tissue to toxic blood products normally segregated from the nervous tissue by the



blood brain barrier, potentially resulting in neuronal death (Bell et al., 2014). Dysfunction
of the cerebrovasculature's ability to regulate cerebral blood flow can result in vasogenic
edema (Marmarou, 2007; Unterberg et al., 2004), and a myriad devastating complications
associated with inadequate circulation. Therefore, it is clear that damage to blood vessels,
resulting in structural or functional failure, leads to damage of nervous tissue.

The cerebrovasculature plays a vital role in the health and maintenance of the
brain. In order to maintain the appropriate level of cerebral blood flow to meet metabolic
needs, smooth muscle cells (SMCs) in the vessel wall modulate their level of contraction,
or tone, thus controlling the vessel internal diameter (Lassen, 1974; Ursino, 1994). This
process, known as autoregulation, has been shown to be disrupted following TBI
(Golding, 2002; Golding et al., 1999a; Kenney et al., 2016), resulting in unfavorable
clinical outcomes (Czosnyka et al., 1996; Robertson et al., 1992). Examples of disrupted
autoregulation following TBI include vasospasm (Compton and Teddy, 1987; Kramer et
al., 2013; Martin et al., 1992; Martin et al., 1997), secondary hypoxia or hypoperfusion
(Bramlett et al., 1999; Cherian et al., 1996; Chesnut et al., 1993), and decreased vascular
reactivity to hypercapnia in the surrounding brain tissue (Saunders et al., 1979). It is
important to note that cerebral autoregulation is dependent on both properly functioning
dynamic control mechanisms as well as the proper steady state mechanical properties
(Zhang et al., 2009).

Many experimental models have been used to investigate the trauma associated
with impact TBI ranging from rodents to primates and humans, including cadavers and
live volunteers (Goldsmith, 2001; Goldsmith and Monson, 2005). While the goal is

always to gain information about human trauma, only sub-injury level loading can be



ethically inflicted on a living human being. Cadavers are very expensive and their use can
result in inaccurate conclusions due to lack of vascular pressurization (Alem et al., 1977;
Stalnaker et al., 1977) or difficulty identifying vascular injury (Stalnaker et al., 1973), as
well as altered head-neck kinematics due to the lack of cadaveric muscle tone at the time
of impact (Bendjellal et al., 1987). Primates are the closest animal model to humans, but
cost and recent public opinion makes use of primate models prohibitive. Additionally, a
huge variety of potential loading conditions makes experimental definition of all possible
injury thresholds nearly impossible. Some examples of these various loading conditions
upon which the resulting injury is dependent include direction of loading (Gennarelli et
al., 1987; Post et al., 2015), head and neck orientation at the time of impact (Nusholtz et
al., 1986), and subject-specific anatomical differences such as thickness of skull (Melvin
et al., 1969). It has also been shown in surrogate models that strain distributions within
the brain are dependent on both peak acceleration a well as changes in acceleration with
time (Thibault et al., 1987). Further, it has been argued that injury thresholds should be
determined based on response of tissue rather than applied loading (King et al., 2003).
However, it is difficult to quantify the TBI-imposed strain field throughout the brain
during experimental closed head injury (Melvin et al., 1993), so computational models
have become a common tool for investigating head injury.

Computational models of head injury have advanced substantially in recent years,
but still have significant limitations. Models have grown in complexity to include many
of the specific tissue structures of the head such as skin, bone, cerebral spinal fluid (CSF),
distinct white vs. gray matter regions, and ventricles (Ji et al., 2014; Kleiven, 2007; Yang

et al., 2014). Some models also use increasingly accurate geometry such as the internal



features of the skull (Asgharpour et al., 2014; Tse et al., 2015). Results from various
independently validated complex computational head injury models often do not agree
with each other which is attributed in part to variations in the material parameters utilized
(Jietal., 2014).

