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Linear Wave Propagation in Traumatic Brain Injury 

by Douglas Robert Saunders Bradshaw 

The research presented in this thesis has focussed on two forms of traumatic brain injury (TBI) that are 
both major causes of mortality: Diffuse axonal injury (DAI) and acute subdural haematoma (ASDH). 
These closed head injuries occur most frequently as a consequence of rotational motion of the head. 
The objective is to contribute to the understanding of the relationship between head impact load and 
the resulting peak strain in neural tissue and blood vessels. Physical, analytical and numerical models 
of TBI have been used to study the complex wave propagation phenomena that occur in the few 
milliseconds following impact. Values of peak strain from the models are interpreted with published 
findings from tissue level models, where strain is related to injury. 

The large ratio of bulk modulus to shear modulus of neural tissue (-10'') means that the dilatational 
and distortional impact responses are very different in character. For typical rise times encountered in 
blunt head impact, the pressure response is a hydrostatics type problem, dependent on the density but 
not on the bulk or shear moduli of the brain. A hand-calculation method can estimate the transient 
pressure at different locations within the brain. Conversely, the distortional response is a wave 
propagation type problem, dependent on the density and shear modulus but not on the bulk modulus. 

A coronal-plane physical model with, for the first time, a representation of the sulci and a slip 
condition between the skull and the brain has been used to simulate TBI from lateral head impacts. 
Worst-case strains in the superior cerebral veins are produced on the contrecoup side and are 
approximately doubled by adding sulci. ASDH will be found over the contrecoup hemisphere. Strains 
in the axon direction in the corpus callosum are close to the minimum principal strain, indicating a 
degree of natural protection. 

In a new approach to the formulation of injury criteria, the use of frequency response functions 
(BRF) to calculate the strain in the corpus callosum from rigid-body skull motions has been justified 
with a validated, 2D finite element (FE) model. The strain response in the corpus callosum remains 
linear to within 13 % for coronal-plane rotational acceleration up to 12 krad-s'^, well beyond the 
threshold for DAI in this plane. Peak strains in the corpus callosum, calculated with BRF, vary by a 
factor of 1.5 for a sequence of half-sine waveforms of equal head injuiy criterion (HIC), for pulse 
durations between 8 ms and 25 ms. Thus, the HIC and BRF approaches can give different predictions 
of injury outcome. The major advantage of the BRF approach is the speed of injury prediction, which 
is of the order of 10" times faster than direct FE analysis for the example given. 

Two analytical models have been used to investigate TBI from sharp blows to the head where skull 
deformations and local contact phenomena prevail. A half-space model has shown that the shear 
properties of the brain may be varied over a considerable range with respect to typical human values 
with no effect on pressure response. The same conclusion is obtained from a 2D coronal plane FE 
model, and from a two-layer analytical model that incorporates a representation of the cerebrospinal 
fluid and trabeculae. The two-layer model has demonstrated that even the smallest amount of elasticity 
in the subarachnoid space (6 Pa) causes significant coupling between the skull and brain. 

In contrast to an assumption inherent to most previous 3D FE models of TBI, the findings presented 
in this thesis show that a one-to-one relation between dilatation and distortion does not exist for TBI 
type problems. Validation for intracranial pressure, a phenomenon dependent primarily on the density 
of the brain and the elastic modulus of the skull, gives no guarantee of a correct shear response. In 
fact, given that the shear material properties used in previous models differ from those obtained from 
material testing on human brain, sometimes by several orders of magnitude, the shear strain response 
in previous 3D FE models is probably incorrect. 
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NOTATION, SYMBOLS & ABBREVIATIONS 

Notation 

The use of index notation, summation conventions and certain symbols enables the equations of a 

continuum to be displayed succinctly. For example, rectangular Cartesian axes are denoted by 

Xp ^2! ^3 rather than x,y,z. The components of vector, matrix and tensor variables are delineated by 

numerical indices {i, j, k.l} ranging from 1 to 3. A repeated index denotes summation over the range 

of the index. A comma followed by the index indicates differentiation. Cartesian (orthogonal) 

coordinates may always be assumed for vectors and tensors. 

In addition to index notation, differentiation with respect to time is denoted by a dot, for example 

u = du / dt. Tensors may be decomposed into two component tensors, one spherical and one 

deviatoric. A superscript is used to represent spherical components ( ) , while primes are used to 

represent distortional components (e ' ) . Finally, a hat " is used either for unit vectors in the axis 

directions or to indicate that a variable is a complex amplitude. The meaning should be clear 

from the context. 

The strain at a point in a continuum may be expressed by several different descriptions. Here, the 

default description is the Eulerian infinitesimal strain tensor, e... It is used when both the 

displacement and displacement gradients are small. When finite displacements and displacement 

gradients are being considered, the Green-Lagrange finite strain tensor, , is used. For our purposes, 

the finite Eulerian tensor and the infinitesimal Lagrange tensor are redundant. Oscillatory shear 

test data are sometimes given in terms of so-called engineering shear strains ( 7 , i ^ j), which are 

twice the tensorial shear strain components, 7 .̂ = 2e,.,j. The logarithmic strain description is never 

used. 

Vectors, matrices, tensors and indices 

a vector a inverse of A 

0',: Cartesian components of a tr A trace of A 

®peak peak value of a AT transpose of A 

ultimate value of a T tensor T 

A matrix A Cartesian components of T 

4 Cartesian components of A 

Vll 



Latin symbols 

a. Oj-'i'j 

Cs 

Cf, 

C 

d 

e 

e 

E 

-^I'-^ir-® 
E^.E^ 

in 

/ 

- 1 

G 

A(() 

I 

/ 

j 

j 

k 

k. 

H 

acceleration vector of a particle 

body force 

dilatational wavespeed 

distortional wavespeed 

trace wavespeed 

ratio of real wave speeds Cg / 

strain complex amplitude 

strain complex amplitude 

alternator 

base of natural logarithms 

Young's modulus of elasticity 

Eulerian (Almansi's) finite strain 

tensor 

principal Eulerian finite strains 

non-dimensional peak maximum 

shear strain 

force 

material deformation gradient 

tensor 

forward and inverse Fourier 

transforms 

gravitational constant 

shear modulus, see also ^ 

impulse response function 

Hanning function 

frequency response function 

variable integer 

unit vectors in directions of 

Cartesian axes 

identity tensor 

variable integer 

variable integer 

dilatational wavenumber in the 

direction 

distortional wavenumber in the % 

direction 

K 

h • hi •' 

h]-^G 

A ' Ai' An 

m 

M 

Ma 

P 

S 

t 

h 

T 

ui-u 

V 

V 

z 

Zm 

adiabatic bulk modulus 

variable integer 

Lagrangian infinitesimal strain 

tensor 

principal Lagrange infinitesimal 

strains 

Lagrangian (Green's) finite strain 

tensor 

principal Lagrange finite strains 

mass 

acoustic Mach number ( ) 

trace Mach number (w / /c^cj) 

pressure 

Reynolds number 

Stokes number 

time 

surface traction forces 

period, characteristic time of one 

cycle 

displacement vector of a particle 

velocity vector of a particle 

velocity complex amplitude 

volume 

Lagrangian rotation tensor 

roi&iion vccior 

complex wave amplitude 

arbitrary input 

position vector of particle in 

deformed configuration 

position vector of particle in initial 

configuration 

output response to arbitrary input 

dilatation complex amplitude 

non-dimensional dilatation 

mechanical impedance 

vni 



Greek symbols 

a decay factor, a!=e"-' ^ Lame constant (shear modulus) 

P decay factor, (3=e'^'''^^^ V kinematic viscosity 

6cr) Dirac delta function TT ratio of the circumference of a 

Kronecker delta circle to its diameter 

A dilatation (A = ) P mass density at current time 

Eulerian infinitesimal strain tensor Po mass density in reference state 

: ̂ 11' ÎII principal Eulerian strains Pi linear mass density 

E g j ( ^ (jescribes (Sj, i ) % Cauchy stress tensor 

dependence principal Cauchy stresses 

Helmholtz scalar potential r time variable 

7 shear wave wavespeed ratio V Poisson's ratio 

(also engineering shear strain) iO angular frequency 

ri damping coefficient (loss factor) Eulerian rotation tensor 

K free-wave wavenumber w Eulerian rotation vector 

A Lame constant % Helmholtz vector potential 

Other symbols 

V(;6 gradient of 6 (also grad, del or nabla), \ 

V • V 

V x r 

divergence of v (also div), V • v 

0%. 

9a;. 

curl of V , \7 X V 
0 ^ 

vector Laplacian of v , = V ( V - ' u ) — V x ( V x ' u ) 
J 3 

Abbreviations 

ASDH Acute subdural haematoma 

BRF Brain response function 

CSF Cerebrospinal fluid 

DAI Diffuse axonal injuiy 

FE Finite element 

HIC Head injury criterion 

NHTSA National highway traffic safety administration 

TBI Traumatic brain injury 

WSTC Wayne State [ University ] tolerance curve 
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GLOSSARY OF MEDICAL TERMS 

anastomose, communication between vessels by 
collateral channels. 

arachnoid mater, delicate membrane between 
the dura mater and the pia mater, and with them 
constituting the meninges. 

avulsion, the tearing away of a structure or part. 

axotomy. tearing of axons. 

cadaver, a dead body; generally applied to a 
human body preserved for anatomical study, 
cadaveric, cadaverous, adj. 

contralateral, pertaining to, situated on, or 
affecting the opposite side. 

contrecoup. denoting an injuiy, as to the brain, 
occurring at a site opposite to the point of impact. 

corpus callosum. an arched mass of white matter 
in the depths of the longitudinal fissure composed 
of transverse fibres connecting the cerebral 
hemispheres. 

cytoskeleton. conspicuous internal reinforcement 
in the cytoplasm of a cell. 

dura mater, the outermost, toughest of the three 
meninges of the brain and spinal cord, dural. 
pertaining to the dura mater. 

extradural, situated or occurring outside the dura 
mater. 

falx. a sickle-shaped structure, f. cerebelli, a fold 
of dura mater separating the cerebellar 
hemispheres, f. cerebri, the fold of dura mater in 
the longitudinal fissure, separating the cerebral 
hemispheres. 

gyrus, one of the many well developed folds in 
the white medullary layer of the cerebral cortex, 
separated by fissures 
pertaining to gyms. 

or sulci, gyral, adj. 

meninges, the three membranes covering the 
brain and spinal cord: dura mater, arachnoid and 
pia mater, meningeal, adj. 

myelin, a lipid substance surrounding the axon of 
myelinated nerve fibres. 

neuroglia, the supporting structure of nervous 
tissue, consisting of astrocytes, oliogodendrocytes 
and microglia. 

neurotrauma. mechanical injury to a nerve. 

petechia, minute red spots due to the escape of a 
small amount of blood, petechial, adj. 

pia mater, the innermost of the three meninges 
covering the brain and spinal cord. pial. 
pertaining to the pia mater. 

rheology. the science of the deformation and 
flow of matter, such as the flow of blood through 
the heart and blood vessels. 

rostral, anterior or ventral in relationships of 
brain areas. 

sagittal, said of an anteroposterior plane or 
section parallel to the median plane of the body. 

sequela, a morbid condition following or 
occurring because of another condition or event. 

subarachnoid, between the arachnoid and pia 
mater. 

subdural, between the dural mater and the 
arachnoid. 

sulcus, a general term for a groove, especially 
one on the brain surface, separating the gyri. 

tentorium, an anatomical part resembling a tent 
or covering, tentorial, adj. t. cerebelli, the 
process of the dura mater supporting the occipital 

ipsilateral. pertaining to, situated on or affecting 
the same side. 

medulla, the innermost part, often applied to the 
spinal cord. 

lobes and covering the cerebellum. 

trabecula. a general term for a supporting or 
anchoring strand of connective tissue. 



EXECUTr^ESUNW&URY 

Context, Objective, Hypotheses and Assumptions 

1.1 Context of the thesis 

Traumatic brain injury may occur whenever the head is exposed to a mechanical impact. Brain injury 

is distinctive among the major causes of mortality because it can be prevented. A principal aim of 

research into brain injury biomechanics is to unravel the complex physical processes occurring at the 

time of impact. Further aims are to establish levels of human tolerance, and to define safety standards. 

The objective that links all these aims is to protect life or the quality of life. Brain injury biomechanics 

draws from clinical disciplines such as anatomy and neuropathology, in combination with engineering 

disciplines such as continuum mechanics, material modelling, numerical analysis and a variety of 

experimental techniques. 

The research presented in the following chapters deals with a short duration impact event, where time 

is measured in terms of milliseconds. The safety standards that are derived from this research might be 

considered protective. Although the scope of this thesis is limited to the impact event, strategies may 

also be employed before or after the event to reduce injuries. The ideal approach is prevention-, for 

example, it is estimated that reducing average car speeds by just 5 km-h"' could prevent over 11 000 

deaths annually in the EU [20]. Alternatively, the potential exists for medical reaction. Intervention 

with neuroprotective agents can halt or slow the processes that produce delayed axonal 

degeneration [25]. Irrespective of any moral arguments, the financial motivation for research into all 

three strategies is compelling. In 1995, the total annual cost of death and injuiy from road traffic 

accidents in Europe was €162 billion [20]. 

Most models of the impact event that produces traumatic brain injury (TBI), be they biological, 

physical or mathematical, have considered the whole head as a 'black-box' system (Figure 1.1). The 

mapping between input load and output injuiy has been empirical. Although a huge variety of models 

has been developed in an attempt to improve the understanding of injury mechanisms and human 

impact tolerance, none has provoked any change to the safety legislation introduced in 1971 [59]. This 

is despite the general agreement that the existing injury criterion is not satisfactory [27,32,58,63,64]. 

The lack of change may be due to the black-box approach, which does little to unravel the complex 

physical processes occurring at the time of impact. 
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Figure 1.1 - Schematic diagram of traditional brain injury research approach. 

More recently, however, some researchers have concentrated on tissue level models of injury [5,6]. 

This new approach has led to real advances in the understanding of transient and permanent neural 

injury, both with respect to the physical process and to human tolerance levels. The results from this 

research are logistic regression curves that relate the probability of neural injury to a physical 

parameter. 

A parallel research activity must be to develop a profound understanding of the relationship between 

an impact load and the physical parameter mentioned above. This type of research may truly be called 

impact biomechanics. 

1.2 Aim and Objectives 

The aim of the thesis is to contribute to the understanding of the relationship between head impact 

load and the resulting strain in neural and vascular tissues. The aim will be achieved in the context of 

the existing body of knowledge in the field - at times building on this knowledge but also sometimes 

offering fundamental criticism of existing opinion. As it is now unethical to use living humans in 

experimental investigations of brain injury, the aim will be accomplished by exercising three 

interrelated, but essentially different inanimate models of brain injury. 

The first specific objective is proposed in the context of a wider effort within the research community 

to determine which anatomical features of the head are important in brain injury. A representation of 

the sulci will be included in a 2D coronal plane physical model of TBI to establish the possible role 

that they play in the kinematics of the brain during impact. In addition, the physical model will 

provide experimental data that will later be used to test numerical models. 



The second specific objective is proposed in response to the accepted view that the existing method for 

predicting injury based on the head injury criterion (HIC) is deficient, perhaps even unfounded. Using 

the concept of linearity - a concept widely used in other areas of human response to vibration - the 

objective is to determine whether frequency response functions can predict intracranial strains for an 

arbitrary impact loading. Essentially an objective aimed at evaluating a new concept, the linear 

hypothesis will be tested in a 2D coronal plane numerical model of TBI. The linear concept will be 

compared with the existing HIC approach. 

A third, pervasive objective of the thesis is to offer a considered evaluation of the physical processes 

that underlie the propagation of strain waves within the brain using a continuum mechanics approach. 

The evaluation will lead to the view that cun-ent models of brain injury based on the numerical (FE) 

method are unfounded because of inappropriate testing (validation) - a view that is substantiated by 

exploring a counter-hypothesis in the accepted scientific manner. 

1.3 Major hypotheses 

1.3.1 Hypothesis of inherent protection 

In Chapter 3, a physical model of the coronal plane of the human head is used to investigate the 

influence of the sulci on gross cerebral motion. The results from this model contribute to a wider effort 

to establish which parts of the brain anatomy are important in head impact biomechanics. The 

hypothesis is that the sulci provide inherent protection from impact by increasing the local stiffness of 

the brain in certain directions thus reducing displacements and strains. In addition, acute subdural 

haematoma is predicted from cerebral displacements; diffuse axonal injuries are predicted from Green 

Lagrange strain in cerebral tissue; and the effect of a slip boundaiy condition on the strain response of 

the corpus callosum is considered. Crucially, the physical model also provides intra-cerebral strain 

data that are used in Chapter 4 and Chapter 5 to validate a finite element (FE) model. 

1.3.2 Linear hypothesis 

A new approach to the formulation of brain injuiy criteria is explored in Chapter 4. The hypothesis is 

that at least one aspect of human brain dynamics is linear over a range that includes injurious impacts. 

The linear hypothesis is tested using a 2D FE model that was first validated using strain data from 

Chapter 3. Using the linear-superposition principle, the strain response of the brain to arbitrary 

rigid-body skull acceleration is calculated using frequency response functions. The approach is applied 

to the formulation of a brain injury criterion for diffuse axonal injury. The output strain time histories 

are interpreted using tissue level models of injuiy. 



1.3.3 Helmlioltz-Holboum hypothesis 

A limitation of the research presented in Chapter 4 is that the FE model is only a 2D representation of 

the human coronal plane. A development might be to exploit an existing 3D FE model. Given the way 

in which FE models are currently validated, a one-to-one relation between pressure and maximum 

principal strain is implicitly assumed. A principal aim of Chapter 5 is to test the counter hypothesis 

that brain shear material properties may be varied over a reasonable range with respect to typical 

values for human brain, with no effect on the impact pressure response. When combined with a critical 

review of published material modelling approaches, the conclusions from Chapter 5 question the 

validity of published FE results and have significant bearing on future numerical modelling of 

traumatic brain injury. The counter hypothesis described above has been named Helmholtz-Holbourn 

because the resolution of the strain field into dilatation and distortional components is based on a 

theorem by Helmholtz, and it was Holbourn who first drew attention to the difference between the 

bulk and shear material properties of the brain [29,33]. 

1.4 Assumptions 

The principal assumptions common to all chapters are presented below. Additional assumptions, 

specific to a particular model or section of work, are discussed in context. 

1.4.1 Continuum theory 

Continuum theory is used to solve many types of engineering problem. In these models, the medium is 

regarded as continuous and properties such as density or elastic moduli are continuous functions 

representing averages of microscopic quantities. The model is valid only when the length scales 

considered are sufficiently large for the fundamentally heterogeneous nature of the material is of no 

significance. In continuum models of brain injury from head impact, the length scales considered must 

be significantly larger than those of the cells that make up the biological tissue. The diameter of nerve 

bodies varies from 5 p,m to 135 p.m [76]. Continuum models are regularly used to solve problems 

involving metallic materials where, for comparison, the ASTM method for measuring grain sizes 

covers a range of 11 |xm to 250 p.m [75]. 



1.4.2 Physical processes 

Although they rarely say so explicitly, researchers seem universally to assume that brain injury from 

head impact occurs because of a physical process. The assumption conveniently limits the number of 

fundamental axioms required in the formulation of a continuum theory to four [29]. The axioms are 

the conservation of mass, momentum, moment of momentum and energy. However, as is indicated 

later in Section 2.4, nerve impulses result from ionic and electrical changes that occur when a neuron 

is stimulated [76]. Furthermore, communication between nerve cells at synapses can be either 

chemical or electrical [76]. If electrical effects were to be included in the formulation of a continuum 

theory then the axioms of conservation of charge, Faraday's law and Ampere's law would have to be 

added [29]. This would create a complex, coupled electro-mechanical continuum in which problems 

would be exceptionally difficult to solve. 

Fortunately, there is some justification for the assumption that permanent injury is initiated by 

mechanical processes as tissue level models have successfully shown that strain is a cause of axonal 

injury [5]. However, concussive syndromes, involving temporary disturbances to neurological 

function (either with or without loss of consciousness), have yet to be explained. No attempt has been 

made to consider a coupled electro-mechanical process. 

1.4.3 Constitutive relations 

The brain material is assumed isotropic and homogeneous in all of the work presented in this thesis, 

although an original contribution has been to include a form of anisotropy in the representation of the 

sulci. It can reasonably be assumed that the physical effects of the partitioning membranes (dura and 

sulci), the boundary conditions (geometric constraint of cerebrum by the skull and actual tethering) 

and the fluid in the cerebral spinal fluid (CSF) and ventricles will have a much greater influence on the 

strain field than small directional variations in the material properties. 

1.5 Outline of the thesis 

To recap, the objective of the thesis is to contribute to the understanding of the relationship between 

head impact load and the resulting strain in neural tissue and blood vessels. Therefore, as a preliminary 

step, we will review the anatomy and injury of human neural tissue and blood vessels. It would be 

prudent to examine previous neural and vascular material models at the same time because, at a later 

stage in the thesis, we will be constructing several mathematical models of brain injury. So, in addition 

to a review of the clinical aspects of neural and vascular injury, a critical review of previous material 

modelling approaches will be presented. These two parallel reviews can be found in Chapter 2. 



The outline of the next three chapters is most easily grasped by considering them out of order. The 

core of the thesis is Chapter 4, where we test the linear hypothesis and show that the strain response in 

the corpus callosum can be reconstructed from rigid-body skull accelerations using frequency response 

functions. However, the numerical model used in Chapter 4 must first be shown to be valid. The 

validation data are derived from a physical model of the coronal plane of the human head, presented in 

the preceding chapter, Chapter 3. In addition to providing validation data, the physical model was 

designed to produce an original contribution by testing the importance of the sulci to brain impact 

biomechanics. 

Chapter 5 is a natural extension of Chapter 4. We consider and ultimately question whether existing 

3D FE models may be used to overcome the 2D limitation of the FE model of Chapter 4. We will use 

three distinct models to examine the propagation of dilatational and distortional waves in materials 

such as brain tissue where the shear modulus is far smaller than the bulk modulus. Importantly, we 

will test the hypothesis that the brain shear material properties may be varied over a reasonable range 

with no effect on the impact pressure response. In addition, a short-hand method for calculating the 

pressure response within the brain is proposed and supported with examples from the literature. 



Chapter 2 

REVIEW OF HEAD ANATOMY, BRAIN INJURY AND TISSUE MODELLING 

The brain and the spinal cord form one half of the nervous system (Figure 2.1b), the other half being 

the peripheral nervous system (cranial and spinal nerves and associated ganglia). The brain and spinal 

cord are the main centres of nervous activity and, perhaps not surprisingly, are mechanically well 

protected. They are suspended in cerebrospinal fluid, enclosed in the meninges (pia, arachnoid and 

dura maters) and further protected by the cranial and vertebral bones. A more detailed description can 

be found in England [19]. 
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Head trauma includes injuries to the scalp, the skull, the central nervous system and the blood supply. 

These injuries may appear in combination or alone. The focus of this thesis is on the physical process 

of traumatic brain injury due to blunt impacts, so scalp wounds and skull fracture are not considered. 

Traumatic brain injury without penetrative skull fracture is generally associated with blunt head 

impact, but it is possible to sustain fatal brain injuiy with no external evidence of trauma; for example, 

so-called shaken baby syndrome [17]. 

For descriptive purposes, traumatic brain injuries are generally grouped by the anatomical parts that 

are damaged. Injury to neural tissue is classified as either focal (contusions or lesions) or diffuse 

(DAI). Neural injury may also be classified as transient (altered membrane potentials, swelling) or 

permanent (retraction balls, axotomy). A particular form of transient injury is cerebral concussion, 

sometimes manifest by loss of consciousness. The precise mechanism for this injury is not known — 

although transient changes in membrane potentials may be the cause [25]. Injury to blood vessels may 

cause various types of haemorrhage [76]. Haemorrhages themselves cause neural dysfunction, either 

by compromising the blood-brain barrier or simply by occupying a sufficient volume within the 

cranium that they cause brain shift, herniation and ultimately brainstem compression [76]. 

A distinction is normally made between injuries that occur at the time of impact (primary) and those 

that occur as sequelae to the impact (secondary). Primary injuries include vascular (arterial or venous) 

damage, contusions, lesions and primary axotomy. Secondary injuries include haemorrhagic mass 

effects leading to brain shift and herniation, axonal swelling, and secondary axotomy. 

The anatomy, injury, material testing and material modelling of blood vessels and neural tissue are 

considered in detail in Sections 2.1 and 2.4 respectively. 

2.1 Vascular anatomy 

The two internal carotid and the two vertebral arteries supply the brain. The four arteries lie within the 

subarachnoid space and their branches anastomose on the inferior surface of the brain to form the 

circle of Willis. The veins of the brain have very thin walls with no muscular tissue and possess no 

valves. They emerge from the brain and lie in the subarachnoid space. They pierce the arachnoid mater 

and the meningeal layer of the dura and drain into the cranial venous sinus. 

The large arteries at the base of the brain are tortuous and this, together with their strength, explains 

why they are rarely torn [76]. However, the anterior division of the middle meningeal artery can be 

damaged if the skull is fractured in the anterior inferior portion of the parietal bone and this produces 

extradural haemorrhage (see Figure 2.2a). A cerebral haemorrhage is generally due to mpture of the 

lenticulostriate artery, a branch of the middle cerebral artery. 
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2.2 Vascular injury and failure criteria 

The thin walled cortical veins (parasagittal bridging veins), which drain into the superior sagittal sinus, 

are very vulnerable and can produce subdural or subarachnoid haemorrhage. The thickness of 

bridging veins varies remarkably in the subdural portion, from 600 |im to as little as 10 [85]. The 

wall thickness is more uniform in the subarachnoid portion at 50 |im to 200 jim. Furthermore, the 

collagen fibres are only loosely woven in the subdural portion and there is no reinforcement by 

arachnoid trabeculae cells. All these features indicate why acute subdural haematoma (ASDH) is the 

most common of vascular impact injuries. 

Lowenhielm conducted a series of elongation tests on human parasagittal bridging veins from patients 

aged between 13 and 87 years old [44]. The veins were tested within 48 hours of death but were stored 

in saline solution prior to test (see below). The results indicated a rate-sensitive ultimate (engineering) 

strain . A regression curve that fits for strain rates between 2 s"' and 1 000 s"' is 

6̂  = 0.901. . (M = 22) (2.1) 

In a later study on various blood vessels from cows and rats, Lowenhielm noted that the storage 

condition prior to test had a significant effect on the rate-sensitive ultimate strain [45]. Storage of rat 

carotid arteries and jugular veins in a wet chamber significantly lowered the ultimate strain when 

compared with vessels stored in situ. In the same study, bovine parasagittal bridging veins showed no 

rate sensitivity for ultimate strain, but a reduction in £„ for veins stored in a wet chamber for two days 

as opposed to testing immediately after death. 

In a larger study, Lee and Haut conducted elongation tests on human parasagittal bridging veins from 

patients aged from 62 to 85 years [43]. They found no rate sensitivity in the ultimate strain. Their 

results may be summarised by giving mean values of ultimate engineering strain and ultimate stress: 

e,j =0.53 ±0.2 (S.D., M = 63), cr„ =3.34 ±1.49 MPa (S.D., M = 37). The stiffness of a typical 

bridging vein, defined here as the ratio of tensile force to axial strain, can be approximated from the 

data given in the paper by 

F , ( N ) 
.&"(]%) = 1 ( 2 . 2 ) 

It should be noted that no study has examined the ultimate strength of bridging veins in the subdural 

portion. The data presented above are limited to the subarachnoid portion of the bridging veins, which 

has a larger wall thickness. It is possible that a model of ASDH based on the tissue level criterion of 

ultimate strain using the data above will not accurately represent the real injuiy mechanism. 

