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Abstract

Blast-induced TBI has gained prominence in recent years due to the conflicts in
Iraq and Afghanistan, yet little is known about the mechanical effects of blasts on
the human head; no injury thresholds have been established for blast effects on the
head, and even direct transmission of the shock wave to the intracranial cavity is
disputed. Still less is known about how personal protective equipment such as the
Advanced Combat Helmet (ACH) affect the brain’s response to blasts. The goal of
this thesis is to investigate the mechanical response of the human brain to blasts and
to study the effect of the ACH on the blast response of the head. To that end, a
biofidelic computational model of the human head consisting of 11 distinct structures
was developed from high-resolution medical imaging data. The model, known as
the DVBIC/MIT Full Head Model (FHM), was subjected to blasts with incident
overpressures of 6 atm and 30 atm and to a 5 m/s lateral impact. Results from the
simulations demonstrate that blasts can penetrate the intracranial cavity and generate
intracranial pressures that exceed the pressures produced during impact; the results
suggest that blasts can plausibly directly cause traumatic brain injury. Subsequent
investigation of the effect of the ACH on the blast response of the head found that
the ACH provided minimal mitigation of blast effects. Results from the simulations
conducted with the FHM extended to include the ACH suggest that the ACH can
slightly reduce peak pressure magnitudes and delay peak pressure arrival times, but
the benefits are minimal because the ACH does not protect the main pathways of
load transmission from the blast to brain tissue. A more effective blast mitigation
strategy might involve altering the helmet design to more completely surround the
head in order to protect it from direct exposure to blast waves.

Thesis Supervisor: Rauil A. Radovitzky
Title: Associate Professor of Aeronautics and Astronautics
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Chapter 1

Introduction

Traumatic brain injury (TBI) has been a major public health concern in the United
States for decades; from 1995 to 2001, an average of 1.4 million Americans a year
sustained a TBI, leading to 50,000 deaths, 235,000 hospitalizations, and 1.1 million
emergency department visits [45]. Of these, an estimated 80-90,000 experienced the
onset of long-term disability [45, 88]. These TBIs were largely caused by falls, motor
vehicle crashes, sports collisions, and firearm assaults [45]. Even with an average of 1.4
million Americans sustaining a TBI each year, though, the average annual incidence
of TBI was only 0.5% [45]. Since Operation Enduring Freedom (OEF) began in
Afghanistan in October 2001 and Operation Iraqi Freedom (OIF) began in Iraq in
May 2003, the incidence of TBI among U.S. service members has been significantly
higher. Indeed, TBI has been labeled as the signature injury of OEF and OIF [34].
The U.S. Department of Defense has estimated that 10-20% of OEF/OIF Army
and Marine Corps service members have sustained a mild TBI, based on data from
2004 to 2006 at selected military installations [65]. Other studies have found that any-
where from 12 to 22.8% of OEF /OIF veterans have experienced TBIs. For example, a
recent study found that 22.8% of soldiers in an Army Brigade Combat Team return-
ing from Iraq had clinician-confirmed TBI [86]. A 2008 RAND survey of OEF/OIF
veterans found that 19.5% had experienced a probable TBI during deployment; given
that prevalence of TBI, it was estimated that approximately 320,000 OEF /OIF vet-