Inclusion of vasculature in computational models has produced mixed results.
Inclusion of simplified blood vessel geometries in one computational TBI model showed
dramatically different strain distributions and peak stress levels within the brain as
compared to a similar model without any vasculature (Omori et al., 2000; Zhang et al.,
2002). Inclusion of more complex vascular structure in another model produced minimal
difference from a similar model without vasculature (Ho and Kleiven, 2007). However, it
should be noted that the model containing more complex vasculature did not account for
internal pressurization of vessels, and this model does not correlate well with injury
distributions within the brain (Fahlstedt et al., 2015).

Despite this apparent conflict, there is evidence that inclusion of vasculature in
computational models is necessary. Two-dimensional physical surrogate models with
vasculature have significantly different strain distributions than without (Parnaik et al.,
2004). Additionally, cadaver head impact studies show better correlation of loading to
injury when the vasculature is repressurized (Alem et al., 1977; Nahum and Smith, 1976;
Stalnaker et al., 1977). It is therefore plane to see that the vasculature plays a very
important role in stress concentrations when the brain is loaded (Omori et al., 2000), and
should be included in computational models of TBI.

A previous attempt to mathematically model vascular function and vasospasm

shows the potential of computational models incorporating vasculature to investigate both



mechanics and vascular function (Baek et al., 2007b). An equation was presented which
represented the mechanical behavior of cerebral arteries including underlying passive
mechanics and mechanical contributions from SMC contraction. The intention was that
the contribution from the portion of the equation representing SMC contraction would be
optimized such that the overall solution would model vascular mechanical behavior under
healthy and mechanically damaged conditions. However, by the authors' own admission,
their model better serves to highlight the current lack of experimental data showing what
types of vascular dysfunction are associated with mechanical injury.

In order to provide the highest accuracy and/or utility of future computational
models which incorporate the cerebrovasculature, a better understanding is needed of the
vessel specific material properties, including failure and subfailure properties, as well as
defined strain thresholds resulting in vascular injury. Additionally, low availability of
mechanical data measured from human tissue often necessitates translation of
experimental results acquired from animals to the human case, but these relationships are
often not well understood.

The objective of this dissertation is to better define the effect subfailure
mechanical loading has on the cerebrovasculature along with defining strain thresholds
that result in pathological changes. This information will both provide a better
understanding of the mechanically related mechanisms of vascular injury post-TBI as
well as allow future computational models to potentially predict subfailure vascular
damage based on the stains resulting from applied traumatic loading. This will improve
the correlation of TBI-related region specific strains within the brain with clinically

observed pathologies (Vossoughi and Bandak, 1995). When possible, these results are



compared to data acquired from human tissue to provide a better understanding for the
translation of animal vascular data to humans (Chapter 2). In order to provide context for
the current research, brief discussions are here provided for cerebral vessel anatomy and
structure, mechanics of cerebral arteries, as well as cerebrovascular autoregulation and

TBI-induced dysfunction.

1.2 Cerebral Vessel Anatomy and Structure

The organization and structure of the cerebral vascular system is unique compared
to other organs (Wolff, 1936). Tissues outside the arachnoid membrane are perfused with
vasculature that does not penetrate the arachnoid. Inside the arachnoid membrane,
perfusion is provided by the internal carotid and vertebral arteries, which enter at the base
of the skull and anastomose together to form the Circle of Willis. Six main cerebral
arteries (posterior, middle, and anterior cerebral arteries) branch off from this Circle and
run along the cortical surface of the brain, continuing to subdivide to form a network
along the surface. Along the length of these surface vessels, small arteries branch off and
penetrate the cortex at right angles. These further subdivide until they reach the capillary
level (Akima et al., 1986; Cassot et al., 2006; Cassot et al., 2010; Reina-De La Torre et
al., 1998).