2.3 Mechanical modelling of human cerebral veins 

The superior sagittal (bridging) veins have been modelled in numerical models as linear elastic 

elements that are equally stiff in both compression and tension (Table 2.1). A non-linear model with 

no stiffness in compression might be a better approximation. 
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Table 2.1 - Published material properties used to model superior cerebral veins. 

Finite element study 
Material 
model 

Based on material properties o f . . . Parameters 

Zhou et al. (1995) ELS Neither the material parameters nor a 
possible source is given in the paper. 
The values presented here come 
directly from the FE input deck 

Pi (kg-m"') 1.13e-3 

# ( N ) 1.90 

In other studies, the bridging veins have been modelled as virtual line elements in the cranial vertex 

[9,36,52], The strain in the virtual bridging vein is estimated simply from the position of two nodes in 

the model. This approach has the disadvantage of taking into consideration neither the stiffness of the 

vein nor the interaction between the vein and the cerebral cortex. 

2.4 Neural tissue 

Neuron is the name given to the nerve cell and all its processes. Neurons are excitable cells that are 

specialised for the reception of stimuli and the conduction of the nerve impulse. They vary in size 

(5 |xm to 135 |j,m) and shape, but each possesses a cell body, from whose surface projects one or more 

processes called neurites [76]. The neurites that are responsible for receiving information and 

conducting it towards the cell body are called dendrites. The single long neurite that conducts impulses 

away from the cell body is called the axon. The dendrites and axons are often referred to as nerve 

fibres. For supplementary detail on neuroanatomy and neural function, see Snell [76]. 

b) 

Myelin sheath 

Nodes ofRanvier 

Figure 2.3 - Neural anatomy: (a) Micrograph of a neuron; (b) Schematic diagram of a 

neuron highlighting the axon, the myelin sheath and the Nodes of Ranvier. Adapted 

from Brown and Benchmark (1995) [11]. 

The central nervous system is composed of nerve cells and their processes, which are supported by 

several types of non-excitable cells; together all the non-excitable cells are called neuroglia. 

Neuroglial cells are generally smaller than neurons and outnumber them 5 to 10 times. They comprise 

about half the total volume of the brain and spinal cord. The interior of the central nei-vous system is 

organised into grey and white matter. Grey matter consists of nerve cells and the proximal portions of 

their processes embedded in neuroglia. White matter consists of nerve fibres embedded in neuroglia. 

11 



The neuron has a continuous external boundary called the plasma membrane that, together with a cell 

coat of carbohydrate molecules, forms a semipermeable membrane that allows the diffusion of ions 

into and out of the cell. In the resting state, potassium (K"̂ ) ions diffuse out of the cells at a preferential 

rate to the influx of sodium (Na^) ions. This results in a resting membrane potential of about -80 mV. 

When the nerve cell is excited by electrical, mechanical or chemical means, a rapid change in 

membrane permeability to Na"̂  ions occurs, which results in a local reversed polarity or action 

potential lasting about 5 ms. Once generated, the action potential spreads over the plasma membrane 

and is conducted along the neurites as a nerve impulse. More details can be found in Snell [76]. 

2.5 Neural injury and failure criteria 

Taking focal injuries first, the movement of the brain within the skull can sometimes cause avulsion of 

the cranial nerves, but this is infrequently reported. Severe blows to the head can cause contusions to 

the brainstem (typically the dorso-lateral quadrant) and, more frequently, tearing of the commissures 

of the brain at the tip of the falx cerebri (corpus callosum). Contusions are sometimes also found in the 

region of the bony prominences of the lesser wings of the sphenoid [76]. 

However, by far the most important of neural injuries is diffuse axonal injuiy (DAI) in which a clinical 

spectrum of increasing injury severity is paralleled by progressively increasing amounts of axonal 

damage in the brain [25,87], Whatever the mechanisms of injury, four stages of DAI have been 

identified: (I) membrane injury, (II) reversible cytoskeletal damage, (III) secondary axotomy and (IV) 

primai-y axotomy. 

Stage I DAI involves changes to the resting membrane potential due to ionic fluxes and is reversible; 

the axon recovers its function completely in a matter of minutes. This stage is associated in the human 

brain with Lagrange strains up to 0.05. A new concept "mechanoporation" has been proposed to 

explain this initial event [25]. Galbraith et al. used isolated giant axons from the squid to demonstrate 

a clear link between changes in the membrane potential, either transient or permanent, and strain in 

neurons [22]. Using the equation Lg = - F - /) to transform the results into Lagrange strains, their 

findings can be summarised in Table 2.2 below. Note that the threshold for permanent dysfunction in 

the squid giant axon is higher than the value for human brain tissue reported by Gennarelli et al. [25]. 

Table 2.2 - Response of the squid giant axon to strain (membrane potential). 

LQ < 0 . 2 1 => Transient dysfunction 

0.22 < Z.Q < 0.28 =4> Permanent dysfunction 

0.28 < LQ => Structural failure 
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Stage II DAI involves fluid fluxes to maintain osmotic balance and is associated with Lagrange strains 

of 0.05 to 0.1. The influx of fluid causes swelling and enlargement of the injured axon. Local 

architectural changes at the node of Ranvier may also occur but restoration of the structure and 

function is expected [25]. 

Stage III DAI involves numerous physiological and morphological changes begin due to the inability 

of the cell to restore homeostasis, and is associated with Lagrangian strains of 0.15 to 0.20. The 

combination of swelling caused by accumulated transported organelles and membrane weakness 

causes axonal separation and discontinuity or secondary axotomy [25]. 

In a study of mechanical injury of the isolated optic nerve of Hartley guinea pigs, Bain and Meaney 

(1999) concluded that the optic nerve strain is an excellent predictor for the incidence of 

morphological injury to axons [6]. The advantage of studying the optic nerve is that the nerve fibres 

run parallel to each other and injurious loads may be applied by means of a uniaxial stretch of the 

nerve. Using the average Lagrangian strain in the optic nerve over a gauge length of 8.40 ± 0.59 mm 

{n = 35), a strain of 0.21 represented the in vivo mechanical threshold that maximised the specificity 

and sensitivity for predicting axonal damage. A Lagrangian strain of 0.14 obviated false negatives, 

while 0.34 eliminated false positives. The limitations of the study were first, the use of guinea pigs and 

second, that only a morphological measure of axonal damage was used. 

Stage IV DAI is the immediate structural disruption of the axon at the time of trauma. This level of 

injury is associated with Lagrange strains above 0.20 and is associated with irreversible failure of 

action potentials and cessation of all other neuronal functions [25]. Saatman et al reported on the 

tolerance of the isolated sciatic nerve of the frog to dynamic injury [71]. Their data relates only to the 

rate sensitive ultimate strain of the nerve and not to morphological damage or electrophysiological 

impairment. The values for ultimate Lagrange strain of myelinated nerves varied from 0.16 to 0.55 

(n = 6), depending on loading time. Without doubt, the sample size is too small to draw any 

conclusions regarding rate sensitivity. 

2.6 Mechanical modelling of neural tissue 

For a continuum model of brain injury to yield valid predictions, it is essential to use realistic 

constitutive relations to connect stresses and strains. However, the characterisation of brain tissue 

appears to be less well advanced than for conventional engineering materials such as metals. 

Anisotropy and non-homogeneity are complicating factors. Differences between white and grey matter 

have been reported and both have been shown to be anisotropic [4,74]. 



A further important factor is intra-subject variation, including the effect of age. An increase in the 

elastic and viscous behaviour of porcine cerebral tissue is observed when 2-3 day old neonates are 

compared with one-year-old adults [78]. The neonatal porcine brain is comparable to a one-month-old 

human in terms of growth and constituents. Disease and lifestyle choices, such as alcohol abuse, are 

also a source of intra-subject variation. Inter-subject variation may exist due to differences in say, race 

or sex, but this has yet to be examined. Finally, as with testing on blood vessels, there is likely to be a 

variation in measured properties depending on the delay and method of preservation from the time of 

death. 

The material properties of most interest are the Lame constants A and n, and density p . Since the 

Lame constants are related to the bulk modulus (K = X + ^ ji), it will be sufficient to report p ,K 

and jj.. The density of brain is approximately that of water. Similarly, the bulk modulus, K , of cored 

samples from the middle of the left and right cerebral hemispheres of the human brain is 2.07 GPa 

(300 000 psi), which is not significantly different to that of water (2.3 GPa), or monkey brain [51]. The 

shear material properties are more complex and deserve special attention. 

2.6.1 Shear material parameters 

There are two principal methods for testing viscoelastic shear properties: oscillatory shear tests (either 

parallel shear plates or rotational), and time relaxation tests. Oscillatoiy shear tests generate complex 

shear data of the form shown in Figure 2.4a. Stress relaxation tests generate data in the form shown in 

Figure 2.4b. Recall that at this stage the material properties are 'raw data' and have not been 

approximated by some model. 
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Figure 2.4 - Schematic representation of shear test data: (a) Oscillatory shear at a 
single frequency w — Shear data is usually obtained over a range of frequencies to 
give G* Co;); (b) shear relaxation test data G{t). 

The complex shear modulus G* (w) is defined as the complex quantity 

G (w) = a 
— Gj (cj) -|- jGg (w) , (2.3) 

where a* = and e'* = and where and G^ are the storage and loss modulus 

respectively. Note that an alternative description is sometimes given in teims of the engineering shear 

strain 7̂ ^ = . This does not affect the shear moduli. Thus: 

a 

7 
= G ( w ) (Jn 

l7o 
3'''̂  — Gj (Ci/') + j Gg (w). (2 4) 

The shear relaxation function G{t) in Figure 2.4b is the time-domain counterpart of G* (w); it is the 

stress response to a unit step-function strain. Conversion between the frequency and time 

representations may be done by taking the inverse Fourier transform as shown below: 

G (w) 
G( ( ) = f (2 5) 

For more details of the methods for converting between the time and frequency domain 

representations of the material properties, see Appendix A. 
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Finite element material models 

A common model used to approximate the shear properties of a viscoelastic solid is a three parameter 

Maxwell-Boltzmann shear relaxation representation, which can be written in the following form 

(?(() = Gqo + ( — (7oo) e (2.6) 

where and are the short term and long term shear modulus respectively and (3 is the decay 

constant. Typically, a Jaumann rate formulation is used to implement the model in finite element 

codes, thus: 

r* OS. (T) 
d r . (2.7) 

Viscous effects are normally limited to the distortional component, and elastic bulk behaviour is 

assumed. Thus, the pressure is approximated by 

p = (](!' = const.) (2.8) 

Relating test data to FE material models 

From Appendix A we see that if the material data is available as a step-response shear relaxation test, 

Gp and G^ may be read directly from the relaxation curve (Figure 2.4). The decay constant may be 

estimated from 

/3 = (2.9) 

where T is the time taken for the modulus to decay by 0 .5(G^-G^ ) . 

If the material data are available as an oscillatory shear test where the tensorial strain is of the form 

e' = Eg sin ut, the data are usually given in the form 

a' = 26̂  ( s i n + Gg cos ) . 

From Appendix A we note that at a given frequency 

Goo — " ^2 ^ (^0 " ) — ^2 (2.10) 

Clearly, a minimum of two data points are required to determine G„, G^ and f3 , 

Reported shear material properties of human brain 

The collected results from a review of studies to quantify the shear properties of human brain tissue 

are shown in Table 2.3. The data are presented in the form of frequency dependent storage and loss 

shear moduli. The range of magnitudes is considerable. 
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Table 2.3 - Published viscoelastic material properties of brain tissue. 

Author (kPa) (kPa) 
Species Frequency (Hz) Species Frequency (Hz) 

G (kPa) 

Koeneman (1966), (in Ommaya 1968) 2.7-5.0 Pigs etc 80-350 

Fallenstein et al. (1969) 0.6-1.I 0.3-0.7 Human 9 ^ 0 

Galford and McElhaney (1970) 2Z2 8.7 Human 34 

Metz et al. (1970)" 3.3-17.0 

Estes and McElhaney (1970) ^ 4.7 0.28-2.8 

Shuck and Advani (1972)" 8.0-16.0 30.0-80.0 Human 5-350 

McElhaney e? a/. (1973) 0.43-0.95 0.35-0.6 
Human 

SWO 

2Z2 8.7 
Human 

34 

Wang and Wineman (1972)" 2.83 1.62 Monkey 80 

Ljung(I975)° 1.7 0.92 

® As cited in Donnelly and Medige (1997). 

Of particular interest are the test results that are reportedly used in finite element models of traumatic 

brain injury. The results are from Koeneman (reproduced in Ommaya) and from Galford and 

McElhaney [23,61], 

The material data reported in Ommaya were originally reported in Koeneman [61]. The forced 

vibration data are for the frequency range 80 Hz to 350 Hz, which is above the relaxation frequency of 

the human brain [15]. These data may therefore be assumed equal to the short-term (instantaneous) 

shear modulus GQ . Reading from Table 2.3, the short-term shear modulus of fresh pig brain was 

measured in the range 2.7 kPa to 5.0 kPa [61]. 

The material data reported in McElhaney et al. [50] are the same as those reported earlier in Galford 

and McElhaney [23]. Reading directly from a relaxation curve for human brain (Fig 9, pp 219, in 

Galford and McElhaney [23]), the short-term shear modulus, Gg, is 6.5 kPa and the long-term shear 

modulus, , is 2.1 kPa (0.95 and 0.31 psi respectively). Note that data from free vibration 

experiments reported later in the article are given in terms of storage and loss shear moduli, and 

Cg (22.2 kPa and 8.7 kPa respectively). To recapitulate, these frequency domain shear parameters are 

not the same as the time domain parameters G^ and G ^ . 

2.7 Critique of material model parameters in the literature 

A summary of the material model parameters used over the last ten years to characterise the human 

brain in numerical studies is shown in Table B.l. The model parameters are purported to derive from 

the one or more of the material property studies presented in Table 2.3. Clearly, there is some 

anomaly. 
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There are discrepancies between the data in the cited source and the values used in the FE models of 

DiMasi et al. 1991 and Ruan et al. 1991. The values reported in these two FE models are then cited as 

the material properties in many subsequent articles. However, inspection of Table B.l shows that even 

this is not the case. Researchers seem to have cited these articles and then proceeded to choose shear 

material properties at will. 

2.7.1 NHTSA material parameters 

The following paragraphs contain a critical review of the material modelling approach presented in a 

series of papers by researchers at NHTSA [7,8,14]. Two schematic diagrams of the standard 

three-parameter Boltzmann model are given in Figure 2.5 - one as it appears in the articles, and one in 

an alternative notation for comparison. 

2G. 

m -

2G, 277 
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—o 
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b) 

Figure 2.5 - Schematic diagram of standard three-parameter Boltzmann viscoelastic 
material model: a) As presented in Bandak and Eppinger (1994). The tensoriai shear 
strain is given by E'; b) Alternative notation used to highlight differences. Here the 
tensoriai strain is given by s'. 

The complex shear modulus obtained from the model in Figure 2.5b is 

G (w) = 
a 

2c' ^ 4-

The shear relaxation model obtained from the same model is 

G « ) = AT, 

(2.11) 

(2.12) 

Comparing Equation 2.12 with the shear relaxation model implemented in FE codes (see 

Equation 2.6), it is apparent that 

K, 

A G = , AG = ( G o - G _ ) . (2.13) 

However, compare Equation 2.12 with the expression given in Bandak and Eppinger (1994), 

(2.14) 

where G = — '2G^. The two derivations do not agree. It is suggested that the correct relaxation 

model resulting from the model Figure 2.5a is given by 
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G ( f ) = 2Gu + (2.15) 

The authors stated that the material constants for the shear moduli of the brain were taken as 

= 5 psi and = 2.5 psi (34.5 and 17.2 kPa), and that these data were based on the material 

studies performed by Ommaya, and McElhaney et al. [50,61], Two oversights are apparent. First, if 

the relation between the shear moduli was reported correctly as G = GQ — 2G^, then G = 0 with the 

given values. In this case, Equation 2.14 reduces to an elastic model where G{t) = G^. Second, the 

shear material parameters used in the FE model are an order of magnitude larger than the material 

properties reported by Ommaya [61]. 

2.7.2 Wayne State University material parameters 

Researchers at Wayne State University have published many articles on numerical (FE) modelling of 

traumatic brain injury [66-70,88-90], Tracing the cited sources of material properties back to the first 

article, Ruan et al. [67], reveals a common origin, the data reported by Galford and McElhaney [23], 

where G^ is 6.5 kPa and G^ is 2.1 kPa. However, the shear material properties used in the finite 

element models are between one and three orders of magnitude greater than the material properties 

reported in Galford and McElhaney [23]. 

A further criticism of the material modelling is the manner in which an 'effective compressibility' of 

the brain has been used to achieve correlation with intracranial pressure measurements. In Ruan at el. 

[67], the authors assumed that the effects of brain motion through the foramen magnum, and CSF 

through the ventricular system, could be simulated by brain compressibility. The assumption may be 

valid, but the manner in which it is implemented in the model is mistaken. The authors assigned the 

correct bulk modulus to the brain (similar to that of water) and then choose a shear modulus to give a 

Poisson's ratio of less than 0.5. The origin of this approach is the parametric material property study 

by Khalil and Viano, where the Poisson's ratio was varied, whilst holding the Young's modulus 

constant, to correctly obtain different bulk moduli [41]. However, holding the bulk modulus constant 

whilst varying the shear modulus to obtain a desired Poisson's ratio does not give different brain 

compressibilities. The bulk modulus, not Poisson's ratio, is the measure of brain compressibility. The 

Poisson's ratio is, as its name suggests, only a measure of the ratio of the bulk and shear moduli of the 

brain: 

When the ratio is large, as is the case with human brain, the Poisson's ratio tends to 0.5. 

A study of intracranial pressure transients caused by head impact shows that the pressure response is 

more sensitive to the Young's modulus of the skull than to the bulk modulus of the cranial contents 

[86]. The pressure correlation so desired by FE modellers might better be achieved by ensuring that 

their models employ the correct mass density of the brain (see Chapter 5) and Young's modulus for 

the skull. 
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2.7.3 Implications for models of traumatic brain injury 

It will be shown in Chapter 5 that the shear material properties in a model of traumatic brain injury 

may be varied by several orders of magnitude with respect to baseline values for human with no effect 

on the dilatational (pressure) response. Thus, FE models may be validated for pressure with incorrect 

shear material properties. The shear responses of the models discussed in this section are almost 

certainly incorrect. As principal strains arise primarily from shear strains, the shear response is vital 

for injury prediction. 
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IMPORTANCE OF THE SULCI IN TRAUMATIC BRAIN ESIJURY: 
PHYSICAL MODEL SIMULATIONS OF CORONAL PLANE HEAD IMPACT 

Intra-cerebral strain validation data 

In Chapter 3, a physical model of the coronal plane of the human head is used to investigate the strain 

response of the brain during head impact. The physical model generated quantitative results with, for 

the first time, a slip condition between the skull and the brain. Literature related to the influence of this 

boundary condition has been reviewed previously [39]. Moreover, a representation of the sulci is 

included for the first time. The research complements a wider effort by various researchers, to 

establish which parts of the brain anatomy are important in head impact biomechanics. Specifically, 

the experiments are designed to test the hypothesis that the sulci provide inherent protection from 

impact by increasing the local stiffness of the brain in certain directions, thereby reducing 

displacements and strains. 

The research makes an original contribution to the understanding of the relationship between head 

impact load and the resulting strain in neural and vascular tissues. As such, it is in accord with the 

objective of this thesis as a stand-alone entity. However, the physical model provides more than just 

the information required to test the hypothesis mentioned above. The intra-cerebral strain data form an 

integral part of the thesis, as they will be used in Chapter 4 and Chapter 5 to validate a numerical 

model of traumatic brain injuiy. 

3.1 Structure of Chapter 3 

The core element of Chapter 3 is an experimental test programme that uses a physical model to 

investigate traumatic brain injuiy. As such, the structure is largely based on the established scientific 

style where there are separate sections for materials and method, results, discussion and conclusions 

(see Sections 3.3 to 3.6). But first, a review of previous physical models of traumatic brain injuiy is 

given in Section 3.2 to place the new coronal plane physical model in context. 
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Three central themes will be explored. First, the influence of the sulci on gross cerebral motion is 

considered, based on the hypothesis that they reduce local displacements and strains in a plane parallel 

to the sulci. Second, acute subdural haematoma (ASDH) is predicted from cerebral displacements. 

Excessive motion of medial vertex regions of the cerebrum causes superior cerebral veins to tear at 

their point of entrance into the superior sagittal sinus, causing ASDH. Third, diffuse axonal injuries 

(DAI) are predicted from Green Lagrange strain in cerebral tissue. DAI occurs when tissue strain 

exceeds a threshold [48] and classical sites are the corpus callosum and the dorso-lateral quadrant of 

the rostral brainstem [24]. 

3.2 A review of physical models of traumatic brain injury 

The focus of the review is on physical models, one of the three groups of model that have been used to 

investigate traumatic brain injury from impact. The two other groups are mathematical and biological 

models (see Figure 3.1). Discussion of the numerical and analytical methods can be found elsewhere 

in Chapter 4 and Chapter 5, while specific information on the material models used in the numerical 

method can be found in Chapter 2. Although biological models are, for the most part, outside the 

scope of the present thesis, results from this group of experiments are sometimes used to support a line 

of reasoning. For example, when isolated tissue models of injury are used to study the sequelae of 

neural injury in live animals [5,6], or when biological models are used to form the basis of tolerance 

criteria (see Section 4.2). 

Numerical 

Mathematical 

Analytical 

Physical 

Human 

Biological 

Animal 

Figure 3.1 - Model types used in head impact biomechanics research 

22 



With physical models, substitute materials are used in place of biological tissues to investigate the 

biomechanics of head impact in humans and other animals [3,9,33,40,47,48,52,53,73,79,83], In some 

instances, biological materials are used together with the substitute materials; for example, human and 

animal skulls were used in a study of traumatic coma in the primate by Margulies (1987). Physical 

models have a number of advantages and disadvantages when compared with the two other types of 

brain injuiy model. Firstly, they are inexpensive when compared to biological experiments but their 

cost is similar to that of numerical simulations. Secondly, they allow visualisation of the intracranial 

motions; transparent closures can readily be used to permit observation of tissue displacements and 

strain. Thirdly, in contrast with biological models, the level of anatomical detail is at the discretion of 

the modeller. Consequently, two-treatment tests can be performed to establish the importance of 

anatomical features [9,40]. A final benefit is that the input and output variables are well defined. This 

allows physical models to be used for the validation of FE models before the latter are used in 

parametric studies [72]. However, there is a practical limitation on the model complexity. The full 

detail of a biological model cannot be reproduced, and the constitutive relations of the substitute 

material may not fully match those of the brain. 

As with other types, physical models fall into two groups: those that simulate distortional (shear) 

response, and those that simulate dilatational (pressure) transients. Typically, gelatine or silicone gel 

has been used to simulate the low shear modulus of the cerebrum whereas water has been used to 

simulate the high bulk modulus. 

3.2.1 Rotational acceleration experiments 

Figure 3.2 shows the genealogy of rotational acceleration models that have used silicone gel to 

characterise the viscoelastic material properties of the cerebrum. The focus of these models has been 

to investigate the shear response of the brain. Holboum (1943), the first proponent of the shear 

mechanism of traumatic brain injury, used 2-D models of the human head filled with 5 % gelatine 

[33]. He hypothesised that the relative magnitude of the shear and bulk moduli of the brain meant that 

injury was more likely from shear deformation. 

More recently, Aldman (1981) used numerous gel filled, acrylic headfonns to make a qualitative 

assessment of brain motion during impact [3]. The deformation of the gel under angular deceleration 

was studied by recording the displacement of strategically arranged photographic targets by 

high-speed cinematography. They reported that, in a coronal model with a no-slip condition, the 

inclusion of a plate to simulate the falx significantly affected the pattern of displacements. 
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Figure 3.2 - Genealogy of gel filled physical models of brain Injury 

Thibault et al. (1987) were the first of a series of authors to publish results from experiments that were 

conduced with a HYGE linear actuator, customised with a kinematic linkage to produce rotational 

accelerations [47,48,52,53,73,79]. The actuator, known as the Penn II device, delivered a rotational 

acceleration pulse that had a maximum possible rotation of 65°. The impact was often characterised by 

a long duration acceleration phase and an abrupt deceleration phase >10* rad-s"^). The physical 

models discussed here have the advantage that they can be compared with animal models that used the 

same actuator [1,24]. 

Margulies (1987) reported that rotational accelerations could be scaled as a function of brain mass to 

yield a linear relationship between strain and peak angular acceleration for gel filled cylinders [47]. 

She reported that the addition of a translational component of acceleration had little effect on 

displacement and strain for half-cylinder models. Although she stated that the geometry of any model 

had the largest influence on the model response, she also concluded that the boundary conditions 

between the brain and the skull are important when damage to peripheral neural and vascular tissue 

components are common (contusions, ASDH). She found that slip at the boundary is a more accurate 

representation of the local interaction between brain and skull. Interestingly, she reported that there is 

a linear relationship between strain and peak angular acceleration for coronal models with actual 

human and baboon skulls. 
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However, the first questionable conclusion of Margulies relates to the models constructed with actual 

skulls. She argued that the irregular surface of the skull would tend to grab the brain and allow little 

relative motion of the cortex to the skull (no-slip condition). In fact, the dura mater and the CSF 

provide a slip surface between the cortex and the skull. Secondly, she argues that DAI is restricted to 

regions remote to the skull and therefore concludes that the boundary condition between the brain and 

the skull is unimportant for this injury. In this, she has omitted that the most common site for DAI is 

the corpus callosum (92 %), which is adjacent to the falx. Although not bone, the falx is a stiff 

partitioning membrane [42]. A slip condition is therefore essential if DAI in the corpus callosum is to 

be modelled correctly. 

Meaney (1991) conducted sagittal plane, non-centroidal rotational experiments on human and primate 

skulls filled with silicone gel [52]. He concluded that a slip condition between the skull and the brain 

overestimated the likely occurrence of ASDH and that a no-slip condition is more appropriate. 

However, he did not consider that his method of predicting bridging vein strain might be fault (see 

Chapter 3). Allowing surrogate brain tissue to exit from the foramen magnum did not change the 

response. Rotational accelerations could be scaled as a function of brain mass to yield a linear 

relationship between strains and peak angular acceleration. 

Shreiber et al. (1995) also used the Penn II device to conduct sagittal plane, non-centroidal rotational 

experiments on human skulls. He concluded that peak maximum principal strain in various regions of 

the cortex increased non-linearly with increasing levels of rotational acceleration [73]. However, 

inspection of the experimental data shows that a conclusion of a linear relationship is equally 

plausible. He concluded that a partial slip condition gave results that correlated better with 

experimental data than a no-slip condition. 

3.2.2 Translational acceleration experiments 

Water has been used as a surrogate material to model pressure transients in the brain. Tests on human 

brain specimens indicate a strain-rate independent bulk modulus of 2.07 GPa at 100 Hz compared to a 

value of 2.30 GPa for water, at 20 °C [51]. The genealogy of compressive wave physical models is 

shown in Figure 3.3. 
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Exact human 

Kabo and Goldsmith (1983) 
Lubock and Goldsmith (1980) 
Thomas et al. (1967) 
Edeberg et al. (1963) 

Cylinder 
Nusholtz et al. (1995) 
Kopecky and Riperger (1969) 

Sphere 
Suhet al. (1972) 
Gross (1958) 

Elipsoid Gross (1958) 

Test tube Gross (1958) 

Figure 3,3 - Genealogy of water filled, translational acceleration physical models of 
brain injury. Note the different model geometries used. 

These pressure response models investigate phenomena that are not central to the thesis and, 

consequently, are not considered further. A review by Hardy et al. (1994) contains more information 

[31]. 

3.3 Description of the coronal plane physical model 

The details of the model geometiy, surrogate materials and model preparation are presented together 

with the test procedure and motion analysis method. 

