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Abstract

The present study addresses the large strain nonlinear mechanical response of the cere-
bral cortex at the macroscopic tissue level and at the microscopic cell level. Unconfined
uniaxial compression tests were conducted in vitro on cortical samples of porcine brains.
The tests consisted of load-unload and relaxation segments to 50% nominal deformation
at 0.01 to 10 s~! strain rates. The tissue exhibited moderate volumetric compressibil-
ity, marked hysteretic features, and substantial nonlinearities. Indentation tests — with
displacement histories mirroring those imposed in compression — were performed on the
cortex of porcine brains in vivo, in situ and in vitro, in order to assess and contrast the
mechanical properties of the live and dead tissue. The tissue response shared similar
qualitative nonlinear viscoelastic features under all testing conditions, although, quan-
titatively, the response was found to be significantly stiffer in situ than in vivo. Test
protocols were also developed at the neuronal cell level using atomic force microscopy.
The response of individual somata to cyclic load-unload and relaxation test sequences
was found to be nonlinear with time dependencies and hysteretic patterns similar to those
measured at the tissue level. A large strain kinematics nonlinear continuum model was
proposed to capture the features of the tissue and cell responses. The model was numer-
ically implemented into a three-dimensional finite-element framework. The continuum
formulation was found to successfully account for the main experimental observations
gathered in vitro at the tissue and cell levels.

The present study provides novel insights into the tissue rheology in vivo, in situ and in
vitro, at large strains, in the quasi-static and dynamic strain rate regime and reports the
first body of observations on the large strain nonlinear viscoelastic properties of brain
tissue in wvivo. These observations could be directly compared to those pertaining to
the tissue response in situ and in wvitro, thereby providing a unique quantitative basis
for further refinements of existing biomechanical models relying only on in witro/situ
measurements. The consistent set of mechanical data collected, and the constitutive



framework proposed at the tissue and cell levels might support the development of mul-
tiscale numerical models to study traumatic brain injury.
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Chapter 1

Constitutive response of brain tissue

wn vitro

1.1 Overview

The dynamic behavior of porcine brain tissue, obtained from a series of in vitro obser-
vations and experiments, is analyzed and described here with the aid of a large-strain,
nonlinear, viscoelastic constitutive model. Mixed gray and white matter samples excised
from the superior cortex were tested in unconfined uniaxial compression within 15 h post
mortem. The test sequence consisted of three successive load unload segments at strain
rates of 1571, 0.1 s7 and 0.01 s~ followed by stress relaxation (N = 25). The volumetric
compliance of the tissue was assessed for a subset of specimens (N = 7) using video exten-
sometry techniques. The tissue response exhibited moderate compressibility, substantial
nonlinearity, hysteresis, conditioning and rate dependence. A large-strain kinematics
nonlinear viscoelastic model was developed to account for the essential features of the
tissue response over the entire deformation history. The corresponding material para-
meters were obtained by fitting the model to the measured conditioned response (axial
and volumetric) via a numerical optimization scheme. The model successfully captures

the observed complexities of the material response in loading, unloading, and relaxation



over the entire range of strain rates. The accuracy of the model was further verified
by comparing model predictions with the tissue response in unconfined compression at
higher strain rate (10 s7!) and with literature data in uniaxial tension. The proposed
constitutive framework was also found to be adequate to model the loading response of
brain tissue in uniaxial compression over a wider range of strain rates (0.01 s~ to 3000
s~1), thereby providing a valuable tool for simulations of dynamic transients (impact,

blast /shock wave propagation) leading to traumatic brain injury.

1.2 Preliminary remarks

The study of the mechanical properties of brain matter — at the tissue-continuum level
— has been the focus of numerous investigations in the past four decades (see e.g. Refs
[1-7]). Many investigators have concentrated their effort on characterizing the coupled
time and strain/stress dependencies inherent in the response of the tissue to externally
applied mechanical transients — e.g. frontal or lateral impact of the head by rigid mass
[8-10], linear or angular acceleration pulses applied to the skull [11, 12], indentation of
the cortex surface [13]. Understanding how these loading/kinematic conditions applied to
the organ boundary translate into local stress-strain states within the tissue continuum
is challenging because the brain is, from a biomechanical perspective, a highly complex
organ housing multiple “substructures” — e.g. brainstem, cerebellum, thalamus, cere-
bral cortex, corpus callosum — associated with somewhat distinct mechanical properties
[14-16]. Most biomechanical studies have been conducted in vitro although a few mea-
surements have also been reported in vivo [17-21]. The results of different studies are
at times difficult to reconcile due to the wide range of variation in experimental proto-
cols, including the species/age of the subjects (human, porcine, bovine, murine), loading
configurations (compression, shear, tension, indentation), loading histories (cyclic, stress
relaxation, creep), and testing regimes (small/large strains or low/high strain rates). The

collected data have facilitated the development of a large variety of constitutive models,



some of which have been shown to account for essential features of the tissue response
[22-24] under selected testing conditions. Nonetheless, the integration of all the charac-
teristic features of the large strain tissue response — hysteretic behavior, rate-dependence,
nonlinearities, shear and volumetric behavior - into one single constitutive framework has
not been achieved thus far.

This study is a component of a multidisciplinary effort aimed at elucidating some
key effects of primary blast on the central nervous system [25], and represents a first
step towards the development of a predictive model for the response of brain tissue over
an extensive range of strains and strain rates. A parallel effort is underway to assess
differences between tissue properties in the in-vivo and in-vitro conditions, where the
proposed constitutive formulation is employed to analyze results of indentation tests
performed with a dynamic custom tool [26]. The first part of this chapter describes the
experimental component of the study (test protocols and main results gathered on porcine
cortical samples) while the second part addresses the modeling effort (constitutive laws,
numerical implementation, model validation and predictions). Both are preceded by a
brief literature review. Some of the limitations inherent in the current model formulation
are discussed in the last section, guiding the effort for future model refinements. This
work constitutes a preliminary step in the development of a comprehensive experimental
data base and enhanced computational tools to be employed in support of a variety of
clinical applications, as well as to elucidate mechanically mediated pathways leading to

traumatic brain injury.

1.3 Experiments

1.3.1 Literature review

Mechanical tests on brain samples have been conducted mainly in the linear regime via
small oscillatory deformations imposed on the tissue, in pure shear or in torsion, over a

wide spectrum of frequencies [27-30]. In assessing the time/frequency dependence of the
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linear viscoelastic properties of the tissue (i.e. storage and loss moduli), these studies
have uncovered some important aspects of the tissue dynamics. The thrust of the results
reported, nonetheless, suffer from a few limitations. First, most of the data so gathered
lack consistency in that the magnitude of the measured scalar moduli varied at times
by more than 10-fold in relative terms from one study to another [31]. This lack of
consistency may be attributed to multiple factors including: inter-species/intra-species
variations (e.g. animal breed, age, sex, inherent biological variability); differences in (1)
post mortem testing time, (2) tissue storage and hydration conditions, (3) tissue prepara-
tion/excision methods, (4) specimen neuroanatomical orientation, (5) temperature con-
ditions, (6) interfacial testing conditions (degree of tissue friction/adherence/slipping on
testing fixtures), (7) pre-conditioning effects prior to actual testing. Further, the scope of
these investigations is limited per se to small deformations as the tissue has been shown
to deviate from linearity at strains greater than 1% [32, 33]. More recently, the nonlin-
ear features of the tissue response have been partly characterized in compression [34, 35],
tension [36], and shear [23, 37]. While some of these studies measured the tissue response
over more than two orders of strain rate magnitude, they were mostly focused on a lim-
ited set of test histories (e.g. single load-ramp and stress relaxation tests or sinusoidal
load-unload cyclic tests at low to medium strains), excluding any direct assessment of the
tissue volumetric behavior. Some attempts have been made to retrieve quantitative in-
formation on the tissue volumetric compliance [38, 39] but these attempts remain scarce
and limited in scope, most investigators relying on incompressibility assumptions or spec-
ulative arguments (34, 40, 41]. The experimental part of this doctoral work carried out
in vitro aims to address some of the limitations noted in previous investigations via the
systematic collection of experimental data on porcine cortical specimens in unconfined
uniaxial compression comprising the following measurements: (1) nonlinear strain and
strain-rate dependencies in load and unload over three orders of strain rate magnitude
(0.01-1 s71), in the large deformation regime (up to 50% nominal strain), (2) long-term

time dependencies in relaxation, (3) lateral tissue deformation to assess volumetric com-
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pliance. A porcine model was preferred to other animal models because its gyrencephalic
brain — architecturally close to the human brain — has been proven to share with the
latter some similarities in terms of pre- and postnatal cerebral development relative to
tissue growth, myelination and composition [42-46]. Swine models constitute, moreover,

an affordable alternative to more costly, ethically sensitive primate models.

1.3.2 Test protocol — unconfined uniaxial compression in vitro
Specimen preparation

Sixteen 6- to 18-month-old! swine brains (female, Yorkshire breed) were obtained from a
local vendor (Research 87 Inc., Boylston, Massachusetts), following a protocol approved
by the Committee on Animal Care at the Massachusetts Institute of Technology. The
brains were sectioned along the mid-sagittal plane and transferred on ice to the laboratory
within three hours post mortem. Each hemisphere was rinsed upon delivery in phosphate-
buffered saline (PBS, 10 mM phosphate buffer) and kept refrigerated in solution to limit
tissue degradation. Shortly before testing, mixed gray and white matter samples were
excised from the superior cortical region (frontal and parietal lobes?) and maintained
hydrated in PBS during all subsequent steps. Preliminary investigations of the optimal
sample size for uniaxial compression tests [48] showed that large samples — lying in the
cubic centimeter range — yielded the most consistent results. All the data collected for
this study were therefore obtained from samples that were, approximately, 25.4 mm x
25.4 mm in cross section and 9 mm in thickness (Figure 1-1A). The mechanical properties
obtained shall be viewed as “homogenized” properties of the superior cortex (gray and

white matter combined) although the samples tested were composed predominantly of

IPigs having reached at least six months of age may be considered cerebrally mature [42], and were
therefore selected to minimize age-related variability. Neonatal pigs have been shown to have significantly
softer brains [31].

2No notable differences were observed in mechanical properties between the two cortical regions. This
observation complements findings previously reported by Coats and Margulies [47] on local cortical gray
matter homogeneities at the subcentimetric/millimetric tissue level.

12



A

Nominal strain

Nominal stress [Pa]
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D Time [s]

Figure 1-1: Experimental protocol. (A) Cortical tissue sample. (B) Optical extensometry.
(C) Imposed strain history (logarithmic time scale). Each sample was subjected to a
sequence of three loading segments, at 1 s7%, 0.1 s7! and 0.01 s~! nominal strain rates
respectively — each comprising five load-unload cycles to 50% nominal strain — followed
by a ramp-relaxation segment to 50% nominal strain held for 300 seconds with a ramp
rate of 1 s, (D) Resulting stress history for a representative tissue sample.
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gray matter - accounting typically for ~70% of the sample mass. The experimental
protocols were primarily designed so as to reduce the sources of experimental variability
arising from tissue handling — which are many, given the delicate nature of the brain
parenchyma. Separating intermingled gray and white matters of the superior cortex was
found ill-suited for this study because the separation/cutting process implied further
alterations of the tissue virgin state (via shearing or stretching) which were deemed too

costly relative to the potential benefits.

Axial and lateral measurements

The samples (N = 25 from n = 16 Yorkshire sows) were tested in unconfined uniaxial
compression on commercial testing machines equipped with 20 N load cells — Electrolorce
3200, Bose Corporation, Minnesota, USA (N = 11); Zwick Z2.5/TS1S, Ulm, Germany (N
= 14). Prior to testing, the platens were humidified with PBS to minimize friction at the
tissue-platen interface. All tests were conducted at room temperature (T = 21°C) within
15 h post mortem.> A preload of 0.02 N (corresponding to a compressive stress of ~30
Pa) was imposed on each sample prior to testing in order to accurately determine the
sample thickness. Each sample was subjected to a sequence of three loading segments,
at 1 s7', 0.1 s~! and 0.01 s™! nominal strain rates respectively — each comprising five
load-unload cycles to 50% nominal strain — followed by a ramp-relaxation segment to
50% nominal strain held for 300 seconds with a ramp rate of 1 s~!. Figure 1-1 illustrates
the imposed strain history (Figure 1-1C) and the resulting stress history (Figure 1-1D)
for one representative tissue specimen. The transverse displacements were captured by
a Qimaging Retiga 1300 CCD camera equipped with a 200 mm f/4 Nikon lens (Figure
1-1B). Lateral stretch measurements were deemed sufficiently accurate only for a subset

of specimens (N = 7) because most samples had somewhat irregular edges. Axial data

3Samples were tested between 4 and 15 hours post mortem. No significant variations in tissue response
were noted in relation to post mortem test time differences. The responses measured were also found
comparable to those reported by Tamura et al. [35] who conducted similar tests within a shorter time
frame post mortem (see results section thereafter).

14
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Figure 1-2: Images of the tissue sample at increasing levels of axial deformation. The
lateral stretch measurements are obtained by visual extensometry.

(force and displacement) and lateral deformation images were acquired synchronously via
software Vic-Snap (Version 3.0D, Correlated Solutions, Inc). The lateral stretches were
subsequently assessed using a MATLAB image-analysis custom routine. The processed
data are shown for one representative specimen in Figure 1-2. Note that the nominal
axial strain values reported in Figures 1-1 and 1-2 were based on the platens’ axial
displacement history. In practice, most of the specimens did not entirely recover their
initial configuration upon unloading: as the platens traveled back to their initial position
at the beginning of each loading cycle, the degree of adhesion between the platens and

the specimens was often insufficient to enforce complete recovery of the original specimen



height. Full contact was re-established at the end of each load-unload cycle (with a rise
in the recorded load), and was lost at the end of the unloading ramps (as the load
became negative, tracking the weak tensile adhesive forces between the top surface of the

specimens and the platen).