There are several differences in the cerebral vasculature compared to peripheral
vessels. Once inside the arachnoid membrane, the vasculature is bathed in CSF, and is
enwrapped in an additional layer of pial-arachnoid tissue (Alcolado et al., 1988). This
extra layer of tissue continues along the length of the arterial branching until it nears the

capillary level; however, cerebral veins do not have this extra tissue layer within the



cortex of the brain (Yamashima and Friede, 1984). Additionally, capillaries in the brain
are lined with astrocyte end feet and pericytes which maintain the tight control of the
blood brain barrier, while still providing for the metabolic needs of the surrounding tissue
(Ballabh et al., 2004). The venous structure is also unique in that blood from the deep
brain regions drains via Galen's vein (Meder et al., 1994), while cortical veins merge
together to form large bridging veins which exit the subarachnoid space (Andrews et al.,
1989; Han et al., 2007; Oka et al., 1985). Blood then collects in the dural venous sinuses
and eventually drains through the jugular veins. There is also a great deal of redundancy
in the cerebral vasculature, ranging from the Circle of Willis itself, to numerous
anastomoses between adjacent vessels, without arteriovenous anastomoses (Duvernoy et
al., 1981). These anastomoses have been observed to be as large as 1 mm in diameter in
humans (Brozici et al., 2003; Duvernoy et al., 1981).

While sharing some common characteristics with peripheral arteries, cerebral
arteries also have distinct differences. An excellent review of the morphological
differences between peripheral and cerebral arteries is available (Lee, 1995). Briefly
however, cerebral arteries are muscular arteries where the primary mechanical
constituents are collagen and elastin fibers along with SMCs (Hayashi et al., 1980;
Holzapfel et al., 2000; Humphrey, 1995; Humphrey, 2002). The wall structure can be
divided into three main layers (Holzapfel et al., 2000; Humphrey, 2002), the intima,
media, and adventitia. The intima, the innermost layer, is composed primarily of
endothelial cells attached to the internal elastic lamina (IEL). The media is dominated by
helically oriented smooth muscle cells embedded in a network of collagen and elastin

fibers (Holzapfel et al., 2000). While primarily in the circumferential direction, the pitch



of this helix varies depending on the location within the vascular tree (Takahashi et al.,
1994). The adventitia, the outermost layer, is primarily composed of collagen fibers
embedded with fibroblasts and fibrocytes and is much less organized than the other two
layers (Holzapfel et al., 2000). The IEL is thicker in cerebral arteries than in peripheral
arteries, but the elastin content in the media and adventitia is much lower (Stehbens,
1972; Stephens and Stilwell, 1969). Also, in peripheral arteries, the media and adventitia
are separated by the external elastic lamina. While the external elastic lamina is present in

cerebral arteries in infancy, it disappears in adults (Hassler and Larsson, 1962).

1.3 Mechanics of Cerebral Arteries

As mentioned above, efforts to better prevent and treat cerebrovascular injury and
disease are, in part, dependent upon a more complete understanding of vessel mechanics.
This includes the definition of blood vessel injury thresholds for failure and subfailure
damage, as well as characterization of the relationship between applied forces and vessel
function. Reviews of overall head injury mechanics and material properties for cranial
tissues are available elsewhere (Goldsmith, 2001; Goldsmith and Monson, 2005; Meaney
et al., 2014). Additionally, a comprehensive discussion of the loading to the head during
TBI and the clinical manifestations of gross vascular injury are outside the scope of this
summary, but a good review of such is provided by Crooks (Crooks, 1991).