3.3.1 Coronal plane geometry 

Figure 3.4 shows a series of edge detected, coronal plane MRI slices through the human head. Panel f 

shows the mid-coronal plane, which passes through the brainstem, on which the geometry of the 

physical model was based. The outline of the brain in this slice is closer to a circle than to a 

semi-circle. 
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.'K. , V 

Thumbnail 

Figure 3.4 - Edge detected, mid-coronal plane MRI slices. Panels a,b, g and h are at 
80 mm, 107 mm, 133 mm and 187 mm from the right hand edge of the thumbnail 
sketch respectively. Panels c to f are at 5.3 mm intervals between panels b and g. 

Figure 3.5 shows the circular approximation to the geometry of panel ' f of Figure 3.4 superposed on 

the original MR image. In addition, Figure 3.5 highlights the extent of the no-slip boundary condition, 

which was included to represent the constraint from the brainstem and from the irregular skull-base. 
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Extent of 
no-slip 

condition 

Figure 3.5 - Illustrative justification for circular approximation to a mid-coronal plane 
section through the human head. Note the extent of the no-slip boundary condition. 

As the model was based on a previous experimental set up [39], the skull was modelled by a right 

cylindrical aluminium vessel with a height of 100 mm and internal diameter of 192 mm (Figure 3.6). 

# 

Figure 3.6 - Photograph of model. Note the falx, position of sulci and markers on 
mid-plane. 
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Other dimensions were dictated by anatomical measurements taken from MRI scans of 10 adult male 

subjects, presented here as mean values ± standard deviation. The mean depth of the falx was 

31 % ± 4% of the width of the cerebrum. Accordingly, a 60 mm long aluminium intrusion modelled 

the falx. A fillet of radius 10 mm was used in the cranial vertex. The mean number of major sulci seen 

in the MRI scans was 5.9 ± 1.3 and their mean length was 14.9 % i 6.2 % of the width of the 

cerebrum. Consequently, six 30 x 100 mm plastic sheets were used to model the sulci; three were 

placed on either side of the falx, oriented radially at 30° intervals (Figure 3.6 and Figure 3.7). 
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Figure 3.7 - Schematic of marker locations. Tlie markers were 4 mm in diameter and 
11 mm apart. Markers that were tracked and later used in strain calculations are 
highlighted and numbered. The co-ordinates (in mm) of some key markers are given: 
M3=(0,19); M6=(-11,30); M8=(55,30); = ( - 3 3 , 5 2 ) ; M14=(-55,52); M17=(-11,85); 
I V I 1 8 = ( 1 1 , 8 5 ) . 

3.3.2 Substitute materials used to model biological tissues 

The cerebrum was modelled by a silicone gel (Dow Corning Sylgard 527). The real part of the 

complex shear modulus varies from 0.6 kPa to 1.7 kPa in the frequency range 1 Hz to 20 Hz, while the 

imaginary part varies from 0.3 kPa to 1.2 kPa over the same range [39]. Neither part varies 

significantly over the temperature range from 30 °C to 50 °C (Figure 3.8a). These data are in a similar 

range to the majority of reported values for the complex shear moduli of the in-vitro human brain [15]. 

A detailed examination of the material properties of this silicone gel and its suitability as a modelling 

material for neural tissue can be found in Brands et al. (2000) [10]. 
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Brain tissue is functionally impaired at Lagrange strains of about 0.20 [6] and, over time, subsequent 

changes occur in axons that may affect the mechanical properties. However, there is no evidence of 

significant change in the mechanical properties of brain tissue in initial loading for Lagrange strains up 

to about 0.8 [16]. The repeatability of experimental results presented later in the present paper 

indicates that the gel itself can withstand Lagrange strains of 1,1 without suffering permanent damage. 
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Figure 3.8 - Material properties; (a) Storage, G', and 
loss, G", moduli of silicone gel at two temperatures; (b) 
viscosity of liquid paraffin and liquid/wax paraffin mix; 
(c) tensile (strip) test on polyethylene sheet. 

The CSF was modelled by liquid paraffin in some places and by a 5:1 liquid/wax paraffin mix in 

others. The paraffin mixture is solid at room temperature and melts at 42 °C, a property that is 

exploited in the preparation of the model. The viscosity of these paraffins at various temperatures is 

shown in Figure 3.8b. 

The sulci were modelled by 200 |im thick low-density polyethylene sheet (Nyborg Plast). The 

stress-strain relationship for the polyethylene used is shown in Figure 3.8c. 
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3.3.3 Model preparation 

After machining, the interior of the skull was painted with white enamel to improve image contrast for 

motion analysis. The skull was cooled to below the melting point of the paraffin (<0 °C). Liquid 

paraffin mix was then poured over the base and the walls. The paraffin solidified on contact with the 

cold metal and formed a 2.5 mm layer. Three Patrick markers, manufactured from paper, were placed 

directly onto the paraffin covering the base to verify the slip condition during experiments. Patrick 

markers are 'targets', usually incorporating alternate contrasting colours in four quadrants (black and 

yellow), that facilitate the manual or automatic tracking of particles in motion analysis experiments. 

The paraffin layer was removed from the walls in the bottom quadrant of the vessel (Figure 3.7). This 

region of no-slip simulated the boundary condition of the skull base where the cerebrum is attached to 

the spinal cord. 

Then the vessel was half filled with gel. For the model with sulci, the plastic sheets were suspended in 

the vessel from a frame to maintain their position while the gel cured. Next, markers were positioned 

on the mid-plane as shown in Figure 3.6 and Figure 3.7. The vessel was then filled with gel to within 3 

mm of the top. A layer of liquid paraffin was added before a Perspex lid closed the vessel. 

3.3.4 Impact test procedure 

Each model was stabilised at 45 °C in an oven prior to the experiments. Loading was achieved by 

pendulum impact as described previously [39]. Briefly, the pendulum was raised to a height of 1.6 m 

and, when released, allowed to fall freely under gravity (Figure 3.9). The kinetic energy of the 

pendulum was transferred to the model-assembly (consisting of the coronal plane model and the 

rotating mounting plate) by impact on an arm extending from the mounting plate. A 18 mm rubber pad 

was affixed to the impact-side of the arm. The model-assembly was decelerated when the arm 

contacted and plastically deformed an aluminium cylinder (O.D. = 75 mm, t = 3 mm, h = 36 mm). The 

centroidal axis of the cylinder was also the axis of rotation of the mounting plate. 

' I 

Figure 3.9 - Photograph of the experimental pendulum impact arrangement; a) View 
from above; b) view from the side. Note the strong lighting required for high-speed 
video capture. 
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The skull motion was captured by an accelerometer (Endevco 723IC) linked to an amplifier 

(Johne+Reilhofer) and a PC data acquisition card with a sampling frequency of 10 kHz. The gel 

motion was captured by digital video camera (Kodak Ekta Pro) at 1 000 frames-s"'. 
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Figure 3.10 - Skull kinematics. Angular acceleration and angular displacement of the 
skull are shown for a typical experiment (filtered with SAE C1000). 

Figure 3.10 shows time-histories of angular acceleration and angular displacement of the skull for a 

typical experiment. Peak angular acceleration was approximately 7 800 rad-s" ,̂ which roughly 

corresponds to a serious brain injury threshold in man. The peak rotation was approximately 100° over 

a time of 120 ms (Figure 3.10). In a real impact, the skull would rotate less than 100° relative to the 

thoracic spine. However, with allowance for spine motion it is perfectly possible for the skull to rotate 

100° relative to an inertial co-ordinate system. 

3.3.5 Motion and strain analysis 

Rectangular Cartesian axes OX^X^X^ were defined with their origin at the centre of rotation of the 

model (Figure 3.7). These axes rotated with the model. Consequently, all displacements were 

calculated with respect to the skull. The positions of markers 1 to 18 were extracted from the digital 

images by use of motion analysis software (TrackEye, IV Image Systems AB). Green Lagrange strain 

Lg was calculated from the material deformation gradient tensor F using the derivation in Appendix 

C. Some concern has been expressed as to whether the markers themselves would affect the motion in 

the mid-plane. However, as there were only three markers on the bottom plane and no difference could 

be seen in the motion of the bottom and mid-planes, it is deduced that there were no significant effects. 

The principal Green-Lagrange strain in a bridging vein was calculated as follows: 

4 = i 
•2 

- 1 j k) , 

, 

(3 17) 
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where is the length of the vein in the reference state and l{t) is the length of the vein at time t. 

3.4 Results from the coronal plane physical model 

When interpreting the results, the deceleration phase can be considered as a second impact on the 

opposite side. Thus, the coup side in the acceleration phase becomes the contrecoup side in the 

deceleration phase. Although both phases are presented in the figures, peak values reported in this 

section are restricted to the acceleration phase. 

3.4.1 Cerebral motion 

Figure 3.11 shows the particle paths of six markers from the model with sulci and the model without 

sulci for the first 250 ms. Inspection of video images from later in the impact showed that the markers 

return to their reference positions. The paths were determined from marker positions averaged over 

four experiments. The figure gives an impression of the magnitude and direction of the overall gel 

motion. An arrow indicates the direction of skull rotation in the acceleration phase. The axes of the 

Cartesian co-ordinate system are shown by the small graticule. 

Arrow indicates direction of skull 
rotation in acceleration phase. 
This is also the coup or 
ipsilateral side. 

Legend 
model sulci 

- model without sulci 

Figure 3.11 - Particle paths. The paths of key markers from the model with sulci and 
the model without sulci are shown for the first 250 ms. 



3.4.2 Bridging vein strain 

The thin walled cortical veins (parasagittal bridging veins), which drain into the superior sagittal sinus, 

are very vulnerable and can produce acute or subdural haemorrhage when the strain passes an ultimate 

value. The strain in a bridging vein is some function of the displacement of the cerebral vertex relative 

to the skull. Figure 3.12 shows the time-histories of displacement magnitude for markers 17 and 18 at 

the cerebral vertex (Figure 3.7), with error bars showing ± one standard deviation (n=4). 

Figure 3.12a shows a comparison of the ipsilateral and contralateral displacements for the model with 

sulci. 

Table 3.1a shows the corresponding statistical results. The peak displacement on the contralateral side 

is 2.4 mm larger (38 %, p<0.005) in the acceleration phase. 

Figure 3.i2b shows a comparison of ipsilateral displacements for models with and without sulci. 

Table 3.1b shows the corresponding statistical results. There is no significant difference in the 

acceleration phase. 

Figure 3.12c shows a comparison of contralateral displacements for models with and without sulci. 

Table 3.1c shows the corresponding statistical results. The peak displacement in the model with sulci 

is larger by 1.5 mm (17 %, p<0.05) in the acceleration phase. 
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Figure 3.12 - Ipsilateral and contralateral cerebral 

vertex displacement magnitude - markers 17 and 18. a) 

Comparison of displacement magnitude on ipsilateral 

and contralateral side for model with sulci, b) 

Comparison of displacement magnitude on ipsilateral 

side for models with and without sulci, c) Comparison of 

displacement magnitude on contralateral side for 

models with and without sulci. 

Table 3.1 - Statistics of local displacements for markers in the ipsilateral and 

contralateral cerebral vertices, a) Ipsilateral vs. contralateral for the model with sulci, 

b) Effect of the sulci on ipsilateral displacements, c) Effect of the sulci on 

contralateral displacements. 

Ipsilateral with sulci Contralateral with sulci Difference & significance 

Time (ms) 

6.3 ± 0.78 8.7 ±0.61 

Time (ms) 36 41 
2.4 (38%) p<0.005 

Ipsilateral with sulci Ipsilateral without sulci Difference & significance 

Time (ms) 

6.3 ±0.78 6.0 ±0 .79 

Time (ms) 36 32 
0.4 (6%) p>0.5 

Contralateral with sulci Contralateral without sulci Difference & significance 

± a ( m m ) 

Time (ms) 

8.7 ±0.61 7.3 ± 0.40 ± a ( m m ) 

Time (ms) 41 38 
1.5(17%) p<0.05 
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However, larger differences become apparent if one attempts to model bridging vein strain by 

postulating an attachment location in the skull [53]. Figure 3.13 shows a 2x2 array of graphs that 

illustrate how the maximum principal strain in a bridging vein (Lj) varies as a function of attachment 

location. Comparison across columns shows the difference in Lj between ipsilateral and contralateral 

hemispheres. Comparison down columns shows how depends on the presence of sulci. In all cases, 

the peak value of Lj ranges widely (from positive to negative) as the attachment location is moved 

around the superior sagittal sinus; this applies to both the acceleration and the deceleration phase. The 

other main finding is that during either phase (acceleration or deceleration) the worst-case tensile 

bridging vein strains are produced on the contrecoup side and are approximately doubled by adding 

sulci. 
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Figure 3.13 - Bridging vein strains: (a, c) sensitivity of direct strain in ipsilateral 
bridging vein to the choice of attachment location; (b, d) sensitivity of direct strain in 
contralateral bridging vein to the choice of attachment location. Note that the sulci are 
present in panels a and b and absent in panels c and d. 



3.4.3 Local strain in corpus callosum 

In Chapter 2, we reviewed the levels of Green-Lagrange strain required to produce the different stages 

of DAI (stages I to IV). The stages range from transient changes to the resting membrane potential due 

to ionic fluxes, to the immediate structural dismption of the axon at the time of trauma. This final 

stage of injury is associated with Green-Lagrange strains above 0.20. Although DAI can occur 

throughout the volume of the brain, the most common injury sites are the corpus callosum and the 

dorso-lateral quadrant of the brainstem [87]. For the purposes of this chapter, the corpus callosum is 

assumed to adequately predict the full extent of DAI throughout the brain. However, the axons of the 

corpus callosum are highly oriented. The maximum principal Green-Lagrange strain might not be the 

best strain measure in this region. It is assumed that a local strain in the direction of the nerve fibres of 

the corpus callosum is a more valid strain measure. 

By starting with the component form of the Green-Lagrange strain tensor 

L„ L "11 

-"21 

12 

-̂ 2 
(3.18) 

and using the transformation 

L„ (3.19) 

the strain in a direction of particular interest, at angle 6 to the axis can be obtained. The axons of 

the corpus callosum are aligned with the axis (Figure 3.7) so (9 = 0° and consequently 

For a direction perpendicular to the axons of the corpus callosum 9 = 90° and . 
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Figure 3.14 - Strain in the corpus callosum. Maximum and minimum principal strains 
are compared with strain in the fibre direction of the axons and in the direction 
perpendicular to the axons. 



Figure 3.14 shows a graph of the strain in the direction of the axons { ), the strain in a direction 

perpendicular to the axons ), the maximum (Lj) and the minimum (Ljj >) principal strains in the 

corpus callosum. The Figure exposes the startling result that the strain in the axon direction is close to 

or equal to the minimum principal strain. 

Figure 3.15 gathers time-histories for three key locations that show the influence of the sulci on 

displacements and Green Lagrange strain (shown as mean ± standard deviation, n - 4). The 

repeatability of the results is clearly seen. Overall, the sulci have an insignificant effect on the 

displacements. The main effect on the strain is found at the base of the central sulcus (Figure 3.15d) 

where the model with sulci has a peak strain approximately 50 % greater during the acceleration 

phase. 
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postcentral sulcus - marker 8. e,f) Cerebral cortex of parietal lobe - marker 14. 



3.5 Discussion of results from the physical model 

3.5.1 The model 

The geometry was an idealised representation of the mid-coronal plane, sufficiently distant from any 

3D end effects to allow quantitative comparison of measured strains with in-vivo tolerance limits. 

Finite element models extended to three dimensions can test insights from this model. 

No allowance has been made for the stiffness of the bridging veins. There may be a tethering effect 

prior to rupture, reducing the displacements in the cerebral vertex and consequently reducing the strain 

in the bridging veins. 

Suki 

Post-mortem examination of human sulci shows that some contain so many trabeculae that they 

resemble elastic membranes with an in-plane stiffness greater than the surrounding tissue. The present 

hypothesis is that these membranes reduce local displacements and strains in a plane parallel to the 

sulci when in tension. Compensatory, increased displacements and strains might be expected in other 

areas. In the present model, an elastic membrane modelled the massed trabeculae and gives a no-slip 

condition between the rami. Results show that strains local to the sulci are indeed reduced (Figure 

3.15d) and increased in other areas (Figure 3.12c and Figure 3.151). However, some human sulci 

contain few trabeculae and a slip condition between the pia mater separating the rami may be more 

appropriate. Here the opposite effect on strains and displacements might be observed. The influence of 

such sulci on brain motion remains to be investigated. 

3.5.3 

As Figure 3.2 shows, previous coronal plane physical models, constructed with actual human skulls, 

have adopted a no-slip boundary condition [47,48], Researchers argued that the irregular surface of the 

skull would tend to grab the brain and allow little motion of the cortex relative to the skull. They 

concluded that the geometry of a model has the largest influence on the response but that the boundary 

condition between the brain and the skull is important where damage to peripheral tissue is concerned. 

However, post-mortem examination suggests that the smooth surfaces of the dura mater and the falx, 

together with the lubricating CSF, provide a slip surface between the cortex and the skull. 

Furthermore, the most common site for DAI is the corpus callosum, adjacent to the falx [87]. A slip 

condition is essential here if DAI is to be modelled correctly. 
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In the present model with a slip boundary condition, the gross motion is dominated by the movement 

of the cerebrum around the tip of the falx (Figure 3.11). Without a slip condition, displacements in this 

region would be reduced, with consequent alterations to the strain in the corpus callosum. When the 

head is subjected to rotational impact, the cerebrum is accelerated by a combination of shear forces 

from points of tethering (i.e. spinal cord and bridging veins) and normal forces from the boundary 

constraint provided by the cranial cavity. The falx provides an important lateral constraint through 

normal forces; but it does not extend fully to the base of the cerebral hemispheres and, with the slip 

condition, the cerebrum can move around the tip of the falx in the region of the corpus callosum. 

3.5.4 ASDH 

Prediction of strain in bridging veins from displacement of the cerebral cortex is complex. The length, 

orientation and point of attachment of each vein affect the strain significantly. Figure 3.13 shows that 

the method originally proposed by Meaney and Thibault (1990) is very sensitive to attachment 

location [53]. However, if we accept the simpler premise that the magnitude of displacement in the 

cerebral vertex is related to bridging vein strain, we can draw two qualitative conclusions from these 

experiments. Firstly, ASDH is more likely to occur on the contralateral (contrecoup) side (Figure 

3.12a, up to 110 ms; recall that contralateral will become ipsilateral after 110 ms). This conclusion is 

consistent with results from rotational acceleration experiments using animals which show that the 

leading hemisphere is always more vulnerable to injury than its trailing counterpart [54]. 

Secondly, ASDH is more likely to occur when the sulci are present (Figure 3.12). When in tension (i.e. 

on the contrecoup side), the sulci act as stiffening membranes and limit cortical strains in regions 

adjacent to each sulcus (Figure 3.15d), thus inducing larger displacements in remote regions such as 

the cerebral vertex. The presence of sulci in the human brain appears, from the evidence of Figure 

3.12, to lower the acceleration threshold for ASDH; there is no protective effect from sulci acting as 

stiffening membranes. Similar conclusions can be drawn from Figure 3.12a and Figure 3.12b for the 

second impact after 110 ms. 

3.5.5 DAI 

White matter of the central nervous system consists of regions of highly oriented axons embedded in 

neuroglia. It seems reasonable to consider strains specifically in the fibre direction rather than the 

principal strain Lj. Grey matter, on the other hand, is homogeneous with more randomly oriented 

neural processes, so is more appropriate. 

The corpus callosum is a region of particular axonal orientation and is prone to DAI [24]. Figure 3.14 

shows that the strain in the fibre direction of the corpus callosum is close to Ljj. Note that the motion 

of the cerebrum around the tip of the falx offers a degree of natural protection. 
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Furthermore, consideration of fibre directions leads to a possible explanation for maximal 

susceptibility to DAI in the coronal plane. Whereas sagittal impacts tend to produce strain in the 

anterior-posterior (trans-fibre) and inferior-superior directions (trans-fibre), coronal impacts produce 

strain in the medial-lateral (fibre) and inferior-superior directions. 

3.5.6 Parameters for use in injury criteria 

Although the acceleration pulse is short (5 ms, 7 800 rad-s'^) and the deceleration pulse is relatively 

long (30 ms, 1 400 rad-s"") the change in angular velocity is the same. Figure 3.14 shows that the peak 

tensile strain in the fibre direction in the corpus callosum is similar in the two phases. These data seem 

therefore to support the choice of A0 as a suitable load descriptor for a DAI criterion [48]. 

However, Figure 3.12 shows that the peak displacement in the cerebral vertex is different in the two 

phases, the peak in the acceleration phase being -80 % of that in deceleration. A similar disparity 

applies to the worst-case strains estimated in Figure 3.13. These data suggest that would not be 

a suitable load descriptor for ASDH. 

3.6 Concluding remarks for Chapter 3 

3.6.1 Summary of findings 

In this chapter, strain data have been obtained from a physical model of traumatic brain injury in the 

human. For the first time, a representation of the sulci has been included in a physical model. Also, 

and again for the first time, a slip boundary condition between the skull and the brain has been 

incorporated in an idealised coronal section of the human head. Rotational accelerations of the 

magnitude encountered in head impact were applied to the model and analysed using new, improved 

arithmetic. The incidence of brain injury has been inferred by assuming that acute subdural 

haematoma is a function of cerebral vertex displacement and that diffuse axonal injury is a function of 

the Green-Lagrange strain in the axon fibre direction in the corpus callosum. 

The geometry of the 2D model was based on anatomical measurements taken from MRI scans of 10 

adult males. The profile of the cerebrum in the mid-coronal plane is closer to a circle than a 

semi-circle. Consequently, the plane strain model was based on a right-circular cylinder. The cerebmm 

was modelled by a silicone gel, which has shear relaxation material properties that are similar to those 

measured in the human. The trabeculae of the sulci were modelled by elastic membranes. A layer of 

liquid paraffin reproduced the slip condition between the skull and the cerebrum in superior regions, 

corresponding to the CSF in the subarachnoid layer. 

Pendulum impacts gave peak angular acceleration of 7 800 rad-s"^ in models with and without sulci. 

The motion of the gel was calculated from tracked coordinates of Patrick markers. Green-Lagrange 

strain was calculated from the motion, and subsequently used to confirm that brain injury would be 

expected. 
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3.6.2 Synthesis with existing knowledge 

Physical models are just one of the many approaches that researchers can adopt in the investigation of 

brain injuiy biomechanics. They have the advantage that they are simple, repeatable and relatively 

inexpensive. They allow two-treatment tests to be completed, to establish the importance of 

anatomical features, as had been the case here for one representation of the sulci. We have shown that 

the addition of a membrane model for the sulci has a significant effect on the displacement and strain 

measured in coronal plane head impacts. Another example of a two-treatment test is found in the 

research of Ivarsson et al. (2000), on the importance of the ventricles as a possible natural protection 

mechanism. However, physical models are by definition an abstraction of the actual human head and 

therefore have their limitations. The substitute materials cannot behave exactly as would biological 

tissue in vivo. For example, the secondary processes of injury cannot be reproduced in a physical 

model, nor can fine variations in material parameters and geometric complexities be incorporated 

fully. 

In the physical model presented here, the independent variable was limited to rotational acceleration 

about the model centre of mass. Furthermore, the experiments were limited to one input waveform. 

Although the shape of the acceleration pulse was chosen to be representative of typical head impacts, 

further investigations might reasonably extend to include different input waveforms. 

Of more importance, perhaps, are the dependent variables, displacement and strain, on which the 

conclusions are based. First, considering the order of magnitude of the strain results, we note that the 

peak input rotational acceleration was 7.8 ki-ad-s"". But the inside diameter of the model was 192 mm, 

whereas the coronal plane span of the human brain measure from MRI scans is 125 ± 6.7 mm 

(S.D. n- 10). On the assumption that the response to angular acceleration may be scaled 

approximately using Holboum's relationship [35,62], similarity of local strain at the two diameters 

requires 

\2 

= 2 36, PJW) A —0 3 1 buniaii moacl 
m̂odcl 

human 

where 7^^ ^ and 7̂  are the radii of the model and human brain respectively. 

This simple scaling law indicates that the impact of 7.8 krad-s"^ in the physical model is equivalent to 

18.4 krad-s"^ in the human, an impact that would certainly produce severe injuries. The strain results 

reported in Figure 3.15 are consistent with this impact severity when evaluated against the existing 

body of knowledge. The optimal Lagrange strain threshold for morphological damage to optic nerves 

in the guinea pig is 0.21 [6], well below the peak maximum principal values reported here for the three 

locations of interest. However, this in no way implies that the exact results reported here for the gel 

would be observed in the cerebrum. 
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3.6.3 Conclusions 

The following qualitative conclusions are drawn: 

• Worst-case bridging vein strains are produced on the contrecoup side and are approximately 

doubled by adding sulci. Acute subdural haematomas arising from lateral impacts will be 

found over the leading hemisphere. 

• The Green-Lagrange strain in the axon fibre direction in the corpus callosum is found to be 

close to the minimum principal strain, indicating a degree of natural protection of neurons in 

this region. 

B The data support the use of ^ as a suitable descriptor for the risk of DAI but not for 

ASDH. 
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FREQUENCY RESPONSE FUNCTIONS IN THE PREDICTION OF 
TTRuMJA/LMTICISRAJOSr IkLTURlf 

The Linear Hypothesis 

There is little, if any biomechanical justification for the use of the head injury criterion (HIC) as a 

human brain injury criterion [58,59]. Given that tissue level models of injui-y have now begun to 

establish the physical process of neural injury, a parallel research activity must develop an 

understanding of the relationship between an impact load and the physical parameter that produces 

injury. With this in mind, Chapter 4 presents a new approach to the formulation of brain injuiy criteria. 

Fundamental to the approach is the hypothesis that the dynamics of the human brain are, to a good 

approximation, linear over a range that includes injurious impacts. Strong evidence to support the 

hypothesis is presented in Section 4.6.1. The significance of linearity is illustrated with a new criterion 

for diffuse axonal injuiy in the corpus callosum. 

The linear hypothesis covers more than simple scaling of input and output magnitudes; it has the 

superposition principle as a corollary. The superposition principle states that if two or more input 

time-histories are summed to give a third input function, the output response to this new function is the 

sum of the output responses to the original time-histories. It is proposed that the detailed response of 

the brain to rigid-body acceleration of the skull can be reconstructed from the brain response to six 

orthogonal inputs: three impulsive translations (in the x^, and directions) and three impulsive 

rotations (about the x^, x^ and x^ axes). The six brain responses might be determined either from 

in-vivo experiment or by numerical simulation; the expectation is that increasingly sophisticated FE 

models will provide the necessary data. 

4.1 Structure of Chapter 4 

The core aim of Chapter 4 is to test the linear hypothesis in a numerical model of traumatic brain 

injuiy. The aim is to determine whether the potential exists for a new, biomechanically-justified 

approach to the formulation of brain injury criteria. The background to this research is first given in 

Section 4.2, in a review of existing empirical tolerance criteria. Then, in Section 4.3, the basis of the 

response function approach to the formulation of brain injury criteria is presented. 
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In Section 4.4, in an essential preliminary step, a simple shear-slab FE model will be used to 

benchmark the explicit FE software for forced vibrations in brain injury type problems. Benchmarking 

allows scmtiny of the issues of mesh size and convergence. Guidelines are generated from the 

shear-slab study to ensure the validity of subsequent FE calculations. Then, in Section 4.4.3, a 2D 

coronal plane FE model of the human head is presented. The model is then used extensively in 

Section 4.6. 

Next, in Section 4.6, the linear hypothesis will be investigated for DAI in the corpus callosum. The 

linearity of the model will be investigated by applying successive magnitude-scaled versions of the 

impact pulse used in the physical experiments. Once linearity has been established over a sufficient 

range for DAI prediction, a tailored input pulse will be used to determine the brain injury response 

function BRFui. Then, to demonstrate the feasibility of the new approach, results from the original FE 

validation analyses, with mn-times of order of hours, will be compared with results obtained from 

frequency response function predictions, calculated in a matter of seconds. 