1.3.3 Results

Stress—strain diagrams have been extracted from the representative data in Figure 1-1
for the three load-unload segments (at 1 s™, 0.1 s7! and 0.01 s7!) and are plotted in
Figure 1-3 together with the subsequent relaxation response. As shown in Figure 1-3, the
tissue behavior in unconfined compression was intrinsically nonlinear at finite deformation
— both in the strain and strain rate domains. The tissue response exhibited marked
hysteretic features over the range of strain rates considered for this study. Another
notable feature was the substantial degree of “conditioning” associated with the first
loading ramp, i.e. the dramatic increase in tissue compliance between the initial loading
cycle and the subsequent cycles. Differences associated with softening effects between
sequential (“conditioned”) cycles at the same loading rate were much less dramatic.
Conditioning effects reflected changes in tissue “state” occurring during the first cycle of
loading through which the tissue might lose part of its interstitial fluid and/or undergo
“irrecoverable” microstructural reorganization/reconfiguration (damage). To ascertain if
conditioning was associated with a permanent change in tissue properties, a study was
performed on a subset (N = 6) of tissue samples which were submitted to two series of five
load—unload cycles (uniaxial compression to 50% nominal strain at 1 s~1) separated by
a two-hour recovery period in PBS. To a large extent, the re-hydrated samples recovered
their original response, with conditioning patterns highly similar to those measured on
the virgin tissue, as illustrated in Figure 1-4 for one representative tissue sample. This
observation substantiates the hypothesis that interstitial fluid diffusion plays a crucial role
in the conditioning process, and that the tissue does not undergo substantial permanent

damage in the first loading cycle. The essential features of the tissue response to the

16
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Figure 1-3: Representative cortical tissue response in unconfined compression. Data in

panels A, B, C, D are obtained sequentially on the same tissue sample (see corresponding
strain/stress-time histories for this representative sample in Figures 1-1C/1-1D).
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Figure 1-4: Representative cortical tissue response in unconfined compression. The sam-
ple was submitted to two series of five load-unload cycles at 1 s=! strain rate separated
by a two-hour recovery phase in PBS.

uniaxial compression loading protocol in Figure 1-1 were found to be consistent for all
tested samples. The average response and standard deviation are shown in Figures 1-
5A and 1-5B (nominal axial stress) and in Figure 1-5D (transverse stretch). For clarity
purposes, the stress-strain plots only display the first (virgin) loading ramp at 1 s, the
subsequent (conditioned) loading ramp at 1 s~! and the first (conditioned) loading ramps
at 0.1 s~'and 0.01 s~!. The tissue response exhibited substantial volumetric compliance,
with an average 12% volume reduction at an axial stretch of 0.5: £ = —12%[£5.5],
(N = 7 samples, n = 7x6 volumetric measurements taken from the sequences of load-
unload cycles at 0.1 s7! [X5] and 0.01 s=! [X1] strain rates). Data previously published
by Tamura et al. [35] for similar mixed gray/white matter samples from swine cortices
are also shown in Figure 1-5A. The (virgin) loading response measured in the Tamura

study for a strain rate of 1 s*

was found to be in good agreement with the results of
the current study. Miller and Chinzei [34] also investigated the quasi-static response
of similar tissue samples for the same animal model. The response of virgin specimens
measured by Miller and Chinzei at a strain rate of 0.64 x 10~% s~! is gathered in Figure
1-5C and it was found to be significantly stiffer than the average (conditioned) response

measured at a comparable strain rate (1072 s7!) in the present study. An exploratory
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set of measurements was performed to confirm that this discrepancy might be primarily
attributed to conditioning effects. Virgin tissue samples (N = 6) were subjected to five
load-unload cycles at a strain rate of 107 s~!. The corresponding average first (virgin)
loading response, shown in Figure 1-5C, was found to be comparable to that reported by

Miller and Chinzei.

1.4 Constitutive model

1.4.1 Literature review

Whether the brain should be considered — for continuum modeling purposes — as a single-
phase viscous solid or as a dual-phase fluid-saturated solid is still the subject of differing
viewpoints. The traditional dual phase approach follows the theory of consolidation
(poroelasticity) originally formalized by Biot in the context of soil mechanics [49]. Al-
though interstitial fluid diffusion and related transport mechanisms have long been recog-
nized to play a crucial role in brain function [50], the poroelastic approach has received
only marginal attention in the brain tissue biomechanics community [22, 51]. In the
single phase approach, dissipation mechanisms and time dependencies in the tissue re-
sponse are addressed in the framework of viscoelaSticity. Most of the models following
this approach are adaptations or combinations of three model subcategories: (1) linear
viscoelastic models, based on cyclic loading, in which the tissue response is described by
a set of two parameters, the storage and loss moduli [13, 28-30]; (2) small strain formula-
tions for rheological models based on linear or nonlinear spring—dashpot combinations [52,
53]; (3) large strain kinematics quasilinear or nonlinear viscoelastic models for which the
tissue response is decomposed into a hyperelastic component — Neo-hookean, Mooney—
Rivlin or Ogden formulations are most common — and a dissipative component — e.g.
multi-mode Prony series [5, 22-24, 54-56]. The linear and quasilinear models — mostly
relevant in the small strain regime — are unable to fully capture the complexities of the

tissue response at finite strains. In contrast, some of the large strain kinematics models —
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integrating nonlinearities within their formulation — have been able to successfully repro-
duce some specific features of the tissue deformation over fairly complex loading histories.
Hrapko et al. [23] employed a multi-mode Mooney—Rivlin viscoelastic network in parallel
with a nonlinear hyperelastic resistance to capture the simple shear response of white
matter in load, unload and relaxation at strain rates of 1 s to 1.5 s up to 50% strain,
using 16 material parameters. More recently, El Sayed et al. [24] developed a nonlinear
elastic viscoplastic formulation to capture some of the hysteretic and dissipative charac-
teristics of the tissue response in uniaxial tension and compression up to 50% nominal
strain. The generalized framework proposed by El Sayed et al., in which an arbitrary
number of viscoelastic networks are considered in parallel with a viscoplastic network,
allowed the authors to fit a number of experimental findings with different configurations
and numbers of constitutive elements. In most instances, the phenomenological models
proposed in the literature rely on a fairly large number of material parameters validated
over a limited range of loading regimes/histories.

The nonlinear visco-hyperelastic model developed here is also phenomenological in
nature; it espouses the modeling “philosophy” pursued by previous investigators; and it
idealizes the tissue as a single, homogeneous, isotropic phase. The proposed formulation
combines the following advantages within a single framework: (1) it accounts for all the
observed complexities inherent in the tissue response at low-to-medium strains and strain
rates (i.e. nonlinearities, hysteresis, time-dependencies, volumetric behavior), (2) it is
accurate and predictive over an extended range of strains and strain rates while requiring
a relatively small number of material parameters, and (3) it relies on physically motivated
arguments, where different constitutive elements of the model, and their corresponding
parameters, can be conceptually associated with specific underlying mechanisms of de-
formation. This empirical interpretation of modeling elements provides some guidance

in the fitting process, as discussed in Appendix B.
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1.4.2 Constitutive laws

A schematic (rheological) representation of the proposed model for the tissue response
is shown in Figure 1-6 with the corresponding 3D large kinematics deformation map.

For the most part the notation used hereafter is that prevailing in modern continuum

mechanics:
F, deformation gradient
V, = (F* . F*T> e left stretch tensor from polar decomposition of F,
Vo(V) tissue volume at time O (time t)
VP = fvoe incompressible tissue volume fraction at time 0
VR = foVo=v0 -1 compressible tissue volume fraction at time 0
J =det(F) = % volumetric macroscopic jacobian
Jo = VLZ% volumetric jacobian for compressible tissue fraction
B. = J23F, .F isochoric component of left Cauchy-Green strain tensor
E, =In(V,)= ln((F* . F:r>1/2) Hencky strain tensor
L =F, F velocity gradient
D, = sym(L,) = }(L. + L)) stretching tensor

W, = skw(L,) = (L. — L)  spin tensor

T, Cauchy stress

Ty, = 3tr(T, )1 hydrostatic component of Cauchy stress
Ty =T, — 3tr(T, )1 deviatoric component of Cauchy stress
T, =T — jtr(T.)1 stress deviator

N, = \/:ﬁ'z_) unit tensor in the direction of stress

The model comprises an elastic network (A) representing the instantaneous response
of the tissue and a viscoelastic network (elements (B), (C), (D) and (E)) incorporating
the dissipative contributions. Following Lee’s decomposition [57], the total deformation
gradient, F', applied to the tissue may be decomposed as:

F=F, F

A B
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where F, and F represent, respectively, the elastic (instantaneous) and viscoelastic
components of the tissue deformation. The viscous flow is assumed to be isochoric, hence
the total volumetric Jacobian J may be expressed as: J = det(F) = det(F, ) - det(F,) =
det(F,). The viscoelastic response of the tissue is captured by the combination of a
nonlinear short-term viscous element (B) and a linear viscoelastic backstress network
(CDE). With regard to the backstress network, the viscoelastic deformation gradient F,

is further decomposed as:

where the linear viscous element (D) models the long-term relaxation of the backstress
contribution. Both F, and F are taken to be isochoric.
The total Cauchy stress T, in the tissue is decomposed into its hydrostatic and

deviatoric components:

T, = Ty + Ty

where the hydrostatic component T}, and the deviatoric Ty component are physically
associated with the deformation mechanisms prevailing in bulk and in shear, i.e. govern-

ing the volume-mediated and shear-mediated portions of the tissue response respectively.

Bulk-mediated response

Brain tissue is highly hydrated. Although interstitial fluid diffusion is not explicitly in-
cluded in the current model, a simplified qualitative understanding of the role of hydrat-
ing fluid in determining the apparent volumetric tissue behavior is the foundation of the
proposed formulation for the bulk response. Briefly, the undeformed tissue volume, V°,
is partitioned into an incompressible fraction, f;V? = V}°, and a compressible fraction,
f2V°® = VP, where fi + fo = 1. The corresponding components of the deformed tissue

volume, V', are V; and V,. This partition mirrors a separation of the hydrating fluid in
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Figure 1-6: Schematic of rheological model (top) and corresponding large kinematics
deformation map (bottom).
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a “bound” component, which does not diffuse freely under loading, and an “interstitial”
component, which diffuses in response to hydrostatic loading, accommodating volumetric
tissue deformation. The incompressible fraction of the volume, V;, is conserved, so that
the corresponding volumetric Jacobian J; = %g remains constant (J; = 1) throughout
the deformation history. The hydrostatic stress T}, developed in the tissue is then as-

sumed to be driven by the volumetric Jacobian of the compressible fraction, Jo = %
2

as:

Ty = K -In(J) - 1

where the hydrostatic stress is characterized by a logarithmic dependence on the
volumetric Jacobian, and K is the small-strain bulk modulus of the compressible fraction.
As a consequence of the incompressibility constraint enforced for Vj, the macroscopic

tissue volumetric Jacobian J = % can be expressed as:

J:f1+(1—f1)J2

so that the hydrostatic stress may be restated in terms of the total volumetric Jacobian

Th=K-1n<‘1]:]{ll> 1

Estimates of typical hydration levels for brain tissue indicate that fluid accounts for
approximately 80% of the brain mass [58]. Although the incompressible tissue fraction is
effectively a material property, a fixed value f; ~ 0.8 is selected for the proposed model.
This latter assumption is based on the notion that interstitial cerebrospinal fluid, which
is free to diffuse throughout the tissue, only accounts for a small portion of the total
water content. Phenomenologically, the proposed constitutive framework captures the
highly nonlinear resistance to volumetric deformation exhibited by the brain parenchyma.

Also, note that in setting the incompressible fraction to 80% the current formulation
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implicitly assumes that the volumetric response of the tissue becomes infinitely stiff as
the volumetric Jacobian approaches 0.8.
Shear-mediated response

The deviatoric component of the stress response, T, is adapted from the freely-jointed

8-chain model developed for macromolecular elastic networks [59]:

o AL a1 [ A = 9
T, =20.2%.p VY. (B -
d J A (/\L) ( n A 1)’

where

J = det(F) = det(F,)

1 —
A2 = gtT(BA)
£(8) = coth(6) - 5

and g, and A\, are model parameters which scale with the initial shear modulus and the
limiting extensibility (locking stretch) of the network. £ denotes the Langevin function.
The 8-chain model, originally developed for elastomeric materials, is based on statistical
mechanics arguments. It assumes a weakly bonded network of randomly oriented chains
for which the source of resistance to deformation, i.e. the change in Helmholtz free energy,
is mainly governed by changes in configurational entropy of the reorienting chains. The

adaptation of this model to brain tissue is motivated by the following considerations.

e The cortex is primarily composed of cells (neurons and glia) whose main constitutive
elements are actin filaments, neurofilaments and microtubules [58]; these latter

components may be viewed — in a highly simplified representation at the mesoscale
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level — as a loose “assembly” of randomly oriented “chains” sharing some similarities

with the idealized statistical mechanics network envisioned for the 8-chain model.

e Preliminary force-displacement measurements performed on individual actin fila-
ments [60] suggest that the use of Langevin statistics may be suitable to account

for the non-linear force-extension curves of these structural components.

e The tissue response — as measured experimentally — exhibits nonlinearities which are
well captured by the inverse Langevin function. Further, some empirical evidence
collected at the cell level [61] suggests that single neurons share similar nonlinear

characteristics.

The time-dependent portion of the tissue deformation is defined via the evolution of

the velocity gradient, L, imposed on the tissue:

L=F.F —F F +F, F,F ' .F =F -F +F, L, -F, =L, +L,

where L, = FB'F: denotes the viscoelastic velocity gradient in the relaxed (un-
loaded) configuration and iB =F L, - F;l may be interpreted as the “push-forward
velocity gradient”, i.e. the velocity gradient convected to the current (loaded) configura-
tion (see kinematic map provided in Figure 1-6 and chapter 2 of Holzapfel [62] for more
details on push-forward tensor operations). The velocity gradient iB may be further de-
composed into its symmetric and skew-symmetric parts, EB = f)B —|—V~VB , where 1~)B and
WB denote the rate of viscous stretch and the viscous spin respectively. Following [63],
the unloaded (relaxed) configuration may be made unique by specifying W, =0, and
thus the evolution of the viscoelastic component of the deformation gradient, F,, reduces
to: B, = F;l .D, - F. The viscous stretching tensor ]~)B is constitutively prescribed to
follow the direction of the deviator T; of the driving stress T, according to a nonlinear

reptation-based scaling law, adapted from [64]:
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n
5 ' . T . ,/T;:T:3 T
D .N. = LB , fR . B

= 7 =% =%, fo- ;
’ L (T V20, Jtr(T2)

2
fu =

(0%

(a +y/tr(F,-F)/3 ~ 1)2

where 4, is a dimensional scaling constant ( 4, = 10~* s!). The reptation factor,
fa, accounts for the increasing resistance to viscous flow observed in macromolecular
networks for increasing levels of accumulated viscous deformation. The factor « is a small
constant introduced to eliminate the singularity at F, = 1 [64], and is set to & = 0.005.
The rate sensitivity exponent, n, and the strength parameter, o,, are material properties.
The driving stress T, for the (short-term) nonlinear viscous element (B) is obtained

as the difference between the Cauchy stress in the tissue, T, , and the backstress from

A

the linear viscoelastic network (CDE) convected to the current configuration:

1 T
T,=T,-T.=T, -~ F,-S.F,

The 2nd Piola-Kirchhoff stress, S, in the elastic element (C) of the backstress net-
work is taken to scale linearly with the Hencky strain* of the corresponding deformation

gradient F:

o 1/2
S. = 2GoE, = 2GoIn(V,) = 2Go In [(FCF) ]

where E is deviatoric, due to the isochoric nature of F, [66], and Gy is a mater-
ial parameter representing the short-term shear modulus of the viscoelastic backstress
network.

A parallel constitutive framework is followed to evaluate the driving stress for the

4For a discussion on the adequacy of the Hencky strain measure at finite strains, the reader is referred
to [65].
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long-term linear viscous element (D), as the difference between the stress S. in the

elastic element (C) and the long-term backstress S, in the elastic element (E):

S, =S, -F,-S, -F.

where

1/2
S, = 2G.E, = 2GoIn(V,) = 2Go In [(FDFD }

and G is a material parameter related to the long-term (equilibrium) shear response
of the viscoelastic backstress network. The flow-driven deformation mechanisms unfold-
ing in the tissue at long times are controlled via the linear viscous element (D). The cor-
responding velocity gradient ED in the elastically unloaded configuration is constitutively
prescribed by setting WD = 0, and obtaining the stretching tensor, ]3D =F, - FD . F;,

as

~ 1
D, = N S,
where the viscosity 7 is a material parameter.
In summary, the proposed large strain kinematics model comprises eight material
parameters: K, p, AL, n, 0,, Go, G, 1. Values of these parameters appropriate to
capture the (conditioned) response of brain tissue are determined in the following sections

by fitting the proposed model to the measured response in unconfined compression.