erans could have experienced a TBI [84]. A 2006 study of U.S. Army infantry soldiers
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3-4 months after their return from a year-long deployment to Iraq found that 15%
reported an injury during deployment that involved loss of consciousness or altered
mental status [34], and a 2005 survey of OEF/OIF veterans who had left combat
theaters by September 2004 found that about 12% of the 2,235 respondents reported
a history consistent with mild TBI [77]. Among those who have been medically evac-
uated from theater, the proportion who have suffered a TBI is predictably higher;
screening at Walter Reed Army Medical Center (WRAMC), for example, found that
30% of service members medically evacuated there from the OEF/OIF combat the-
aters from January 2003 to June 2007 had sustained a TBI [65]. And of 50 OEF /OIF
veterans treated at the Tampa Veterans Affairs Polytrauma Rehabilitation Center,
80% had incurred combat-related TBI, with 70% of the injuries caused by impro-
vised explosive devices (IEDs) [14]. Given the high prevalence of TBI among U.S.
service members, the costs of military-related TBI are enormous. The 2008 RAND
study conservatively estimated the total cost for deployment-related TBI from 2001
to 2007 to be $554-854 million [84]. It was noted that the estimate likely understates
the costs of deployment-related TBI, because while it includes the cost of treatment
and reduction in productivity in the first year following injury and costs associated
with mortality and suicide, it does not include cost of treatment or reduction in pro-
ductivity beyond the first year, caregiver burden, TBI-related health problems, or
downstream costs stemming from substance abuse, domestic violence, homelessness,
and other factors [84]. While the precise cost of military-related TBI over the last
decade remains unclear, it is apparent that a significant fraction of U.S. service mem-
bers have sustained a TBI during OEF/OIF, and the costs associated with those

deployment-related TBIs have been massive.

For active duty military personnel in war zones, blasts are the primary cause of
TBI [84]. 68% of the OEF/OIF soldiers at WRAMC who screened positive for TBI
had been injured by a blast [95], and data collected from March to September 2004
from Navy-Marine Corps medical facilities in Iraq found that IEDs were responsible
for 62% of combat-related TBIs, even though 69% of the TBI patients had worn a

helmet [27]. One reason blasts have become such a large cause of military-related TBI
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is because the current conflicts in Iraq and Afghanistan involve battling insurgents
who favor cheap, easily concealed explosive weapons capable of killing large numbers
of people. As a result, approximately 60% of total éombat casualties [49] and 67% of
Army war zone evacuations [94] have been attributed to explosive blasts. The IED in
particular has become the most common explosive weapon [49], accounting for about
40% of all casualties [84]. IEDs can be manufactured from materials ranging from 155
mm artillery shells to plastic explosives to barrels of gasoline [3]; they have evolved
from relatively crude devices detonated by simple mechanisms to sophisticated devices
capable of penetrating the armor of an M-1 Abrams tank [84]. Exposure to these
blasts often leads to head and neck injuries. For example, 97% of the injuries in one
Marine unit in Iraq were due to explosions (65% to IEDs), with 53% involving the head
and neck [82], and a study of 4,831 patients at a U.S. Army echelon II medical facility
in Iraq between October 1, 2003, and June 30, 2004, found that 88% of U.S military
personnel treated had been injured by IEDs or mortars, with up to 47% of those
injuries involving the head [60]. According to the Joint Theater Trauma Registry
compiled by the U.S. Army Institute of Surgical Research, 22% of wounded OEF /OIF
service members who passed through Landstuhl Regional Medical Center in Germany
had injuries to the head, face, or neck [67]. It is likely that a significant number of
these head injuries caused by explosions included blast-related TBIs (bTBIs).

Blast-related TBI has also gained visibility due to advances in military medicine
and personal protective equipment (PPE) that allow U.S. service members to survive
blasts that previously would have been fatal. In the current conflicts, the survival
rates are dramatically higher than in previous conflicts. While 30% of wounded U.S.
soldiers died in World War II and 24% of wounded U.S. soldiers died in the Viet-
nam conflict, only about 10% of wounded U.S. soldiers have died in Afghanistan and
Iraq [28]. The high survival rate can be attributed in part to significant advances
in military medicine, including deployment of leaner, more mobile surgical teams far
forward on the battlefield and rapid medical evacuation from combat zones — the
average time from battlefield to arrival in the United States is now less than 4 days,

compared to 45 days during the Vietnam conflict [28]. In addition, important ad-
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vances in TBI treatment have been made, including early decompressive craniectomy,
neurocritical care, cerebral angiography, transcranial Doppler, hypertonic saline, and
TBI clinical management guidelines [49]. The high survival rate can also be attributed
in part to advances in PPE, with improvements in body armor allowing soldiers to
survive injuries that previously would have been fatal [67]. However, the improved
protective gear do not necessarily prevent blast-related TBI; PPE have historically
been designed to protect against ballistic impact, not blasts. Until recently, blast
protection has not been a primary objective in the design of PPE, and any secondary
blast protection provided has been fortuitous; the low incidence of blast lung nowa-
days, for example, suggests that Kevlar vests are effective in preventing those types of
injuries. The influence of other PPE, such as the Advanced Combat Helmet (ACH),

on the brain’s response to blast waves remains largely unknown.