Finally, in Section 4.7, the performance of the new response function approach to the formulation of 

injuiy criteria is compared with the existing empirical approach, the head injury criterion (HIC). The 

strain in the corpus callosum is calculated for a series of half-sine acceleration pulses of different 

duration where, in each case, the HIC integral is equal to 1000. The peak strain in the corpus callosum 

calculated by the response function method will be the same for each pulse if the criteria are 

equivalent. 

4.2 Review of empirical tolerance criteria for head injury 

Although the cause of head injuiy was already the subject of interest, instructive research into the 

tolerance of the head to abnormal loads was not published until the 1950's. Researchers at Wayne 

State University used the degree of concussion to measure the tolerance of anaesthetised dogs to 

pressure pulses applied directly to the dural sac — summarised in Gurdjian et al. (1966). They also 

used the incidence of linear skull fractures to measure the tolerance of adult human cadavers to head 

drop tests [30]. It was assumed that linear skull fracture was equivalent to moderate to severe 

concussion. These studies were the basis for the "Wayne State University Cerebral Concussion 

Tolerance Curve" (WSTC), which supposedly identified a boundary between safe and unsafe head 

acceleration loading. The curve was later extended for longer load durations with results from the 

pioneering work of Colonel John Stapp. Stapp identified trends of tolerance of human volunteers 

(Jiimself) to whole-body, square and trapezoidal acceleration waveforms [18]. The WSTC was the 

basis for the severity index (SI), a weighted-impulse criterion developed by Gadd (1966) [21]. The 

severity index was in turn the basis of the Head Injuiy Criterion (HIC), which is incorporated into 

current safety legislation (see Section 4.2). 
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4.2.1 SI and HIC 

The SI head injury criterion developed out of the need for a versatile measure to judge the likelihood 

of injuiy from impulses recorded in the laboratory testing of vehicle interiors [21]. It was intended 

specifically for impacts on the front of the head and, in particular, to the forehead. Although Gadd was 

aware of the concept of input functions and response functions, he considered that the head was 

designed sufficiently free of resonant effects to enable useful impact evaluations to be made by 

observing only the input function. Using a log-log plot, Gadd generalised the WSTC by fitting a 

straight line and proposed the Severity Index (SI), 

S I y SI < 1000 safe. (4.1) 

The SI was adopted in North America by the National Highway Traffic Safety Administration 

(NHTSA) in FMVSS 571.208 in 1971 [59]. The standard drew criticism in the same year. Changes to 

the severity index were proposed by Versace [82], and these were incorporated into FMVSS 571.208 

in 1972 in the form of the Head Injury Criterion (HIC), 

1 • 
HIC = 

Zg - Jt, 
jr^a(Z)dZ (̂ 2 - , HIC < 1000 safe. (4.2) 

The start and end times ( a n d ) are chosen anywhere on the acceleration time-histoiy to maximise 

the integral. However, an upper limit is set on the interval; — t^< 36 ms. 

Even at that time, Versace wrote that a much more appropriate measure of injuiy severity would result 

from processing head impact data in such a way as to reflect the probable degree of brain injury [82]. 

4.2.2 Opposition to HIC 

The most vitriolic condemnations of HIC were by Newman (1980) and by Goldsmith (1981). Their 

conclusions have been echoed by others, including the original researchers from Wayne State 

University, and are still applicable now [27,32,58,63,64]: 

• The WSTC was based on concussion in anaesthetised dogs from pressure pulses and on an 

extremely limited set of data for the incidence of linear skull fractures in adult human 

cadaver head drop tests - it provides no information on functional brain injury in humans. 

• HIC considers linear acceleration only. No general relationship between translational head 

kinematics and head injury has been shown. 

• Moreover, the empirical approximation to the WSTC incorporated into HIC was in error. 

• A further criticism of HIC is that it was developed for frontal impacts only. This ignores the 

fact that impacts may occur anywhere on the head and that injuiy propensity varies according 

to impact direction [26]. 
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This author notes that Gadd stated incorrectly that integrating an acceleration pulse, in such a way as 

to take into consideration both intensity and time, is a method of assessing a pulse wave form in its 

entirety [21]. He stated that a process of integrating a weighted acceleration is in contrast to methods 

that consider only one point or aspect of the waveform. Integrating a weighted acceleration between 

limits is the same as calculating a change in weighted velocity; again one aspect of a waveform. The 

only full description of a pulse is the waveform itself in either the time or the frequency domain. 

One possible reason why HIC is still popular is that a relatively simple criterion results in a single 

output number. However, the use of more complicated criteria is commonplace in other areas of 

human response to mechanical loading [12], and there is no reason why new brain injury criteria could 

not be formulated to give a similar simple output. 

4.3 Response function approach to the formulation of brain injury criteria 

The mathematical basis of the response function approach is given in Section 4.3.1. This is followed, 

in Section 4.3.2, by an explanation of how the approach might be applied to a brain injuiy criterion. 

Finally, three brain response functions are defined in Section 4.3.3. 

4.3.1 Mathematical basis of the response function approach 

The principles of linearity and superposition are implemented through the convenient mathematics of 

frequency response functions. For a linear system, the relationship between the Fourier transforms of 

the input signal X(uj) and output signal F e w ) is 

Y(uj) = Hc ioyXiu j ) (4.3) 

where uj is the angular frequency and is the frequency response function [57]. In general, 

i J (cj) is a matrix connecting the input and output response vectors. The frequency-domain output 

F e w ) due to any arbitrary input xit) is calculated by simple multiplication of Hcujy with the 

Fourier-transformed input % ( w ) . In one sense, Hclo:> is a form of frequency weighting function 

applied to the input spectrum X ccuy. 

The inverse Fourier transform of F (w) gives the familiar output time-history y{t), thus 

{ F e w ) } = {/(() . (4.4) 

Note that the Fourier representation is applicable to transient functions, such as those found in head 

impact, as well as to long duration non-periodic functions. 
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4.3.2 Application of the approach to a brain injury criterion 

The proposed linear-superposition approach offers the prospect of extremely rapid prediction of any 

desired component of the brain response — for example, local values of dilatation, distortion or 

displacement. However, the scope of this chapter is limited to blunt head impacts where neither local 

contact phenomena nor skull fracture governs injury. This allows the use of rigid-body skull 

accelerations to be used as the input variables. 

Rigid-body skull kinematics can be described by specifying the six components of translational and 

rotational acceleration as functions of time. One could equally well specify velocity or displacement 

components, but accelerations are more easily measured in the impact environment and are well 

behaved numerically in the frequency domain. Tests run on the model used in Section 4.4.3 show that, 

compared with rotational inputs, the translational inputs make only minor contributions to the response 

and may be ignored. Accordingly, only the three rotational components of acceleration, 9^, are 

selected as input variables for this exploratory study. It remains to be determined whether one or more 

of the six degrees of freedom may similarly be ignored for more humanlike models. 

The approach will be illustrated by application to a proposed brain injui-y criterion for diffuse axonal 

injuiy (DAI) in a 2D coronal plane model. The criterion is based on the Green-Lagrange strain in the 

axon fibre direction (the direction) in the region of the corpus callosum. The criterion is a simple 

peak threshold - the exact value of the threshold will be determined from tissue level models of injuiy. 

The current consensus is that Green-Lagrange strains in the region of 0.15 to 0.20 will produce 

permanent neuronal injury [5,6,25], Although the illustration is limited to a 2D coronal-plane FE 

model, the linear-superposition approach is equally applicable to response functions determined from 

more biofidelic models. 

4.3.3 Definition of three brain response functions 

The preceding discussions lead to the definition of three brain response functions {BRF) for use in a 

brain injuiy criterion to predict DAI under arbitrary rotational inputs; 

h, CU>) 
= 1,2,3). (4.5) 

It follows from the superposition principle that 

E (4.6) 
-1.2,3 J 

where x signifies element-by-element multiplication and is the inverse Fourier transform. 

Later in this chapter, we will calculate one of the three response functions BRF^-^, the strain response 

in the corpus callosum due to input angular acceleration about the direction, i.e. rotation in the 

coronal plane. Rewriting the right-hand side of Equation 4.5 for « = 1 gives 
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( w ) = 
f A 11 corpus .(t) (4J) 

where (9j ( i ) is the time-histoiy of the input angular acceleration, ^ (t) is the time-history of 

the resulting x-̂  direction strain in the corpus callosum, and where is the forward Fourier 

transform. 

4.4 Benchmark shear-slab FE model 

HyperMesh was used to generate a shear-slab FE model (Figure 4.3), consisting of a rectilinear mesh 

of solid elements with a characteristic length of 0.2 mm (defined as the element volume divided by the 

area of the largest face) [38]. The overall dimensions of the shear-slab were 1 mm x 1 mm x 5 mm. 

The mesh was driven in shear at one end (square face) by either a single or dual frequency 

displacement boundary condition. The mesh was restrained at the other end by a discrete damper 

element with matched impedance to give a non-reflecting boundary condition. A viscoelastic, 

three-parameter Boltzmann material model was used (Go = 4 000 Pa, - 1 680 Pa and P = 1 rad-s"'). 

The explicit FE code, LS-DYNA was used to solve the boundary condition problem for the output 

displacement midway through the shear-slab, given the prescribed input displacement [46]. 

2m — 

Element size = 0.2 m m 

Figure 4.1 - Benchmark shear-slab FE model 
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4.4.1 Shear-slab analyses 

Two tests were run. First, the model was driven with a single frequency input ranging from 

(40%: to 10&) rad-s"' with a peak maximum principal strain of = I.Stix lO't The purpose was 

to determine the mesh cut-off frequency, , defined as the highest input frequency that can propagate 

through the mesh without corruption. Corruption refers to the situation where the response midway 

through the shear-slab differs from that expected. Although there are other causes, in this instance 

corruption is caused by spatial aliasing, i.e. there is insufficient spatial resolution in the FE mesh to 

resolve shear waves of a given frequency. Acceptable levels of corruption will differ depending on the 

circumstances, but a maximum 2 % error is stipulated. 

In a second test, the model was driven with a dual frequency input. The lower, reference input 

frequency was held at = 0.5 (with ^ - 2.5K X 10"^). Appendix D shows that the expected 

maximum principal strain in this simple model is equal to one half the acoustic Mach number. The 

higher, noise input frequency was varied from 1.5 to 10 w,., with amplitude varying from 10 " to 

10° times the reference input. Finally, the second test was repeated with a higher input reference strain 

amplitude =2.5;rx 10"̂ ). The purpose was to determine the effect of input energy (noise) 

above on the output at the reference frequency. In all cases, the normalised response of the mesh 

(R) was defined as 

(4m ( k f r c f ) 

namely, the ratio of the output and input displacement magnitudes at the reference frequency. 

4.4.2 Shear-slab results 

The response of the model to a single frequency input with varying number of elements per 

wavelength is shown in Figure 4.2 (the response is normalised so that the expected value is 1). A mesh 

with at least ten elements per wavelength yields a displacement response that is within 2 % of that 

expected. A mesh with at least five elements per wavelength has a response that is within 20 % of 

expected. 
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Figure 4,2 - Mesh response to forced vibrations. Results become inaccurate for 
fewer than 10 elements per wavelength. 

The response of the model in the second test, with dual frequency inputs at two different strain 

amplitudes, is shown in Table 4.1 and 

Table 4.2. Table 4.1 shows that the output at the reference signal is unaffected by the addition of 

a second noise signal above cô  at low strain amplitude. However, 

Table 4.2 shows that, for higher strain amplitudes, the addition of a second noise signal can either 

cause numerical instability or corrupt the results by as much as 30 %. 

Table 4.1 - Normalized response at low Mach numbers 

Normalized Response R (M = O.Sn l̂O ') 

Relative 
ampl i tude of 
noise (dB) 

Relative frequency of noise signal Relative 
ampl i tude of 
noise (dB) 1.5 2 5 10 

0 1.000 1.003 1.000 0.998 

-3 1.000 1,002 1.000 1.000 

-7 1.000 1.001 1.000 1.000 

-10 1.000 1.000 1.000 1.000 

-20 1.000 1.000 1.000 1.000 

-30 1.000 1.000 1.000 1.000 
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Table 4.2 - Normalized response at high Mach numbers (x - abnormal termination) 

Normalized Response R (M = O.Sm<] 0 ') 

Relat ive 
ampl i tude of 

noise (dB) 

Relative f requency of noise signal Relat ive 
ampl i tude of 

noise (dB) 1.5 2 5 10 

0 X. X X X 

-3 X X X 1.275 

-7 0 775 X X 1.092 
-10 0.903 0.989 X 1XM3 
-20 0.964 0.964 CU#3 1.032 
-30 0.965 0.965 CL965 1.026 

4.4.3 Implications of the results from the shear-slab model 

The most significant conclusion from the shear-slab model is that a minimum of 10 elements per 

wavelength is required for problems of brain impact nature. This has important implications for 

numerical models that are used to model short duration head impact events, where frequencies of the 

order 100 Hz are commonly encountered, and for models that are used to calculate frequency response 

functions. A mesh size of 1.0 mm is required if the real part of the complex shear modulus is of the 

order 1 kPa for frequencies up to 100 Hz. For the same material properties, the mesh size of current 

3D FE models (10 mm) limits their capacity to model shear waves to frequencies below 10 Hz. 

4.5 Description of the coronal plane FE model 

This section describes the coronal plane FE model that was used to explore the limits of the linear 

hypothesis. The model was developed in LS-DYNA [46], an explicit FE code capable of modelling 

non-linear behaviour. 

4.5.1 Model set-up 

Geometry - The FE model geometry was based on the physical model presented in Chapter 3. The 

physical model itself was based on measurements taken from MRI scans. Full details of the physical 

model geometry can be found elsewhere in Chapter 3 and in Bradshaw et al. (2001). Results from the 

benchmark shear-slab FE model described above show that a mesh with at least 10 elements per 

wavelength gives results with a maximum 2 % error (Section 4.4.2). HyperMesh [38] was used to 

generate an FE mesh with a characteristic element size of 1 mm (Figure 4.3). A mesh size of 1 mm, 

together with the material properties detailed below, gives a model that can accept input energy at 

frequencies up to 200 Hz. 
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Figure 4.3 - Coronal plane FE model based on physical model geometry 

Material models - The material properties of the gel used in the physical model were approximated by 

a three-parameter Boltzmann model, implemented in LS-DYNA. Volumetric strains are elastic and 

deviatoric strains are viscoelastic with shear relaxation behaviour described by an impulse response 

G i t ) = + (Gg — (4-9) 

The available test data on the gel are limited to the frequency range 1 Hz to 20 Hz (Figure 4.4). Shown 

for comparison in Figure 4.4 is the frequency dependence of the complex shear modulus 

corresponding to the model in Equation 4.9, using Go = 3 846 Pa, Go, = 893 Pa a n d = 187 rad-s"'. 
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Figure 4.4 - Experimental data and FE material model of viscoelastic gel 

The sulci in the physical model consisted of embedded strips of 200 jim polyethylene sheet. These 

were represented in the FE model by an elastic material {E - 20 MPa, v = 0.3, p = 1 x 10^ kg-m'"'). An 

elastic material model was also used for the aluminium skull (E= 700 MPa, v - 0.3, p - 274 x 10" 

kg m "). The latter values were chosen to be different from aluminium to improve the timestep of the 

solution. The difference has no effect on the results. 

Analysis options - The physical model was carefully designed to produce plane strain. Consequently, 

the 2D plane strain element formulations implemented in LS-DYNA were used. 

Boundary conditions - Representing the boundary condition between the brain and the skull has been 

a perennial problem in FE models. The physical model incorporated a thin layer of liquid paraffin 

between the skull and the brain to model the low viscosity of the CSF in the subarachnoid space. A 

satisfactory solution has been found here in the form of a 2D sliding only contact. This contact allows 

frictionless slip between the skull and the brain, without unrealistic separation of the two materials or 

gross element deformation. 

FE model output - Rectangular Cartesian axes OXxXjXj, were defined with their origin at the centre of 

rotation of the model. The axes rotated with the external boundary so displacements were calculated 

with respect to the skull. The positions of 16 nodes, highlighted with Patrick markers in Figure 4.3, 

were extracted from the FE output database. The relationship between Green-Lagrange strain and 

nodal displacements is described in Appendix C. 
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4.5.2 Validation of the coronal plane FE model 

The coronal plane FE model was validated by qualitative comparison with results from the physical 

model Chapter 3. The impact loading of the physical model was reproduced with a prescribed 

rotational motion to the skull. The motion was characterized by an acceleration pulse with duration of 

6.5 ms and peak of 8 krad s'̂ . The waveform was chosen to be representative of a typical head impact 

in automotive loading conditions [40]. 

The validation comparisons between FE results and the physical model measurements are shown in 

Appendix F. There is good agreement between FE model and physical experiment for displacements, 

but the agreement for strain is less good (peak strains can differ by a factor of 1.5 to 2). Note that 

agreement for strains is more demanding as small differences in displacements can give large 

differences in strains. However, given that the physical experiments and FE simulations are both 

models, we proceed here on the assumption that the FE model is adequately validated. 

4.6 Analyses completed with the coronal plane FE model 

First, the limits of the linear hypothesis will be investigated for DAI in the corpus callosum by 

applying successive magnitude-scaled versions of the impact pulse used in the physical experiments 

(Chapter 3). Once linearity has been established over a sufficient range, a tailored input pulse will be 

used to determine the brain injury response function BRFm- Then, to demonstrate the feasibility of the 

new approach, results from the original FE validation analyses, with run-times of order of hours, will 

be compared with results obtained from frequency response function predictions, calculated in a 

matter of seconds (Section 4.6.3). 

4.6.1 Exploring the limits of the linear hypothesis 

Following validation, the linearity of the model was investigated by applying a series of magnitude 

scaled versions of the acceleration pulse used in the physical experiments (Chapter 3). In addition to 

the original 8 krad s'̂  pulse, three further analyses were run with acceleration pulses that were 

characterised by peaks of (1.6, 4 and 5) krad-s"^ respectively. 

Figure 4.5 shows the Green-Lagrange strain, , in the corpus callosum for four different input pulse 

magnitudes. Recall that the component of the strain tensor is the strain in the local direction, 

i.e. the strain in the direction of the axon fibres. The strain magnitudes have been normalised by the 

non-dimensional ratio 

Po (4 10) 

where (9p is the peak angular acceleration applied as an input boundary condition in the analysis, and 

^ is the baseline, peak angular acceleration in the physical model. 
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Figure 4.5 - Normalised Green-Lagrange strain response in the corpus callosum. 
Linear response is Indicated by collapse of the curves. 

The noiinalised local strain for the three lowest-amplitude inputs, with 9p = (1.6, 4 and 5) krad s"̂ , is 

similar, indicating that the strain response is linear in this range. Taking 9p =1.6 krad as the 

baseline, the peak strain response is linear to within 13 % when the input is 4 krad-s'^, and is linear to 

within 7 % when the input is 5 krad-s"^. The normalised strain for the highest-amplitude input pulse 

(0p = 8 krad s"̂ ) is dissimilar, indicating that the strain response of the FE model becomes non-linear 

between 5 krad-s'̂  and 8 krad-s"^. 

4.6.2 Calculating the response function with a tailored input pulse 

A carefully tailored rotational acceleration input pulse was used to enable the calculation of , 

the response function for coronal plane rotation. A detailed review of the reasons why the pulse must 

be tailored can be found in Appendix E. From this, it is concluded that a Banning pulse with a 

characteristic time of 5 ms satisfies the FE mesh requirements and allows the response function to be 

determined up to 200 Hz. 

Figure 4.6 shows the frequency response function for the Green-Lagrange strain in the corpus 

callosum [BRF^^). The frequency resolution is 5 Hz, which is fixed by the record length used in the 

FFT calculation. The data are shown up to 200 Hz, the upper limit as defined in Section A.4. There is 

a noticeable minimum in the strain response between 145 and 150 Hz. 
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Figure 4.6 - Frequency response function for local strain response in the corpus 
callosum. 

4.6.3 Verification of the response function approach 

Once BRFj^^ has been determined, it may be used to generate output strain time-histories for any 

arbitrary input rotational acceleration in a matter of seconds. However, to verify that the response 

function approach gives results that are real and causal, is used to predict the strain response 

to an input rotational acceleration where the output strain time-history is already known. The input 

acceleration and known output strain are drawn from Section 4.6.1, where they were used to 

investigate the linearity of the model =1.6 krad-s"^). 

The local strain time-history in the corpus callosum is calculated using Equation 4.11 below. 

A l corpus ^ ^ ( W ) X ( W ) } . (4.11) 

Although the time-history has effectively decayed to zero by 200 ms, a cos/^ time window was 

used to ensure a smooth approach to zero at the end of the record. The 200 ms record length gives a 

frequency resolution of 5 Hz. The standard discrete fast Fourier transform function within Matlab was 

used [49]. 
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Figure 4.7 - Comparison between Green-Lagrange strain time-histories 
obtained from frequency response functions (quick way) and by FE analysis (slow 
way). 

Figure 4.7 shows a comparison between Green-Lagrange strain in the corpus callosum obtained 

from frequency response functions and from FE analysis; in each case for the same rotational 

acceleration loading time-history (61^^ =1.6 krad-s"^). The standard Matlab inverse FFT function was 

used [49]. The strain time-histoiy was filtered with a 6^ order Chebyshev low-pass filter to remove 

high frequency numerical noise above 250 Hz. The peak strain predicted with frequency response 

functions is 0.048 and the peak strain from FE analysis is 0.049. 

4.7 Comparison of the response function approach with HIC 

The performance of the new response function approach to the formulation of injury criteria is 

compared with the existing empirical approach, the head injury criterion (HIC). The strain in the 

corpus callosum is calculated for a series of half-sine acceleration pulses of different duration where, 

in each case, the HIC integral is equal to 1000. If the criteria are equivalent, the peak strain in the 

corpus callosum calculated by the response function method will be the same for each pulse - this will 

be evident from a level response of peak local Green-Lagrange strain as a function of pulse duration. 

Any variation from a level response indicates that the HIC and BUF approaches predict a different 

injury probability for the same input acceleration. 

Note that the HIC is based on translational acceleration, whereas is based on rotational 

acceleration. We choose a lateral impact scenario in which a given translational acceleration can be 

transformed into a rotational acceleration by assuming a fixed centre of rotation. In the example 

given below, the centre of rotation is assumed in the cervical spine, 0.18 m from the mass centre of 

gravity of the head. The input translational waveform was defined as a half-sine pulse of duration T 

and peak amplitude A. The range of pulse durations considered was representative of head impact, 

8 ms to 25 ms. 
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Figure 4.8 - Synthetic half-sine input translational acceleration pulse. Note that the 
window of integration is not 36 ms, but Is a constant proportion of the pulse duration. 

Figure 4.9 shows how the peak Green-Lagrange strain in the corpus callosum calculated with 

frequency response functions varies as a function of half-sine pulse duration. The strain response is not 

constant, and varies from 0.47 at T = 8 ms to 0.70 at T =25 ms. The fact that the strain response is 

not constant indicates that the HIC and BRF approaches are dissimilar, and will give different injury 

predictions for the same impact loading time-history. 

C 0.7 

10 15 20 
Pulse duration (ms) 

Figure 4.9 - Peak Green-Lagrange strain response in the corpus callosum for a 
series of half-sine acceleration input pulses of varying duration. The pulse amplitude 
is set so that HIC = 1 000 in each case. 

Note that a different assumed centre of rotation would only scale the magnitude of the strain response 

in Figure 4.9, but not affect the shape of the curve. 
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4.8 Discussion of the response function approach 

The aim of Chapter 4 has been to investigate the potential of a response function approach to defining 

injuiy criteria by testing a linear hypothesis in a numerical model of traumatic brain injury. The 

feasibility of the approach is dependent on the linear range of human brain dynamics. A discussion of 

the linear range of the strain response in the corpus callosum highlights the fact that results from the 

preliminary investigations presented in this chapter are encouraging (Section 4.8.1 below). However, 

in Section 4.8.2, the shortcomings of these preliminary investigations are considered. Finally, in 

Section 4.8.3, the benefits of the response function approach are highlighted. 

4.8.1 Linear range - feasibility of the response function approach 

Figure 4.7 illustrates the fidelity with which a possible measure of DAI can be predicted. A realistic 

angular acceleration time-history was applied to the skull, and the resulting strain time-histoiy 

synthesised from the previously-calculated response to a Hanning pulse. 

Any number of response time-histories could have been calculated from the one frequency response 

function, without the need for further FE analysis. The only restrictions are that the response should 

stay within the linear range, and that the input acceleration should not be dominated by fi'equency 

components outside the range of the FE-derived frequency response function (in this example, 5 Hz to 

200 Hz). The FE simulations show that the onset of non-linear behaviour for the model and impact 

waveform considered here occurs when the peak angular acceleration is between 5 krad-s"^ and 

8 krad-s"^. 

But the inside diameter of the model was 192 mm, whereas the average diameter of the human brain 

measured from MRI scans is 125 ± 6.7 mm (S.D. n - 10). On the assumption that the response to 

angular acceleration can be scaled approximately using Holbourn's scaling relationship [35,62], 

similarity of local strain at the two diameters requires 

human model 
^odcl 
7" 
human / 

= 2.36 . ; (4.12) 

where and are the radii of the model and human brain respectively. 

This simple scaling law indicates that, for the waveform considered, the onset of non-linear behaviour 

in a similar model of human dimensions would occur between 12 krad and 18 krad By 

comparison, an investigation of traumatic coma using animal, physical and analytical models found 

that the rotational acceleration threshold for DAI in the coronal plane is approximately 9 krad-s"̂  [47]. 
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4.8.2 Shortcomings and further work required 

Although DAI can occur throughout the volume of the brain, it is most commonly found in the corpus 

callosum and in the dorso-lateral quadrant of the rostral brainstem [87]. For the purpose of the present 

chapter, we proceeded on the working hypothesis that the severity of DAI throughout the brain can be 

adequately summarised by the peak Green-Lagrange strain in the axon direction in the corpus 

callosum, ^ ^ . A simple threshold criterion is implied [6], namely that permanent impairment 

occurs the instant corpus exceeds a threshold. It may be shown that a more complete description of 

the peak strain throughout the volume of the brain is required. Furthermore, if one of the additional 

output locations is in the cerebral cortex, where the axon fibres are randomly oriented, the peak 

maximum principal strain may be a more appropriate injuiy parameter than a local strain. The 

calculation of the peak maximum principal strain requires more than just one element of the Green-

Lagrange strain tensor. However, it is trivial to determine additional response functions for additional 

components of the strain tensor and other regions in the brain so that, given the speed of calculation 

and the ease of automation, this will not detract from the benefits of the response function approach. 

4.8.3 Benefits of the response function approach 

An advantage of the response function approach over an empirical method like HIC is that it is 

biomechanically justified. It correctly relates an input load to a physical injury parameter. It is based 

on an understanding of the physics of the problem rather than a black-box approach. 

In one sense, response functions like BRF-^^ are frequency weightings. The fact that BRF^^ 

decreases for high frequencies (Figure 4.6) is consistent with the human's greater tolerance to short 

duration head impacts for a given peak acceleration. Figure 4.6 also shows a distinct minimum at 

145 to 150 Hz. It is interesting to consider whether this represents some natural protection of the brain. 

If this minimum were replicated in response functions derived from more biofidelic models, it would 

be judicious to exploit it in the design of vehicle interiors. 

Figure 4.7 shows excellent agreement between strains predicted with frequency response functions 

and strains calculated by direct FE analysis; the major difference is that the time taken to calculated 

the response by FE analysis was of order of 1 l o n g e r . Clearly - within the limitations of the model 

and the loading time-history - there are significant benefits with the linear-superposition approach. 