1.4.3 Model fit

The constitutive model was implemented as a Fortran user-defined material subroutine
in ABAQUS/Standard (Simulia, Providence, RI). Time-integration of the constitutive
model is accomplished through an explicit scheme where the viscous stretching tensors
are taken to be constant over each time increment. The model was fit to the conditioned

tissue response using the representative set of axial data — i.e. axial data lying about the

29



average — as reported in Figures 1-1 and 1-3 along with the average lateral data shown
in Figure 1-5D. The fit was initiated using the Nelder-Mead simplex method [67, 68] and
subsequently optimized manually. The optimized material parameters were found to be:
K = 800 Pa, py = 20 Pa, \p, = 1.09, n = 3, g, = 25 Pa, Gy = 4,500 Pa, G, = 600
Pa, n = 600,000 Pa.s. For a discussion on the material parameter determination and
the automated search algorithm, the reader is referred to Appendix B. The optimized
simulation results are summarized in Figure 1-7. The proposed material formulation
successfully captures the main features of the tissue response — volumetric compliance,
hysteresis, long-time relaxation behavior and nonlinear strain/strain-rate dependencies
spanning three orders of strain rate magnitude. Note that the load-unload response
at different strain rates and the relaxation response were experimentally obtained (and
numerically simulated) over a single sequential loading history. Some discrepancies in
material response were encountered between model and experiment in the low strain
rate, low strain regime (Figures 1-7C and 1-7D). These differences stemmed mainly from
the fact that perfect adhesion was assumed in the numerical model between sample and
upper platen at all times whereas, experimentally, contact between the sample and platen
was lost at low strains, low rates in the final/initial portion of the unloading/reloading
segments. Some artifacts could have been added to the simulation procedure in order to
account for these loss of contact effects. However, given the high compliance of the tissue
at low strains and low rates, the simpler “perfect adhesion” assumption was deemed

sufficient for the purpose of this study.

1.4.4 Model predictions

To further assess the applicability /relevance of the proposed formulation, the predictions
of the proposed model were compared with two sets of data collected respectively by

Miller and Chinzei [36] in uniaxial tension at quasistatic strain rates® and by the authors

5Testing conditions and animal model used in the Miller and Chinzei study are nearly identical to
the protocols followed in this study, allowing a direct comparison.
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Figure 1-7: Model fit to representative data set in unconfined uniaxial compression. (A)
Optimized material parameters. (B), (C), (D) and (E) Axial tissue response (measured
and simulated) over entire loading history. (F) Associated lateral deformation (measured
and simulated) over the five load-unload cycles at 0.1 s! strain rate and the first cycle
at 0.01 s~! strain rate. Weighted mean-squared error between simulated and measured
responses (see appendix for details) was found to be 3.5-1073.
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! strain rate®. The results are reported in

in unconfined uniaxial compression at 10 s~
Figure 1-8. The loading and unloading response predicted by the model in uniaxial
compression at 10 s™! strain rate is in good agreement with the experimental data. The
responses predicted by the model in tension at low and medium strain rates are also in
good agreement with those reported by Miller and Chinzei in the low-to-medium strain
range. At larger strains however, the tissue response predicted by the model stiffened, as
reported previously for other similar biological tissues [69, 70|, while the response mea-
sured by Miller and Chinzei softened. It may be postulated that the softening behavior
observed by Miller and Chinzei at large tensile strains reflected the unfolding of failure

mechanisms — which, given the delicate nature of brain tissue, are likely to occur within

the tissue and/or at the platen interface for high levels of tensile deformation.”

1.5 Discussion

The experimental protocols developed in this study enabled the collection of a large, con-
sistent pool of mechanical data gathered in vitro on macroscopic brain samples at finite
strains (0-50%) in the low-to-medium strain rate regime (0.01-1 s7!). Of particular in-
terest are some quantitative features of the tissue response — e.g. volumetric compliance,
large strain viscoelastic behavior upon unloading and reloading, combined nonlinearities
in the strain and strain rate domains — which were not available from previous studies
~ but which are highly relevant to guide the development of accurate rheological models. In
particular, the experimental measurement of the unloading portion of the tissue response
proved crucial in the identification of the relative contributions of elastic and viscoelastic
mechanisms to the overall tissue resistance to deformation. The determination of these

contributions in the modeling phase enabled the resulting model to predict tissue behavior

6The compression test protocol employed at 10 s~! strain rate followed that detailed in the preceding
section for the lower rates of deformation.

"Unfortunately the Miller and Chinzei data do not include unloading and reloading segments, which
could have provided a more conclusive interpretation of the tissue response.
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Figure 1-8: Model predictions compared with measured responses in unconfined uniaxial
compression (A) and uniaxial tension (B and C). (A) Tissue response measured by the
authors in compression to 50% nominal strain at 10 s~! strain rate. (B) Average tissue
response measured by Miller and Chinzei [36] in tension on 10 mm high specimens to 15%
nominal strain at 5 mm.min~" (~0.0083 s™' nominal strain rate). (C) Average tissue
response measured by Miller and Chinzei [36] in tension on 10 mm high specimens to
50% nominal strain at 500 mm.min~! (~0.83 s~! nominal strain rate).
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at a strain rate (10 s™') lying outside the original range on which the fit was performed.
The current study is only a first step towards the development of a model able to provide
accurate predictions for the tissue behavior over arbitrary strain histories. Among the
limitations of the study, it could be noted that: (1) the tissue behavior was only char-
acterized in one mode of deformation (unconfined uniaxial compression) over a range of
strain rates not exceeding 10 s~!; (2) lateral stretch measurements could be accurately
obtained only in the lower rate regime (0.01 to 0.1 s7*) due to the limited capabilities of
the image acquisition system; (3) homogenized measurements may have been affected by
partial local discontinuities in the deformation field, as sulci were included,® (4) partial
adhesion/decohesion of the specimens from the platens might have affected/altered the
measured tissue response at the end of the unloading ramps; (5) the tissue did not reach
full equilibrium at the end of the five minute relaxation period selected for this study,
suggesting that relaxation tests where the deformation is held over the course of 20-30
minutes — ¢.e. within a time window for which tissue degradation may still be neglected
— are needed to measure equilibrium tissue response. Also note that the conditioned
response of the tissue was investigated and characterized according to a decreasing order
of deformation rates. Preliminary results (unpublished) seem to indicate that once a
.sample is deformed at a given rate it is “conditioned” for deformation at that rate and
at lower rates but it will still exhibit additional conditioning if tested subsequently at
higher rates. Altering the order of the loading segments in future studies may therefore
provide useful validation data for a model accounting for conditioning effects.

The proposed constitutive model successfully captures the main features of the large
strain tissue response, as measured in uniaxial compression and tension. While the se-
lected set of material parameters was optimized specifically for the conditioned tissue
response in the low to medium strain rate regime, the current formulation remains gen-

eral in nature and might be applied to model tissue response over more extensive ranges

8Care was taken to exclude results from any samples showing manifest opening/sliding at the sulci
and/or inhomogeneous deformation (as attested by the images collected via the visual extensometer
system).
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of strain rates.’

To demonstrate this versatility, a preliminary fit of the model to the
unconditioned (first loading ramp) tissue response measured at low to high rates of de-
formation (0.01 to 3000 s™!) was conducted. The main results are reported in Figure 1-9.

The set of material parameters found to capture the tissue response upon loading at
high rates was: K = 10 MPa, p, = 10 kPa, A\;, = 1.03, n = 0.3, o, = 2 kPa, Gy = 6 kPa,
Go = 2 kPa, n = 1 kPa.s. Note that to capture the high-rate regime response the ma-
terial parameters needed to be altered. This is to be expected as additional mechanisms
of resistance to deformation might be operative at these rates. This observation mirrors
findings in polymeric materials [71] where additional constitutive elements are required
to account for the increased resistance to molecular motions in the high frequency regime.
The bulk response of biological materials is also found to be substantially stiffer at high
rates of deformation [72] as diffusion of interstitial fluid is drastically reduced. The pro-
posed model, with the modified material parameters reported in Figure 1-9, efficiently
captures the essential features of the unconditioned loading response of brain tissue over
a range of strain rates from 0.01 to 3000 s~!. While some of the fine details of the tissue
response in the very low rate regime are unavoidably lost with this alternative set of
parameters, the extensive range of strains and strain rates over which the tissue response
is adequately captured highlights the potential value of this model for finite element
simulations of loading transients leading to traumatic brain injury. Typical deformation
histories of brain tissue under blunt impact or blast loading conditions present a very
wide spectrum of strains and strain rates, with inhomogeneous fields characterized by
steep spatial and temporal gradients. The availability of an accurate constitutive law to
model the brain tissue response is a crucial requirement to assess local levels of strain,
stress and strain rate associated with potential injury mechanisms. The proposed model
represents a first step towards the attainment of this goal. Further model refinements

are needed to address the time-dependence of the volumetric response associated with

9The proposed formulation was also found to be appropriate to model the response of rat neurons as
measured via Atomic Force Microscope (AFM) indentation [61].
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Figure 1-9: Model fit to the tissue response measured upon loading in unconfined uniaxial
compression at nominal strain rates spanning six orders of magnitude (0.001 s~ to 3000
s71). The sets of bovine and porcine data reported at high rates (1000 s~ to 3000 s™')
have been obtained by the Chen group at Purdue University via Kolsky bar measurements
[7]; the porcine data shown for the low to medium strain rates (0.001 s™* to 10 s™!) are
those collected by the authors. The optimized model parameters for the fit are: K = 10
MPa, p, = 10 kPa, A, = 1.03, n = 0.3, 0, = 2 kPa, Gy = 6 kPa, G, = 2 kPa,
n = 1 kPa.s. The dimensional factor was set to 1000 s~!, and the reptation factor fg to
1.

36



the biphasic nature of the tissue in the high to intermediate strain rate regime.

1.6 Conclusions

This study presents a significant pool of in vitro experimental results collected on porcine
cortical brain tissue in unconfined compression up to 50% nominal strain over three or-
ders of strain rate magnitude (0.01-1 s™!) — both in load and unload — with quantitative
assessments of the tissue lateral deformation. The constitutive model presented here
successfully captures the complex features inherent in the tissue response — hysteresis,
nonlinearities, volumetric compliance, short- and long-time behaviors — over four orders
of strain rate magnitude (0.01-10 s~'), up to 50% nominal strain with a relatively low
number of material parameters. The model is also able to predict the tissue behavior
in tension at quasistatic rates (~0.83-1072 s7! to 0.83 s™!) up to ~20% strain. Further
testing of the model ability to predict the material response under different modes of
deformation is a necessary future step. While the results of previous studies on the shear
behavior of the tissue are available in the literature [15, 23, 37| variations in experi-
mental protocols (post mortem time, age and species of the animal model, sample size,
orientation, composition, tissue conditioning etc) lead to large relative discrepancies. In
order to circumvent these difficulties, an experimental investigation of the shear response
of comparable tissue samples under testing conditions identical to those of the current
study would be needed to assess the ability of the current version of the model to capture
the material response in simple shear. Furthermore, an experimental and computational
investigation of the tissue response to dynamic indentation is being conducted to better
characterize the accuracy of the model for inhomogeneous deformations and complex
boundary conditions. Finally, the current formulation does not account for the observed
conditioning effects, where the first loading ramp is associated with a substantially stiffer
tissue response. Interstitial fluid diffusion may play a significant role in this conditioning

process and future model refinements would need to account for these poro-elastic effects.
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Chapter 2

Brain tissue dynamics in vivo, 1n

situ and wn vitro

2.1 Overview

The mechanical properties of brain tissue have been mostly characterized in vitro. Un-
derstanding how these properties may differ quantitatively from those encountered in
vivo is a critical step towards the development of biofidelic brain models. The present
study provides novel insights into the tissue rheology in vivo, in situ and wn vitro, at large
strains, in the quasi-static and dynamic strain rate regime (up to ~10 s™!). The nonlin-
ear dynamic response of the cerebral cortex was measured in indentation (with a 12.65
mm hemispherical indenter, to 6 mm depth) on the exposed frontal and parietal lobes
of anesthetized porcine subjects (n = 5). Load-unload cycles were applied to the tissue
surface at sinusoidal frequencies of 10 Hz, 1 Hz, 0.1 Hz and 0.01 Hz. Ramp-relaxation
tests were also conducted to assess the tissue viscoelastic behavior at longer times. After
euthanasia was induced, the indentation test sequences were repeated in situ on the ex-
posed cortex maintained in its native configuration within the cranium. Mixed gray and
white matter samples were subsequently excised from the superior cortex to be subjected

to identical indentation test segments in vitro within six to seven hours post mortem. The
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main response features — e.g. nonlinearities, rate dependencies, hysteresis, conditioning
— were measured and contrasted in vivo, in situ and in vitro. The tissue behavior was
found to be significantly stiffer in situ than in vivo. The consistent, quantitative set
of mechanical measurements thereby collected provides a solid, preliminary experimental
database to support the development of constitutive models for brain response to be used

in simulations of traumatic brain injury.

2.2 Rationale and background

Traumatic brain injury (TBI) is a leading cause of death and morbidity in the developed
world [73-78]. Understanding the precise mechanisms through which an external mechan-
ical insult to the head translates into a local pattern of Central Nervous System (CNS)
tissue/cell injury is acutely challenging. The challenge is daunting because the intricate
combination of events suspected to result in TBI occurs at multiple levels: the macro-
scopic organ level, mesoscopic tissue level, microscopic cell level and nanoscopic molecular
level. The multiplicity of scales mirrors the diversity of the physical processes involved.
This diversity spans the traditional fields of science and engineering — from biophysics to
medicine, mechanical engineering to biochemistry, computer science to molecular biology.
It may be hypothesized that TBI unfolds at the cell level, mainly as a consequence of
the stress/strain constraints imposed on the CNS cells. Because the cell is a component
of an organized tissue structure lying in a complex multi-organ system, how the loading
transients imposed on the brain boundaries translate quantitatively into local traumatic
tissue/cell strain-stress maps remains unclear. Quantifying the local mechanical impact
of these transients on neural cell “assemblies” at the mesoscopic tissue level in ways that
are both biologically relevant and mechanistically predictive substantiates the need for
accurate biofidelic brain models to be developed — i.e. mechanical models able to cap-
ture the complexities of the tissue behavior in vivo. While the tissue response has been

extensively characterized in vitro under various modes of deformation (e.g. shear [23, 28,
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29, 33, 37], compression [6, 22, 34, 35, 79, 80] and tension [16, 22, 36, 81]), the availabil-
ity of mechanical data on the living tissues remains limited. Three main experimental
techniques have been employed to quantify brain tissue properties in vivo: MRI elas-
tography [21, 82-86], surface suction [87] and indentation [17, 19, 20, 88, 89]. The first
technique is non-invasive and may provide useful estimates of the tissue viscoelasticity in
the linear range at small levels of deformation. It relies, however, on calibration proce-
dures and theoretical assumptions whose pertinence and accuracy are at times difficult
to verify. The last two techniques are invasive but may provide direct measurements of
tissue compliance. Indentation techniques especially have been widely used to character-
ize the mechanical response of biological tissues in their native state [13, 90-94]. A few
indentation studies have been conducted on the exposed cortex of porcine brains in vitro
(20, 95], in situ [13, 17, 20] and in vivo [17, 19, 20, 88, 89]. Gefen and Margulies [20], in
particular, led the largest scale in vivo study to date by measuring and comparing the
relaxation response of one-month old swine cortices in vivo and in situ via a 2 mm di-
ameter indenter tip actuated to 4 mm depth on the exposed cortical surface at velocities
of 1 mm/s and 3 mm/s. The complex features of the living brain large strain response —
nonlinearities, hysteresis, rate dependencies — have not been, however, characterized thus
far. The present study provides the first extensive set of experimental measurements
carried out in vivo, in situ and in vitro on the superior cortex of 3 month-old porcine
brains in an effort to assess and contrast the nonlinear dynamic properties of the tissue
in its three physical states. The experiments detailed hereafter comprise measurements
performed in indentation (cyclic load-unload and relaxation) on the frontal and parietal
lobes of living and dead porcine brains with a 12.65 mm hemispherical indenter, to 6 mm
depth (~25-50% nominal deformation) over a range of deformation rates spanning four
orders of magnitude (0.01-10 Hz frequency or 0.12-120 mm/s velocity). The tests were
conducted with a large-range dynamic indenter able to impose (in closed-loop motion
control mode) sinusoidal displacements on the cortical surface to a penetration depth of