TBI, and blast-related TBI in particular, has thus emerged as the leading injury
among OEF/OIF service members [65]. Despite the importance of understanding
blast-related TBI, however, little is known about the mechanical effect of blasts on
the human head; no injury thresholds have been established for blast effects on the
head, and even direct transmission of the shock wave to the intracranial cavity is
disputed. Alternative mechanisms have been proposed, including acceleration of the
head and transmission of the blast wave to the brain through a thoracic mechanism
[17, 12]. Some have questioned the link between mild TBI and adverse physical
health outcomes at all [34]. Additionally, it is not understood how the ACH affects

the brain’s response to blasts.

This thesis aims to investigate the mechanical response of the human brain to
blast waves and to examine the effect of the ACH on that response through numerical
simulation. The remainder of Chapter 1 will provide background on blast-related TBI,
and Chapter 2 will discuss existing computational TBI models. Chapter 3 will present
the modeling framework used in the blast-related TBI simulations; the computational
code, full head model, material models, and material properties will be detailed. In
Chapter 4, the results from the simulations will be presented and discussed, and it

will be demonstrated that a blast wave can propagate through the cranial cavity
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and result in stresses that match or exceed those observed in impact-related TBI. In
Chapter 5, the results from simulations conducted with the full head model extended
to include the ACH will be presented; it will be shown that the addition of the ACH
minimally delays and reduces the magnitudes of stresses transmitted to the head by

the blast wave. Chapter 6 will contain conclusions and comments on future work.

1.1 Blast-Induced TBI

1.1.1 Blast Injury Mechanisms

When an explosive device detonates, a chemical reaction occurs that rapidly releases
gas and heat. The gas radially expands as a supersonic, high-pressure blast wave, and
the leading edge of the blast wave compresses the host medium to create a shock front.
For an ideal free-field explosion in air, the blast wave can be modeled as a Friedlander
waveform, which is characterized by a rapid rise to peak pressure immediately followed
by an exponential decay of the overpressure and a relatively prolonged underpressure
[6]. If the blast wave encounters a solid object, such as a wall or other structure, it is
significantly modified as it reflects from the object and diffracts around it; assuming
that air behaves as an ideal gas, the overpressure of the reflected wave can be up
to 8 times greater than the overpressure of the incident wave, and taking real gas
effects into account, the reflected overpressure can be even larger, perhaps 20 or more
times greater than the incident overpressure [6]. The three-dimensional fluid flow
field characterizing an explosion can thus be very complex, and there is considerable
room for variability in military-associated blast exposure.

Blasts can result in four types of injury: 1) primary blast injury, which results
from the impact of the blast wave with body tissue; 2) secondary blast injury, which
results from debris and shrapnel; 3) tertiary injury, which results from individuals
being thrown by blast wind and impacting stationary objects; and 4) quaternary
blast injury, which encompasses all other explosion-related injuries, including burns,

inhalation injuries, crush injuries, and asthma [11]. While secondary, tertiary, and
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quaternary blast injuries are not unique to blasts and have been studied extensively
for decades, primary blast injury is not as well understood, particularly as it relates
to TBIL. The organs most susceptible to primary blast injury are the air-filled organs
such as the ears, lungs, and gastrointestinal (GI) tract [25], with the most common
injury being rupture of the tympanic membranes [63]. Although research efforts in
- prior decades focused on blast lung injuries, such injuries have occurred only infre-
quently during OEF /OIF thanks to advances in body armor, and blast-related GI
tract injuries have been even rarer [49]. Now, with soldiers surviving higher intensity
blasts that previously would have been fatal due to lung or GI tract injury, focus
has shifted to blast-related brain injury. The brain, residing in a fluid-filled cavity,
is vulnerable to blasts [25], but little is known about how blasts affect the brain;
no injury thresholds have been established, and direct transmission of the non-linear
shock wave into the intracranial cavity has been disputed. Here, focusing solely on

primary blast injury, we investigate the effects of blast waves on the human brain.