Furthermore, as the knowledge of injury mechanisms improves and criteria that are more sophisticated 

are developed, appropriate response functions can be defined that will yield the necessary 

time-histories. The injury criteria need not involve strain alone; for example, a better criterion for DAI 

might be based on a product of strain and strain rate, rather than just peak strain. 
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4.9 Concluding remarks for Chapter 4 

4.9.1 Summary of findings 

A new approach to the formulation of brain injuiy criteria has been presented. There is strong 

evidence to support the hypothesis that at least one aspect of the dynamics of the human brain is linear 

over a range that includes injurious impacts. Hence, using the linear-superposition principle, the strain 

response of the brain to arbitrary rigid-body skull acceleration has been calculated using frequency 

response functions. The use of rigid-body skull kinematics restricted the scope to blunt head impacts 

where neither local contact phenomena nor skull fracture governs injury. The approach was applied to 

a brain injury criterion for diffuse axonal injury. The major advantage of the approach is the speed of 

brain injuiy prediction that, in the example given, is of the order of 10'' times faster than direct finite 

element analysis. We have shown that a biomechanically-justified, response function type of injuiy 

criteria might feasibly replace the existing empirical injury criterion (HIC). 

4.9.2 Synthesis with existing body of knowledge 

It is difficult to weigh up the evidence from the new work reported in Chapter 4 against the existing 

body of knowledge because it represents such a radical departure from current methods of predicting 

traumatic brain injuries. Previously, an empirical approach has been adopted to relate impact load to 

injury severity. The Wayne State Tolerance curve, on which the current safety legislation is based, is a 

good example of the empirical, 'black-box' approach. The curve simple delineates two regions of an 

acceleration-duration domain into dangerous or non-dangerous zones (Figure 4.10). There is no 

implicit understanding of the injuiy mechanisms. 
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TIME DURATION OF E F F E C T I V E ACCELERATION IN MILLISECONDS 

I m p a c t T o l e r a n c e fo r the h u m a n bra in in f o r e h e a d impacts against p lane , 

unyielding mrfac* 

Figure 4.10 - Wayne State Tolerance Curve. Adapted from Versace (1971) 
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However, the linear approach presented here gives precise predictions of the tissue strain in a 

particular location for a given rigid-body skull motion. The predicted tissue strain can then be 

combined with the current knowledge of strain injuiy thresholds, derived from tissue models, to 

determine whether the impact is dangerous or non-dangerous. 

4.9.3 Conclusions 

The important conclusions are summarised below: 

• Results from a shear-slab model show that a minimum of 10 elements per wavelength is 

required for problems of brain impact nature. Thus, if the magnitude of the complex shear 

modulus of the human brain is of the order 1 kPa, the mesh size of current 3D FE models 

(10 mm) limits their capacity to model shear waves to frequencies below 10 Hz. 

• Taking 9̂  = 1.6 ki-ad-s"̂  as a baseline, the peak Green-Lagrange strain in the corpus 

callosum in a two-dimensional, coronal plane model with human dimensions is linear to 

within 13 % when the input is 4 krad-s'^, and is linear to within 7 % when the input is 

5 krad s"̂ . 

o The onset of non-linear behaviour for the Green-Lagrange strain in the corpus callosum in a 

two-dimensional, coronal plane model with human dimensions occurs for rotational 

accelerations between 12 krad-s"^ and 18 krad-s"^. 

• The Green-Lagrange strain predicted by frequency response functions varies by a factor of 

approximately 1.5 for a series of half-sine pulses of equal HIC (1000), for pulse durations 

between 8 ms and 25 ms. The HIC and BRF approaches give different injury predictions for 

the same impact loading time-history. 

• The response function for the Green-Lagrange strain in the corpus callosum shows a distinct 

minimum in the region 145 Hz to 150 Hz. 

« Peak Green-Lagrange strains predicted with frequency response functions have a maximum 

2 % error when compared with direct FE analysis. 
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BRAINWAVES 

The importance of the Hehiiholtz decomposition 

In Chapter 5, we devote our attention to considering the two basic types of wave motion in the context 

of brain injury from head impact. In particular, we shall examine the propagation of dilatational and 

distortional waves in materials such as brain tissue where the shear modulus is far smaller than the 

bulk modulus. 

A natural development of the research presented in Chapter 4 would be to test the linear hypothesis in 

a 3D FE model of the human head. Currently, 3D FE models are validated by comparison with 

intracranial pressure measurements made during cadaver head impacts. A one-to-one relation between 

pressure and maximum principal strain is implicitly assumed (see Section 5.2.4). A principal aim of 

Chapter 5 is to challenge the assumption by testing a counter hypothesis. The counter hypothesis is 

that brain shear material properties may be varied over a reasonable range with no effect on the impact 

pressure response. A corollary of the hypothesis is that the shear strain response in current FE models 

may be incorrect, even though the model has been validated for pressure. The hypothesis has been 

named Helmholtz-Holbourn because the resolution of the strain field into dilatation and distortional 

components is based on a theorem by Helmlioltz, and it was Holbourn who first drew attention to the 

difference between the bulk and shear material properties of the brain [29,33]. 

5.1 Structure of Chapter 5 

Before the Helmholtz-Holbourn hypothesis is tested, a detailed consideration of the relation between 

pressure and shear in traumatic brain injury is presented in Section 5.2. A short-hand method for 

calculating the pressure response within the brain is proposed and supported with examples from the 

literature. In addition, the dilatation and distortion response in FE models is considered. 

Three distinct models of wave motion in the brain are employed to test the Helmholtz-Holboum 

hypothesis introduced above. The first two models are analytical and solve boundary condition 

problems. They are presented in Sections 5.3 and 5.4. The third model is numerical (FE) and solves a 

more realistic coronal plane head impact problem. The findings from all three models are drawn 

together in Section 5.6. 
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5.2 A detailed examination of dilatation and distortion in brain injury 

There is growing evidence to support the assumption that brain injury is initiated by a physical process 

involving tissue strain [6,43,84], Since, in a continuum, constitutive relations relate stress and strain, it 

is sufficient to express the physical process entirely in terms of strain. The maximum principal strain is 

the largest strain at a point in a continuum. The maximum principal strain is arguably the most suitable 

injuiy parameter for regions where axons are oriented randomly. However, if the axons are highly 

oriented, the strain in a particular local direction may be more appropriate, irrespective of whether or 

not the material is anisotropic [9]. 

5,2.1 The relation between distortional, dilatational and principal strains in the brain 

It is interesting to consider whether the maximum principal strain is due to dilatational or distortional 

strain. Peak intracranial pressures measured during injurious impacts are of the order of 500 kPa [56]. 

As the bulk modulus of the brain is similar to that of water, i.e. 2.3 GPa [51], the volumetric strain 

associated with this pressure is of the order of lO't On the other hand, physical models of brain injury 

predict shear strains of the order of 10"' [40,48,53]. The reason is the very low shear modulus of the 

brain, of order 10̂  Pa [15]. 

Using these data, a schematic diagram of the two extremes of possible 3D strain states of cerebral 

tissue is shown in Figure 5.1. Clearly maximum principal strain is not due to dilatation (pressure). The 

maximum principal strain is of the same order of the maximum shear strain. Specifically, it is in the 

range g £niioc ^ ^ 3 • 

II III 

Figure 5.1 - Mohr's circle of strain for two extremes of the possible deformation 
states of cerebral tissue. The dilatation and the maximum shear strain are the same 
in each case. This gives the result |e,'mx < < |e'nax • Note that the maximum 
principal strain, , is far larger than the dilatation, 6 ^ . 
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5.2.2 The Helmholtz decomposition 

Having considered the magnitude of the dilatational and distortional response within the brain, 

attention is now turned to the speed of propagation of the two wave types. The aim is to demonstrate 

that the large difference in bulk and shear moduli means that, for typical impact durations, the 

dilatational and distortional responses are of a fundamentally different nature. We will show that 

whereas the distortional response is a wave propagation type problem, the dilatational response is a 

hydrostatics type problem. 

The differential equations for a homogeneous, isotropic, viscoelastic medium may be summarised as 

pii, = j 

) 
where is the stress tensor and is the displacement vector. The axiom of the conservation of 

moment of momentum requires that . The mass density is p and the body force per unit 

mass is h,.. The Eulerian (tensorial) strain and rotation tensors are given by and respectively. 

The Lame material constants, A and ji, may be real (an elastic material), complex (viscoelastic) or 

imaginary (a fluid). The latter constant is the usual shear modulus. Both A and ji may be expressed in 

temis of the other material constants: E, v and K. 

Substituting the expression for strain into the stress-strain relation, and that result into the equation of 

motion, gives Navier's equation for the media 

(A + ^ pii,. (5.2) 

The vector equivalent of this expression is 

(A + /^) VA + 4- = pii. (5.3) 

where A = V • m is the dilatation. 

An alternative form may be obtained by using the vector identity 

= V V . ' u - V x V x ' u . (5.4) 

So, recalling that w = ^ V x i t , Equation 5.3 may be rewritten as 

( A 2 / i ) V A — 2 / i V X (if -j- pb = pii. ( 5 . 5 ) 

A simpler version of Equation 5.5 may be obtained by introducing the scalar and zero-divergence 

vector potentials and such that 

u = V<̂  + V x ! P . ( V . 3 / = 0 ) (5.6) 

Substituting the Helmholtz decomposition into Navier's Equation in the absence of body forces gives, 

after considerable rearrangement, 
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V{(A + 2/i)V^(^-p()^} + V x { / , V ^ « P - p i ^ } = 0. (5.7) 

This equation will be satisfied if each bracketed term vanishes, thus giving separate wave equations 

for the scalar and rotational potentials 

1 

Using the identity X = K — y^fi, the propagation velocities are given by 

Cd 
P 

(5.9a-b) 

Finally, if the vector operation of divergence is performed on Navier's equation (5.3), the result 

reduces to a dilatational wave equation expressible in the form 

If the vector operation of curl is performed on Navier's equation, the result may be expressed as a 

form of the vector, or distortional wave equation 

Using typical material properties of the brain (see Chapter 2), the wavespeeds are calculated as 

Cj = 1 517 m and Cg - 1.41 m s ' (p = 1x10^ kg jiC = 2.3x10^ Pa, = 2x10^ Pa). With the 

particular bulk modulus of the brain, the dilatational wavespeed is insensitive to changes in the shear 

modulus. For example, increasing the shear modulus by four orders of magnitude to /i =2x10^ Pa 

results in = 1 525 m-s"', an increase of less than 0.6 %. The distortional wavespeed is unaffected by 

changes to the bulk modulus. 

The high dilatational wavespeed within the brain leads to an interesting conclusion. Given that the 

longest length scale of the human brain is approximately 0.2 m, the maximum transit time for 

dilatational waves is approximately 0.13 ms. It is assumed the load rise time in typical head impact is 

the of order 10 ms, which is many multiples of the transit time of a dilatational wave within the brain. 

In which case, static equilibrium effectively prevails for the dilatational response and wave effects are 

of no consequence [29]. It is suggested that, for typical load rise times, the pressure response (and 

hence dilatation) can be evaluated with simple hydrostatic style hand-calculations (see Section 5.2.3). 

On the other hand, the transit time of distortional waves is approximately 142 ms, longer than the load 

rise time in head impact. Thus, the distortional response is unquestionably a wave propagation 

problem, where the speed of propagation is dependent on the density and shear modulus but not on the 

bulk modulus. 
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5.2.3 Pressure response 'hand-calculations' 

If the load rise time is long compared with the lowest natural period of the system, static equilibrium 

effectively prevails and wave effects are of no consequence [29]. The transit time of dilatational waves 

within the brain is of the order of 0.1 ms. For comparison, the loading pulse in cadaver impacts 

performed by Nahum (1977) is approximately 8 ms [56]. If the dilatation response has reached static 

equilibrium, the only forces acting on a particle are body forces from acceleration. From this it is 

possible to put forward the hypothesis that the pressure gradient within the brain simplifies to an 

expression of the form 

dx, 
(5.12) 

where il- are the translational components of the skull rigid body acceleration. Equation 5.12 predicts 

a linear pressure variation with a gradient of —pil. The only remaining issue is the location of the zero 

pressure plane. 

Two particular studies provide initial data to support the hypothesis. First, Thomas et al. (1967) 

reported on impact-induced pressure gradients along orthogonal axes in the human head [80]. The 

results show clear linear pressure gradients, particularly in the anterior-posterior direction. As is 

expected, the zero pressure plane is located at the centre of the brain when the foramen magnum is 

sealed by a rigid closure (closed system), but passes through the foramen magnum when the closure is 

not present (open system). The gradients of the linear pressure distributions may all be approximated 

by —pu. 

The second example is based on intracranial pressure time-history measurements made by Nahum 

(1977) during cadaver impact tests. 

urameni: -pu = - i. m x i 
0.10m Pressure 

45 kg ^ 

Gradient -pu =-1.51x10'"' 

151 kPa r> = 
coup 

f =-76kPa 
• contr 

Figure 5.2 - Schematic diagram of linear pressure variation hypothesis. The figure 
shows the predicted pressure distribution at the moment of peak loading from a 
cadaver Impact experiment conducted by Nahum (1977). 
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The mass of the system is taken to be that of the head, approximately 4.5 kg. The peak load was 

approximately 6.8 kN. This gives a peak rigid-body acceleration of 1.51x10" m-s'̂ . The density of the 

brain is approximately 1 000 kg-m""'. The pressure gradient within the brain at the moment of peak 

force is predicted to be approximately -1.51x10® N-nv\ The anterior-posterior length of the brain is 

approximately 15 cm, and the foramen magnum is assumed to be approximately two thirds of the way 

between frontal and occipital bones. The 'hand-calculation' for the pressure distribution gives a peak 

coup pressure of 151 kPa and a peak contrecoup pressure of -76 kPa (see Figure 5.2). This is in close 

agreement with data reported by Nahum (1977). 

In the cases considered here, the head is free to move and net motion of the centre of gravity occurs. In 

situations where impacts are applied to a constrained head, the pressure response will be detennined 

less by hydrostatic body forces, and more by the bulk modulus of the cranial contents and the elasticity 

of the skull, together with any egress of blood, CSF, or neural tissue through the various foramina of 

the skull. 

5.2.4 Dilatation and distortion in FE models 

Flaving considered the relative magnitude and speed of propagation of the two wave types in brain 

tissue, we turn our attention to numerical simulation of head impact. FE models are rarely validated 

before being used to study brain injury mechanisms. Those models that have been validated compared 

pressure time-histories generated by the FE model with intracranial pressure measurements taken 

during cadaver impact experiments [37,55,68,89]. The principal cadaver studies used for this purpose 

are by Nahum (1977) and Trosseille (1992). Researchers have been careful to measure particle 

acceleration and pressure time-histories at certain locations within the cerebrum. However, no measure 

of deviatoric strain was made, largely because of the difficulty of making such measurements 

experimentally. It is believed that radio-opaque markers could be used in conjunction with high-speed 

x-ray cinematography to measure deviatoric strains. 

It was shown in Section 5.2 that principal strains, and hence traumatic brain injuries, are due to 

distortion and not dilatation. Thus, if an FE model has been validated only with intracranial pressure 

measurements, a one-to-one relation between pressure (dilatation) and distortion must be assumed if 

the model is then to be used to study traumatic brain injury. However, the distortional response of the 

brain in typical head impacts is a wave propagation type problem (controlled by the density and shear 

modulus), whereas the pressure response is a hydrostatics type problem for which the only relevant 

brain material property is the density. From our detailed consideration of wave propagation in 

materials like brain tissue, where the shear modulus is far smaller than the bulk modulus, the 

assumption of a one-to-one relation between dilatation and distortion seems unjustified. The 

assumption will be challenged by testing a counter hypothesis. 
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5.2.5 Testing the Helmholtz-Holboum hypothesis in two types of model 

The aim for the remaining sections of Chapter 5 is to test the hypothesis that brain shear material 

properties may be varied over a reasonable range with no effect on the impact pressure response. 

First, an analytical solution for dilatational and rotational wave propagation in a brain-like, half-space 

problem is considered. Although somewhat simple in geometry, the model will demonstrate that there 

may not always be a one-to-one relation between dilatation and distortion and that the shear modulus 

can be varied with no effect on pressure. Then, the analytical solution is extended to incorporate an 

additional 'fluid' layer. Finally, a strain-validated FE model of the coronal plane of the human head is 

used to show that the shear modulus can be varied with no effect on pressure for more complicated 

boundary geometries. 

5.3 Half-space analytical model 

We seek the solution of the 2D boundary condition problem sketched in Figure 5.3, where a solid 

half-space (modelling the cerebrum) is driven by a travelling-wave pattern of displacement applied at 

the boundary (a deformable skull). Specifically, we wish to solve for the dilatation A = and 

maximum shear strain in the solid half-space (cerebrum) when the input is a single-frequency 

normal velocity at the boundary. 

\ 

Stilid haiftspace (cerebrum) 

W'avc Potentials 

dilatational distortional 

CO, boundaiy condition (skull) 

Figure 5.3 - Half-space boundary condition problem. The boundary represents the 
skull and the solid half-space represents the cerebrum. 

In Figure 5.3, the mutually perpendicular axes Ox^x^x^ represent a rectangular Cartesian coordinate 

system. The simple 2D, plane strain problem is defined so that the boundary between the skull and the 

cerebrum lies at = 0 . It is assumed that there are only outgoing waves, i.e. there are no reflected 

waves - the key property of a half-space. Furthermore, it is assumed that the medium representing the 

cerebrum is linearly elastic with no damping. A more biofidelic version of this problem, with a 

viscoelastic fluid layer included to model the CSF, is discussed in Section 5.4 below. 
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5.3.1 Derivation of the half-space analytical model 

Dispersion relations 

First, we introduce the free-wave wavenumbers 

W / W /4- n \ 
KJ — — 3.nci KJ — —. (5.13} 

The travelling-wave boundary condition imposes the same wavenumber on both the dilatational and 

distortional waves parallel to the boundary (in the direction), given by 

, (5.14) 

Ct 

where is the phase velocity of waves along the boundary. 

The dilatational wavenumber in the direction normal to the boundary (x.^ direction) is given by 
• (5.15) 

There is a similar relation for the distortional waves, with primes on and k . The sign is carefully 

chosen so that the waves are assuredly propagating or evanescent in the positive x, direction. 

The common factor jS" = describes the dependence of all the waves so, for single 

frequency waves with real wavenumber in the direction, we define 

= (5.16) 

If/ = (see below'). (5.17) 

The Cartesian components of the displacement vector u are obtained directly from the Helmholtz 

decomposition, u = V(f> 4- V x 3^. Thus, 

+ (5.18a-b) 

It follows that 

U-̂  = —}k-̂ (p — j^2^ ' ^2 ~ + i k ^ . (5.19a-b) 

For a given frequency lo and wavenumber k^ along the boundary, the total particle velocity vector on 

the boundary can be expressed as w = vE . It follows that 

-I- (5.20a-b) 

Rearranging Equations 5.20a and 5.20b, we solve for the complex amplitudes and w.-̂ , 

Because we are in 2D, 1 0 0 ( Xp .Tg, t ) in | . We define — iF . 
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UJ. / \ 'W2 
4^2 

UJ (k"^ 4- krfh.2 
(5.21a-b) 

Strain fields 

The Eulerian infinitesimal strain tensor is denoted by 

The components of the strain tensor are 

0% 02; 
(5.22) 

(5.23) 

Dilatation 

We are interested in the amplitude of the dilatation and distortion at the boundary. First, the general 

definition of the dilatation is given by 

= \7 . tt =z \72^. (fx]:'!) 

Therefore, for the half-space model we have 

Z\ = — . 

Thus, for the dilatation at the boundary = 0), if we write A = iE", it follows that 

2 ,s 

Z = —K W^ . (5.25) 

Distortion 

In 2D, the general expression for the maximum distortion is given by 

'11 6 o . -22 + £• 12 • 
(5.26) 

For the problem considered here. Equation 5.26 is deceptively complicated as, in general, the two time 

varying terms K(^ii ~ ^22) in will not be in phase. Consequently, does not vary 

sinusoidally with time and so the relationship between the maximum distortion and the input velocity 

components is non-linear. 

We could assume that the two terms are in phase, and obtain an upper bound for the peak value of 

e4ax, differing from the actual peak value by at most a factor of V2 . In this special case, the 

maximum distortion at the boundary = O) is calculated by substituting the strain components 

from Equation 5.23 into Equation 5.26. The result is 

' p e a k - /I ̂  — A;̂  ) 4- 2A:̂AîWg -|- 12A::̂A:;2'(Zî  — ( ) ^2 T ' (5.27) 
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However, for the more general case where the phase angle is taken into consideration, the exact value 

of the maximum distortion e can be calculated from 

c = + [ R e { e ^ } f , (5.28) 

where 

- ^22) -

£^2 = 6ir. 
(5.29a-b) 

Rewriting Equation 5.28 in modulus-argument form, we obtain 

= J|d|cos(a;i + argd^l + [|e|cos(a;f + a rge ) f , (5.30) 

Completing the square and using a double angle formula, Equation 5.30 can be rewritten as 

^ + |Gp + |(f 1̂  c o s + 2argd) + |ep cos(2w^ + 2arge) j . (5.31) 

So, using the cosine rule to simplify the right hand side of Equation 5.31, the peak maximum 

distortional strain is given by 

1̂  + |eP + 4- |e|^ + 2l(fr leM cosf 2argd — 2arge ' 
peak 9 

+\e\^ + 21d 1̂  Iep cos (2argd — 2arge j | . (5.32) 

5.3.2 Dimensional analysis 

The 2D state of strain at any point in the medium is conveniently described, under single-frequency 

excitation, in terms of the complex amplitudes ( i , d , e j , which are functions of the input variables 

where r = ^2}' ^ ^ describe the kinematics and /), and Cg are real 

material parameters. Of the seven scalar input variables appearing on the right hand side, only one 

{p) involves [M] so it disappears from the dimensional analysis. This leaves six scalar input 

variables, two of which are complex, and two dimensions [L,T]. Note that the complex output 

variables ( d , e) on the left hand side are already non-dimensional. 

However, we can assume that the problem is linear for small v . This simplifies the dimensional 

analysis considerably. The original output variables (z,d,e] are written as 

(5.33) 

Z = Z^V-y + = Z • V 

d = + dgWg = d • V 

e = e^Vj + 62^2 = e • V 

where the coefficients i . , d. and are complex response functions that are independent of 6 . In full, 

the complex response functions are given by: 
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^ ' 

& Zg 

4 
% 

IW, fcj, Cj, Cg I . (5.34) 

These six equations involve two dimensions [L,T]. The number of independent variables can 

therefore be reduced from four to two, by expressing all the input variables in dimensionless form. 

This is achieved by using and cv as dummy (scaling) variables. Thus, for the input groups we 

obtain 

c. w 
= (C, Ma^). (5.35) 

The ratio of the real wave speeds IT, is denoted by G . From Equation 5.14, we see that 11, may be 

rewritten as the trace Mach number 

(5J6) 

The final dimensionless form of Equation 5.34 is therefore 

A A A 4 A A A A A A E, 4 

{ C, Ma^ } . (5.37) 

In the following sections, we shall focus attention solely on the amplitude of the dilatation response 

and not the phase. Thus, graphs will be presented for the real quantities 

2̂ ( ^ I ̂2 I (5.38) 

The peak maximum distortion e is real, but a non-linear function of the complex response functions 

D^.D.-^.E^.EA . Graphs will be presented for the real quantities 

E. 

& 

(5.39) 
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5.3.3 Real wavespeed ratio 

Approximate values of the elastic moduli of cerebral tissue from Donnelly [15] may be used to 

calculate a typical value for C , the ratio of real wavespeeds: 

° - ^ K + %1, " V 2 X lo'» +^5^ X 10= " 

5.3.4 Trace Mach number 

The trace Mach number has a lower bound, for a given frequency, that is set by the shortest 

wavelengths of interest. Wavelengths shorter than those of free bending waves in the skull are not 

expected to be excited to any significant extent in a blunt head impact; the skull becomes extremely 

stiff to such short-wave excitations (a useful protection against penetrative damage). Using the 

frequency dependent trace wavespeeds of free bending waves in a plate, the lower bound can be 

calculated from 

Ma. > . (5.41) 
' 

where the in-plane wavespeed in the skull is given by 

4;'"" (5/K!) 
E 

and h ~ t j VT2 , where t is the skull thickness. 

The trace Mach number has an upper bound, for a given frequency, that is set by the longest possible 

wavelength (the circumference of the head). 

2 n . c / d 

76 



Frequency (Hz) 
800 

Region of most 

relevance 

0 0.02 0.04 0.06 0.08 0.1 0.12 0.14 0.16 0.18 0.2 

Trace Mach number (Waj) 

Figure 5.4 - Domain of interest in frequency and trace Mach number, . Tlie 
domain is bounded to the right by the longest wavelength that can exist in the skull, 
to the left by the natural frequency of free bending waves in a plate and, finally, 
above by the maximum frequency of interest. 

Setting the maximum frequency of interest at 500 Hz, and using typical values for the human skull 

(E =7 GPa, V = 0.22, p = 3 000 kg-m"̂  and t = 5 mm) it is possible to construct a diagram of the 

domain of possible Mach numbers. The impact energy will be concentrated at Mach numbers close to 

the left hand bound (the natural frequency of free bending waves), and towards the lower end of the 

frequency range (see Figure 5.4). A typical Mach number of 0.025 will be used, although data 

presented in Section 5.4.5 will show that the dilatation and distortion are relatively insensitive to 

changes in Mach number between 10'̂  and 10"'. 

5.3.5 Numerical results for normal oscillation of boundary 

Figure 5.5 shows a graph that illustrates how and E^ vary as a function of C for a fixed value 

Ma^ = 0.025, when C is varied over four decades. The flat response of Z^ when C < 1 x 10"^ can 

be determined from the expression 

lim z = ^ = Ma.. = 0; M / Cj), (5.44) 

obtained from Equations 5.21 and 5.25 by taking the limit C —> 0. It gives Z^ = Ma^, in agreement 

with Figure 5.5. Note that the pressure amplitude is given by ^ = —KA. 

Likewise, the behaviour of E^ for C < 1 x 10"^ can be approximated by 

M 
= 0 ; M = / Cj), (5.45) 

obtained from Equations 5.21 and 5.32 in the same limit. It gives E^ ~ 1 / 2 C , corresponding to the 

sloping line in Figure 5.5. 
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Figure 5.5 - Non-dimensionalised dilatation and maximum shear strain output for the 
single layer model as a function of C , the ratio of real wave speeds (c^ /c j ) . Note 
also that the rapid drop off in occurs when C = Ma, (equivalent to c, = c,), 
which is also when k'^ = 0 . 

Figure 5.5 supports the hypothesis that the brain shear wavespeed of the brain material may be varied 

over a wide range with no effect on the impact pressure response, for this simple, half-space analytical 

model. There is significant variation in the shear strain, but little or no variation in the dilatation when 

C < 1 X 10"^. The typical brain tissue value of C = ICr^ (Equation 5.40) falls within the range. 

Up to this point, the boundary condition between the brain and the skull has been considered no-slip, 

which is an accurate representation of some regions of the skull-brain interface (e.g. sphenoid ridge). 

However, our model needs to be extended to allow for a CSF layer if we are to draw any wider 

conclusions regarding the physical process of brain injury. 

5.4 Two-layer analytical model 

The analytical model of Section 5.3 is extended in this section to include a representation of the 

subarachnoid space. The subarachnoid space separates the cerebrum from the dura mater and skull. It 

consists of a layer of cerebrospinal fluid traversed by veins, arachnoid granulations and trabeculae. For 

this two-layer problem, we seek the solution of the 2D boundary condition problem for the dilatation, 

A , and the maximum shear strain, 6 ^ , in the cerebrum. Two single-frequency input velocity 

conditions will be considered: one tangential to the base of the subarachnoid layer, and one normal. 

Four transfer functions will be derived to relate the two outputs to the two inputs. 
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2̂ A 

serai-mfinite medium (cerebram) 
Wave Potentials 

dilatational distortional 

^ i t I" - 2 t 

subarachnoid space (CSF+trabeculae) w. 