6 mm over a broad range of speeds.
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2.3 Materials and Methods

2.3.1 Test apparatus

The indenting tool assembly consisted of a voice coil linear actuator with a built-in LVDT
displacement transducer (H2W Technologies, Valencia, CA) connected to a closed-loop
motion control board (Galil Motion Control, Rocklin, CA). The voice coil shaft had
an excursion amplitude of 38 mm and could operate in displacement-control mode at
velocities up to ~120 mm/s (i.e. 10 Hz frequency for sinusoidal displacements of 6
mm). A 20 N load cell (Honeywell, Golden Valley, MN) was affixed to the voice coil
shaft head in series with a 12.65 mm diameter hemispherical tip (Figures 2-1B and 2-
1C). The voice coil indenting assembly was mounted on a testing frame designed to
accommodate large porcine animals in a setting mimicking conditions of an intensive
care environment (Figure 2-1A). The frame, characterized by six degrees of freedom in
adjustable motion (i.e. 3 degrees in translation and 3 degrees in rotation), enabled the
user to accurately position the indenter tip to the desired testing location and to align
it normal to the measurement surface, as described elsewhere [48]. Briefly, its T-slotted
aluminum structure (MiniTec Framing Systems, Victor, NY) comprised two sets of linear
rails allowing for manual positioning adjustments in the horizontal plane along the x and
y directions respectively. Motion along the vertical z-axis was controlled via a manual
BiSlide with counter (Velmex, Bloomfield, NY) providing 250 mm of adjustable linear
motion with 250 pum precision. A three-axis rotary stage connecting the portable indenter
to the frame was attached to the BiSlide z-axis, providing +25°of tilt from the vertical
axis and 360° of rotation (Newport Corporation, Irvine, CA).

Mechanical data sets (indenter force and displacement) were continuously acquired
using two parallel acquisition systems: a low rate (10 Hz) acquisition system integrated
to the motion controller (Galil Motion Control, Rocklin, CA) and a higher rate (5,000
Hz) acquisition system for laptop-based measurements (DAQCard-6036E, LabVIEW 8.2,

National Instruments, Austin, TX).
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Figure 2-1: Experimental setup. (A) Operating room configuration for the mechanical
tests conducted in vive and in situ. The stereotactic frame and the testing frame are
shown along with the mechanical indenter and the BiSlide positioner. (B) Cranial window
in vivo. The indenter tip affixed in series with the 20 N load cell is actuated on the exposed
cortical lobes. (C) Testing configuration in vitro. The mechanical indenter is operated
on the confined tissue bilayer excised from the superior part of the frontal and parietal
lobes and maintained hydrated in PBS.
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2.3.2 Swurgical procedures

Five three-month old Yorkshire pigs (42-45 Kg) were used in this study, which comprised
two distinct phases: an exploratory test phase on donor hemorrhaged animals (n = 2,
male) during which the test protocols were developed, optimized and preliminary data
were collected; and a full-scale test phase on non-hemorrhaged animals (n = 3, female) in
which the optimized test protocols were implemented. All procedures were approved by
the relevant institutional committees at the Massachusetts General Hospital where the in
viwo and in situ tests were carried out, and at the Massachusetts Institute of Technology
where the in vitro tests were conducted. The protocols were also approved by the animal
care and use committee of the funding agency (US Department of Defense).

The animals were housed in the animal care facility for at least 4 days before ex-
periment and allowed free access to food and water until 12 hours before induction of
anesthesia. Anesthesia was induced via intra-muscular injection of 4.4 mg/Kg of Telazol
(tiletamine hydrochloride + zolazepam hydrochloride, Fort Dodge Animal Health, Fort
Dodge, Iowa). The animals were intubated via an endotracheal tube connected to a
ventilator with isoflurane general anesthesia and controlled mechanical ventilation. After
intubation, anesthesia was maintained with 1.5-2% isoflurane. Body temperature was
maintained using a heating pad pre-set at 37+0.5 °C. Physiological saline solution was
administered intravenously at a maintenance infusion rate of 5 mL/Kg/hr throughout
the test procedure. Prior to surgery, the head of the pig was secured in a stereotac-
tic frame adapted from previous design developments [96] with skull pegs affixed to the
zygoma to prevent movement of the cranium (Figure 2-1). Hemorrhaged animals were
fully resuscitated with saline solution (0.9% NaCl: three times the volume of shed blood)
to replace the blood loss. The scalp was reflected off the cranium via a midline scalp
incision, and craniotomy was performed with a hand-held drill, exposing the superior
part of both cortical hemispheres through a cranial window that was approximately 4.5
cm x 4.5 cm in size (Figure 2-2A).

The dura mater was carefully reflected to allow for direct mechanical measurements
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Figure 2-2: Overview of indentation test protocols in wvivo, in situ and in vitro. (A)
Schematic of cranial window with localization of indentation sites S1, S2, S3, S4. (B)
Imposed indenter displacement history and resulting force histories obtained for a repre-
sentative set of measurements in vivo at a sinusoidal frequency of 1 Hz. The raw force
profile (black dots) is shown superposed to the processed, smoothed profile (red solid
line). (C) Summary of indentation tests conducted in wvivo, in situ and in vitro on three
non-hemorrhaged animals (3-month old, Yorkshire, female). Cyclic test sequences to 6
mm depth are labeled as “F” (fast / 10 Hz / 120 mm.s™!), “M” (medium / 1 Hz /
12 mm.s71), “L” (low / 0.1 Hz / 1.2 mm.s™!), and “Q” (quasistatic / 0.01 Hz / 0.12
mm.s~!). 3 min relaxation tests with a ramp rate of 12 mm.s-1 are labeled as “R”. All
cyclic tests corresponded to 5 load-unload sinusoidal segments and they were repeated
at least twice except for the slowest cyclic tests (Q) which consisted of 2-3 load-unload
segments performed only once. Times in situ and in vitro refer to post mortem times.
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Parameter Mean % standard deviation

Heart rate (bpm) 101 £ 16
Respiratory rate (vpm) 10
Arterial pressure (mmHg) 97 + 11 (systole) / 43 + 7 (diastole)

SpO, (Y) 97.5x0.5
Et-CO, (mmHg) 455+3
Temperature (°C) 35306

Figure 2-3: Physiological parameters monitored at 5 min intervals during the in vivo
tests. Average values and standard deviations are provided for the non-hemorrhaged
cases (n = 3).

on the cortical surface. Physiological/hemodynamic parameters (heart rate, respiratory
rate, blood pressure, end-tidal carbon dioxide, hemoglobin saturation level, body tem-
perature) were monitored every five minutes for the entire duration of the test procedure,
which lasted about five hours (from sedation to euthanasia). Average values for these
physiological parameters are listed in Figure 2-3. After completion of the in vivo tests,

the subjects were euthanized with an intravenous injection of Ethasol (0.25 mL/Kg).

2.3.3 Indentation tests

The indenter was equipped with a 12.65 mm diameter hemispherical tip. Indentation
tests were conducted in vivo on the frontal and parietal lobes of both hemispheres at 4
distinct sites located ~1.5 cm from the craniotomy edges (Figure 2-2A). Test sequences
consisted of 2 to 5 load-unload cycles to 6 mm indentation depth at sinusoidal frequencies
of 10, 1, 0.1 or 0.01 Hz corresponding to average displacement rates of 120, 12, 1.2 or

! respectively (see e.g. Figure 2-2B). Tests were also performed to measure

0.12 mm.s™
the tissue relaxation response, with loading ramps at 12 mm/s to a target indentation
depth of 6mm, and holding times of 180 s. The tissue was allowed to recover for two

minutes between consecutive sequences of load-unload or relaxation segments. Tests at
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a given site at a given frequency/speed were repeated at least twice, except for those
corresponding to the slowest (0.01 Hz) load-unload cycles and the relaxation segments
that were performed only once. After euthanasia was induced, indentation tests were
repeated in situ at the same sites 30-180 minutes post mortem. The brain was kept
in its native configuration within the braincase throughout the in situ phase of the
tests, and physiological saline solution was regularly added to the exposed surface to
minimize tissue dehydration. The brain was subsequently removed from the cranium
and transferred on ice to the laboratory for further testing in vitro. For the in wvitro
indentation tests, tissue specimens were placed in a 3 cm diameter and 2.8 cm height
rigid cylindrical container (Figure 2-1C). The tissue specimens consisted of ~2.5 cm thick
tissue bilayers. The specimens were prepared by coring cylindrical samples measuring
about 3 cm in diameter and 1.2 cm in height from the surface of the frontal and parietal
lobes and layering them so as to bring both inferior faces into contact. This expedient
was intended to minimize friction between the tissue specimens and the container, as the
inferior surfaces of the cored samples were found to exhibit a higher proportion of (more
adherent) white matter. The tissue was hydrated with refrigerated phosphate buffered
solution (1X PBS) to minimize friction with the walls of the container and to limit tissue
degradation. Load-unload and relaxation sequences — identical to those conducted in
vivo and in situ — were conducted in indentation on the confined tissue bilayer 6 to 7
hours post mortem. All tests in vitro were performed at room temperature (T~21°C).
A summary of the optimized tests conducted in vivo, in situ and in vitro on the three

non-hemorrhaged animals is provided in Figure 2-2C.

2.3.4 Tissue contact — tapping protocol

Identifying contact between indenter tip and tissue in a reliable and reproducible manner
is of critical importance in indentation tests, especially when using a spherical indenter
tip, and when measuring a tissue response that is nonlinear. Visual estimation of contact

conditions was found to be imprecise and unreliable due to the presence of cerebrospinal
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Figure 2-4: Tissue contact/tapping protocol. (A) When contact was determined only by
visual inspection, substantial variations in indenter force were observed between succes-
sive measurements. (B) Schematic of indenter tip position relative to oscillating tissue
surface during contact determination procedure in vivo (left). Imposed tip displacement
history and resulting force history measured for one representative case satisfying con-
tact condition requirements (right). Note that the periodic force oscillations measured by
the contacting tip correspond to the brain surface movements associated with the ~100
bpm heart rate. (C) The proposed tapping protocol resulted in reduction in response
variability as shown for three successive measurements.

fluid and blood surrounding the indentation sites. The contact determination procedure
was further complicated in vivo by the brain surface oscillations stemming from respira-
tory perturbations and rhythmic blood pressure variations. For the initial tests carried
out on hemorrhaged animals, contact between indenter tip and tissue was established
by visual inspection. With this visual inspection approach, substantial variability in the
measured tissue response was noted, as shown for one representative set of measurements
in Figure 2-4A. This variability was assumed to arise mainly from uncertainties in the
tissue contact determination procedure and therefore a more systematic determination
method was developed. The latter consisted in gently “tapping” the tissue surface down

to 1 mm depth over a 100 millisecond period. The resulting contact force was measured

47



and full contact was deemed established when the force differential associated with the 1
mm tapping test reached an amplitude of ~15-20 mN (Figure 2-4B). The tapping method
was found to drastically reduce the variability in the measured tissue response (Figure
3C) and it was therefore systematically implemented for the subsequent tests conducted
on non-hemorrhaged animals in vivo, in situ and in vitro. The vertical z-position of the
indenter — as measured through the counter of the vertical BiSlide ~ was adjusted via the
tapping method at the beginning of each indentation sequence The adjusted position was
carefully noted to assess any residual tissue deformation. When tests were performed on
a previously indented site, a recovery period of at least two minutes was observed before

the tapping procedure.

2.4 Results

All statistical analyses reported hereafter were based on one-way Analysis Of Variance

(ANOVA). Results were considered statistically significant for P < 0.05.

2.4.1 Preliminary observations — effect of dura mater on corti-

cal tissue response

As part of the preliminary test phase involving the hemorrhaged animals, a small number
of indentation experiments were carried out on the exposed cortex while leaving the dura
mater intact. The tests were subsequently repeated at the same sites after the dura
had been removed. The results are reported in Figure 2-5 for one representative set of
measurements. The response of the dura-free tissue was found to be significantly more
compliant than that of the intact tissue. These observations remain qualitative in nature,
as adhesion conditions of the dura membrane to the skull — which might be inferred to
play a significant role in the indenter response — could not be accurately quantitated. The
observed trends were, however, consistent with expectations since the dura mater had

been shown to be a fairly stiff protective membrane with pseudo elastic moduli measured
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Figure 2-5: Indenter force response shown for two representative sets of measurements
performed while dura mater was left intact (N = 2) and subsequently removed (N =
2). Cyclic loading tests at 1 Hz, 0.1 Hz and 0.01 Hz and relaxation tests are shown
sequentially on the same time axis while they were actually conducted as distinct test
sequences separated by 2 min recovery phases.

in tension to be on the order of 60-100 MPa [97-99].

2.4.2 Tissue recovery after indentation

The amount of residual tissue deformation observed after the two-minute recovery phase
following each indentation sequence was measured in wvivo, in situ and in vitro — via
the z-counter of the vertical BiSlide — as the height differential applied to the indenter
tip when readjusted to contact with the tissue surface through the tapping protocol. A
summary of the residual deformation results is provided in Figure 2-6. The tissue was
found to fully recover in vivo in most cases. After induction of euthanasia, the exposed
cortical surface was measured to shift downwards by 1.54+0.1 mm over the thirty-minute
period preceding initiation of the indentation tests in situ. The tissue in situ never
entirely recovered after a given indentation sequence; the amount of residual deformation

measured between consecutive tests was on the order of 0.2-0.4 mm. Interestingly, the
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Residual tissue deformation (mean £ SD) following cyclic loading test
Dimensions in mm

10 Hz 1 Hz 0.1 Hz 0.01 Hz
. 0.08 0.1 0.1+£0.2 0.1+£0.2 0.1 +£0.1
In vivo ‘
(N =8) (N=22) (N=12) (N=11)
. 0.2+0.2 03+£03 0.2+0.15 0.3+£0.2
In situ v
(N =12) (N=12) (N=9) (N=13)
. 0.05+03 0+£0.2 0.15+£03 0.15+£0.2
In vitro
(N =6) (N=7) (N=4) (N =3)

Figure 2-6: Residual tissue deformation measured after 2 min recovery phase following
indentation tests at 10 Hz, 1 Hz, 0.1Hz, and 0.01 Hz, in vivo, in situ and in vitro. Average
values are provided with standard deviations for all tests performed on the three non-
hemorrhaged animals.

amount of residual deformation measured in vitro was substantially less than in situ.