There is little question that exposure to blasts can harm the brain, as numerous
animal studies have linked blasts to various manifestations of brain damage. One
study of rats, for example, found that application of 12.5 MPa shock waves resulted
in cerebral contusional hemorrhage associated with neuronal apoptosis, while appli-
cation of 1.0 MPa shock waves resulted in mild morphological changes in neurons
[39]. Another study found that rats subjected to 147 kPa air blasts suffered from
prominent areas of cortical loss, gliosis, and infiltration, as well as hemorrhage and
extensive necrosis [50], and a different study found that subjecting rats to 20 kPa
blasts resulted in cortical neuron degeneration and significant impairment of perfor-
mance on tests of coordination, strength, and startle response [57]. A study of pigs
found that exposure to free air explosions with peak overpressure of 237 kPa resulted
in transient flattening of the electroencephalogram (EEG) and short-lasting apnea,
indicating a blast wave-induced effect on the brainstem or higher controlling center
[80]. From these studies, it is evident that blasts can have a detrimental effect on the

brain.

The mechanism by which blasts result in brain damage, however, remains in dis-

18



pute. One proposed mechanism suggests that shock waves could directly propagate
through the cranial cavity as stress waves, which travel around the speed of sound
with high amplitude and can injure tissue through spalling, implosion, and pressure
differentials [47]. A 1961 study exposing rhesus monkeys to air blasts found a large
fraction of the pressure was transmitted into the brain through the skull, while little
was transmitted from the torso to the brain [47]. Studies of rats and rabbits exposed
to blasts also demonstrated that pressure waves could be transmitted directly to the
brain with only slight change in amplitude [47]. Alternatively, it has been suggested
that the central nervous system (CNS) could be injured by blasts through the cerebral
vasculature via a thoracic mechanism [17]. Studies have shown that ballistic pressure
waves, which are generated when a projectile enters a viscous medium, can cause
remote injuries; for example, studies have found that shooting pigs in the thigh can
result in apnea, EEG suppression, microscopic neuronal damage, and elevated pres-
sures within the brain [17]. Similarly, studies have shown that behind armor trauma,
which results when impacts to body armor transmit sufficient force to tissue behind
the armor, can result in EEG suppression and death [17]. These studies demonstrate
that localized trauma can lead to remote injuries, and they provide some support
for the hypothesis that blast waves can be transmitted from the torso to the brain
through the vasculature. Finally, it has been suggested that acceleration of the head
can lead to coup-contrecoup injury akin to that observed in impact-related TBI [21].
Peak intracranial pressures due to acceleration have been found to be in the same
range as pressure magnitudes that result in mTBI in lateral fluid percussion (LFP)
models [17]. Still, it remains unknown which mechanism, or combination of mech-
anisms, accounts for blast-related TBI. To develop a more complete understanding
of TBI, we now examine its medical and biological aspects, considering its clinical

definition, symptoms, and pathophysiology.

1.1.2 Definition

In 1995, the Centers for Disease Control and Prevention (CDC) published Guidelines

for Surveillance of Central Nervous System Injury, which defined TBI in terms of ICD-
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9-CM (International Classification of Diseases, Ninth Revision, Clinical Modiﬁcation)
diagnostic codes [89]. To summarize, TBI was defined as an occurrence of head injury
that is associated with decreased level of consciousness, amnesia, other neurological
or neuropsychological abnormalities, skull fracture, diagnosed intracranial lesions, or
death [88]. TBIs may be classified by severity as mild, moderate, or severe. The
American Congress of Rehabilitation Medicine has defined mild TBI (mTBI) as a
head injury resulting in at least one of the following: (1) loss of consciousness (LOC)
for approximately 30 minutes or less; (2) post-traumatic amnesia (PTA) for less than
24 hours; (3) any alteration in mental state at the time of the accident; and (4)
focal neurological deficit(s) that may or may not be transient, with a Glasgow Coma
Scale (GCS) score of 13 or greater 30 minutes after injury [53, 62]. Moderate TBI
is typically associated with a presenting GCS score of 9-13, and severe TBI with a
GCS score of 8 or lower [49]. A new classification specific to blast-related TBI has
been proposed, in which a mild bTBI would be characterized by LOC for less than
1 hour and PTA for less than 24 hours following exposure to an explosive blast, a
moderate bTBI would be characterized by LOC for 1-24 hours and PTA for 1-7 days,
and severe bTBI would be characterized by LOC for more than 24 hours and PTA
for more than 7 days [49).