The scope of this section is limited to the mechanics of cerebral arteries. More
complete reviews of vascular mechanics in general can be found elsewhere (Holzapfel et
al., 2000; Humphrey, 1995; Humphrey, 2002). One of the reasons for this specific focus

is that cerebral arteries are stiffer than veins and fail at a lower level of stretch (Monson



et al., 2003). This indicates that they would have a greater impact on the traumatic
deformation of surrounding brain tissue, and would sustain injury at a lower regional
strain level. Cerebral arteries are several orders of magnitude stiffer than surrounding
brain tissue. For example, experimental measurements of rat cranial tissues show the
instantaneous elastic modulus of gray and white matter to be 0.29 kPa and 0.45 kPa,
respectively (Christ et al., 2010). However, the middle cerebral artery has an
instantaneous elastic modulus of 1.1 MPa and 0.7 MPa for the axial and circumferential
directions, respectively (Bell et al., 2013) (also Chapter 2). This has led some to compare
the mechanical contribution of cerebral arteries in brain tissue to that of rebar in concrete
(Zhang et al., 2002).

The mechanical behavior of cerebral arteries has common traits with other
biological soft tissues, with some additional considerations. In general, cerebral artery
mechanical response is nonlinear and anisotropic. The arterial wall is also considered to
be incompressible within the physiological loading range (Carew et al., 1968). Like other
biological soft tissues, cerebral arteries maintain a certain level of stretch in the in vivo
configuration. Finally, due to the presence and action of SMCs in the arterial wall, the
mechanical behavior is dependent on both the passive mechanics of the wall constituents
as well as SMC contraction.

Like many biological soft tissues, cerebral arteries exhibit nonlinear mechanical
behavior due to the proportion and organization of the various arterial wall constituents
(Fung, 1993). See Figure 1.1 for an example of this nonlinear behavior as measured from
a stretch test on a pressurized ewe middle cerebral artery (MCA) pulled axially to failure.

The shape of the lower portion of this curve, known as the toe region, is determined by
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Figure 1.1: Axial mechanical response of ewe middle cerebral artery pulled to
failure at internal pressure of 13.3 kPa (100 mmHg).

both elastin and collagen fibers in the wall (Chow et al., 2014; Weisbecker et al., 2013).
While the contribution of elastin is linear in nature, the slope increases as initially
crimped collagen fibers within the wall straighten out and become load bearing, a process
known as fiber recruitment (Chow et al., 2014; Schrauwen et al., 2012; Zeinali-Davarani
et al., 2015). The subsequent nearly linear portion of the curve reflects the elongation of a
majority of the collagen fibers in the artery (Chow et al., 2014; Zeinali-Davarani et al.,
2015). It is postulated that the somewhat discontinuous changes in slope in the upper
portion of the curve are due to failure of certain microstructural component prior to
ultimate failure (Bell et al., 2015; Converse and Monson, 2014), which will be discussed
in greater detail near the end of this section.

In addition to the conformation of microstructural components, like the initial
crimping of collagen, the orientation of these components also plays an important role in
the resultant anisotropy of cerebral arteries. For example, the unloaded orientation of

collagen fibers in the adventitia is somewhat random, while the collagen in the media is
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oriented in a primarily circumferential helical manner (Chow et al., 2014; Schrauwen et
al., 2012). In both human and rat cerebral arteries, the axial direction has been shown to
be stiffer than in the circumferential direction at in vivo stretch levels (Bell et al., 2013;
Monson et al., 2008). While cerebral arteries are stiffer in humans than rats, the ratio of
axial to circumferential stiffness is similar (Bell et al., 2013) (also Chapter 2). This
anisotropy results in the mechanical behavior in either direction being dependent on the
loading in the other. As a result, biaxial mechanical testing is required for the
characterization of cerebral arteries (Bell et al., 2013; Monson et al., 2008).