2.4.3 Test repeatability and rate order indifference

Representative responses measured during repeated tests conducted in vivo, in situ and
in vitro at the same indentation sites to 6 mm depth at a displacement rate of 12 mm/s (1
Hz frequency) are shown in Figures 2-7TA to 2-7C. The responses to repeated indentation
were found to be consistent and reproducible in vivo, as well as in situ and in vitro. To
further assess the degree of repeatability in the mechanical measurements performed on
a more quantitative basis, we compared the tissue responses to 1 Hz cyclic indentation in
terms of peak force levels reached at the end of the first loading ramp for each sequence of
load-unload segments applied to the tissue. These peak forces were compared within and
across indentation sites according to four conditions: (I) indentation site was previously
untested, (II) indentation site was previously subjected to a minimum of one sequence

of five load-unload segments at 1 Hz, (III) indentation site was previously subjected to
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a minimum of one sequence of two-to-five load-unload segments at a lower indentation
rate (i.e. 0.01 Hz and/or 0.1 Hz) with no prior submission to higher rate (i.e. 10
Hz) indentation sequences, (IV) indentation site was previously subjected to at least one
sequence of five load-unload segments at higher indentation rate (i.e. 10 Hz) with no prior
submission to lower rate (i.e. 0.01 Hz and/or 0.1 Hz) indentation sequences. The results
are gathered in Figure 2-7D. Although the responses measured on virgin (previously
untested) sites in the in wvivo, in situ and in vitro states were found somewhat stiffer
than those obtained on previously tested sites, these differences did not reach statistical
significance (P > 0.05 for all cases compared individually to the virgin case), thereby
suggesting that pre-compressing the tissue or altering the rate order in vivo, in situ or in
vitro does not significantly influence subsequent measurements (provided that the tissue
is allowed to recover for at least two minutes between tests, tissue hydration conditions
are maintained and proper contact is secured at the beginning of each test sequence). All
measurements reported hereafter for a given displacement rate were therefore averaged

regardless of indentation sequence order.

2.4.4 Location dependence

Repeated measurements performed in vivo at 1 Hz were compared quantitatively across
indentation sites in terms of peak force levels reached at the end of the first (uncon-
ditioned) loading ramp and the second (conditioned) loading ramp. The results are
reported in Figure 2-8. The response of the tissue was found to be weakly dependent
on indentation site. Although obtained from a fairly small pool of measurements, these
results suggest that the frontal and parietal lobes of the superior cortex share similar me-
chanical properties at the macroscopic level. All measurements reported hereafter were

therefore averaged across indentation sites.
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Figure 2-7: Test repeatability in vivo, in situ and in vitro. (A) Representative tissue
responses measured in viwo during repeated indentation at 1Hz. (B) Representative
tissue responses measured in situ on the same site during repeated indentation trials at
various times post mortem. (C) Representative tissue responses measured in vitro for
three successive trials. (D) Peak forces reached at the end of the first loading ramp in
viwo, in situ and n vitro across four conditions. Responses measured in vitro under
condition IIT corresponded to 1 Hz tests repeated after lower rate (0.01 Hz / 0.1 Hz)
and faster rate (10 Hz) tests had been conducted. Numbers in parentheses correspond
to numbers of measurements performed under each condition for a total of three non-

hemorrhaged animals. The response in situ was found to be significantly stiffer than in
vivo (P < 107%).
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Figure 2-8: Test location dependence. Peak forces measured at the end of the first
loading ramp — unconditioned response (A) — and at the end of the second loading ramp
~ conditioned response (B) — for the four indentation sites submitted to 1 Hz load-unload
cycles in vivo. N refers to the number of independent measurements performed on the
three non-hemorrhaged animals.
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2.4.5 Post-mortem time differences

The effects of post-mortem test time on tissue properties were also investigated in situ
as shown in Figure 2-7B and in Figure 2-9. No statistically significant material property
changes in relation to post-mortem time differences (as measured via the peak forces
reached at 6 mm depth upon first loading) could be found up to about three hours
post mortem — for both the conditioned and unconditioned responses. Therefore, all

measurements reported hereafter in situ were averaged across post-mortem test times.

2.4.6 Representative response in vivo

A representative set of indentation measurements conducted at 10 Hz, 1 Hz, 0.1 Hz
and 0.01 Hz to 6 mm depth in vivo is shown in Figure 2-10. The tissue behavior was
found highly nonlinear both in the strain and strain rate domains with marked hysteretic
features. Among other notable characteristics exhibited by the tissue in vivo was the
substantial degree of “conditioning”, meaning that the tissue response upon first load-
ing, namely the “virgin” or “unconditioned” response, was measured to be significantly
stiffer than that observed subsequently upon immediate cyclic reloading. These obser-
vations mirror those previously reported in wvitro on cortical samples tested in uniaxial
compression [80]. Note that the tissue recovered its “virgin” or “unconditioned” response

when allowed to re-equilibrate for at least 2 minutes between tests.

2.4.7 Comparison with literature data

Measurements ¢n vivo and in situ were reported previously by Gefen and Margulies in the
small strain-strain rate regime [20]. When differences in indenter tip size between proto-
cols were accounted for, it was found that the data obtained in the present study were
comparable with those feported by Gefen and Margulies, both for the unconditioned and
conditioned responses (Figure 2-11). Note, however, that the definition for “conditioned

response” somewhat differed between the two protocols: “conditioned response” in the

54



A 09¢ I

0.8}
z 0.7} | | |
0.6}

0.5}
0.4}
0.3}

02F1 N=10 N=5 N=6 N=4
0.1}

Peak force at 1 Hz

30 min 75 min 120 min 180 min

o~

08t
0.7} |
0.6} I | | '
0.5}

0.4}
03}
02F N
0.1}

Peak force at 1 Hz |N]

Il
[a—y
[—
Z

Il
un
Z

Il
(=)
Z

Il
F oS

30 min 75 min 120 min 180 min

Figure 2-9: Post mortem time variations in situ. Peak forces measured at the end of the
first loading ramp — unconditioned response (A) — and at the end of the second loading
ramp — conditioned response (B) — at various times post mortem. N refers to number of
independent measurements performed on the three non-hemorrhaged animals.
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Figure 2-11: Comparison of results obtained under current protocol and under protocol
developed by Gefen and Margulies [20]. Average peak forces at 4 mm depth (with stan-
dard deviations) are shown for the non conditioned and conditioned responses measured
in viwo and wn situ.

protocol by Gefen and Margulies referred to the combined 5th and 6th single loading
ramps applied to the tissue as part of a series of 6 single ramp relaxation tests separated
by 45 second recovery phases, while data selected for comparison from the present study
corresponded to the 5th (and last) loading ramp imposed on the tissue as part of a single
sequence of five continuously applied load-unload segments. Also to be noted is that the
investigation led by Gefen and Margulies was conducted on younger porcine animals (7.e.
one month of age), whose brain properties in vitro have been shown comparable to those

of adult pigs [15].

2.4.8 Properties in vivo compared to properties in situ

Average responses (with standard deviations) are reported — in load-unload and relax-
ation — in vivo and in situ in Figure 2-12. The tissue response was measured to be
stiffer in situ than in vivo, regardless of strains and strain rates. Differences in material
properties between the in vivo and the in situ states were further assessed quantita-

tively in terms of the peak forces measured upon first (“unconditioned”) and second
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(“conditioned”) loading as shown in Figure 2-12F. Differences were especially marked at
low-to-quasistatic deformation rates, for which the tissue response was found to be stiffer
in situ than in vivo by a factor of 1.5-2. These differences became more attenuated at

higher rates of deformation, as statistical differences grew smaller (Figure 2-12F).

2.4.9 Properties in situ compared to properties in vitro

The tissue response in vitro was found to be more “compliant” than that measured
wn situ, with peak forces being on average 20% lower in vitro (Figure 2-13). These
differences might be ascribed to boundary condition effects and/or to intrinsic material
property changes due to temperature variations and/or tissue alteration in relation to

post-mortem testing time.

2.4.10 Nonlinear rate dependencies

The tissue response was measured to be highly rate dependent in vivo, in situ and in vitro
(Figure 2-13). These differences were found to be statistically significant as measured
by the peak forces reached at 6 mm penetration depth (P < 0.05 when comparing pairs
of peak forces between consecutive rates in vivo, in situ and in vitro). Note that the
sensitivity of the tissue response to deformation rate grew higher, in relative terms, as
deformation rates increased. In wivo, as shown in Figure 2-13, peak forces at 10 Hz
exceeded those measured at 1 Hz by a factor of 2.5, whereas peak forces at 0.1 Hz

exceeded those reached at 0.01 Hz only by a factor of 1.5.

2.4.11 Conditioning effects

Conditioning effects — as measured by the ratio of the peak force upon reloading (con-
ditioned response) to that reached upon first loading (unconditioned) — were found sub-
stantial in vivo, in situ and in vitro (Figure 2-13D). Note that these conditioning effects

tended to be more attenuated at lower rates of deformation, with conditioning ratios
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Figure 2-12: Tissue responses contrasted in vivo and in situ in cyclic load-unload at 10
Hz (A), 1 Hz (B), 0.1 Hz (C), 0.01 Hz (D), and in relaxation (E). Average responses
(solid lines) and average responses plus or minus standard deviations (dashed lines) are
shown in each case. For clarity purposes, only the first two load-unload cycles are shown
in the 10 Hz case. (F) Response in vivo compared to response in situ in terms of peak
forces reached at the end of the first loading ramp (I) and of the second loading ramp
(IT) for the four different rates of deformation. * and *** indicate significant (P < 0.05)
and very significant (P < 10~*) statistical differences respectively.
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Figure 2-13: Average tissue response upon first cyclic loading in vivo, in situ and in vitro.
Dashed lines correspond to average plus or minus standard deviation. Conditioning ratios
(bottom right) are also shown for each deformation rate (F, M, L, Q) in vivo, in situ and
in vitro. Conditioning ratio is defined as the ratio between the peak forces reached at the
end of the second loading ramp (conditioned) and the peak forces reached at the end of

the first loading ramp (unconditioned).
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in vivo reaching 0.9 (£0.03) on average at quasistatic rates (0.01 Hz), compared to 0.8

(£0.05) at higher rates (10 Hz).

2.5 Discussion and conclusions

The present study reports the first body of observations on the large strain nonlinear vis-
coelastic properties of brain tissue in vivo. The set of measurements conducted addresses
previously uncharacterized features of the living porcine cerebral tissue behavior at large
strains and over a broad range of deformation rates (~0.01 to 10/s). These features
could be directly contrasted with those characterizing the tissue response in situ and in
vitro, thereby providing a unique quantitative basis for further refinements/adjustments
of existing biomechanical models relying so far on experimental sets of in vitro and in
situ measurements.

The preliminary experiments carried out on two hemorrhaged pigs allowed for rigorous
test protocols to be developed minimizing measurement variability via implementation of
more systematic contact determination procedures. The data sets subsequently collected
on three non-hemorrhaged animals in vivo and in situ were found to be consistent and
comparable with those reported by previous investigators at small strains and low rates
of deformation [20]. The tissue in vivo was observed to recover fully after a two-minute
recovery phase following each cyclic loading test. Some residual deformation was noted
in situ after indentation. The dependence of the tissue response on indentation site
was found to be weak, thereby confirming cerebral tissue mechanical homogeneity at the
macroscopic level on the frontal and parietal lobes [20, 47].

The mechanical behavior of the tissue was observed to share highly similar patterns
in vivo, in situ and in vitro — e.g. conditioning, time/rate dependencies, nonlinear strain
dependencies. These patterns had already been described elsewhere on similar tissue in
vitro in unconfined compression and in uniaxial tension [22, 79, 80]. Note that the rate

effects were found to be more significant as deformation rates grew higher in vivo, in
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situ and in vitro, with relative increase in tissue stiffness rising from ~50% at 0.01 Hz
to 0.1 Hz to ~150% at 1 Hz to 10 Hz. This increase in tissue stiffness is corroborated
by previous investigations where the tissue response was found to dramatically stiffen at
higher rates of deformation [7, 35, 81].

Conditioning effects were found to be significant in vivo, in situ and in vitro. These
effects could be recovered when allowing the tissue to re-equilibrate for two minutes.
These observations confirm preliminary findings in wvitro where pre-compressed tissue
samples were shown to exhibit repeatable conditioning features following a two-hour
recovery phase in saline solution [80]. These conditioning effects might be ascribed to
interstitial water diffusion within the tissue as surmised earlier [80]. The latter inference
is consistent with the fact that the amount of conditioning measured in the present
study was found to be strain rate dependent, with more substantial conditioning effects
observed at higher rates of deformation.

The tissue was measured to be significantly stiffer in situ than in vivo. This important
observation only partially agrees with previous findings by Gefen and Margulies [20]
who reported increased stiffness for the non-conditioned response only, although the
latter increase was not found to be statistically significant. The fact that the tissue was
measured to shrink/shift following euthanasia by 1.5£0.1 mm (N = 3 animals) suggests
that the tissue might undergo some significant “consolidation” post mortem, thereby
accounting for the change observed in tissue compliance. Possible factors governing the
consolidation process conjectured post mortem include: (1) the collapse of the tissue
vasculature, (2) drainage of fluid-filled cavities (e.g. ventricles, sinuses), (3) alterations
in the intrinsic mechanical properties of the structural components responsible for the
neural cell resilience (i.e. actin filaments, neurofilaments and microtubules), and (4)
tissue edema. Note that the measured tissue shift post mortem, although significant,
remains small relative to the overall thickness of the cerebrum within the braincase
(which was typically about 25 mm) so that possible stiffening artifacts arising from depth

alteration effects are unlikely to account alone for the observed changes in indenter force
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magnitude. Other investigators have reported similar changes in material properties
between the in vivo and the in situ states on “cellular” and highly vascularized organs
such as liver [94].

Among the limitations of the present study it should be noted that the data pool
harvested was obtained from three animals only. Although very consistent, the mea-
surements reported would need to be complemented by further testing. It must also
be mentioned that the indentation technique employed was limited to single uniaxial
force-displacement measurements. Complementary techniques relying on the use of pe-
ripheral secondary sensors around the locus of indentation may provide useful additional
information on the tissue volumetric compliance as described elsewhere [26].

Finally, results gathered in vitro were also reported. The force-displacement response
was found to be more compliant than the response measured in situ. This difference
might be imputed to alterations in material properties due to temperature changes and/or
intrinsic tissue degradation post mortem, or to boundary condition effects. Variations in
tissue property related to post mortem degradation processes have been found négligible
up to 15 hours post mortem by several investigators [38, 80] while some differences were
noted by others beyond 6 hours post mortem [100]. Temperature variations between the in
situ and the in vitro tests may have played a role in the reported changes in tissue response
although temperature effects, if substantial, should have increased the tissue stiffness in
vitro as reported when test temperature had been lowered [101]. It is therefore most
plausible that material property alterations due to intrinsic tissue degradation and/or
temperature changes alone could not account for the substantial differences noted in the
measurements between the in situ and the in vitro states, and that boundary condition
effects played a significant role. Reverse finite element modeling is therefore needed
to gain better insights into the effects of boundary conditions on the resulting force-
indentation response.