CO, boundary condition (skull) 

Figure 5.6 - Semi-infinite medium boundary condition problem with subarachnoid 

space (displacements exaggerated). The boundary represents the skull, a fluid layer 

represents the subarachnoid space (containing CSF and trabeculae) and the 

semi-infinite medium represents the cerebrum. 

In Figure 5.6, the mutually perpendicular axes Ox^x^x^ represent a rectangular Cartesian coordinate 

system. The 2D, plane strain problem is defined so that the interface between the fluid and the 

semi-infinite medium lies at = 0 . The boundary between the skull and the CSF lies at x.̂  = —I, 

where I is the thickness of the CSF layer. It is assumed that there are no reflected waves in the 

semi-infinite medium. This may be justified as follows: 

• Any dilatational waves transmitted into the cerebrum, within the range of trace Mach 

numbers allowed by the present model, will be evanescent (Ma^ < 0.16 below 500 Hz; see 

Figure 5.4). They will therefore be extremely weak by the time they reach a reflecting 

boundary (e.g. the falx, or the opposite side of the cranium). 

• Any distortional waves transmitted into the cerebrum will be heavily attenuated, at the short 

wavelengths implied by Figure 5.4, by the intrinsic shear damping of the material. 

5.4.1 Derivation of the two-layer analytical model 

Material parameters and dispersion relations 

The relations between material parameters and dilatational and distortional wavespeeds in the 

cerebrum and subarachnoid layer are summarised by the following general expressions: 

(5.46a-b) 

and 4 = ^ t (1 + j^df) . 4 = T = 4 o (1 + ) 
Pf Pf 

(5.47a-b) 
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There are ten independent material parameters, p and (real) together with A. /l/,, AJ. and or 

(which all may be complex, so two parameters are required for each). However, in Figure 5.6 we have 

introduced the conditions that the densities and dilatational wave speeds in the two layers are the 

same. The constraints are added primarily to simplify the problem, but also because these parameters 

are not the focus of the study. Thus, 

p^ = p , = Cj, (5.48a) 

so that Aj. + 2/ij = A + 2/i = pc^^. (5.48b) 

The problem is further simplified by requiring that be real (i.e. = 0). These assumptions reduce 

the number of independent material parameters by four, down to six: p , , c* (complex), ĉ j. 

(complex). 

The shear material parameters for the subarachnoid space arise from a combination of the CSF, which 

is modelled as a Newtonian fluid with kinematic viscosity v , and the trabeculae, which contribute a 

small elastic component, Gj.. Thus 

( l + + jwpzv. (5.49) 

Note that . 

To summarise, the properties of both media are now completely specified in terms of 

(/9, u, c J. ) , or by any other equivalent set of six independent real parameters. 

We now introduce the free-wave wavenumbers 

K = —, k ' = — and kL = — . (5.50) 

As before, the travelling-wave boundary condition imposes the same direction wavenumber on 

both the dilatational and distortional waves, 

q ' 

In the direction normal to the boundary, the dilatational and distortional wavenumbers in the cerebrum 

(Aig and k'̂ ) are defined in the same way as for the half-space problem (see Equation 5.15). In 

addition, the dilatation wavenumber in the CSF is the same as in the cerebrum: 

/Cgc = k^. (since = c^j.) (5.51) 

Finally, the distortional wavenumber in the CSF in the direction normal to the boundary is obtained in 

a similar way as for and k.̂  but with KJ' , thus 

== -- - (5.520 

Again, the sign of the wavenumber is chosen to ensure that waves are either propagating or evanescent 

in the positive x.̂  direction. The real parts of k^, k'̂  and k̂ ^ are never negative, and wavenumbers 

that are entirely imaginary are always negative. 
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The displacement potentials above ( + ) and below (—) the interface between the solid half-space and 

the fluid layer are considered separately. The common factor E — describes the (% ,() 

dependence for all the waves so, for single frequency waves with real wavenumber in the 

direction we have (first, for z > 0 ) 

= (5.53) 

> O) = (5.54) 

and for z < 0 we have: 

< O) = = (wgB (5.55) 

(5.56) 

The complex wave amplitudes w. (z - 1 to 6) are unknown. Certain relationships between them are 

required by matching displacement and stress condition at the interface between the two layers, as 

discussed below. 

The Cartesian components of the displacement in the cerebrum are obtained from the Helmholtz 

decomposition in the same way as before (see Equation 5.18). Thus 

(5.57) 

= — ( 5 . 5 8 ) 

Similarly, for the displacement in the CSF layer { x̂  < 0) 

(5.59) 

(5.60) 

The components of the Eulerian infinitesimal strain tensor for the regions above and below the 

interface are given below (separated into the dilatational and distortional components). 

- V + 

4 " 

(5.61) 

(5.62) 

(5.63) 
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Note that in all cases = 2̂1 • 

2 ( ^ " 
(5.64) 

(5.65) 

Stress fields 

Recall that in isotropic linear elasticity the components of the stress tensor are related to the 

components of the strain tensor by 

% = + 2/^6,^. 

where 6̂  is the Kronecker delta, and A and /,i are the Lame material constants. 

The components of the stress tensor above the interface {x > 0 ) are given by 

(7^ = — " I " 

= — (Aft^ + 

and below the interface {x < 0 ) , 

(7^ = ).E' + 

(J22 = —(AJ-K^ + 2/ij./C2 ) If* + '2ll^-kjk.2^ ̂  W-G •''•ar''': 

(5.66) 

(5.67) 

(5.68) 

(5.69) 

a/ fAe C5!F-6rafM m/er/^cg 

The displacement and stress fields are continuous at x = 0. There are therefore four matching 

conditions: two displacement conditions and two stress conditions, = u~ and cr^ = From 

displacements (Equations 5.57 to 5.60), we obtain 

^ (^3 + ^4) + (^o " ''̂ G )' (5-70) 

and (wg — (w- + Wg). (5.71) 

From stresses (Equations 5.67 to 5.68), we obtain 

Wn — w. ) - A(f ( ^ - 2̂f )("'5 + W. 6 J ' (5.72) 

and (Afc^ + 2//A:̂  ) - 2/2A:̂ Â W2 = (A /̂ĉ  + 2/̂ Â:̂  )(wg + (w_ - ) - (5-73) 

Solving for (% = 3,4,5,6) in terms of and Wg gives 

+ 

w, 
A:̂  (A;̂ ^ — A;̂ )̂(—2A:̂ A:2W^ + ) ^2 ) 

(5.74a) 

(5.74b) 
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Here, 

and 

w- = 

% 

+ K2^2) 

(-6^ + )(K3Wi + ) 

Kj—2/Cj ^ -|- 2̂̂ 2f )(—^2 2̂f ) ' 

^2 = ( ^ + ^ ( ^ - ) ( ^ ( ^ + ^ ) ) : 

Kg = —2Â  ^ ) ( ^ + ^f ' 

(5.74c) 

(5.74d) 

Dilatation, distortion and input boundary conditions 

For a given frequency u) and wavenumber along the boundary, the total particle velocity vector on 

the boundary {x^ = —I) can be expressed as ii |_; = vE . Thus, differentiation with respect to time of 

the displacement equations (5.59 and 5.60) gives the Cartesian components of the velocity vector v at 

the boundary in teims of the complex wave amplitudes w„ to w^.. 

(!/<]: ' Wg+a (1//^ ' % - Wg )} , (5.75) 

2̂ — ̂  (V']' ''̂ 3 — '̂ 4 ) — ^ ( l / /^ ''̂ 5 + ' ''̂ G )} ' (5-76) 

where a = and /) = . 

Substituting for to Wg in Equations 5.75 and 5.76 from Equations 5.74a-d, and then solving for 

and leads to expressions for the two wave potentials in the cerebrum that are simply 

unmanageable to present here. However, the potentials can be seen in full in Appendix G. 

The expressions for the dilatation and peak maximum distortion, in terms of and , remain 

unchanged from the half-space solution, i.e. 

2 " 
Z = —K , 

and 

peak 
1 I ' l • " , 2 , , | - , 4 , .-,1 1-12 -i\d\ + | e | + \l\d\ + |e| + 2 | d | |e| cos | 2 arg d — 2 arg e 

5.4.2 Dimensional analysis 

The list of physical variables that describe the half-space boundary condition problem can be 

summarised by 

z i 

d - = • d 

i e 

( ^ P - ''d; ŝO' %' ''sfO ) (5.77) 
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where z , J and e are complex amplitudes, r = { } , w and describe the kinematics and Z, 

p , y , c,, CgQ, % and ĉ j.̂  are real material parameters. Of the eleven scalar variables appearing on 

the right hand side, only one (p) involves [M] so it disappears from the dimensional analysis. This 

leaves ten scalar input variables, two of which are complex, and two dimensions [L.T]. Note that the 

complex output variables ( i , on the left hand side are already non-dimensional. 

As before, we assume that the problem is linear for small v , so that the original output variables 

z, d, G) are written as 

Z = 4- 22̂ 2 = ^ 

d — + ^2^2 = d • V 

G = + ^^2 e • V 

(5J8) 

where the coefficients , d_^ and e. are complex response functions that are independent of v . Then, 

in place of Equation 5.77, we have 

A 

2̂ 2̂ 

e'l 

Az 

j W, , Z, Z/, Cj , , 7/g , Cggj } (5.79) 

These six equations involve two dimensions [L,T]. The number of independent variables can 

therefore be reduced from eight to six, by expressing all the variables in dimensionless form. This is 

achieved by using and I as dummy (scaling) variables. Thus, for the input groups we obtain 

n , . n „ n , . n „ n _ „ n j = V. " ^ 
% (5.80) 

The input groups are then rearranged for physical significance. 

C = n , = — cerebral shear wavespeed ratio 

Ma. = —1-

u 

B.e = 
Ic 

n. 
% = n , 

7 He = 

Stokes number 

trace Mach number 

Reynolds number 

loss factor 

CSF shear wavespeed number 
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The final dimensionless form of Equation 5.77 is therefore 

'A A' 4 4 A A A A A A 4 

{C, (5.81) 

As was previously the case for the dilatation, we shall focus attention solely on the response 

amplitudes and not the phases. Graphs will be presented for the real quantities 

(5^2) 

Again, as the peak maximum distortion is a non-linear function of the complex response functions 

A ' -®2 ) ' gi'^phs will be presented for the real quantities 

E, 

4 = 4 ^ 2 j Cd 

5.4.3 Typical values for characteristic numbers 

Despite first simplifying the problem, then making certain assumptions regarding linearity and lastly 

using dimensional analysis, there are still six variables or characteristic numbers (non-dimensional 

groups) that control the problem. It would be prudent to investigate the model more thoroughly for 

some variables whilst choosing perhaps one or two discrete values for the remaining parameters. The 

characteristic numbers of most importance are C and S . 

The ratio of real wavespeeds, C , is a measure of the relative magnitude of the shear and bulk moduli 

of the brain. Markedly small in the human brain, C is the most relevant number for testing the 

hypothesis that the dilatational and distortional fields are independent [33]. 

Stokes number, 5 , is a measure of the viscous penetration of the shear waves through the fluid layer 

and is useful in describing the level of coupling between the skull and the brain. A low Stokes number 

corresponds to significant penetration. One of the questions we shall consider is how thin the CSF 

layer has to be for significant viscous coupling. The Stokes number is also a form of frequency 

parameter. 
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The cerebram loss factor, is the ratio G^IG^, where the complex shear modulus G' (w) is given 

by (?" (a;) = Cj c a;) + j Cg c w). Inspection of the material data for human brain given in Chapter 2 

shows that a typical value is % = 0.5. 

5.4.4 Special cases 

Although and w, are unmanageable in their full form, we highlight here two special cases where 

the potentials reduce to simpler expressions. These cases are useful both as a check that the problem 

has been solved correctly, and in the explanation of certain asymptotic trends. 

1) The trivial case where I = 0 implies that there is no fluid layer and is analogous to the half-space 

problem. The reduced expressions for the two wave potentials are indeed the same as for the 

half-space solution presented in Section 5.3; 

2) Since we have already assumed that , the case where k'̂  = implies that the material 

properties of the two layers are the same, and is analogous to solving the half-space solution at a depth 

I from the boundary. It should come as no surprise therefore that the expressions for the potentials are 

the same as for the half-space solution but with additional exponential terms. Thus, 

5.4.5 Numerical results and discussion for the two-layer model 

The model is investigated for G , j , S and Ma^ in that order. 

We recall that an aim of Chapter 5 is to test the hypothesis that the shear properties of the brain may 

be varied with no effect on the pressure response. Consequently, we begin by varying the ratio of the 

real wave speeds, G = . Figure 5.7 shows a 2 x 2 array of graphs that illustrate how the 

non-dimensionalised dilatation and distortion vary as a function of C . In general, for small G 

( K 3> /i ), the distortional strains are at least three orders of magnitude larger than dilatational strains. 

Comparison across columns shows the difference between tangential and normal velocity boundary 

conditions. The normal velocity transfer functions are approximately three orders of 

magnitude larger than the tangential velocity transfer functions. Comparison down columns shows 

how the dilatation and distortion are affected by the addition of damping in the cerebral layer 

(% = 0 5). 
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Figure 5.7 - Non-dimensional dilatation and maximum shear strain response as a 

function of G = % j , the ratio of real wave speeds: (a, c) tangential velocity 

boundary condition, (b, d) normal velocity boundary condition. Note the resonant 

peak in the undamped cases (a,b) when C is equal to M a ^ . Also, compare 

panel (b) with Figure 5.5, which describes the same situation except that the CSF 

layer has zero thickness. 

The resonant and anti-resonant behaviour of and at particular values of C is eliminated by the 

addition of this appropriate level of damping, but otherwise there is little effect [15]. The ratios of 

to Ey, and E^ to Z^ are approximately constant over a range of two decades (10"̂  < C < 10"̂ ). The 

value for human brain tissue lies in the middle of this range ( C ~ 10" )̂. It is clear that in contrast to 

the normal-velocity excited single-layer model (Figure 5.5), which is equivalent to the present model 

with I - 0, any change in the brain shear material properties produces an effect on the impact pressure 

response. This result seems to support the assumption in pressure-based validation of FE models, that 

the intracranial pressure and maximum principal strain are one-to-one related. However, the results in 

Figure 5.7 are for the special case where 7 = 0 , i.e. exactly zero shear elasticity in the subarachnoid 

layer. The result should not be reported out of context, nor quoted in isolation. 
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b) The influence of shear stiffness in the subarachnoid layer 

Figure 5.8 shows that the addition of even the smallest amounts of elasticity to the subarachnoid layer 

causes the both the tangential and normal velocity response to return to the situation where the brain 

shear material properties may be varied over a reasonable range with no effect on the impact pressure 

response. 
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Figure 5.8 - Non-dimensional dilatation and maximum siiear strain response as a 

function of C , tiie ratio of real wave speeds, q, / c JQ . Note that a small degree of 

stiffness has been added to the subarachnoid layer to model the trabeculae, 

arachnoid granulations or cerebral bridging veins. 

The phenomenon is explored in more detail in Figure 5.9, which illustrates the effect of adding 

different degrees of elasticity (real component) to the shear properties of the subarachnoid layer. The 

flat response of and when 7 > 1.25 x 10"^, i.e. when 7 > C , is equivalent to the single layer 

solution, and indicates perfect coupling across the subarachnoid space for the pressure excited by a 

normal-velocity imput. A value of 7 = 5 x 1 0 ' ^ corresponds to a shear modulus of approximately 6 Pa 

in the subarachnoid space, and a value of 7 = 2 x 10^ corresponds to a shear modulus of 

approximately 90 Pa (both based on = 1 500 m-s"'). 
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c) The influence of the viscous coupling parameter S 

The third characteristic number considered is the Stokes number, S = uf / v. Figure 5.10 shows a 

2 x 2 array of graphs that illustrate how the non-dimensionalised dilatation and distortion vary as a 

function of S. Note that large S means that the subarachnoid layer is large compared with the 

viscous penetration depth. Taking note of the vertical scale, distortional strains are at least three orders 

of magnitude larger than dilatational strains. Comparison across columns shows the difference 

between tangential and normal velocity boundary conditions. Comparison down columns shows how 

the dilatation and distortion are affected by the addition of a small degree of elasticity to the 

subarachnoid space ( 7 = 5x10" ' ' ) . The normal velocity transfer functions are 

approximately two orders of magnitude larger than the tangential velocity transfer functions when 

there is no added elasticity ( 7 = 0), but the difference is markedly smaller when 7 = 5 x 10~°. All 

four graphs show a near level response, followed by a rapid drop-off The roll-off point is 

approximately at 5" = 2.5 x 10^ when 7 = 0, but at 5 = 3 x 10^ when 7 = 5 x 10"^, i.e. a decade 

higher. When S tends to zero, the flat response asymptotes to the special case where I = 0 (see 

Section 5.4.4). 
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Figure 5.10 - Non-dimensional dilatation and maximum shear strain response as a 

function of S , the Stokes viscous penetration characteristic number / ly : 

(a, c) tangential velocity boundary condition, (b, d) normal velocity boundary 

condition. Note that in panels c and d, a small degree of elasticity has been added to 

the subarachnoid layer. 
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Recall that Stokes number is a form of frequency parameter. Figure 5.10 shows that the dilatation and 

distortion response both decay rapidly above a certain frequency. Setting the thickness of the 

subarachnoid layer to 2.5 mm and the CSF kinematic viscosity to lO"'' m^-s"', the roll-off frequency is 

40 Hz when 7 = 0 , and 480 Hz when 7 =5x10"^ (both for Re = 1.5 x 10^). 

Alternatively, looking at the problem from a different perspective, we could consider how thin the 

subarachnoid layer would have to be for efficient shear coupling between the boundary and the 

cerebrum. The only difficulty is that two of the non-dimensional groups contain I. This is overcome 

by defining a new non-dimensional group 

5 UJV 
I T ' (5.85) 

To calculate a minimum thickness, we use a representative frequency of 200 Hz, set the kinematic 

viscosity to 10'̂  m^-s ' and the compressional wavespeed to 1 500 m-s'\ The thickness must be less 

than 0.28 mm when 7 = 0 ( 5 = 100), less than 0.40 mm when 7 = 2 x 10"̂  ( 5 = 400) and less than 

0.89 mm when 7 = 3 x 10'̂  ( 5 = 1 000), but can be up to 2.80 mm thick when 7 > 5 x 10'̂  (see 

Figure 5.7). 
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d) The influence of the trace Mach number Ma^ 

Figure 5.11 shows a 2x2 array of graphs that illustrate how the non-dimensional dilatation and 

distortion vary as a function of , the trace Mach number ( ) . 

Comparison across columns shows the difference between tangential and normal velocity boundary 

conditions. Comparison down columns shows how the dilatation and distortion are affected by the 

addition of a small degree of elasticity to the subarachnoid space ( 7 = 5 x 10^^). The normal velocity 

transfer functions are approximately two orders of magnitude larger than the tangential 

velocity transfer functions when there is no added elasticity ( 7 = 0), and the difference is similar 

when 7 = 5 X 10"^. All four graphs show that the dilatational and distortional response is less 

sensitive to changes in Mach number over the typical range (0.02 < Ma^ < 0.06) than to small changes 

in S , the Stokes number. 
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5.5 FE coronal plane model 

The 2D, plane strain FE model presented here is the same as the one used in Chapter 4 to test the 

linear hypothesis, but here it is used to test the Helmholtz-Holbourn hypothesis. It represents a coronal 

section of the human head passing through the brain stem. 

5.5.1 Numerical Helmholtz-Holboum analyses 

Figure 5.12 shows a schematic diagram of the geometry of the model. Full details of the geometry can 

be found in Chapter 4. The figure shows clearly the two output locations that were used to generate 

results for this Chapter. The first location (M3) is on the mid-sagittal plane in the region of the corpus 

callosum. The second output location was chosen to have the same co-ordinates as the parietal 

pressure transducer "C83L" used in the cadaver impact experiment MS408 conducted by Trosseille et 

al (1992) [81]. The pressure time-history from this location is frequently used in the validation of FE 

models [8,13,14,68]. 
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Figure 5.12 - Schematic diagram of FE model of coronal plane. The positions of the 
two locations of particular interest are highlighted: M3=(0,19), the corpus callosum; 
"C83L"=(-33,62), pressure transducer used in cadaver impact experiment "MS408" 
conducted by Trosseille et al. (1992). 
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A series of analyses were performed where the only difference was in the material properties used to 

model the cerebrum. The properties used in the six analyses are summarised in Table 5.1 below. The 

short-term and long-term shear moduli, and are varied by a factor of 10 either side of the 

typical value for human brain, this for two different values of the bulk modulus K . All other material 

properties remained unchanged from the values given in Chapter 4. 

Table 5.1 - Summary of cerebral material properties used in FE analyses 

Analysis c j r (MPa) G, (Pa) Go. (Pa) 0^) 

I L4xl03 210 385 89 187 
II 4.3x10-3 210 3 846 894 187 
III T4xlO^ 210 38 460 8 936 187 
IV 4.3x10-4 2 100 385 89 187 
V L4xlO' 2 100 3 846 894 187 
VI 4.3x10-3 2 100 38 460 8 936 187 

The impact loading was kept as that of the physical model tests and was reproduced with a prescribed 

rotational motion to the skull. The motion was characterized by an acceleration pulse with duration of 

6.5 ms and peak of 8 krad-s'^. 

5.5.2 Findings from the coronal plane FE model 

Figure 5.13a shows the pressure time-history predicted at M3, in the corpus callosum for analyses I, II 

and III. The peak pressures from the three analyses are indistinguishable from each other (25 kPa), 

despite the wide variation in the shear modulus of the brain. Generally, the pressures in the three 

simulations are lower than intracranial pressure measurements made during cadaver impacts, and 

nowhere exceed 30 kPa [56,81]. The reason is that the acceleration input in the simulation was purely 

rotational. Figure 5.13c shows the pressure time-history at "C38L", in the parietal lobe. Although the 

timing for the peak pressure in each analysis is different, the global peak is 12 kPa in each case. Again, 

this is despite the large variation in the shear modulus. 

Figure 5.13b shows the predicted response at M3 for analyses I, II and III. The peak strain during 

the first 50 ms of each analysis is 0.578, 0.228 and 0.059 for = 0.39 kPa, 3.9 kPa and 39kPa 

respectively. To a good approximation, the peak strain response is inversely proportional to ĴG^̂  . 

Figure 5.13d shows the predicted /j response at "C83L" for analyses I, II and III. The peak strain 

during the first 100 ms of each curve is 0.25, 0.094 and 0.035 for Gp = 0.39 kPa, 3.9 kPa and 39 kPa 

respectively. Although the strain increases with decreasing G^, the response is no longer proportional 

to 
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Figure 5.13 - Results from analyses I, II and III: Pressure and maximum principal 
strain time histories for two locations: (a, b) M3, the corpus callosum; (c, d) "C38L" 
pressure transducer in parietal lobe. 

Figure 5.14a below shows the pressure time-history predicted at M3, in the corpus callosum for 

analyses IV, V and VI. The peak pressures from the three analyses are now distinguishable from each 

other. It is not entirely clear why this is so. However, the pressures in the three simulations are still 

much lower than intracranial pressure measurements made during cadaver impacts, and nowhere 

exceed 80 kPa [56,81]. Figure 5.14c shows the pressure time-history at "C38L", in the parietal lobe. 

The response is almost identical to the response predicted at M3, in the corpus callosum. 

Figure 5.14b shows the predicted /j response at M3 for analyses IV, V and VI. The peak strain during 

the first 50 ms of each analysis is 0,463, 0.205 and 0.053 for = 0.39 kPa, 3.9 kPa and 39 kPa 

respectively. The inverse relation between peak strain response and no longer holds. Figure 

5.14d shows the predicted response at "C83L" for analyses IV, V and V. The peak strain during the 

first 50 ms of each curve is 0.240, 0.074 and 0.030 for =0.39kPa, 3.9 kPa and 39 kPa 

respectively. The response is somewhat closer to the inverse relation between peak strain and 

than for M3. 
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Figure 5.14 - Results from analyses IV, V and VI: Pressure and maximum principal 
strain time histories for two locations: (a, b) M3, the corpus callosum; (c, d) "C38L" 
pressure transducer in parietal lobe. 

Although it has not been possible to explain all of the dilatational and distortional behaviour observed 

in the results, some clear conclusions can be drawn: 

• Varying shear material properties by an order of magnitude above and below baseline values 

that are appropriate for human cerebral tissue produces little or no change in the pressure 

response in an FE model of traumatic brain injury. At the same time, the peak maximum 

principal strain is sensitive to changes in shear modulus. 

• At the same time, a variation in bulk modulus of a factor of 10 produces relatively small 

changes in the peak maximum principal strain when compared with a very significant effect 

on the pressure response. 
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5.6 Combining the results from the three models of TBI 

In Section 5.6, we discuss the difference between the analytical and numerical models, whilst drawing 

attention to the fact that the conclusion regarding shear modulus and dilatational response remains 

unchanged. The implication for existing numerical models is also discussed. 

5.6.1 Two different wave driving mechanisms 

The mechanism by which the dilatational and distortional waves are driven in the analytical models is 

fundamentally different to the numerical (FE) model. On the one hand, the analytical models consider 

a defomiable skull: The waves in the cerebmm are driven principally by local skull bending, but there 

is no net movement of the boundary. The driving mechanism is analogous to a sharp blow to the head 

where skull deformations and local contact phenomena prevail. On the other hand, the numerical 

model considers net displacement of a rigid skull: Waves are driven because the inertia of the brain 

within the cranial cavity is overcome by partitioning, vane-like membranes (falx, sulci) and by regions 

where there is a no-slip boundary condition (irregular skull base and brain stem). This driving 

mechanism is excited by blunt head impacts, which produce net head motion, but where skull 

deformations and contact phenomena are unimportant. 

Despite the different driving mechanisms, the conclusion is the same: Brain shear material properties 

may be varied over a reasonable range with no effect on the impact pressure response. 

5.6.2 Implications of the Helmholtz-Holboum thesis for numerical (FE) models 

First, we recapitulate some of the key points from preceding sections. Researchers have implicitly 

assumed a one-to-one relationship between pressure (dilatation) and distortion, as FE models have 

been validated only with intracranial pressure measurements (see Section 5.2.4). However, the 

analytical and numerical models exercised in this chapter have shown that the shear materials of the 

brain may be varied over a considerable range with no effect on the pressure response. The conclusion 

is equally applicable for sharp blows to the head as for blunt head impacts. 

Thus, the shear strain response and injury prediction capability of current 3D FE models of brain 

injury may be incorrect, even if the models have been validated for pressure. In fact, a comparison of 

reported shear material properties of human brain tissue, obtained from oscillatory shear tests, with the 

material model parameters used in current 3D FE models shows large differences (see Chapter 2). 

Indeed, it seems unlikely that the shear strain response of current 3D FE models is correct. 

Regrettably, there are no quantitative intracranial measurements of shear strain from cadavers with 

which to validate FE models. Until such data are available, the only course of action is to ensure that 

the correct material parameters are used and that the model is able to reproduce the physics of the 

problem. 
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5.7 Concluding remarks for Chapter 5 

5.7.1 Summary of findings 

In Chapter 5, a continuum mechanics approach has been adopted in an effort to further the 

understanding of wave propagation in traumatic brain injury type problems. The particular feature that 

distinguishes these problems is that the shear modulus is far smaller than the bulk modulus. The 

disparity in material properties leads to the conclusion that the dilatational and distortional responses 

are of veiy different character. On the one hand, the dilatational (pressure) response is usually a 

hydrostatics type problem where the response is dependent on the mass density but not on the bulk or 

shear moduli. Consequently, a 'hand-calculation' method has been proposed to estimate the transient 

pressure at different locations within the brain. On the other hand, the distortional response is 

indisputably a wave propagation type problem where the response is dependent on the mass density 

and shear modulus but not on the bulk modulus. 