The vast majority of TBIs in the civilian population are mild; the CDC has
reported that up to 75% of TBIs that occur each year are mild [11], and a World
Health Organization task force reported that 70-90% of all treated TBI were mild
[44]. Mild TBI is typically not associated with abnormalities in brain imaging [67],
and most patients with mild TBI recover fully in 4-12 weeks [40, 2]. However, mTBI
patients with more severe injuries, such as those who experienced LOC lasting more
than 10 minutes or PTA lasting more than 4-6 hours, may require months to years
to recuperate [2]. In addition, some mTBI patients develop postconcussive syndrome
(PCS), experiencing persistent cognitive, behavioral, and/or somatic symptoms [77,
2, 32]. Studies have shown that 15-35% of patients with mild TBI experience this
onset of long-term disability [2, 32, 88]. It is not known why some patients develop

PCS, although some explanations have included high level of preexisting emotional
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stress, severe pain, and genetic predisposition to poor TBI outcome [2, 40]. Repeated
exposure to blasts has also been found to lead to PCS and generally worsen TBI
symptoms [1, 82]. One study of 126 veterans with a history of mild blast-related
TBI found that of the 63% of veterans who had residual impairments on neurological
or neuropsychological examinations, 91% had reported multiple episodes of loss of
consciousness [75].

In the military context, a significant proportion of TBIs sustained in combat are
moderate or severe. One study of patients at Navy-Marine Corps medical facilities in
Iraq found that 54% of TBI patients who had been wounded in action were medically
evacuated [27]. Many TBI patients who are medically evacuated from combat zones
have moderate or severe TBIs; 56% of TBI patients seen at Walter Reed Army Med-
ical Center from January 2003 to February 2005, for example, suffered a moderate
or severe TBI [94]. Combat-injured patients with moderate bTBI generally require
prompt medical evacuation, while combat-injured patients with severe TBI gener-
ally require advanced medical care on the battlefield, then evacuation to the nearest
combat hospital with neurosurgical capability [49]. Fortunately, a number of neuro-
surgical techniques have been developed to mitigate the effects of severe TBI, such as
intravenous infusions of hypertonic saline, mild hypothermia, and early decompressive
craniectomy [49]. Nevertheless, 30-50% of severe TBI patients die, with 90% of the
deaths occurring within 48 hours of injury [69]. The deaths are typically caused by

uncontrolled raised intracranial pressure, which results in brainstem herniation [69].

1.1.3 Symptoms

Common symptoms of TBI include a variety of cognitive, behavioral, and physi-
cal/somatic changes. Cognitive changes may include disturbances in attention, mem-
ory, language, or executive functioning, such as poor planning, organizing, or sequenc-
ing, and/or impaired judgment and impulse control 67, 44, 72]. Behavioral changes
may include mood changes, depression, anxiety, impulsiveness, emotional outbursts,
irritability, or inappropriate laughter [67, 40]. Physical or somatic symptoms may

include headaches, fatigue, sleep disturbances, dizziness, problems with motor skills,

21



and sensitivity to light and noise [67, 40]. In addition, following TBI, some patients
experience neuropsychiatric problems such as major depression, anxiety disorders,
and psychosis [72], and up to 50% of patients with TBI suffer from impaired neuroen-
docrine function, particularly growth hormone deficiency [40]. TBI may also cause
patients to be more sensitive to many medications [40]. For blast-injured patients in
particular, common symptoms include subdural hematoma, headache, blurring of vi-
sion, transient deafness, and psychoneuroses [47]. Blast-related TBI patients are also
more likely than other TBI patients to report neurological disorders such as insomnia,

impaired concentration, memory loss, and hypervigilance [47, 94].