Arteries in vivo are under a certain amount of stretch. This is easy to see as
arteries removed from the body retract axially (Fuchs, 1900). This is an example of
residual strain. The parallel concept of residual stress is simply stresses in a material or
object that is free from external loading. Residual stress in arteries was first taken into
consideration for mechanical analysis by Bergel (Bergel, 1961). However, residual stress
is not limited to the axial direction. Circumferential residual stress is shown by cutting a
ring cross section of an artery radially (Chuong and Fung, 1986). The cross section then
opens into a mostly circular arch with a greater diameter than the original cross section.
Circumferential residual strain is quantified by measuring the resultant opening angle (o)
(Figure 1.2). It is important to note, however, that this opening angle can vary
significantly along the length of the artery (Liu and Fung, 1988; Monson et al., 2008).
Additionally, residual shear strain has been observed and quantified in coronary arteries
(Wang and Gleason, 2010, 2014). Residual shear strain causes a resected thin
longitudinal strip of the arterial wall to coil into a helical configuration. Finally, the

different layers of arteries have been shown to have different amounts of residual stress in
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Figure 1.2: Illustration of the measurement of circumferential residual strain
opening angle (o) from a cross section of a human pial artery sliced open radially.
Opening angle is in radians and measured from the midpoint of the arc to the end.
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both the axial and circumferential directions (Holzapfel et al., 2007). For example, the
circumferential opening angle of the media could be much higher than that of the
endothelium. While this layer specific residual strain has been quantified in larger
peripheral arteries (Holzapfel et al., 2007), the small size of cerebral arteries make such
an attempt difficult. To account for residual stress and strain for stress analysis, one must
use the stress relieved configuration as the reference state as described in detail by
Holzapfel et al. (Holzapfel et al., 2000).

An important testing consideration related to residual strain is the experimental
determination of the in vivo length during in vitro vessel tests. In this regard, a discovery
by Van Loon (Van Loon, 1977) is particularly helpful. Van Loon found that when dog
arteries are stretched axially at varying levels of constant internal pressure, all the force
length plots overlap at a single vessel length. He further confirmed this by showing that at
this same length, corresponding to the sample's measured in vivo length, the axial force
stayed constant as the pressure was oscillated within the physiological pressure range.
Above the in vivo length, the axial force will rise with increasing internal pressure, while
the axial force will fall with increasing internal pressure below the in vivo length. This
phenomenon has since been confirmed experimentally in rats (Weizsacker et al., 1983)
and again in dogs (Brossollet and Vito, 1995).

The contribution of SMC contraction to the overall mechanical behavior of
cerebral arteries is an important consideration, especially considering that over half of the
arterial wall is composed of SMCs (Humphrey, 2002). Both active and passive
mechanical properties of cerebral arteries have been measured to a limited extent in

animals. For example, activation of SMCs in rabbit basilar arteries with the
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vasoconstrictor endothelin-1 (ET-1) (Wagner and Humphrey, 2011) during pressure
inflation tests at a fixed length shows that the axial force required to maintain a set axial
length decreases as SMC tone increases. This study also showed an increase in
circumferential stiffness with increased SMC activation. A second study, on rat MCA
(Coulson et al., 2004), showed that SMC contraction induced by increased internal
pressure also increased circumferential stress at a given level of circumferential stretch.
However, when the overall mechanical response is mathematically separated into the
individual contributions from passive structures and active SMC contraction, the passive
stiffness in both directions seems to decrease with increasing SMC contraction (Baek et
al., 2007a).

A large number of strain energy functions have been proposed to describe arterial
mechanical behavior (Holzapfel et al., 2000; Humphrey, 1995). Strain energy functions
are scalar mathematical relationships that relate the stored strain energy to the
deformation gradient. In other words, they relate the energy required to deform a material
to the matching level of stretch. Such a function can then be used to predict stress from
the applied stretch. The parameters for these functions are derived by iteratively
optimizing the function so that the mathematically predicted stresses best match
corresponding experimentally measured stress values. One important consideration in this
regard is, similar to many biological soft tissues, cerebral arteries exhibit hysteresis or a
loss of energy between the loading and unloading of the material. Therefore, current
strain energy functions can only be fitted to either the loading or the unloading portions
of the data, not both at once. Typically, the loading portion of the data is chosen resulting

in the psuedoelasticity assumption (Fung et al., 1979). There are two basic categories of



15

strain energy functions, phenomenological and microstructurally-based. While
microstructurally-based functions have the potential to describe contributions from, and
changes in, various components in the arterial wall, they are more computationally
demanding and more difficult to validate (Holzapfel et al., 2000). However, while
phenomenological models may not be as versatile, they are significantly simpler and can
still potentially represent arterial mechanical behavior equally well (Bell and Monson,
2012).