We have considered the excitation of dilatational and distortional waves for two fundamentally 

different types of impact. The analytical models considered sharp blows to the head where skull 

deformations and local contact phenomena prevail. The numerical model considers net displacement 

of a rigid skull, which is analogous to blunt, or the so-called non-contact head impacts. 

5.7.2 Synthesis with existing knowledge 

In the early 1940's, Holboum argued that the controlling parameters for traumatic brain injuiy (TBI) 

are skull bending, skull fracture and rotation of the head [33,34]. His arguments were strongly founded 

on Newton's laws of motion and were derived mainly from observations regarding the material 

properties of cerebral tissue. Although many researchers have cited the research, his arguments and 

conclusions regarding the harmlessness of pressure seem largely to have been disregarded. 

In Chapter 5, Holboum's arguments have been further developed with the introduction of wave 

equations for pressure and shear, which themselves are derived from the Helmholtz vector 

decomposition of the displacement field. We have demonstrated that separate brain tissue parameters 

determine the intracranial pressure response and distortional strain response in typical blunt head 

impacts. Two separate models of TBI, investigating injuiy mechanisms based on skull bending or rigid 

skull rotation, have shown that there is no correlation between the distortion and the dilatation 

(pressure). Consequently, we conclude that it is not sufficient to test/validate numerical (FE) models 

for pressure prior to using them to predict injuiy. In fact, as the intracranial pressure response is a 

hydrostatics type problem, controlled only by the density of he cerebrum (and the elastic moduli of the 

skull), better predictions of intracranial pressures can be obtained more readily with hand calculations 

than with FE models. 
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In the absence of strain data from cadaver impacts, numerical modellers can do little more than ensure 

that the shear material properties that they use are correct. However, in an authoritative review of the 

time dependent shear material properties of human brain, Donnelly (1998) shows that the short and 

long-term shear moduli ( Gq and ) are in the region of 1 kPa. In a review of material parameters 

used in recent FE models, Bradshaw (2001) demonstrates that various authors have used values for the 

short and long-term moduli in the range 17 kPa to 528 kPa, which is inconsistent with the 

experimental data. The distortional strain, maximum principal strain and injury prediction capabilities 

of these earlier models are therefore in question. 

As there is no one-to-one relation between dilatation and distortion in head impacts lasting more than 

2 ms, a distortional strain based testing regime must be developed for numerical (FE) models if they 

are to be used to predict injury. 

5.7.3 Conclusions 

The important observations and conclusions from Chapter 5 are summarised below: 

• The high bulk modulus of neural tissue means that the positive pressures typically 

encountered in head impact do not produce large strains. Positive intracranial pressures are 

probably of little importance to traumatic brain injuries such as ASDH and DAI. 

• The low shear modulus of neural tissue means that principal strains result from shear 

deformations. Therefore, the shear strain response in FE models must be correct if they are to 

be used to model traumatic brain injuiy. 

• A half-space model of traumatic brain injury involving local skull deformation has shown 

that the shear materials of the brain may be varied over a considerable range with no effect 

on the pressure response. 

• A two-layer analytical model, incorporating a fluid model of the subarachnoid space with a 

small amount of elasticity to represent the trabeculae, also shows that the shear materials of 

the brain may be varied with no effect on the pressure response. 

• The two-layer analytical model also shows that the addition of a small amount of elasticity to 

the subarachnoid space causes significant viscous coupling between the skull and brain. 

Using typical values, frequencies below 40 Hz pass through the layer when there is no 

elasticity, whereas frequencies up to 480 Hz pass when a very small amount of elasticity (6 

Pa) is added. 

• A coronal plane numerical model of blunt head impact has also shown that the shear 

materials of the brain may be varied over a considerable range with little effect on the 

pressure response. 



Because existing 3D FE models have been validated only by comparison with intracranial 

pressure measurements, a one-to-one relation between dilatation and distortion has been 

assumed. 

The shear material properties obtained from material testing on human brain and those used 

in recent FE models are different. Thus, the shear strain response in existing FE models may 

be incorrect, rendering them unable to predict injury. 
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SYNTHESIS AND RECOMMENDATIONS 

The objective of this thesis has been to contribute to the understanding of the physics of traumatic 

brain injury. Specifically, the relationship between head impact load and the resulting strain in neural 

and vascular tissues has been studied. We adopted a continuum mechanics approach to investigate the 

complex phenomena of pressure and shear wave propagation within the brain. A combination of 

experimental, analytical and numerical investigations has been used to test several hypotheses in the 

accepted scientific manner. 

6.1 Synthesis of combined studies and existing knowledge 

As traumatic brain injury cannot be investigated in the live human subject, models have to be used in 

their stead. These models are, by definition, an abstraction of the live human. Therefore, an important 

consideration is the extent to which a model is well founded (tested) and the consequent confidence 

with which the conclusions are drawn from the model. 

From research presented in Chapter 3, strain data have been obtained from a new coronal-plane 

physical model of traumatic brain injury in the human. The model was subjected to rotational 

acceleration to simulate lateral head impacts. For the first time, the model included a representation of 

the sulci and a slip condition between the skull and the brain. The results showed that the displacement 

and strain response of the brain is sensitive to the inclusion of an elastic membrane representation of 

the sulci. This means that future models of brain injmy, be they mathematical or physical, must 

include the sulci if accurate, quantitative strain outputs for the human are sought. 

The work on the sulci compliments the research of other investigators who have explored the 

importance of different anatomical features. Briefly, the interface between the skull and the brain has 

been shown to be important in allowing relative slip between the cerebral hemispheres and the dura 

mater [28,39,65,77], the falx cerebri and tentorium cerebelli are important in determining the overall 

cerebral kinematics [3,48,52,60] and the lateral ventricles are responsible for providing localised shear 

release mechanisms [40,88]. As with the physical model presented here in Chapter 3, at no stage was it 

suggested that these models were capable of generating precise strain values for the human. However, 

researchers seem uniformly to agree that qualitative conclusions may be drawn from these models 

with confidence. 
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The first of these two principal qualitative conclusions from the coronal plane physical model is that 

the Green-Lagrange strain in the axon fibre direction in the corpus callosum is found to be close to the 

minimum principal strain. The finding suggests a degree of natural protection of the neurons in the 

corpus callosum from lateral head impact. The conclusion highlights the fact that both the magnitude 

and direction of the principal strain may be important in brain injury models. Tissue level models of 

neuronal injuiy have concentrated on functional or morphological damage caused by stretching axons 

along their longitudinal axis [5,6,22]. Future tissue level investigations might reasonably be designed 

to investigate neuronal injury to trans-fibre strains. 

The second of the two qualitative conclusions is that worst-case strains in the superior cerebral veins 

arising from lateral head impacts are produced on the contrecoup side and are approximately doubled 

by adding sulci. Consequently, acute subdural haematomas will be found over the contrecoup or 

leading hemisphere. The value of this second conclusions to the understanding of brain injury 

mechanisms is indirect, as it makes little difference to the patient whether an acute subdural 

haematoma occurs over one hemisphere or the other. However, if the conclusion from the physical 

model is observed in vivo, then the confidence with which other conclusions are drawn is increased. 

In Chapter 4, a new approach to the formulation of brain injury criteria for rigid-body skull motions 

has been investigated. The major advantage of the approach is the speed of brain injuiy prediction that, 

for the example given, is of the order of lO"* times faster than direct finite element analysis. A coronal 

plane, 2D FE model of traumatic brain injury has been validated with strain data from the physical 

model presented in Chapter 3. As with other chapters of the thesis, the shear material properties of the 

cerebrum have been of importance in the development of the 2D FE model. Although, the apparent 

difference between the material properties measured experimentally and the material parameters used 

in existing FE models reported in the literature has been discussed extensively in Chapter 5, there are 

also significant implications for future research from Chapter 4. 
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Benchmark models of shear wave propagation in traumatic brain injuiy type problems shows that a 

minimum of 10 elements per wavelength is required in FE models. As the magnitude of the complex 

shear modulus of the human brain is of the order 1 kPa, finite element models with a mesh size of 

10 mm are limited to shear waves at frequencies below 10 Hz. This means that if existing 3D FE 

models are modified to use material parameters derived from experimental data, they will only be 

accurate for shear waves at frequencies up to 10 Hz. Typical head impacts onto solid surfaces produce 

impacts with a duration in the region of 5 ms to 8 ms. These impacts have significant energy at 

frequencies up to approximately 200 Hz. This means that a mesh size of 0.5 mm to 1.0 mm is required 

for materials with a shear wavespeed of order 1 m-s'' to 2 m-s"' respectively.In addition to the findings 

from benchmark models, the main conclusion from the coronal plane 2D FE model is that the Green-

Lagrange strain response in the corpus callosum remains linear to within 13 % for rotational 

acceleration up to at least 12 krad-s'^. This linear range extends beyond 9 krad-s" ,̂ the rotational 

acceleration threshold for DAI in the coronal plane [47]. Consequently, we have concluded that the 

use of frequency response functions, which implicitly rely on the principle of linear superposition, is 

justified for the formulation of brain injury criteria. And although the research presented here is only 

the first step in determining whether frequency response functions might be used in a new criterion, 

the potential exists for a biomechanically justified replacement to the empirical HIC. 

In fact, the Green-Lagrange strain predicted by frequency response functions (BRF) varies by a factor 

of approximately 1.5 for a series of half-sine pulses of equal HIC, for pulse durations between 8 ms 

and 25 ms. The HIC and BRF approaches give different injury predictions for the same impact loading 

time-history. Assuming that the frequency response function approach is more valid than the HIC 

technique, this means that any criterion based on BRF will better able to protect against injuiy. 

Were a new injury criterion to be introduced into the legislation, the immediate concern of vehicle 

manufacturers would be how best to meet the new requirements. Assuming that a new criterion using 

the BRF technique would be based on a peak strain criterion, manufacturers would conceivably want 

to exploit the distinct minimum in the coronal plane rotational acceleration response function in the 

region 145 Hz to 150 Hz. Energy input to the head at these frequencies results in a significantly 

smaller Green Lagrange strain response. 

In the early 1940's, Holboum derived arguments regarding the haimlessness of pressure founded on 

Newton's laws of motion from observations regarding the material properties of cerebral tissue. As 

with the arguments of Holbourn, the disparity between the bulk and shear moduli of neural tissue 

remains the focus for the research presented here, and is used to explain why the dilatational and 

distortional responses are of very different character. 
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The difference in character has serious implications for the need for and testing of FE models. For 

typical rise times encountered in head impact, the pressure response can be considered a hydrostatics 

type problem, dependent on the mass density but not on the bulk or shear moduli of the brain. A 

'hand-calculation' method has been used successfully to estimate the transient pressure at different 

locations within the brain. This means that the huge computation cost of FE models can be avoided if 

the desired output is limited to predictions of intracranial pressure responses at different locations 

within the brain. 

However, we have shown that the high bulk modulus of neural tissue means that the positive pressures 

typically encountered in head impact do not produce large strains. Consequently, positive intracranial 

pressures are probably of little importance in the pathogenesis of DAI. In fact, the low shear modulus 

of neural tissue means that principal (injurious) strains result from shear deformations. Therefore, the 

shear strain response in FE models must be correct if they are to be used to model traumatic brain 

injury. Our investigations have shown that the distortional response is indisputably a wave propagation 

type problem, dependent on the mass density and shear modulus but not on the bulk modulus. 

In an investigation into traumatic brain injury from sharp blows to the head where skull deformations 

and local contact phenomena prevail, a half-space model has shown that the shear properties of the 

brain may be varied over a considerable range with no effect on the pressure response. In an extension 

to the half-space model, a two-layer model, incorporating a fluid model of the subarachnoid space 

with a small amount of elasticity to represent the trabeculae, also shows that the shear properties of the 

brain may be varied with no effect on the pressure response. We have concluded that, for peculiar 

materials like brain tissue, there is no one-to-one relation between pressure and shear in impacts 

lasting a few milliseconds. This means that FE models that have been tested for pressure may have 

very different shear responses for the same impact, depending on the shear material properties chosen. 

It is therefore not sufficient to test (or validate) FE models for pressure and then expect them to predict 

injury. 

In a subsequent step, a coronal plane numerical model was used to consider blunt head impacts with 

net angular displacement of a rigid skull. The conclusion from the 2D coronal plane FE model is that 

in coronal plane, blunt head impacts, the shear material properties of the brain may be varied with 

respect to baseline human values over a considerable range, with little effect on the pressure response. 

This supports the conclusions from the two analytical models. 
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Thus, analytical and numerical models have shown that the one-to-one assumption is not valid. The 

shear material properties of the brain may be varied, with respect to typical human values, over a 

considerable range with little effect on the pressure response. However, the shear material properties 

obtained from material testing on human brain and those used in recent FE models are different, 

sometimes by several orders of magnitude. Clearly, this will have no impact on the ease with which 

researchers can validate their models for pressure. However, it does mean that the temporal, spatial 

and magnitude of the shear strain response of these models is almost certainly incorrect which means 

that they are unfounded for injury prediction. 

The two-layer analytical model also shows that the addition of a small amount of elasticity to the 

subarachnoid space causes significant viscous coupling between the skull and brain. Using typical 

values, only frequencies below 40 Hz pass through the layer when there is no elasticity, whereas 

frequencies up to 480 Hz pass when a very small amount of elasticity (6 Pa) is added. Put another 

way, the thickness must be less than 0.28 mm when 7 = 0 or less than 0.89 mm when 7 =3x10"^ for 

significant viscous coupling. This has significant implications for the type of contact surface that is 

used in FE models to represent the interface between the brain and the skull across the subarachnoid 

space. An ideal fluid model for the subarachnoid space with nodal connectivity (no contact surfaces), 

but no elasticity from the trabeculations will not provide the degree of coupling that is predicted to be 

present in vivo. 

6.2 Recommendations for further research 

Several lines of further investigation can be readily proposed: 

• A crucial extension to the research presented in this thesis would be to test the linear range of 

the dynamic response of the human brain in more depth. Initially, it would be useful to verify 

the numerical results presented in Chapter 5 with data obtained from additional impact 

experiments using the coronal plane physical model presented in Chapter 3. 

• Using either the physical model of Chapter 3 or the numerical model of Chapter 4, the linear 

range of the dynamic response of the human brain to different pulse shapes might also be 

investigated. 

• Although some attempt has been made to make the 2D models reasonably biofidelic, accurate 

response functions for the human might better be measured from cadavers or from detailed 

3D FE models. However, existing 3D FE models would be limited by their coarse mesh size 

to frequencies below 10 Hz if realistic shear material properties were used. 

• The importance of inter- and intra-subject variability in the response functions remains to be 

determined. 
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Finally, the inclusion of a membrane representation of the sulci in a coronal plane physical 

model presented in Chapter 3 gave different strain results to a model without sulci, i.e. one 

with an isotropic, homogeneous model for the entire contents of the cranial cavity. The effect 

of other representations of the sulci, such as free slip between the rami, and 

non-homogeneous, anisotropic material properties for neural tissue, requires investigation. 
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APPENDICES 

Appendix A - Time and Frequency Representation of Material Parameters 

The aim of Appendix A is to present two methods for moving between the time and frequency domain 

representations of viscoelastic shear material data. The shear relaxation function G{t) is the 

time-domain counterpart of G* (w). It is the stress response to a unit step-function strain input. 

Using the complex form, the shear strain in a dynamic shear test may be expressed as 

(A.!) 

The shear stress is also expressed in complex form 

or" == (A.2) 

Then the complex modulus G* (w) is defined as the complex quantity 

/ * 

2^" 1 . 2' 

where it is assumed that the test data are measured and analysed into 

^ a 'cw) cos6(w) , _ cos^(W) 
G. (w) = — and (w) = 

2 ^ \ w ) 1 2 ^ \ w ) 

A1 Fourier method 

Where there are sufficient data points, perhaps the simplest conversion between the frequency and 

time representations may be done by taking the inverse Fourier transform as shown below 

Note that the denominator on the right hand side (jw) appears because the usual time-domain 

representation is a step response function (or shear relaxation function), not an impulse response 

function. 

Similarly, the frequency-domain representation may be derived from the time-domain counterpart thus 

G \ w ) = j w r { G ( ( ) } . (A.5) 

It is common to fit experimental data to a shear three-parameter Boltzmann viscoelastic material 

model of the form 

G( t) = Goo + ('^o ~ '^oo)e , (A. 6) 

where G^ and are the short term and long term shear modulus respectively and (3 is the decay 

constant. 
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If the material data is available as a step-response shear relaxation test, and may be read 

directly &om the relaxation curve as = G(0) and Ggo = G(oo). The decay constant may be 

approximated by 

-In 0.5 
T 

(A.7) 

where T is the time taken for G{t) to decay to from G^^ to ( — G^)/2 . 

A2 Convolution integral approach 

The Boltzmann linear-viscoelastic material model is implemented in many finite element codes using 

a Jaumann rate convolution integral of the form 

' ^ 2 f ' G ( t - r ) ^ d T . 
JO 

(A.8) 

It is assumed that a dynamic shear test loads an element of the material with the strain 

e' = £g sin wf , 

and the shear stress is measured and analysed into 

a ' = 26^ sinw^ 4- Gg coscjf) 

(A.9) 

(A. 10) 

If the time derivative of Equation A.9 is substituted into A.8 together with the shear relaxation model 

we obtain 

cr' — {Goo + ((̂ 0 ^ )G ^ COS wt d-r (A.11) 

Completing the integral are rearranging it can be shown that 

(T — 4- jjcosw< (A.12) 

Inspection shows that 

— Coo + ((^0 " ) (A. 13) 

and 

(A. 14) 

Or, rearranging for G,, and G ^ , we obtain 

u> 
GLn — (7, — Gn "ZT 8nd f G,. — ) — (7, "'OO /3 0 OO, 

(A. 15) 
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Appendix B - Published FE model material parameters 

Summary of some published material parameters used in FE models. 

Table B.1 - Published material properties used to model brain tissue. 

Finite element study : Based on material properties of . . . 
Parameters 

Grey White 
DiMasi et al. (1991) T^SC Thibault & Gennarelli (1984)" : 6.90e7 

i ].72e43 

(Pa) 3.45e4 

J (s ') 100 

Ruan et al. (1991a) r'ELAS ' McEihan^ef p (kgTrr') ].04e3 

5.56e5 
2.25e4 

V 048 
Ruan et al. (1991b) I ELAS i Ruan era/. (199la) f (kg-m ") 1.04e3 

: 2.19e9 
G (Pa) 1.68e6 

1/ 0:^96 
Ruan et al. (1993) : Vise' : Galford & McElhaney (1970) -

: 1.28e8 
5.28e5 

L68e5 

^ ( ) 35 

Ruan et al. (1994) r E L A S Ruan et al. (1991a) P (kgin ) 1.04e3 

2.19e6 
1.68e6 

V 0.4996 
Zhou et al. (1994) r E L A S R n er fl/, (1991b) ^ g m'̂ ) L64e3 

AT (Pa) 2.19e8 4.39e8 
G ^ ^ 1.68e5 2.68e5 

P 0.4996 
Zhou et al. (1995) "ELAS Ruan et al. (1994) (kg m-3) I.04e3 

1 2.19e8 ; 3.49e8 

G f ^ 1.68e5 i 2.68e5 

McElhaney et al. (]973)'\ Ommaya (1968)' 
7/ 0.4996 

Bandak(1995) ^ McElhaney et al. (]973)'\ Ommaya (1968)' : Go (Pd) 3.45e4 

1 
I.72e4 

T O O om 
Zhou et al. (1997) Shuck & Advani (1972) ! :LI9e9 

; ^ ^ " ^ 1 i 3.40e4 4.10e4 

: (Pa) 1 6.30e4 7.60e4 

. J 700 700 

Ruan e/a/. (1997) V̂ IC Galfbrd&'McEIhaney(]970) p (tg m^) i .b4ef 

1 (Pa) : 2.19e9 

: G o f ^ l I 5.28e5 

(Pa) ! 1.68e5 

-

q .^996 

Although the authors quote this source, it is a review paper and the values quoted do not appear. In fact, the quoted 
properties appear to have been taken fi'om Gal ford and McElhaney (1970). 
We might assume that there is a typographical error and that the short and long term shear moduli are swapped. 
McElhaney et al. (1973) is itself based on Galford and McElhaney (1970). 
These properties used with the equation quoted in the paper remove any rate dependence. 
Note that the notation is as given in the article (see also Chapter 2), it is different from the notation used in other papers. 
Ommaya (1968) is itself based on Koeneman (1966). 
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Material 
model 

Based on material properties o f . . . Finite element study 

Kange^a/. (1997) ^ VISC : Shuck & Advani (1972) 

Claessens (1997) ELSA ; Averaged from previous researchers. 

Nishimoto & Murakami (1998) VISC : Galford & McElhaney (1970) 

Go (Pa) 
Gc (Pa) 

p (kg-m'^) 

. E (Pa) 

p (kg-m"'̂ ) 

AT (Pa) 
; Gg (Pa) 

G:. (Pa) 
: f (s-') , 

Parameters 
Grey White . . 

4.90e4 

1.67e4 

145 

ll04e3 

1.00e6 

0.48 
n.bies"" 

2.19e9 
5.28e5 

5.00e5 

35 

Appendix C - Physical Continua 

The aim is to review the basic equations for an arbitrarily viscoelastic physical continuum, including 

the concepts of motion, strain and rotation. The equations are applied to strain analysis from the 

position of Patrick markers in Section C4. 

CI Motion 

The vector X is the position vector of a particle in the reference state (see Figure 6.1). The vector x 

is the position vector at time t . 

rofcTcncc state 

Figure 6.1 - Material point in the reference state and at time t. 

The position of a particle of material can be expressed as a function of time and the position of the 

particle in the reference state. 

X = x{X,t) or Xj, = . (B. l ) 
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This function is called the motion. The hat ^ is used to signify that the function is expressed in the 

Lagrangian description. 

The vector u joining points Pp and Pp is known as the displacement vector. This vector may be 

expressed as 

u = X ~ X or Uj, = Xj, — Xj,. (B.2) 

If, on the other hand, the motion is given through equations of the form 

:= .ar(:c,Z), (1B.3) 

in which the independent variables are the coordinates and t , the description is known as the 

Eulerian formulation. This description may be viewed as one which provides a tracing of the particle 

that now occupies the location to its original position. The Eulerian formulation is used as 

the default description in this thesis so that when the Green-Lagrange strain is given, the reader can be 

sure that finite displacements are being considered. 

C2 Strain 

In Figure 6.1, consider two particles in a reference state with positions X and X + d X . At time t 

these two particles will have positions x and a: + d® x. In terms of the motion (Equation 5.5), and at 

time t the vector dcc is related to the vector d X by 

0X 
dxj, = J' dX,„ or dx = F • d X . (B.4) 

F is called the material deformation gradient tensor. 

The square of the differential element of length between P,j and Pj is 

(dX)^ = d% . = d%. . dX, = 6^^dX.dX .̂ (B.5) 

In the deformed condition, the square of the differential line element of length between P^ and Pj is 

(da;)^ = da; da; = da;̂  - da;, — 6,̂ da;̂ da; . (B.6) 

The difference (dz)^ — (dX)^ for two neighbouring particles of a continuum is used as a measure of 

deformation. Using Equations B.5 and B.6, this difference may be expressed in the form 

6^, 
(dz)^ - ( d X ) ^ : 

a x a x . 
dX,dX. = 2Z.dX,dX.. (B.7) 

in which the second order tensor 

4 = i ^ 
a x , a x . 

or (B.8) 

is called the Lagrangian (or Green's) finite strain tensor. 
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A useful form of the Lagrangian finite strain tensor is one where it is expressed in terms of the 

displacement gradients, thus 

1 
4 ; - ? a x 

(B.9) 

The small deformation theory of continuum mechanics has as its basic condition the requirement that 

the displacement gradients shall be small compared to unity, in which case the product terms in 

Equation B.9 are negligible and it reduces to the Lagrangian infinitesimal strain tensor 

% - ^ (B.IO) 

Likewise, for du^ / dx^ 1, the Eulerian infinitesimal strain tensor is given by 

( R l l ) 

C3 Rotation 

In Figure 6.1, the displacement of two neighbouring particles are represented by the vectors u. , and 

.. The vector 

du = u, u, 08 12) 

is called the relative displacement vector of the particle originally at with respect to the particle 

originally at Pg and, by assuming suitable continuity conditions on the displacement field and 

ignoring higher order terms, may be approximated by 

/ 

dw, = dX^. 0&13) 

Since the material displacement gradient du^ / dX^ may be decomposed uniquely into a symmetric 

and an antisymmetric part, the relative displacement vector may be written as 

du- = 
0%, 

(B.14) 

The first term is recognised as the infinitesimal Lagrange strain tensor. The second term is known as 

the infinitesimal Lagrange rotation tensor 

IF.. 
8%, 

or W = — VxU) . 03 15) 
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C4 Strain calculations from Patrick markers 

It is frequently desirable to calculate the material deformation gradient matrix from the time varying 

position of Patrick markers in physical models. In the derivation given below the Patrick markers are 

aiTanged in sets of three, but are not necessarily orthogonal in the reference state. 

reference state 

time t 

Figure 6.2 - Markers in reference state (X) and at time t (x). 

Recall that the material deformation gradient tensor F relates the vector dz to the vector d% by 

-dX„ or da: = F • d X . (B.16) 

For the differential line element , expanding Equation B.16 gives 

^"^(1)1 

/^^(1)2 '^^(1)2 
(B.17) 

A similar expression can be written for the differential line element dX^^ ,̂ but with the subscript (1) 

replaced by (2). The elements of F can be deduced from these equations. For example, 

^^(1)2 /^"^(2)2 
(B.18) 

It will be noted that (B.18) reduces to 

R 
da; '(1)1 

11 dX 
(B.19) 

(1)1 

if the markers are orthogonal in the reference state. 
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Appendix D - Single Frequency Shear Waves 

This appendix gives details of calculations relating acoustic Mach numbers to Green-Lagrange strain 

in single frequency shear waves. 

D1 Shear wave description 

Here we consider a single frequency progressive shear wave. We show the relationship between the 

Mach number and Green-Lagrange strain, define a response function and consider the high frequency 

response. First, consider the familiar description of a shear wave propagating in the direction; 

= (w^ = U g = 0 ) (C.l) 

where the complex amplitude of is u.̂  = and k is the wavenumber. If the shear wave 

speed is c, then k = ujjCg . 

The only time varying component of the Green-Lagrange infinitesimal strain tensor is 

= v " (c-2) 

where . 

As is the only non-zero component, it is equal to the maximum principal strain Lj. 

The peak maximum principal strain is therefore 

r ^ ^ i n a x '^ inax 

U 
The dimensionless ratio — may be called the acoustic Mach number of the shear wave. 

c, 

D2 Response function 

Returning to Equation C.l, we note that 

(C%4) 
a t 

and, defining the response function as the complex ratio of strain to acceleration in the direction, 

J? (W) = ((:.5) 

we have 

Therefore 

H iuj:> = —"-J- = . (C.6) 
2^2 2wQ 

Hcojy nc — and lim H(lu') = 0; (C.7) 
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the high frequency response is inversely proportional to frequency. 

Appendix E - Frequency Response Functions 

El Impulse response function 

In the time domain, the equivalent relationship between the output response y{t) to an arbitrary input 

x{t) is the convolution of the unit impulse response with the input signal 

XOO 

— T ) d T ( D . l ) 
-oo 

where h{t) is the unit impulse response function. Equation D.l is the convolution integral and is 

sometime written using a notation that mirrors the frequency domain relationship. 

Thus, convolution in the time domain is equivalent to multiplication in the frequency domain. 

Now, consider an impulsive input signal x{t) = 5 ( 0 and the corresponding transient output 

y{t) = h{t) of a linear system. The Fourier transform of the input signal is 

X(w) = —— f 5(t)e = —— (D.3) 
271 ~r\) Z7C 

and the Fourier transform of the output signal is 

1 J 

Y ( w ) = — f (D .4 ) 
Z7t —oo 

If we define 

y ( w ) = i r ( w ) % ( w ) , (D .5 ) 

we obtain 

H ( w ) = r (D .6 ) 
—OO 

Thus, the frequency response function H(W) is the Fourier transform of the impulse response 

1 function h(t) less the appropriate transform pair multiplier that, in this case, is 1 /2ii. Note that 

convolution in the time domain is equivalent to multiplication in the frequency domain. 