Taken altogether, the sets of experimental data hereby presented provide unique in-

sights into the tissue dynamics both in vivo and in situ, and may critically guide the
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development of biofidelic brain models. A reverse modeling study is currently being con-
ducted to assess, contrast and adjust the dynamic material properties of brain tissue
in the in vivo, in situ and in vitro states. Additional mechanical data might also be
obtained at higher rates of deformation (i.e. beyond 10/s) in future in vivo / in situ / in
vitro studies using the current dynamic indenter, which is able to operate in open-loop
mode at speeds as high as 4.5 m/s. The high rate mechanical data that could be thus
collected in vivo, in situ and in vitro through open-loop “impact” tests might potentially
lead to an improved understanding of the tissue behavior under conditions approaching

those suspected to prevail in blast or blunt impact traumatic brain injury scenarios.
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Chapter 3

Large strain behavior of single

cortical neurons

3.1 Overview

This study presents experimental results and computational analysis of the large strain
dynamic behavior of single neurons in vitro with the objective of formulating a novel
quantitative framework for the biomechanics of cortical neurons. Relying on the atomic
force microscopy (AFM) technique, novel testing protocols are developed to enable the
characterization of neural soma deformability over a range of indentation rates spanning
three orders of magnitude — 10, 1, and 0.1 um/s. Modified spherical AFM probes were
utilized to compress the cell bodies of neonatal rat cortical neurons in load, unload, reload
and relaxation conditions. The cell response showed marked hysteretic features, strong
non-linearities, and substantial time/rate dependencies. The rheological data were com-
plemented with geometrical measurements of cell body morphology, i.e. cross-diameter
and height estimates. A constitutive model, validated by the present experiments, is
proposed to quantify the mechanical behavior of cortical neurons. The models aimed
to correlate empirical findings with measurable degrees of (hyper-) elastic resilience and

viscosity at the cell level. The proposed formulation, predicated upon previous constitu-
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tive model developments undertaken at the cortical tissue level, was implemented into a
three-dimensional finite element framework. The simulated cell response was calibrated
to the experimental measurements under the selected test conditions, providing a novel

single cell model that could form the basis for further refinements.

3.2 Background

Traumatic brain injury (TBI) is a major cause of death and morbidity in the United
States, affecting some 2 million civilians each year [78] and an estimated 20% of the 1.6
million veteran population returning from Iraq and Afghanistan [77, 101]. While the
most common damage occurrences leading to mild or moderate forms of TBI (e.g. motor
vehicle accidents or falls [73, 74, 102], sports concussions [75, 76, 103], and blast exposures
[74, 104-106]) have been widely acknowledged and thoroughly reviewed, the etiology
of the ensuing cognitive, behavioral or neuropsychological disorders/impairments (e.g.
memory losses, language difficulties, concentration deficiencies, behavioral abnormalities,
and/or depression) remains poorly understood. In particular, little is known about the
multiple damage mechanisms suspected to unfold at the neural cell level in the seconds
to hours (and probably days) following initial mechanical insult(s) to the brain, and
likely to result in cell/tissue alteration. One line of approach towards elucidating some
of the key damage mechanisms involved in TBI relies on addressing two distinct, yet
interrelated, questions: 1) how mechanical transients applied to the organ boundary
(head) translate into local stress-strain (force-displacement) distribution maps at the
mesoscopic tissue level and microscopic cell level; 2) how the cell machinery responds
to these mechanical stimuli. An improved quantitative knowledge of material properties
at the individual central nervous system (CNS) cell level is necessary to understand
the former on a quantitative basis and to better characterize the latter in a controlled
environment. Such characterization inevitably calls for measurable external mechanical

inputs (e.g. pressure waves, imposed deformation profiles) applied to the boundary of in
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vitro cell systems (e.g. 2D/3D cell culture constructs, organotypic tissue slices) can be
systematically associated with reliable estimates of force and deformation magnitudes at
the single cell level.

Probing mechanical properties of individual cells has been made possible in recent
years through the advent of novel testing techniques (for a review, see e.g. [107-109]) in-
cluding magnetic twisting cytometry [110-113], atomic force microscopy (AFM) [114-119],
micropipette aspiration [120-125], optical tweezer stretching [126-129], and microplate
rheometry [130-132]. The last three techniques, which have been successfully employed
to characterize the deformability of certain cell types in suspension (e.g. red blood cells
[122, 128], white blood cells [120, 123|, Miiller glial cells [129], chondrocytes [125], my-
ofibroblasts [121], and pancreatic cancer cells [132]), may not be easily applied to CNS
neuronal cultures because neurons in vitro form intricate networks of adherent cells in-
terconnected via multiple processes whose continuous growth and viable maintenance
require the support of a substrate. Magnetic twisting cytometry is a powerful measure-
ment technique providing local material properties at the membrane level but is not
suited to examine global properties at the cell body level. AFM, originally developed
to image surfaces of inorganic materials with atomic resolution [133], has proven to be
a highly versatile testing tool in mechanobiology, enabling the measurement of material
properties at the cell/subcell level over a large range of forces (from pico- to nanonewton
levels), speeds (from quasistatic to dynamic load levels), and length scales (from nano-
to micrometers) via a variety of tip geometries [134]. The diversity in available AFM tip
geometries allows for a range of experiments to be performed under various loading con-
ditions: sharp tips may probe local properties at the cytoskeletal level while large spheres
may provide global “homogenized” properties at the whole cell level. Although widely
used to characterize the mechanical response of numerous cell types including fibroblasts
[114], leukocytes [119], cardiac myocytes [118] and blood cells [116, 117], AFM has been
infrequently utilized to examine the response of neural cells. To our knowledge, only Lu et

al [129] have reported dynamic mechanical measurements on single CNS neurons — with
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measurements conducted in the linear infinitesimal strain regime only. Elastic storage
and viscous loss moduli were extracted from the force-displacement output of oscillating 3
pm spherical AFM probes actuated to small indentation depths at the cell surface. These
measurements, aimed at characterizing some of the local viscoelastic properties of neural
cells, could not provide significant insights into the global mechanical response of single
neural cell bodies, nor were they directed at investigating the mechanical nonlinearities
observed at finite deformation typical of anticipated cell response.

AFM mechanical measurements conducted at the (whole) cell level on other cell types
have been interpreted quantitatively with the aid of various continuum models. The mod-
eling approaches most commonly used borrow their formulation from the contact theory
developed by Hertz for linear elastic materials [114, 129, 135-137], many of which typi-
cally incorporate time-dependencies inherent in the cell response {114, 129]. The Hertz
contact theory, however, relies on highly reductive assumptions including linearity, ho-
mogeneity, infinitesimal deformation, and infinite substrate dimensions — all of which are
unlikely to hold for biological cell systems submitted to mechanical transients. In order
to address some of these limitations, investigators have proposed alternative continuum
approaches integrating part of the complexities observed in the mechanical response of
biological cells. These approaches include piecewise linear elastic variations [138], linear
hyper-elastic/viscoelastic composite material formulations [116, 139, 140], and biphasic
linear elastic constitutive relations [141, 142]. More complex variations borrow elements
from continuum and piecewise continuum models [143]. While successful at capturing
specific quantitative features of the cell response under selected test conditions, these
formulations do not account for the combined strain and strain-rate nonlinear dependen-
cies inherent in the cell behavior, as substantiated by a growing body of experimental
observations [60, 118, 131].

The study described here provides, to our knowledge, the first reported set of ex-
perimental measurements characterizing the large-strain, nonlinear dynamic response of

single cortical neurons at the soma level. The AFM “compression” tests performed on in-
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dividual cell bodies via microsphere-modified cantilevers consisted of load—unload cyclic
sequences over three orders of displacement rate magnitude. The mechanical data col-
lected were analyzed further with the support of a continuum model allowing for large
strain kinematics simulations of the cell behavior. The proposed model lays the foun-
dation for further developments and refinements as more experimental results become

available on a variety of related cell types and in vitro testing conditions.

3.3 Materials and methods

3.3.1 Cell Culture

Primary neuronal cultures were prepared from cerebral cortices of postnatal day 1 Sprague-
Dawley rats (Charles River Laboratories, Wilmington, MA). Tissue was provided by the
laboratory of Professor Sebastian Seung, following a protocol approved by the Com-
mittee on Animal Care at the Massachusetts Institute of Technology. The dissociation
procedure was adapted from a protocol detailed elsewhere [144]. Briefly, isolated cortices
were minced, rinsed 3 times in modified Hank’s buffered salt solution (HBSS) containing
25 mM HEPES, and digested for 12 minutes at 37°C with enzyme solution containing
1 mM L-cysteine, 0.5 mM EDTA, 1.5 mM CaCl2, 200 units Papain (Sigma, P3125),
and 1 pg/mL DNAse (Sigma) in modified HBSS. Tissue pieces were rinsed twice in cul-
ture medium (Neurobasal medium supplemented with B27 and Glutamax (Invitrogen,
21103049, 17504044, 35050061)) and gently triturated in 1 mL ice-cold culture medium
through 1 mL pipette tips. The resulting suspension was passed through a 70 pm cell
strainer (BD Falcon, 352350) and subsequently centrifuged at 20 g for 7 minutes. The
cell pellet was re-suspended in culture medium prior to plating at ~10* cells/mL density
on 35 mm poly-D-lysine (Sigma, P7886) coated coverslips (Carolina Biological Supply,
Burlington, NC). Cultures were maintained at 37°C in a 5% CO, humidified atmosphere.
1 h after plating, cultures were rinsed to remove debris and non-adherent cells. About

3 days after plating, half of the medium was replaced. AFM measurements were ini-
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tiated after 5 days in culture, i.e. when plated neurons had reached maturation with
well-extended processes.

Neural cell viability was assessed via standard Live/Dead cytotoxicity assay (Invit-
rogen, [-3224). The cytoplasm of live cells and the nucleus of dead cells were stained
with 2 uM calcein AM and 2 uM ethidium homodimer-1 respectively. Cell cultures were
found viable after 5-day incubation (Figure 3-1A).

Immunocytochemistry assays were also performed to ascertain neural cell types. Anti-
B-11I tubulin (Abcam, ab24629) and anti-Glial fibrillary acidic protein (GFAP) (Abcam,
ab4648) were used to identify neurons and astrocytes respectively. The cultures obtained
for this study were confirmed to be predominantly composed of neurons, showing staining
for 5-111 tubulin (Figure 3-1C) and not GFAP (Figure 3-1D). During AFM experiments,

neurons were identified by their characteristic morphology using a light microscope.

3.3.2 Atomic Force Microscopy
Dynamic load — unload tests

Somata of single neurons were indented via an atomic force microscope (MFP 3D, Asy-
lum Research, Santa Barbara, CA) mounted on an inverted optical microscope (Axio
Observer.D1, Carl Zeiss Microlmaging Inc, Thornwood, NY). The mechanical probes se-
lected for the tests were polystyrene spheres (45 pm diameter, Polybead® Microspheres;
Polysciences Inc, Warrington, PA) mounted on tipless, triangular shaped silicon nitride
cantilevers (Veeco Probes NP-OW, 0.06 N/m; Nanoworld PNP-TR-TL, 0.08 N/m). The
microspheres were chosen deliberately larger than the cell soma in order to approximate
loading conditions close to those prevailing in “uniaxial compression” experiments. The
microspheres were attached to the end of the silicon nitride probes using UV curable
Loctite 3211 glue and allowed to cure for 1 h under UV light. The size and positioning
of the bead were verified for one representative sample via scanning electron microscopy
(Figure 3-2A). All tests, which lasted less than two hours, were conducted in culture

medium at 37°C in a fluid cell chamber (BioHeaterTM, Asylum Research, Santa Bar-
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Figure 3-1: (A) Viability assay: Neuron stained with calcein-AM to verify cell viability
after 5 days in culture (time of typical AFM experiment). (B) Bright field image of neu-
ron. (C, D) Immunostaining verifying cell type: (C) Beta-III tubulin staining indicating
mature neuron; (D) GFAP staining, showing glial marker not present in culture. Scale
bars equal 20 pm.
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Figure 3-2: (A) SEM image of tipless cantilever with attached 45 um polystyrene sphere
(dimensions in pm). (B) Bright field image of AFM tip with bead adjacent to neuron to
be indented; 20 pm scale bar. (C) Schematic of AFM experimental setup — Polystyrene
bead compressing the cell body of a neuron plated on glass. (D) AFM testing procedure:
sample approach, pre-load (black solid), sequences of load-unload segments at 10 pm/s
(red dot), 1 pm/s (blue solid), 0.1 ym/s (green dash-dot), followed by stress-relaxation
(black dash).
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bara, CA). Prior to testing, the spherical probe sitting above the sample was lowered
into the medium and allowed to reach thermal equilibrium for about 30 min. Calibration
of the spring constant was achieved for each probe using the thermal method [145]. Cell
viability was checked by visual inspection through the bright-field optical microscope.
Neurons were found well-adhered and healthy throughout the test procedure.

All tests were conducted under bright-field optical microscopy (Figure 3-2B). The
cantilever tip was positioned on top of the cell body via manual actuation of the micro-
metric screws controlling the horizontal X-Y positioning of the AFM optical stage. The
center of the cell body was aligned with the vertical Z-axis of the indenting probe through
the 20X magnification objective of the microscope (Figure 3-2C). The indentation test
sequence, implemented as a custom routine in IGOR Pro software (WaveMetrics, Inc,
Portland, OR), consisted of an approach phase at 0.3 um/s to a 0.3 nN contact force
target followed by a 15 s dwell phase at contact with the cell body, and a subsequent
series of load—unload segments at 10, 1, and 0.1 gm/s to 2 um depth followed by a 120 s
relaxation segment (Figure 3-2D). The loading rates were selected to span the broadest
range of deformation speeds compatible with the MFP 3D capabilities and the physi-
cal limitations pertaining to the test configuration (e.g. inertial effects, hydrodynamic

perturbations).

Contact point and cell size estimate

To account for some variations in the neural cell body size observed within and across
cultures, height and “cross-diameter” estimates were collected for each cell body indented
and subsequently incorporated in the 3D finite element simulations. The average cross-
sectional diameter, derived from the optical microscope photographs taken at the time
of indentation (see e.g. Figure 3-2B), was computed as the geometric mean between the
largest and smallest edge-to-edge measured distances: v/dmin - dmax- Height estimates
were obtained after completion of the indentation test, following a procedure adapted

from previous cell height determination methods [137, 140]. Briefly, the cell body and
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2-3 adjacent glass sites were successively indented at 10 pm/s extension/retraction rate
to a target force of 4.5 nN. The difference in piezo positions at contact between can-
tilever and the cell body or glass substrate were retrieved from the indentation curves
to derive an estimate for the cell height (Figure 3-3). The glass—cantilever contact point
was determined as the intersection between the pre- and post-contact linear fit to the
measured force— displacement indentation responses whereas the cell-cantilever contact
point was recovered following a hierarchical Bayesian approach detailed in section 6.1 of
[146]. Briefly, the contact point and the pre- and post-contact regression coefficients were
inferred — following Gibbs sampling techniques — from statistical distributions motivated
by physical arguments. The post-contact force-displacement response in the small pen-
etration depth regime was assumed to obey a polynomial law as predicted by the Hertz
model for the response of an elastic substrate to indention by a rigid sphere (i.e. F x §%/2,
where F is the indenter force and § is the indentation depth). The height determination

procedure was implemented in a MATLAB routine.

3.3.3 Modeling: Finite Element Simulations

The mechanical data gathered on single neural somata were interpreted with the aid of a
finite element framework simulating the experimental testing conditions. The continuum
formulation selected for the homogenized “material properties” of the cell response is
predicated upon the modeling framework developed in our recent study of the dynamic
(macroscopic) behavior of porcine cortical tissue in vitro [80]. This formulation exhibits
rheological features (e.g. rate effects, nonlinearities, conditioning, and hysteresis) sim-
ilar to those observed at the single cell level. Briefly, the selected model comprises a
hyperelastic network (A) accounting for the instantaneous response of the material and
a viscoelastic resistance (BCDE) encompassing the strain rate/time effects prevalent at
short (B) and long (CDE) time scales. A schematic of the rheological model is provided
in Figure 3-4.