Many mild TBI symptoms overlap with post-traumatic stress disorder (PTSD)
symptoms, and a number of patients suffer from both disorders [67]. Overlapping
symptoms include cognitive problems such as impaired learning, forgetfulness, at-
tention and concentration difficulties, slower processing speed, and a sense of being
overwhelmed with once simple tasks, and changes in personality such as impulsive-
ness, reduced insight, rigid thinking, and reduced motivation [40]. Studies have shown
that PTSD is strongly associated with mild TBI; one survey of soldiers from two U.S.
Army combat infantry brigades 3-4 months after returning from a yearlong deploy-
ment in Iraq found that 32.6% of soldiers with mild TBI met the criteria for PTSD
[34], and another survey of OIF /OEF veterans from all branches of the military found
that 39.6% of respondents with mild TBI had PTSD [77]. It has been suggested that
the strong association between mild TBI and PTSD can be explained by the fact
that the life-threatening, traumatic events that lead to combat-related mTBI are also
likely to result in PTSD, or by the possibility that symptoms associated with PTSD
may be a manifestation of brain injury [34, 77]. In addition, it has been suggested
that PTSD can modify the effects of mTBI [34, 77], and in particular, exacerbate
cognitive symptoms of mTBI [40]. Studies have also found that PTSD is strongly
associated with persistent postconcussive symptoms following mTBI. In the Hoge et
al. study, it was found that while soldiers ;’vith mild TBI were significantly more likely
to report poor general health, missed workdays, medical visits, and a high number of

somatic and postconcussive symptoms, after adjustment for PTSD and depression,
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the association between mTBI and poor physical health outcomes disappeared, ex-
cept for headache; the poor physical health outcomes occurred almost exclusively in
soldiers with PTSD, and among those soldiers with PTSD, the proportion with poor
physical health symptoms did not significantly differ according to type of injury [34].
In the Schneiderman et al. study, it was found that 35% of respondents with mild TBI
reported persistent postconcussive symptoms, but 66% of respondents with both mild
TBI and PTSD reported persistent postconcussive symptoms [77]. The association
between mTBI, PTSD, and physical health problems remains under investigation,
but one thing is clear — soldiers who reported mTBI events were at very high risk
for physical and mental health problems [34, 77].

Many of the symptoms of TBI can be treated by pharmaceuticals. For example,
stimulants such as methylphenidate or dextroamphetamine are commonly used to
treat problems with attention or information processing, selective serotonin-reuptake
inhibitor antidepressants are sometimes prescribed for irritability or angry outbursts,
and valproate is often prescribed for migraines and behavioral symptoms [67]. How-
ever, there is still no broad-based cure for TBI, in large part due to the heterogeneous
nature of TBI. While a number of pharmacological agents, including calcium channel
blockers, corticosteroids, magnesium, N-methyl-D-aspartate (NMDA) receptor antag-
onists, and progesterone, have shown promise in preclinical studies, and some have
even had encouraging results in phase II clinical trials, none have demonstrated efhi-
cacy in phase III clinical trials thus far [101, 7]. Similarly, no single biomarker of TBI
has yet been identified, although it has been suggested that a combination of markers,
such as S-10083, neuron specific enolase, glial fibrillary acid protein, myelin basic pro-
tein, all-spectrin breakdown products, NMDA-R fragments, and anti-inflammatory

cytokines could effectively detect TBI and predict outcomes [81].

1.1.4 Pathophysiology

TBI comprises two phases of injury: primary and secondary. Primary injury en-
compasses direct, unavoidable injury that occurs during the initial insult, including

contusions, lacerations, hemorrhages, and axonal shearing. Secondary injury follows
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from the primary injury and occurs through biochemical processes in the hours and

days following the initial insult.