Phenomenological strain energy functions simply utilize an optimized
mathematical expression to replicate stress response without regard to the underlying
microstructure. Examples of phenomenological functions have been based on exponential
(Delfino et al., 1997; Fung et al., 1979; Vaishnav et al., 1973) or logarithmic equations
(Takamizawa and Hayashi, 1987). One of the most commonly used phenomenological
models is the exponential Fung strain energy function (Bell et al., 2013; Bell and
Monson, 2012; Fung et al., 1979; Garcia et al., 2013; Keyes et al., 2013; Monson et al.,
2008). The Fung strain energy function as applied to cerebral arteries has only four
independent material parameters and is more fully described in Chapter 2 (Bell et al.,
2013).

Microstructurally-based strain energy functions divide the overall mechanical
behavior into more basic components, such as an isotropic elastic base material and
reinforcing collagen fibers (Baek et al., 2007a; Holzapfel et al., 2000; Wicker et al.,
2008). Holzapfel et al. (Holzapfel et al., 2000) have also proposed treating the media and
adventitia as two connected materials with differing material properties. One previous

function, mentioned briefly above, has a third division in the total mechanical behavior to
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represent the contribution from contracting SMCs (Eq. 1.1) (Baek et al., 2007a).
W = W(elastin) + W(collagen) + W(active) (1.1)

This function (Eq. 1.2) accounts for 4 collagen fiber families, each having a unique
orientation, stiffness, and degree of nonlinearity, except that material parameters for
families 3 and 4 are defined as having equal stiffnesses and nonlinearity. Superscript &
signifies the fiber family where, in the reference configuration, family 1 is oriented along
the axial direction (a! = 0°), family 2 is oriented circumferentially (a? = 90°), and

families 3 and 4 are oriented helically (a® = a* and a* = —a*).

W= 02—1(11 -3)+ Z:—i{exp (c’sf ((Ak)z _ 1)2) _ 1}

(1.2a)
1(Ay — 2g)*
Kyt ido t 77—
+ act{ 0+3(AM_AO)3
The stretch of the k™ fiber family is defined as
Ak = \/A%coszak + A%sinZak (1.2b)

and /s the first invariant of the right Cauchy-Green stretch tensor. Parameter ¢, is a
material parameter for the elastin with units of stress. Parameters cX (stress units) and c¥

(unitless) are material parameters for the A" fiber family. Parameter K, is an
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experimentally measured parameter related to the level of SMC activation. The various
other stretch measurements are current axial stretch (4,), current circumferential stress
(Ag), stretch where SMC contraction is maximum (4,,), and stretch where SMC force
generation stops (4,). All four of these stretch metrics are experimentally measured. All
together, there are eight independent material parameters to optimize. The Baek function
has more capability than the Fung phenomenological model, but twice as many material
parameters. Therefore, when selecting a strain energy function for investigation of
cerebral artery mechanical behavior, one should bear in mind the two factors of what
does the function need to do, and the minimization of computational expense should it
later be utilized in a computational model of TBI.

There is a limited amount of data for mechanical characterization of human
cerebral arteries within the physiological loading range. Circumferential inflation tests on
vessels taken from autopsy have revealed that while cerebral vessels get stiffer with age,
they are stiffer than peripheral vessels at all ages (Busby and Burton, 1965; Hayashi et
al., 1980). Axial stretch tests on unpressurized cerebral vessels from autopsy (Chalupnik,
1971) and live surgical resection (Monson et al., 2003) have shown the mechanical
response is not strain rate dependent from quasi-static rates up to 500 s™'. However,
cerebral vessels from autopsy exhibit a higher stiffness than do fresh vessels from
surgical resection (Monson et al., 2005). Additionally, when biaxial loading is utilized,
the axial stress at any given level of axial stretch is higher than in previous unpressurized
tests (Monson et al., 2008). Unfortunately, limited availability of human tissue is a barrier
to additional research.