Following Lee’s decomposition [57], the total deformation gradient, F, applied to the
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Figure 3-3: Cell height determination procedure: cell (black solid) and glass substrate
(red, blue, green dash) indentation curves were used to retrieve relative piezo positions
associated with contact events between cell/glass and cantilever, thereby providing an
estimate for the cell height.
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Figure 3-4: (A) Schematic of the large strain kinematics rheological model used to cap-
ture the homogenized material response of the neuron in ABAQUS. Material parameters
obtained by fitting the force-indentation response to the average experimental response
were found to be: K = 10 kPa, y, = 16 Pa, A\, = 1.05, n = 1, g, = 0.005 Pa, Gy = 75 Pa,
Go = 40 Pa, n = 3 kPa.s.(B) Contour plot of von Mises stress levels in a representative
finite element simulation of cell response to AFM compression.
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tissue may be decomposed as:

F=F, F

A B

where F, and F,_ represent, respectively, the elastic (instantaneous) and viscoelastic
components of the cell deformation. The viscoelastic response of the cell is captured by
the combination of a nonlinear short-term viscous element (B) and a linear viscoelas-
tic back stress network (CDE). With regard to the backstress network, the viscoelastic

deformation gradient F, is further decomposed as:

F,=F_, F

C D

where the linear viscous element (D) models the long-term relaxation of the backstress
contribution. Both F, and F are taken to be isochoric.
The Cauchy stress T, developed within the material is decomposed into its hydro-

static and deviatoric components:
T N T, + Ty

where the hydrostatic component T}, and the deviatoric Ty component are physically
associated with the deformation mechanisms prevailing in bulk and in shear.
The hydrostatic component T, is obtained in terms of the volumetric Jacobian, J =

det(F) = det(F, ), according to the constitutive relationship
Ty = K -In(J) - 1

where K is the small-strain bulk modulus and 1 is the identity tensor. The deviatoric
component T is obtained in terms of the isochoric component of the elastic left Cauchy-

Green tensor, B, = J~2/°F, cFAT, following a formulation derived from the freely-jointed
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8-chain model for macromolecular elastic networks [59]:

_H A (A gy
To=7 5L (/\L> (B, — %),

where

J = det(F) = det(F,)

M= %tr(ﬁA)
£(B) = coth(8) — =

g
and p, and A;, are model parameters which scale with the initial shear modulus and the
limiting extensibility (locking stretch) of the network. £ denotes the Langevin function.
The evolution of the viscoelastic component of the deformation gradient, F,, is consti-
tutively prescribed through the nonlinear reptation-based viscous element (B), adapted
from [154]. The deformation gradient time derivative, k', = F - D, - F,is obtained
by aligning the stretching tensor ﬁB with the direction of the (deviatoric) driving stress
T, = Tq — T, where T, is the backstress from element (C), through the constitutive
relationship:

’ T’:’n ’
D 'NB_'.L_-..VBTB.TB

B :73.

fo =

(a +/tr(F,-F.)/3 - 1)2

where 4, is a dimensional scaling constant ( 4, = 107* s™!). The reptation factor,
fi, accounts for the increasing resistance to viscous flow observed in macromolecular
networks for increasing levels of accumulated viscous deformation. The factor « is a

small constant introduced to eliminate the singularity at F, = 1 [64], and is set to
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a = 0.005, as in the previous tissue study [64]. The rate sensitivity exponent, n, and the
strength parameter, o,, are material properties.

The (deviatoric) backstress T, is obtained from the standard linear solid network
(CDE) as further detailed in [80]. Briefly, the stress in the elastic elements, (C) and (E),
is taken to scale linearly with the deviator of the respective Hencky strains through shear
moduli Gy, and G. The stretching tensor, f)D =F.- FD . F;l, in the viscous element
(D) is taken to scale linearly with the driving stress in element (D) through a viscosity
7.

Conceptually, element (C) is associated with short-term dissipation mechanisms, while
the linear element (E) captures the long-term partial relaxation of the backstress. The
eight material parameters are to be interpreted as follows: K measures the small strain
bulk modulus, (x4, Ar) mediate the instantaneous (elastic) response of the cell in shear,
(n, 0,) and (Go, G, n) address the time-dependencies unfolding at short and long time
scales respectively. Further details on the constitutive equations and a discussion on their
mechanistic interpretation are provided in [80].

The constitutive model was implemented as a user-defined material subroutine in the
finite element software ABAQUS (Simulia, Providence, RI). An axisymmetric represen-
tation was selected for the test configuration as shown in Figure 3-4B. The cell body was
idealized as a half oblate spheroid while the indenting probe was modeled as a (rigid)
sphere. Frictionless contact was enforced between the two. The underlying glass sub-
strate was considered rigid, in slipless contact with the cell. The physical dimensions
of the soma were taken to match the measured estimates — cross-diameter and height
— obtained for each cell. The entire loading history (approach — dwell — dynamic load—
unload — relaxation) was simulated in ABAQUS and the material model parameters for
each (homogenized) cell were determined by fitting the experimental responses, where

the quality of the fit was estimated based on the error measure:

\/(Fsimul - Fea:p>2
Fmaa:

exp

Error =
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Fyimu and Fo,, refer to the discrete time vectors for the simulated and measured indenter
forces respectively, and F72% corresponds to the maximum reaction force as measured

experimentally at the highest (10 ym.s™! ) displacement rate.

3.4 Results

The mechanical response measured for single cortical neurons showed marked nonlinear-
ities in the strain and strain rate domains and substantial hysteresis, as shown for one
representative cell (diameter of 14.2 pm, height of 7.6 um) in Figures 3-5 and 3-6. While
these key response features — time/rate dependencies, nonlinearities, hysteresis — were
consistently observed across the neuronal cell population (N = 87), some substantial vari-
ations were noted in force magnitude from one cell to the other. The average indentation
response and standard deviation are reported in Figure 3-8, with the corresponding finite
element model fit to the average response. The eight-parameter model captures the main
characteristics of the cell behavior at large strains, including stress-strain non-linearities,
rate effects and long-term time dependencies. Values for the fitting parameters are re-
ported in Figure 3-4. Since the AFM data provided a single force-displacement history
response, the material bulk and shear contributions to the macroscopic cell response
could not be isolated. Following common assumptions of near incompressibility in cell
biomechanics, a large value for the bulk modulus was selected, corresponding to a small
strain Poisson’s ratio v = 0.499.

Given the observed wide range of variations in cell geometry, where both cross-
diameter and height measurements showed some significant scatter (D = 16.84 2.1 um;
H =794 2.0 pum; N = 79), we considered the hypothesis that the deviations in force-
indentation response could be mainly ascribed to geometric effects. To investigate the
validity of this hypothesis, we performed an approximate geometric normalization for
the force indentation responses. A subset of cells (N = 33) for which height and cross-

diameter estimates could be reliably obtained was selected to generate normalized plots of

80



Force (nN)

0 05 1 15 2
Displacement (um)

Figure 3-5: AFM data for a representative neuron of diameter 14.2 pm and height 7.6
pm. Force versus displacement response at the 3 consecutive loading rates of 10 pm/s
(red dash-dot), 1 pm/s (green dot), and 0.1 um/s (blue solid).

the cell response, 7.e. “nominal stress” versus “nominal strain” diagrams where “nominal
stress” and “nominal strain” refer to force and indentation depth normalized by average
cross-diameter area and height, respectively. The normalization procedure did not appear
to substantially reduce the scatter in the data, indicating that the observed deviations
in force-indentation responses are not simply an effect of cell geometry variations, but
also reflect a degree of variability in the constitutive material response.

This degree of variability is reflected in the data provided in Figure 3-7, where the
best fit model parameters for the subset of cells of known geometrical features (N =
33) are given in terms of their average values and ranges of variation. Sets of model
parameters were obtained by fitting the individual cell responses with finite element
models accounting for the actual cell geometry (height and diameter) as shown for one cell
in Figure 3-6. The mean squared errors between the simulated and measured responses,

which ranged between 7.4x 107 and 1.37x 10~ *, were found comparable to those obtained
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Figure 3-6: Force versus time responses measured for one representative neuron of di-

ameter 14.2 pm and height 7.6 pm (black) and simulated in Abaqus with actual cell

geometry (red dash). Material parameters were found to be: K = 10 kPa, u, = 13 Pa,

AL =106, n =1, o, = 0.005 Pa, Gy = 85 Pa, G, = 80 Pa, n = 3 kPa.s. Error measure
for the model fit was: 1.09x107%.

G, (Pa) n c, (Pa) A u, (Pa) | n (Pa.s) G, (Pa)

Mean 78.48 0.9927

Data 1 30500 | 0.092-1 | 0.004-0.009 | 1.015-1.17
Range

0.005455 1.051 15.99 2879 52.64

1-75 400-4000 7-300

Figure 3-7: Distribution in parameters (mean and data range) obtained by fitting model
response to experimental data for 33 cells, accounting for actual cell configuration by
varying the model geometric parameters to match the measured height and cell radius.
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between the simulated and average responses reported earlier in Figure 3-6 (1.09x107%)

and Figure 3-8 (1.1x107*).

3.5 Discussion

This study uncovers novel features pertaining to the large strain dynamic response of
single primary neurons of the neonatal rat cortex and presents a general framework for a
constitutive model in quantitative support of these observations. It is, to our knowledge,
the first reported body of experimental measurements on the nonlinear, hysteretic, vis-
cous behavior of single neural cell somata at finite deformation. The cell response was
characterized over three orders of deformation rate magnitude (10, 1 and 0.1 pm.s™!)
to 2 um depth (corresponding to a pseudo-compression nominal strain of 15 to 40 %)
in load, unload and relaxation. It is found to exhibit substantial hysteresis, significant
strain and strain-rate dependent nonlinearities, and marked long-term time dependen-
cies. These findings at the single cell level mirror those reported by several investigators
at the cortical tissue level [22, 34, 80] and might pave the way for a unified understanding
of the mechanical dynamics unfolding from the tissue level down to the cell level in re-
sponse to mechanical insults. The present testing protocols may also be adapted/refined
to characterize the dynamic properties of other neural cell types and/or cell subregions
(e.g. axon hillocks, synaptic boutons, dendritic processes), thereby providing potentially
unique insights into mechanically mediated biological responses of single neural cells un-
der complex regimes of deformation. Among the limitations of the current experimental
study, we note that the volumetric compliance of the cell and its response in other modes
of deformation (tensile, shear) were not investigated. In addition, some significant vari-
ations in the mechanical data collected (e.g. peak forces and cell compliances at large
strains) were observed within the neuronal cell population considered (N = 87). These
differences may be attributed to numerous factors including: potential inaccuracies in

the cell-cantilever contact point determination, disparities in cell body geometrical fea-
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Figure 3-8: (A) Average force versus time response for 87 cells (black line) with plus
and minus standard deviations (grey line); model fit (red dashes) to average response.
The pictured model fit corresponds to an error measure of 1.1x107%. (B, C, and D)
Average force versus displacement response at 10, 1 and 0.1 um/s respectively. Error bars
represent standard deviations and red dashes correspond to model fit. (E) Distribution
in maximum force level at the end of the first loading ramp for each displacement rate.
Outliers are displayed with a red + sign. Rate effects were found statistically significant

(P < 0.0001, one way ANOVA).
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tures, variations in cell/substrate contact surface area and adhesion conditions, intrinsic
biological differences (cell types, development stages) in the cell population considered,
and variation in initial point of contact relative to the nucleus (which has been shown
stiffer than its cytoplasmic counterparts [147, 148]).

The constitutive model proposed for the homogenized cell response, following previous
continuum developments undertaken at the tissue level [80], was able to capture all
major complexities of the cell response in load, unload, reload and relaxation, via a
relatively low number of material parameters. Although phenomenological, the model
yielded quantitative assessments of different aspects of the cell response to deformation
— e.g. elastic resilience at low to large strains, rate sensitivities in the quasi-static to
dynamic regimes. As refined indicators of cell dynamics, these parameters may also
elicit subtler discriminations between cell types within and across brain regions, and
allow for the establishment of susceptibility-to-damage maps at the mesoscopic level.
These latter considerations may be of particular significance as the potential existence
of differential patterns in cell propensity for damage has been substantiated in recent
years by observations of consistent mechanical heterogeneities within brain subregions
[149]. The current constitutive formulation remains, however, reductive in its simplistic
view of the cell as a single, isotropic continuum. The proposed modeling effort must
therefore be considered as a preliminary set of constitutive framework developments —
potentially enabling the establishment of local stress—strain maps at the cell level — on

which structurally based multiscale model refinements may be built.
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Chapter 4

Concluding remarks

The present study gathers a significant pool of experimental measurements obtained at
the tiséue level in wvitro, in situ and in vivo — in compression and in indentation — on
macroscopic specimens from the superior cortex of porcine brains, and at the cell level
in vitro — in "compression" — on single neurons from neonatal rat cortices. The dynamic
behavior of the tissue was characterized in compression in vitro over four orders of strain
rate magnitude (i.e. 0.01-10 s!) at large strains (i.e. up to 50% nominal deformation)
and its volumetric compliance was also assessed at low rates of deformation (0.01-0.1s71).
The tissue response to indentation was measured n vivo over four orders of displacement
rate magnitude (i.e. 0.12-120 mm/s) up to 6 mm depth and it was directly compared
to that observed in situ and in vitro. At the single neuronal cell level specific AFM test
protocols were developed and implemented to quantify the nonlinear response features
of individual somata to compressive loading up to 2 pum depth over three orders of
deformation rate magnitude (i.e. 0.1-10 pm/s).

A large strain kinematics nonlinear constitutive model was proposed to capture the
main response features of the tissue and cell responses. The model was found to success-
fully account for most of the complexities observed at both length scales.

Among the limitations of this work it should be noted that:

e the dynamic measurements performed at the tissue and cell levels were restricted
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to low and medium rates of deformation;
no tests were conducted in shear;
conditioning effects were not addressed via the current model formulation;

the constitutive model has not yet been either refined or validated in indentation

in vivo, in situ and in wvitro;

the data sets collected at the tissue and cell levels were obtained from two different

animal models (i.e. porcine and murine models respectively).

Addressing the latter limitations may pave the way for a unified understanding of

the tissue rheology at the macroscopic and microscopic levels.
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Appendix A

Brain tissue response: notes on
numerical implementation of

constitutive model

This section briefly discusses the practical details regarding the numerical implementation
of the proposed model within the user material (UMAT) subroutine of the commercial
software ABAQUS. The main kinematic/constitutive equations are provided hereafter
along with their explicit mathematical formulation, if relevant.

Kinematic formulation

Lee’s decomposition

Isochoric assumption

det(F,) = det(F ) =1
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Rate-kinematics for branches (ABC) and (CDE)

N -1 . _ _
L=V,v=F.F =F_F_ +F, L F =L +L,

Null-spin assumption

+
=1
Ml
(w]]

|
Il
UUI
+
1
I
(w]l

Bulk-mediated response

Th:K.ln(JQ).1=K-1n(‘1]:—JJ;1) 1

To overcome the numerical limitations encountered as J approaches fi, the hydrostatic

stress is taken to scale linearly with J; beyond a certain bulk limit Kj;,:

dT
Ty=K- -In(h) -1 if — < Ky,
dJs

T, =K - ln(JHn) A4+-Kyy, - (Jg — Jlm) -1 otherwise.