E2 Determining H(u:> 

Frequency response functions are often derived from the Fourier transform of the impulse response 

function h(t), defined as the response to a Dirac delta input, S(t): 

H (w) — f h(t)e , (w real). (D.7) 
—OO 

However, 6( t) contains equal energy at all frequencies. Results from the simple slab FE model show 

that input energy at frequencies above the mesh cut-off frequency may corrupt results. Thus, 5(t) 

is not a suitable input to a time-domain FE calculation. 
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The alternative is to determine iJccj) from the Fourier transforms of a tailored pulse input and its 

corresponding output (recall Equation D.5). The ideal synthesized input would contain constant energy 

at frequencies up to a point, followed by a rapid roll-off in energy. A variety of functions satisfy this 

requirement, one of which is the Manning function ha it) below. 

^^(l-cosWp,,,^<), 0 < < < r 

0. otherwise 
(D.8) 

= 27r /T. 

The Fourier transform of ha{t) is given by 

where O = 

FE model requirements 

Results from the simple slab model show that u)̂  can be calculated from 

5L. OJr. 

(D.9) 

0110) 

where c, is the shear wave speed and the characteristic element length. The model also shows that, 

at moderate Mach numbers (order 10"̂ ), the relative energy at frequencies above must be -10 dB 

or less to not corrupt results, i.e. w must be chosen so that 

.8L4(Wg) 
# 4 ( 0 ) 

< 1 0 - CDll) 

HA(co) is undefined for co=0 so it is evaluated using rHopital's mle, 

TTA 
lim HA (w) 

It follows that 

fL4(w) 
a 4 ( 0 ) 

|l -

(D.12) 

CD 13) 

If the cyclical nature of the denominator is ignored (peak value only used), the behaviour for D—>oo is 

lim 
0—»oo 

&4(w) 
;fyl(0) TrO 3 • 

It follows that the requirement of the FE method set out in Equation D. 11 is satisfied when 

1.438 - ?! 

0D14) 

0115) 
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BIFcujy need only be determined for the range where it contributes to y{t). Appendix D shows that 

we might reasonably assume that BIF c lo ) will tend towards zero at high frequencies. The limit of 

interest in BIF cuj') is chosen to be when 

BIF (cj) 
< 1 0 - 0&16) 

The frequency determined by this criterion is . 

BIFcLoy can only be determined where there is sufficient input energy. This is arbitrarily defined 

when 

:> 0.5. 
^ ^ ( 0 ) 

The frequency determined by this criterion is w,, - . 

Equation D.13 is evaluated for = 1 using I'Hopital's rule, 

= 0.5. 

(D.17) 

lim 
fL4.(w) 

So Wg _ actually occurs when = 1, i.e. at w ^ . 

Summary 

To prevent corruption of numerical results, we require that 

> w. 

03^8) 

L438 pulse 

27r 
Y' 

In addition, to guarantee sufficient high-frequency energy in the pulse to resolve BIF (w), we require 

that 

w , . < w , 

inn — pulse 
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Appendix F - Validation of FE model against physical model 

Figure 6.3 gathers time-histories for three locations and shows the correlation between experimental 

(shown with mean ± S.D., n=4), and numerical results for displacements and Green-Lagrange strain. 

Corpus Cailosum 

0^ 0̂ 5 01M 
Time (s) 

- » - x 1 Displacement (Expehmenial) - * - x 2 Dbpkcement fExpenmental) 
- * - x 1 Displacemeni (Numerical) -m-x2Dkplac8menl(Numeric8l) 

Corpus Catlosum 

0 0^ 0^ 01W 
Time (s) 

-Max. Principal Stram (Experimenlal) Principal Strain (Expenmenial) 
- Max. Principal SBan (Numerical) -* -Mm. Pr?r7cipel Suain (Nwriencal) 

Base of Central Sulcus 

8 - -10 

0^ 0^ oms 01M 
Time (s) 

- x 1 displacement (Expermenlal) - » - x 2 dJsplacament (Expehmenlal) 
-xldlspiacementfNumerlcal) x2 displacement (Numerical) 

Base of Central Sulcus 

0 0^ 
Time (s) 

- Max. Pnnopal Strain (Experimmtal) Mm. Principal Stram (Expemnenial) 
- Max. Prindpel Strain (Numencal) Mm. Principal Strain (Numencai) 

Cerebral Cortex 

0^ 0^ Oms 01W 
Time (s) 

- x1 displacement (Experimental) x2 displacement (Experlmenlat) 
-x1(hspiacement (Numerical) - * - x 2 displacement (Numerical) 

Cerebral Cortex 

] 0^ 
Time (s) 

- Max. F»nncval Strain (Experlmanlal) Min. Principal Strain (Experimental) 
- Max. Pnncipal strain (Numerical) -*-Min . PhncvalStrBln(Numericai) 

Figure 6.3 - Validation of FE model against physical model: Results for displacement and strain in 

three locations. 
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Appendix G - Wave Potential Expressions 

The expression for 
L; I t , J, (k§-fc|) (-2E-^""i ki (-ks + k^) (k; + k, ) (k; - k; k* ) + 2 ki (kl tkski) (-k§4-h|)) 

' ' (kj + ki) (k| + k|) 2 (k| + k|)k4 (k| + k;) 

1 f 2E-^l>^'ki (-ks+ki) (kj +k4) (kJ-kjk,) 2Eil"«ki(k|+k2k4) (-ki+k|) ( 2E-2l"=2kJ(ki-k|) 
— tiJ I " '••' + ••••—'-•' + Z £j ^ KT. 11 + •'' 
2 I (k |+k |Mki+k | ) (kf tkf ) ( k f I (kj + k|) (k^+k|) 

1 2L11J:,., 2 E-» '̂̂ 2 ki kj (ki - k|) E">=« ki(-2E-2'i'=4ki(-k3 + k4Hk2 + k4) (kJ-kjki) + 2ki (k| + k2k4) (-ks+k|)) 
tJ IE 2 X2 -

2 I (k]̂  + k̂ ) (k̂  + k̂ ) 2(kj + k3)k4(k£ + Kj) 
i Ê  1̂ -4 (kg + k4 I (k^ + ki (kg — k^) + kg k̂  ) (k% (k]_ - kg ) + (k% + kg) kj) 

!ki 

(k| tk|> (k| + ki) 

[E^iii=2 xi (-k^ + kzkg) (k i -k | ) ki (ki + k2 kg) (kj - k|) ) (-kg +k4 ) (ki + kf k| - kj (kj + 4 kg k, + k|)) 

k2 (ki+k|) (k|+ k|) k2 (ki + k|) rk |+kj) ) (kj + k|) (kj + k|) 

1 J ( 2E-'i>=4ki(-kg+k4) (k3 + k4) (kj-k2ki) 2E'"^9 ki (kl + k,k4 ) (-k | + kj) 
— m" 2 ! (kf + kf) (kf + k|) (kf + kf) (kf + k|) 

E-i i>=2 ki (kj - k. kg) (k| - k|) E' '̂=2 ki (k| + k2 kg) (k§ - k|) 

I (kf+k|) (kj + kf) II 

(kl + kg) (kj+k|) (k|+k|) (k| +kj) 

E' I''* ki ((kg + kj) (k| tk i (kg - kt) t kg ka) (% (ki -kg) + (ki + kgtk^) + (-kg tk4 ) (k| t kg k| - k | (k; +4 kg ki kj))) 

2 (k| t k|) k4 (ki t ki ) 

and the expression for 

2 . 

t ' I 
(ki-kjkg) (k^-k|) E"''-2ki (k| + k2kg) (k§-k|) 

ki ((ks^ki) (kl-^ki (ta _ k, ) + *3 k*) (ki (ki-ks) + fXi + kg ) K4) -f (-kg Ĵc4 ) (4-f }c| k| - kf (X| +4k3k.+k̂ ))) | 
2 (ki + k )̂k4 (k| + k|) I 

-o (e' J, _ 2E-^^^^2k|k2 (k | -k | ) _ E^^^^^ki (-ZE-^'^^^kiC-ka + k*) (k̂  +k^) (k| - ks k4) 4 2 ki (k^+k2 k4) j ^ 
I (k| + k§) (k| + k|) 3 (k| + k§) k4 (k| + k|) ) 

2 I (k£ + k§) (k| + k|) (k| + k|) (k̂  +k̂ ) I (k| + k§) (k| -f k|) )) J) ' 
Ilka 2E"'̂ '̂ 2 k2 (kl -k | ) E"^':4ki(-2E-^^":^ ki(>k5 + k4) (ks +k4) (k|-X2k4)+ 2ki (ki + k2k4) (-ki +k|)) 

(k| + kj) (k^ + k^) 2 (k^ + k|)k4 (k£ + }^) 

E-̂  11=2 kg (kj - k|) E^^^ki (-2E-^^=^^'^ki (-k; -f k4 j (k^-^kj) (1^-ka k&) +2ki fk^ + kgk.) (-*# +k |n j 

(k£+k|)(kj_ + k|) 2 (k̂  + k̂ k̂̂  (k̂  + k̂ ) 1 
(kg + k̂  ) (k^ + Ki (kg — k^) + kg k̂  J (k]̂  (ki - kg) + (k% + k̂  f k^) 

(kj +k|) (k| + k|) 
111,. ̂  (E-^^i^2ki(-k| + k2k3.» (kg-kg) ki (kf-fk2 ks) (k|-k|.i ] (-% ^k.) (k^+ klk=-k£ (kg+4:^k.+k^)) ' 

' k̂  (kĵ  + kj) (k£ + k^) kg (k^ + kg) (k^+k^) •" (kj + k^) (kj + k^) 

1 ^ |2E^^^ki(_k3+k*) (k3+k4) (l^-kek.) ^ ZE^^^kid^ + kak*) (-kg+^j) f l • N - k | ) jj 

2 ' (k| + k|) (k^ + k|) (k^ + k§) (k| + k|) ' (k^ +ki) (k| + k|) 1' 

/ E-J ikg ki (kl - kg kg ) (kj - kg) ^ ^̂=2 ki (kf -f. ko ks ) (kg - k|) 

I (k| + k§) (K5^+k|j (k^+kj) (k£ + k5) 

Ê  kl ((ks +k^) (kj +ki (k3-k4) +k3 k4) (ki (ki-k^) + (ki + k^) k^) (-% ^k^ + k̂  k̂  - k̂  (k§ +4 kg k4 + k|))) 

2 (k^ + kj ) k̂  (kl + k|) III 

Page 118 



LIST OF REFERENCES 

[1] Abel, J. M., Germarelli, T. A. and Segawa, H. (1978). Incidence and severity of cerebral concussion in 
the rhesus monkey following sagittal plane. In Proceedings of the 22nd Stapp Car Crash Conference, 
Society of Automotive Engineers, WaiTendale, PA, USA. 

[2] www.abta.org (2001). ABTA. 

[3] Aldman, B., Thomgren, L. and Ljung, C. (1981). Patterns of deformation in brain models under 
rotational motion. In Proceedings of the Head and Neck Injuiy Consensus Workshop, DOT HS 806 434. 
U.S. Department of Transportation, National Highway Traffic Safety. 

[4] Arbogast, K. B., Meaney, D. F. and Thibault, L. E. (1995). Biomechanical characterization of the 
constitutive relationship for the brainstem. In Proceedings of the 39th Stapp Car Crash Conference, 
Society of Automotive Engineers, Warrendale, PA, USA. 

[5] Bain, A. C., Billiar, K. L., Shreiber, D. I., et al. (1997). In vivo mechanical thresholds for traumatic 
axonal damage. In Proceedings of the Impact Head Injury: Responses, Mechanisms, Tolerance, 
Treatment and Countermeasures, AGARD, Neuilly-sur-Seine, France. 

[6] Bain, A. C. and Meaney, D. F. (1999). Thresholds for mechanical injury to the in vivo white matter. In 
Proceedings of the 43rd Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, 
PA, USA. 

[7] Bandak, F. A. (1995). On the mechanics of impact neurotrauma: a review and critical synthesis. Journal 
of Neurotrauma 12, 635-649. 

[8] Bandak, F. A. and Eppinger, R. H. (1994). A three-dimensional finite element analysis of the human 
brain under combined rotational. In Proceedings of the 38th Stapp Car Crash Conference, Society of 
Automotive Engineers, Warrendale, PA, USA. 

[9] Bradshaw, D. R. S., Ivarsson, J., Morfey, C. L. and Viano, D. C. (2001). Simulation of acute subdural 
haematoma and diffuse axonal injury in coronal head impacts. Journal of Biomechanics 34, 85-94. 

[10] Brands, D. W. A., Bovendeerd, P. H. M., Peters, G. W. M. and Wismans, J. S. H. M. (2000). The large 
shear strain dynamic behaviour of in-viti'o porcine brain tissue and a silicone gel model material. In 
Proceedings of the 44th Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, 
PA. USA. 

[11] Introductory psychology electronic image bank (1995). Brown and Benchmark. 

[12] British Standards Institution (1987). Measurement and evaluation of human exposure to whole-body 
mechanical vibration and repeated shock BS6841. 

[13] Claessens, M. H. A. (1997). Finite element modeling of the human head under impact conditions. PhD 
Thesis, Technische Univertsiteit Eindhoven. 

[14] DiMasi, F. P., Eppinger, R. H. and Bandak, F. A. (1995). Computational analysis of head impact 
responses under car crash loadings. In Proceedings of the 39th Stapp Car Crash Conference, Society of 
Automotive Engineers, Warrendale, PA, USA. 

[15] Donnelly, B. R. (1998). Brain tissue material properties: a comparison of results. In Proceedings of the 
26th International Workshop on Biomechanics Research. 

[16] Donnelly, B. R. and Medige, J. (1997). Shear properties of human brain tissue. Journal of 
Biomechanical Engineering-Transactions of the ASME 119, 423-432. 

[17] Duhaime, A., Gennarelli, T. A., Thibault, L. E., et al. (1987). The shaken baby syndrome. Journal of 
Neurosurgery 66, 409-415. 

[18] Eiband, A. (1959). Human tolerance to rapidly applied accelerations: a summary of the literature. 5-19-
59E. NASA. 

[19] England, M. A. and Wakely, J. (1991). A colour atlas of the brain and spinal cord. Wolfe Publishing 
Ltd., London, UK. 

Page 119 

http://www.abta.org


[20] ESTC (1995). A strategic road safety plan for the European union. ISBN 90-76024-01-4. Brussels: 
European Transport Safety Council. 

[21] Gadd, C. W. (1966). Use of a weighted-impulse criterion for estimating injury hazard. In Proceedings 
of the 10th Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[22] Galbraith, J. A., Thibault, L. E. and Matteson, D. R. (1993). Mechanical and electrical responses of the 
squid giant axon to simple elongation. Journal of Biomechanical Engineering-Transactions of the 
/ I S - M E 1 1 5 , 1 3 - 2 2 . 

[23] Galford, J. E. and McElhaney, J. H. (1970). A viscoelastic study of scalp, brain, and dura. Journal of 
Biomechanics 3, 211-221. 

[24] Gennarelli, T. A., Thibault, L. E., Adams, J. H., et al. (1982). Diffuse axonal injury and traumatic coma 
in the primate. Annals of Neurology 12, 564-574. 

[25] Gennarelli, T. A., Thibault, L. E. and Graham, D. I. (1998). Diffuse axonal injury: an important form of 
traumatic brain damage. Neuroscientist 4, 202-215. 

[26] Gennarelli, T. A., Thibault, L. E., Tomei, G., et al. (1987). Directional dependence of axonal brain 
injury due to centroidal and non-centroidal. In Proceedings of the 31st Stapp Car Crash Conference, 
Society of Automotive Engineers, Warrendale, PA, USA. 

[27] Goldsmith, W. (1981). Current controversies in the stipulation of head injury criteria. Journal of 
Biomechanics 14, 883-884. 

[28] Gosch, H. H., Gooding, E. and Schneider, R. C. (1970). The lexan calvarium for the study of cerebral 
response to acute trauma. Journal of Trauma 10, 370-376. 

[29] Graff, K. F. (1975). Wave motion in elastic solids. Dover Publications, Inc., New York. 

[30] Gurdjian, E. S., Roberts, V. L. and Thomas, L. M. (1966). Tolerance curves of acceleration and 
intracranial pressure and protective index in. Journal of Trauma 6, 600-604. 

[31] Hardy, W. N., Khalil, T. B. and King, A. I. (1994). Literature review of head injury biomechanics. 
International Journal of Impact Engineering 15, 561-586. 

[32] Hodgson, V. R. and Thomas, L. M. (1972). Effect of long-duration impact on head. In Proceedings of 
the 16th Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[33] Holboum, A. H. S. (1943). Mechanics of head injuries. Lancet!, 438-441. 

[34] Holboum, A. H. S. (1945). The mechanics of brain injuries. British Medical Bulletin 3, 147-149. 

[35] Holboum, A. H. S. (1956). Personal communication to Dr. Sabina Strich. October 13. 

[36] Huang, H. M., Lee, M. C., Chiu, W. T., et al. (1999). Three-dimensional finite element analysis of 
subdural hematoma. Journal of trauma: Injwy, infection and critical care 47, 538-544. 

[37] Huang, H. M., Lee, M. C., Lee, S. Y., et al. (1999). Finite element analysis of brain contusion: an 
indirect impact study. Medical & Biological Engineering & Computing 38, 253-259. 

[38] Altair Engineering Ltd (1998). HyperMesh. 

[39] Ivarsson, J. (1999). Influence of intracranial features on brain kinematics during head impact. Licentiate 
Thesis, Department of Injury Prevention, Chalmers University of Technology. 

[40] Ivarsson, J., Viano, D. C., Lovsund, P. and Aldman, B. (2000). Strain relief from the cerebral ventricles 
during head impact: experimental studies on natural protection of the brain. Journal of Biomechanics 
3 3 , 1 8 1 - 1 8 9 . 

[41] Klialil, T. B. and Viano, D. C. (1982). Critical issues in finite element modeling of head impact. In 
Proceedings of the 26th Stapp Car Cra.'sh Conference, Society of Automotive Engineers, Warrendale, 
PA, USA. 

[42] Kumaresan, S. and Radhakrishnan, S. (1996). Importance of partitioning membranes of the brain and 
the influence of the neck in head injury modelling. Medical & Biological Engineering & Computing 34, 
2 7 - 3 2 . 

[43] Lee, M. C. and Haut, R. C. (1989). Insensitivity of tensile failure properties of human bridging veins to 
strain rate: implications in biomechanics of subdural hematoma. Journal of Biomechanics 22, 537-542. 

Page 120 



[44] Lowenhielm, C, G. P. (1974). Dynamic properties of the parasagittal bridging veins. Z Recbtsmedizin 
74, 55-62. 

[45] Lowenhielm, C. G. P. (1978). Dynamic strain tolerance of blood vessels at different post mortem 
conditions. Journal of Bioengineering 2, 509-515. 

[46] Livennore Software Technology Corporation (1999). LS-DYNA. 

[47] Margulies, S. S. (1987). Biomechanics of traumatic coma in the primate. PhD Thesis, University of 
Pennsylvania, Philadelphia, PA. 

[48] Margulies, S. S., Thibault, L. E. and Gennarelli, T. A. (1990). Physical model simulations of brain 
injury in the primate. Journal of Biomechanics 23, 823-836. 

[49] The MathWorks, Inc (1999). Matlab. 

[50] McElhaney, J. H., Melvin, J. W., Roberts, V. L. and Portnoy, H. D. (1973). Dynamic characteristics of 
the tissues of the head. In Proceedings of the Perspectives in Biomedical Engineering. 

[51] McElhaney, J. H., Roberts, V. L. and Hilyard, J. F. (1976). Properties of human tissues and 
components: nervous tissues. In Handbook of Human Tolerance. Automobile Research Institute, Tokyo, 
Japan. 

[52] Meaney, D. F. (1991). Biomechanics of acute subdural hematoma in the subhuman primate and man. 
PhD Thesis, University of Pennsylvania, Philadelphia, PA. 

[53] Meaney, D. F. and Thibault, L. E. (1990). Physical model studies of cortical brain deformation in 
response to high strain rate inertial loading. In Proceedings of the International IRCOBI Conference on 
the Biomechanics of Impacts. 

[54] Miller, R. T., Smith, D. H., Chen, X., et al. (1999). Comparing experimental data to traumatic brain 
injury finite element models. In Proceedings of the 43rd Stapp Car Crash Conference, Society of 
Automotive Engineers, Warrendale, PA, USA. 

[55] Nahum, A. M., Smith, R., Raasch, F. and Ward, C. (1979). Intracranial pressure relationships in the 
protected and unprotected head. In Proceedings of the 23rd Stapp Car Crash Conference, Society of 
Automotive Engineers, Warrendale, PA, USA. 

[56] Nahum, A. M., Smith, R. and Ward, C. C. (1977). Intracranial pressure dynamics during head impact. 
In Proceedings of the 21st Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, 
PAJUSA. 

[57] Newland, D. E. (1984). An introduction to random vibrations and spectral analysis. Longman Inc., 
New York. 

[58] Newman, J. A. (1980). Head injury criteria in automotive crash testing. In Proceedings of the 24th 
Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[59] NHTSA (1972). Occupant crash protection - head injury criterion. FMVSS 571.208. National Highway 
Traffic Safety Administration, U.S. Department of Transportation,. 

[60] Nishimoto, T. and Murakami, T. (1998). Relation between diffuse axonal injury and internal head 
structures on blunt impact. Journal of Biomechanical Engineering-Transactions of the AS ME 120, 140-
1 4 ^ 

[61] Ommaya, A. K. (1968). Mechanical properties of tissues of the nervous system. Journal of 
Biomechanics 1, 127-138. 

[62] Ommaya, A. K., Yamell, P., Hirsch, A. E. and Harris, E. H. (1967). Scaling of experimental data on 
cerebral concussion in sub-human primates to concussion thresholds for man. In Proceedings of the 
11th Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[63] Prasad, P. (1999). Biomechanical basis for injury criteria used in crashworthiness regulations. In 
Proceedings of the International IRCOBI Conference of the Biomechanics of Impacts. 

[64] Prasad, P. and Mertz, H. J. (1985). The position of the United States delegation to ISO Working Group 
6 on the use of HIC. SAE Technical Paper Series, 1-11. 

[65] Pudenz, R. H. and Shelden, C. H. (1946). The lucite calvarium-a method for direct observation of the 
brain. Journal of Neurosurgery 3, 487-505. 

Page 121 



[66] Ruan, J. S., Khalil, T. B. and King, A. I. (1991). Human head dynamic response to side impact by finite 
element modeling. Journal of Biomechanical Engineering-Transactions of the ASME 1 13, 276-282. 

[67] Ruan, J. S., Khalil, T. B. and King, A. I. (1991). Intracranial response to a three-dimensional human 
head finite element model. In Proceedings of the Injury Prevention Through Biomechanics. 

[68] Ruan, J. S., Khalil, T. B. and King, A. I. (1993). Finite element modeling of direct head impact. In 
Proceedings of the 37th Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, 
PA, USA. 

[69] Ruan, J. S., Khalil, T. B. and King, A. I. (1994). Dynamic response of the human head to impact by 
three-dimensional finite element analysis. Journal of Biomechanical Engineering-Transactions of the 

116, 44-50. 

[70] Ruan, J. S. and Prasad, P. (1995). Coupling of a finite element human head model with a lumped-
parameter Hybrid-Ill. Journal of Neurotrauma 12, 725-734. 

[71] Saatman, K. E., Thibault, L. E. and Meaney, D. F. (1992). Biomechanics of isolated myelinated nerve 
as related to brain injury. In Proceedings of the Winter Annual Meeting of the American Society of 
Mechanical Engineers. 

[72] Sauren, A. A. H. J. and Claessens, M. H. A. (1993). Finite element modeling of head impact: the second 
decade. In Proceedings of the International IRCOBI Conference on the Biomechanics of Impacts. 

[73] Slireiber, D. I., Gennarelli, T. A. and Meaney, D. F. (1995). The incidence of cerebral contusions in the 
human: a physical modeling study. In Proceedings of the International IRCOBI Conference on the 
Biomechanics of Impacts. 

[74] Shuck, L. Z. and Advani, S. H. (1972). Rheological response of human brain tissue in shear. Journal of 
Basic Engineering 94, 905-911. 

[75] Smith, W. F. (1986). Principles of material science and engineering. McGraw Hill, New York, London, 
Toronto. 

[76] Snell, R. S. (1992). Clinical Neuranatomy for Medical Students. Little, Brown & Co., Boston. 

[77] Stalnaker, R. L., Melvin, J. W., Nusholtz, G. S., et al. (1977). Head impact response. In Proceedings of 
the list Stapp Car Crash Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[78] Thibault, K. L. and Margulies, S. S. (1996). Material properties of the developing porcine brain. In 
Proceedings of the International IRCOBI Conference on the Biomechanics of Impacts. 

[79] Thibault, L. E., Margulies, S. S. and Gennarelli, T. A. (1987). The temporal and spatial deformation 
response of a brain model in inertial loading. In Proceedings of the 31st Stapp Car Crash Conference, 
Society of Automotive Engineers, Warrendale, PA, USA. 

[80] Thomas, L. M., Roberts, V. L. and Gurdjian, E. S. (1967). Impact-induced pressure gradients along 
three orthogonal axis in the human skull. Journal of Neurosurgety 26, 316-349. 

[81] Trosseille, X., Tarriere, C., Lavaste, F., et al. (1992). Development of a FEM of the human head 
according to a specific test protocol. In Proceedings of the 36th Stapp Car Crash Conference, Society 
of Automotive Engineers, Warrendale, PA, USA. 

[82] Versace, J. (1971). A review of the severity index. In Proceedings of the 15th Stapp Car Crash 
Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[83] Viano, D. C., Aldman, B., Pape, K., et al. (1997). Brain kinematics in physical model tests with 
translational and rotational acceleration. International Journal of Crashworthiness 2 ,191 -206. 

[84] Viano, D. C. and Lovsund, P. (1999). Biomechanics of brain and spinal-cord injury: analysis of 
neuropathologic and neurophysiologic experiments. Journal of Crash Prevention and Injury Control 1, 
35-43. 

[85] Yamashima, T. and Friede, R. L. (1984). Why do bridging veins rupture into the virtual subdural space? 
Journal of Neurology, Neurosurgery, and Psychiatry Al, 121-127. 

[86] Young, P. G. and Morfey, C. L. (1998). Intracranial pressure transient caused by head impacts. In 
Proceedings of the International IRCOBI Conference on the Biomechanics of Impacts. 

Page 122 



[87] Zarkovic, K., Jadro-Sante], D. and Grcevic, N. (1991). Distribution of traumatic lesions of corpus 
callosum in inner cerebral trauma. Neurologica Croatica 40, 129-155. 

[88] Zhou, C., Khalil, T. B. and King, A. I. (1994). Shear stress distribution in the porcine brain due to 
rotational impact. In Proceedings of the 38th Stapp Car crash conference, Society of Automotive 
Engineers, Warrendale, PA, USA. 

[89] Zhou, C., Khalil, T. B. and King, A. I. (1995). A new model comparing impact responses of the 
homogeneous and inliomogeneous human brain. In Proceedings of the 39th Stapp Car Crash 
Conference, Society of Automotive Engineers, Warrendale, PA, USA. 

[90] Zhou, C., Khali], T. B. and King, A. I. (1997). Head injury assessment of a real world crash by finite 
element modeling. In Proceedings of the Impact Head Injuiy: Responses, Mechanisms, Tolerance, 
Treatment and Coimtermeasures, AGARD, Neuilly-Sur-Seine, France. 

Page 123 