Primary Injury

A mechanical insult to the head may cause blood vessels to rupture, leading to con-
tusions, hemorrhagés, and hematomas. Cerebral contusions, or bruises, are caused
when capillaries bleed into the brain tissue. They are commonly located within the
gray matter or at the gray-white matter interface, particularly in the frontal and tem-
poral lobes due to their proximity to bony protuberances on the inside surface of the
skull [44, 82, 70, 40]. The contusions can directly disrupt function in cortical and sub-
cortical regions [44], contributing to local necrotic and apoptotic neuronal deaths [70].
Some studies have linked focal cortical contusions in the anterior frontal and temporal
lobes to impairments in executive functioning, working memory, memory encoding
and retrieval, higher order attenuation, and behavior modulation, and contusions in
the posterior temporal lobe to language disorders [70]. Rupture of blood vessels can
also lead to hemorrhages, such as subarachnoid hemorrhage, which involves bleeding
in the space between the arachnoid membrane and the pia mater. Presence of sub-
arachnoid hemorrhage typically indicates a more severe injury and often heralds acute
severe cerebral edema and hyperemia, as well as delayed vasospasm [49]. In addition,
contusions and hemorrhages can lead to hematomas, or collections of blood outside
blood vessels. Subdural hematoma, for example, is caused by bleeding from the veins
that run between the dura mater and the brain, and epidural hematoma is caused by
bleeding between the dura mater and the skull. Hematomas can be dangerous be-
cause they can compress the brain and raise intracranial pressure, leading to cerebral
ischemia, which contributes to about 90% of deaths after closed head injuries [91].
A mechanical insult to the head can also cause diffuse axonal injury (DAI), in
which axons are damaged by shearing forces, leading to degeneration of some axons’
distal projections and diffuse loss of synaptic terminals [69, 67]. Occurring in all
severities of TBI, it has been increasingly recognized as central to a patient’s outcome,

causing at least one-third of the poor outcomes of TBI [69]. It can commonly be
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found in the gray-white matter junction, internal capsule, deep gray matter, rostral
brainstem, and corpus callosum [82, 64, 44]. Damage to these regions is associated
with high mortality because the sites serve as neural relay stations and as centers
for vital functions; for example, trauma to the brainstem occurs in 70% of head
injuries with survival times of less than 48 hours [4]. Loss of neural connections may
lead to many of the symptoms associated with brain injuries [67]. Deeper lesions
correspond to more severe injuries and greater disability, and involvement of the
corpus callosum or upper brainstem corresponds to more severe levels of DAI [70].
One study demonstrated that moderate and severe TBI subjects had reduced white
matter integrity in 13 distinct regions, including the corpus callosum and corona
radiata, and mild TBI subjects had reduced white matter integrity in 3 regions —

the superior longitudinal fasciculus, sagittal stratum, and corticospinal tract [44].

Secondary Injury

Secondary injury mechanisms are the physiological responses to primary injury [49].
Following the initial insult, primary injuries can trigger secondary injury through a
number of mechanisms, including excitotoxicity, oxidative stress, and inflammation.

Excitotoxicity, for example, can lead to neuronal and axonal death. Primary injury
typically leads to excessive extracellular concentrations of the excitatory neurotrans-
mitters (and excitotoxins) glutamate and aspartate [69, 91, 40]. Animal studies have
demonstrated significant increases in extracellular glutamate and aspartate adjacent
to the trauma site, with the increases being proportional to the severity of the in-
jury [26]. The glutamate and aspartate act on NMDA receptors to alter cell wall
permeability, allowing increases in intracellular calcium and sodium [91, 69]. The
excess calcium and sodium activate cysteine proteases such as calpains and caspases
that can degrade a variety of proteins, including cytoskeletal proteins, membrane re-
ceptors, and signal transduction enzymes [93]; this leads to necrotic and apoptotic
cell death [69, 70]. In axons, for example, where mechanical forces associated with
injury can also trigger focal alterations in axolemmal permeability that allow influx

of calcium [70], the calpains and caspases degrade proteins responsible for shape and
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transport, ultimately leading to axonal disconnection [69, 91]. In humans, this pro-
cess can take several hours or days postinjury [70]. Following axonal damage and
disconnection, the axon undergoes Wallerian degeneration, a several month process
in which the portion of the axon separated from the neuron’s nucleus disintegrates
[70]. Some data suggest that this sets the stage for intact nerve fibers to sprout,
leading to recovery of synaptic input [70], while other data suggest that glial scars
may form in the spaces left by degenerating axons, obliterating pathways for axonal
growth or actively inhibiting axonal growth. Preliminary studies have shown that
the neuronal cell bodies linked to traumatically damaged axons do not progress to
rapid cell death, but rather undergo perturbation of neuronal protein translation that

persists for several days and is followed by cellular recovery [70].