In order to try to make up for this shortfall in human cerebrovascular tissue,
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cerebral artery mechanics under physiological loading levels have been investigated in
various animal models. Circumferential active and passive mechanics have been
measured in rat MCAs (Coulson et al., 2004; Hogestatt et al., 1983). Certain pathological
conditions have been shown to change these mechanical properties. For example, both
ischemia (Coulson et al., 2002) and chronic hypertension has been shown to increase the
passive circumferential stiffness in large rat cerebral arteries (Hajdu and Baumbach,
1994). While the biaxial active and passive mechanical properties had been measured in
rabbit basilar arteries prior to this dissertation (Baek et al., 2007a; Wicker et al., 2008),
the rat is a far more common experimental model for TBI (DeWitt and Prough, 2003).
Previous measurements of mechanical properties in rodent cerebral vessels have been
limited to the circumferential direction (Coulson et al., 2002; Coulson et al., 2004; Hajdu
and Baumbach, 1994). Additionally, it has been argued previously that the primary mode
of loading experienced by cerebral vessels during TBI is axial stretch (Goldsmith, 2001;
Monson et al., 2003). To address this lack of axial rat mechanical data, Chapter 2 of this
dissertation (Bell et al., 2013) measured the passive biaxial mechanical properties of rat
MCA:s.

Since the initial mechanical loading of TBI commonly results in hemorrhage due
to vessel rupture, knowing the failure characteristics of cerebral vessels is critical to
determining strain injury thresholds. Failure properties of cerebral vessels have been
shown to be strain rate independent in humans (Chalupnik, 1971; Lee and Haut, 1989;
Monson et al., 2003) and ferrets (Lee and Haut, 1992) for rates ranging from quasi-static
up to 500 s and 200 s™', respectively. However, near failure stretch levels the

incompressibility assumption is potentially no longer valid (Bell et al., 2013) due to the
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large strains involved. Unpressurized axial stretch tests to failure on human cerebral
vessels from autopsy display a higher failure stress but a lower failure stretch than did
fresh cerebral vessels (Monson et al., 2005). With this in mind, it is interesting to note
that axial failure stress and stretch from unpressurized human autopsy arteries are 1.06
MPa and 1.34, respectively (Steiger et al., 1989), while these values are 4 MPa and 1.4
for pressurized failure tests on fresh human cerebral arteries (Monson et al., 2008).
Considering the higher failure stress in human cerebral arteries from autopsy when
unpressurized, the higher failure stress in fresh cerebral vessels when pressurized is all
the more pronounced. This emphasizes the need for investigations of injury thresholds to
utilize biaxial loading. During the course of the work in this dissertation, axial failure
properties under biaxial loading were also defined for rat (Bell et al., 2013) and sheep
(Bell et al., 2015) MCAs. Rat MCAs fail at a higher failure stretch but lower failure stress
than human cerebral vessels do (Bell et al., 2013). The sheep failure properties were not
compared to humans in the study in Chapter 4. However, the sheep MCA failure stress
(3.44 MPa) is comparable to humans and the failure stretch (1.7) seems to be higher than
for human cerebral arteries.

In addition to injury thresholds that would lead to immediate structural failure,
strain thresholds resulting in subfailure cerebrovascular damage are also important to the
understanding of TBI. Prior experiments on aorta indicate that the endothelium ruptures
under mechanical stretch before other vascular layers (Vaishnav and Vossoughi, 1987).
Those authors postulate that this could be due to elevated initial strain in the e