Jlin is defined as: %(len) = Klin' Klin was set to 0.2 GPa.
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Shear-mediated response

szﬂ./\L.E_l<A

)\_L> ’ (EA - /\21) )
J = det(F) = det(F,)

B, = J°F,-F,
N = 21r(B,)

1

L(B3) = coth(B) — 3

The inverse Langevin function, 3 = £~ [ 2 ), is numerically approximated as:
AL

A
B = 1.31446 - tan(1.58986 - ) + 0.91209 - =z if z = TL < 0.84136

1
B=-—— if0.84136 Xz < zyp
11—z

8= Bon + L (1) - (@ — 2m)

— if x> xy
dr  Llin

The linear limit z;;, is defined as that for which the slope of the simulated stress-strain

curve matches that of the experimental curve upon unloading (i.e. the instantaneous or

elastic slope limit at large strain). In this study it was determined to be: % (zyn) = 1
MPa.
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Short and long term viscoelastic response

B

N , T , VAN T
D = ')/B-NB: -—B—zfyo-fa. . B
B

fo =

1/2
S, = 2GoE, = 2GoIn(V,) = 2GyIn [(FFCT) }

D

T 1/2
S, = 2GoE, = 2GoIn(V,) = 2Gs In [(FDF) ]

The left stretch tensor V. is the unique symmetric positive definite matrix obtained
via the polar decomposition: F. =V - R, where R is the rotation matrix associated

with the reorienting of the material vectors convected from the original to the current

configuration.

Time integration sequence

The flow deformation gradients, F, and F, are updated at the beginning of each

time increment using an explicit time-integration scheme according to:

F (t) + At - F ()
[det(F_ (t)+ At-F (t))] e

F (t + At) =
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Initialization

The following state variables are initialized as:

Material jacobian

ABAQUS, in its implicit (UMAT) version, uses a Newton-Raphson scheme to de-
termine the solution at each time increment, and requires the material jacobian to be
provided within the user-defined subroutine. At large deformation, the material jacobian

used by ABAQUS is defined as:

1 d(J-T)

=7 dae
where J =det(F) is the volumetric jacobian of the deformation, T is the Cauchy stress

and Ace is the linearized incremental strain tensor. The strain measure Ae is given by:
1 T
Ae—s- (F +F) -1,

where F, is the relative deformation gradient computed between two successive time

t

increments:

F(t + At) = F, - F(t).

Note that in evaluating the tensorial derivative ﬁ, the viscous component of the
deformation gradient remains independent of the incremental strain since the evolution
of the viscous deformation gradients is governed solely by the explicit time-integration

sequence given above.

92



Appendix B

Brain tissue response: determination

of material parameters

The eight material parameters to be determined for the current model are: K for the
overall bulk response; (1, A1) for the elastic shear response of network (A), (Go, Goo, 1)
for the linear viscoelastic backstress network (CDE); (o, and n) for the reptation-based

short-term viscous response.

B.1 Preliminary parameter estimate

The following considerations were used to narrow down the search range for appropriate

parameter values:

1. estimates for y, and A;, may be obtained by considering the slope of the uniaxial
stress-strain curve at the onset of deformation and the instantaneous (elastic) slope
upon unloading at maximum strain; p, correlates with the initial shear response
and Ap, correlates with the limiting stretch for the tissue extensibility. An initial
guess for p, falling in the [5 Pa — 100 Pa| range was found to be appropriate. In
order to match the steep unloading response observed in the experimental data,

initial guesses for A;, were selected to be in the {1.02 — 1.2] range;
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2. the (small-strain) bulk modulus K may be estimated by examination of the lat-
eral stretch data. The measured stress-strain response, in conjunction with lateral
stretch data can be used to obtain pressure-volumetric jacobian plots of the mea-
sured tissue response, from which an appropriate range for the bulk modulus may
be obtained. In practice, an initial guess for K lying in the [200 Pa — 20000 Pa]

range was found to be amply sufficient;

3. G and 7 govern the long-term viscoelastic response of the tissue; their ratio 5”;,
scaling with the long-term relaxation time of the tissue, was estimated to be about
100 seconds upon inspection of the long term relaxation responses.n was thus set
to 100-Go for the parameter search. Also based on the long-term equilibrium
response, an initial guess for G, was determined to fall in the [100 Pa — 1000 Pa]
range. Gy, which must be held sufficiently high to sustain a prompt reversal of the
viscous flow at high rates but also sufficiently low to prevent any excessive stiffening

at large strains and low rates, was estimated to fall in the [1 kPa — 20 kPa] range;

4. o, and n modulate the onset of deformation in the nonlinear viscous element and
the non-linear strain-rate sensitivity of the tissue respectively. In the experimental
data collected for this study the tissue exhibited substantial rate sensitivity, so
that initial guesses for the exponential coefficient n were set in the [1-5] range. As
viscous flow was experimentally observed at low stress levels, initial guesses for the
strength parameter o, were kept below 1 kPa, with initial estimates in the [10 Pa

— 1000 Pa] range.

B.2 Automated Parameter Search Algorithm

Based on these preliminary considerations, a systematic automated search was conducted
using the Nelder-Mead simplex algorithm [67, 68] implemented in a MATLAB subrou-

tine. The seven-variable (uy, AL, K, G, Go, 0,,n) error function minimized via the
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search algorithm is defined in terms of a weighted mean-squared difference between the

experimental and modeled stress and lateral stretch histories:

1
error = Tomaz! : st . (Sexp - Smodel)“ + v - ”’U))‘ * ()\em‘p - )\model)H
exp
where || - || is the Euclidian norm; (Sezp, Aezp) and (Smodet, Amoder) are the discrete-

time nominal stress and lateral stretch vectors obtained experimentally and numerically

max

op | is a normalization factor equal to the peak nominal stress value at

respectively; |s
1 s ! strain rate; vy is a bias factor discussed hereafter; ws and wy are weighting vectors

designed to increase the significance of the tissue response as strains/stresses grow larger:

maz
Sexp

"
wsli] = ;ws ] (1+

wyli] = 271[3—] (L4 10° - eyl — AeryO])
J

The discrete lateral stretch vector A, was sampled from the portion of the re-
sponse for which reliable volumetric measurements were available, i.e. over the five
load-unload cycles at 0.1 s~ and the first load-unload cycle at 0.01 s~'. The weighting
factor v modulating the lateral deformation portion of the error function was set to 2 to
compensate for the diminished pool of available lateral stretch data.

Upon starting the simplex minimization scheme, the user provides an initial guess
for the seven material parameters along with lower and upper bounds for each of them.
Note that this direct search method does not necessarily converge to a minimizing point.
The algorithm was therefore run repeatedly starting from various initial guesses selected
within the ranges determined via the preliminary parameter estimate. The search re-
sults are shown for one representative set of seed points in Figure B-1. The automated
search provided a remarkably consistent set of material parameters. The latter parame-

ter estimates were slightly readjusted manually to capture subtle features of the response
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(e.g. nonlinear behavior in the low strain range, volumetric compliance at large strains)
that the global error measure employed for the optimization search procedure could not
specifically account for. The mean-squared error obtained via the supplementary manual
fit was of the same order as that found via the automated search — i.e. ~3.5-1073. The

final selected set of material parameters is reported in Figure 1-6.

B.3 Parameter estimates for “outlying” cases

Using the parameter estimates obtained for the average tissue response as the baseline,
additional fits were performed manually to assess the sensitivity of the material para-
meters to deviations from average tissue response. Two “extreme” cases were selected
— labeled as “stiff” and “compliant” — for which the axial stresses and lateral stretches
measured upon loading in the large strain regime deviated from average by about plus
and minus one standard deviation respectively. The results are reported in Figure B-2.
The most prominent differences in material response could be accounted for by alter-
ing the bulk parameter and long-term viscous coefficients while retaining the remaining

parameters virtually unchanged.
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Parameter Range Seed 1 Seed 2 Seed 3
1, [Pa] [5 - 100] 17 (20) 12 (50) 25 (80)
A [1.02-1.2] 1.09 (1.04) 1.09 (1.1) 1.11 (1.15)

K([Pa]  [2102-2-107  1095(10% 1100 (5-10% 1079 (1.5-10%

n [1-5]
o, [Pa) [10 - 1000]

G, [Pa] [103-2:104] 4

3.66 (2) 3.8(2.5) 2.7 (3.5)
47 (50) 49 (100) 21 (800)

204 (2:10%) 5000 (104) 3835 (1.5-10%)

G_[Pa]  [100-1000] 491 (200) 634 (500) 528 (800)
Biror 2.8-103 2.8-103 2.9-103
(3.3102) (1.8:10?) (3.4-10?)
S0t 4 Seed 1
- F AT o & Seed 2
[T S ¥ 3
o, 100 200 300 400 S00
20
K 1|
s N e— [ . . L
0 100 200 300 400 500 0 100 200 300 400  s00
n o LE :
% 100 200 300 400 500 0 100 200 300 400 500
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Figure B-1: Summary of parameter search results obtained from three independent para-
meter seeds (starting guesses) using the simplex optimization method. The experimental
data used for the automated fitting procedure were the representative sets of axial and
lateral measurements provided in Figures 1-3 and 1-5D respectively. For each seed (top
table), the converged parameter values are reported along with the corresponding start-
ing seed in parenthesis. The range indicated for each material parameter corresponds to
the investigation domain over which the automated algorithm was allowed to search for
minima. The material parameter and error function evolutions for the search procedure
are shown in the bottom graphs (iteration numbers reported on the x-axis).
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Figure B-2: Model fit to responses measured in unconfined uniaxial compression from
two “outlying” samples whose axial stresses and lateral stretches developed upon loading
at large strains deviated from average by about plus and minus one standard deviation
(labeled as “stiff” and “compliant” respectively). (A) Optimized material parameters.
Only K, G, and 7 differed between the two outliers (stiff/compliant). The low and high
values provided for each of these latter parameters correspond to those associated with the
compliant and stiff responses respectively. (B), (C), (D) and (E) Axial tissue responses
(measured and simulated) for both outlying cases. (F) Associated lateral deformations
(measured and simulated). For clarity purposes, only the second load-unload segments
are provided for each strain rate (at a decreased sampling rate). The weighted mean-
squared errors between the responses simulated and measured over the entire loading
history (see appendix for error definition) were found to be 3.3-10~3 (stiff) and 4.8-1073
(compliant).
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Appendix C

Summary of results obtained on

hemorrhaged animals

The preliminary phase of the indentation tests detailed in Chapter 2 comprised measure-
ments performed on two donor hemorrhaged animals. These latter tests were conducted
prior to implementing the "tapping" contact protocol, by establishing contact between
tissue and indenter tip through visual inspection. The main results obtained via this

somewhat imprecise visual inspection approach are reported hereafter.

C.1 Effect of dura mater on tissue response

The response of the dura-free tissue was measured to be significantly more compliant

than that of the intact tissue (Figure C-1).

C.2 Properties in vivo compared to properties in
situ

The tissue response was found to be significantly stiffer in situ than in vivo (Figure C-2).
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Figure C-1: Average indenter force response measured on intact tissue ("Dura on")
and on dura-free tissue ("Dura off"). Dashed lines correspond to average plus or minus
standard deviation. Results are showns for tests conducted in cyclic load-unload at 1 Hz
[(A), N(Dura on) = 6, N(Dura off) = 3|, 0.1 Hz [(B), N(Dura on) = 4, N(Dura off) =
3], 0.01 Hz [(C), N(Dura on) = 2, N(Dura off) = 2], and in relaxation [(D), N(Dura on)
= 3, N(Dura off) = 3.

100



In vivo (mean + SD) 12 In vivo
== In situ (mean + SD) 1} O Insitu
0.8 I

ler
s
-
s
Indenter force [N] "=
=
L

0.4
I
0.2 1

0 20 40 60 80 100 120 140 160 1B ' F M L Q F M L
Time [s] @) an (@ (5) (16) (14) (6)

Figure C-2: Tissue responses contrasted in vivo and in situ in cyclic load-unload at 10 Hz
(A), 1 Hz (B), 0.1 Hz (C), 0.01 Hz (D), and in relaxation (E). Average responses (solid
lines) and average responses plus or minus standard deviations (dashed lines) are shown
in each case. (F) Response in vivo compared to response in situ in terms of peak forces
reached at the end of the first loading ramp at 10 Hz ("F"), 1 Hz ("M"), 0.1 Hz ("L"),
0.01 Hz ("Q"). Numbers reported in parentheses correspond to numbers of independent
measurements (i.e. N) obtained for each case.
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Figure C-3: Average tissue response upon first cyclic loading (A, B, C, D) and in re-
laxation (E) for the hemorrhaged and non-hemorrhaged cases in vivo. Dashed lines
correspond to average plus or minus standard deviation. Peak forces reached at the end
of the first loading ramp (I) and of the second loading ramp (II) are also shown for each
deformation rate in panel F.

C.3 Properties in vivo, in situ and in vitro com-
pared between the hemorrhaged and non hem-
orrhaged cases

The tissue response from the two hemorrhaged animals was observed to be more compli-
ant than that from the three non hemorrhaged animals in wvivo, in situ and in vitro. It
remains unclear whether these differences were due to changes in tissue contact protocols

or to intrinsic material property variations.
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Figure C-4: Average tissue response upon first cyclic loading (A, B, C, D) and in re-
laxation (E) for the hemorrhaged and non-hemorrhaged cases in situ. Dashed lines
correspond to average plus or minus standard deviation. Peak forces reached at the end
of the first loading ramp (I) and of the second loading ramp (II) are also shown for each
deformation rate in panel F.
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Figure C-5: Average tissue response upon first cyclic loading (A, B, C) and in relaxation
(D) for the hemorrhaged and non-hemorrhaged cases in vitro. Dashed lines correspond

to average plus or minus standard deviation.
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Appendix D

Preliminary assessment of tissue
volumetric compliance in

indentation in vitro

Tests were conducted in indentation in vitro following a protocol identical to that de-
scribed in vitro in Section 2.3.3. Secondary sensors tracking surface motion of the tissue
around the indenter [26] were positioned at a distance of 10 mm from the indenter axis
(Figure D-1). The results reported hereafter were obtained from three 6-month old
porcine subjects (Yorkshire, female). They shall be viewed as preliminary results since

no rigorous contact method was implemented for these tests.
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10+0.5

30

Figure D-1: Experimental setup (right panel) corresponding to indentation tests con-
ducted in vitro with three secondary sensors. Schematic of test configuration (left panel)
with relative positions of secondary sensors (small grey circles) and indenter (larger black
circle). Dimensions are in mm.
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Figure D-2: Average indenter force response in load-unload (A, B, C) and in relaxation
(D) at maximum penetration depths of 5 mm, 6 mm and 7 mm. Dashed lines correspond
to average plus or minus standard deviation. The number of independent measurements
for each load-unload case at sinusoidal frequencies of 1 Hz (A), 0.1 Hz (B) and 0.01 Hz
(C) is provided in Figure D-3D. The numbers of independent measurements performed
in relaxation were 3 (at 6 mm depth) and 1 (at 7 mm depth).
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Figure D-3: Average secondary sensor displacement (upward vertical direction) for cyclic
load-unload indentation tests to 5, 6 and 7 mm depths at 1 Hz (A), 0.1 Hz (B) and
0.01 Hz (C). Secondary sensor displacements measured at the end of the first loading
ramp at 1 Hz (I), 0.1 Hz (II) and 0.01 Hz (III) are shown in panel D. Numbers in
parentheses correspond to numbers of independent measurements obtained in each case.

Each measurement corresponds to the average displacement response obtained from the
three sensors.
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