Excitotoxicity can also lead to oxidative stress, a secondary injury mechanism that
involves reactive oxygen species inducing oxidative damage (69, 21]. For example, ex-
cessive NMDA receptor activity can increase production of nitric oxide, while excess
intracellular calcium can increase production of superoxide; the nitric oxide and su-
peroxide react to produce peroxynitrite, a highly reactive oxidant that can produce
nitration of amino acid aromatic rings, lipid peroxidation, and DNA fragmentation,
all of which rapidly lead to cell death [69]. In general, reactive oxygen species can
cause considerable damage to proteins, lipids, and DNA through peroxidation of cellu-
lar and vascular structures, DNA damage, protein oxidation, lipid/protein nitration,
and inhibition of the mitochondrial electron transport chain, leading to initiation of
necrotic and apoptotic cell death cascades [21, 96]. One rat study found levels of
oxidative stress to be increased within a few hours of insult, with a return to normal
levels by 5 days postinjury [21].

Additional secondary responses include neuroinflammation, reduced cerebral metabolic
and energetic states, and cholinergic deficits. For example, primary brain injury
can trigger cellular and humoral inflammatory responses that can last hours to days
[91, 1]. Following primary injury, concentrations of pro-inflammatory cytokines such
as interleukin-6 are increased [91, 1], and microglia, the resident immune cells of the

central nervous system, are activated, releasing various chemokines and cytokines that
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can act as pro-inflammatory factors [1]. These processes act to eliminate injured and
adjacent tissue, replacing them with newly synthesized scar tissue {96]. In addition
to inflammation, primary insults can lead to a reduction in cerebral metabolic and
energetic states. TBI has been found to lead to a sharp reduction in intracellular free
magnesium [26]. Since intracellular magnesium regulates many processes responsible
for cellular metabolism and bioenergetics, cerebral metabolic and energetic states are
frequently reduced after TBI, with degree of metabolic failure related to severity of
the primary insult [96]. Some researchers have found a correlation between reduced
cerebral metabolic rate in the brainstem, thalamus, and cerebellum and level of con-
sciousness in patients recovering from TBI [70]. Primary insults can also lead to a
decrease in acetylcholine, a neurotransmitter considered critical for arousal and at-
tention, declarative memory, and executive function; cholinergic deficit is thought to

be the neurochemical basis for cognitive deficits following TBI [40].

A number of secondary outcomes are particularly common sequelae of blast-related
TBI. For example, blast-related TBI frequently results in vasogenic or cytotoxic cere-
bral edema [1]. Cerebral edema, or swelling of the brain due to water imbalance, is
dangerous because it can rapidly develop and lead to intracranial hypertension, hy-
poxia, ischemia, and necrotic and apoptotic neuronal cell death [1, 50, 3]. Vasogenic
edema, which is seen primarily in cerebral white matter, occurs rapidly as the inflam-
matory response breaks down the blood-brain barrier and allows for transfer of ions
and proteins from the intravascular to the extracellular brain compartments (3, 1, 96].
In contrast, cytotoxic edema is seen primarily in gray matter and develops slowly as
excitotoxins cause accumulation of intracellular calcium and sodium, leading to an
osmotic gradient that draws in water [3, 1]. Military neurosurgeons have noted the

common presence of diffuse cerebral edema among severe bTBI patients [49].

Another particularly common secondary outcome of blast-induced TBI is va-
sospasm, a condition in which blood vessels spasm, leading to vasoconstriction and
possible ischemia and necrosis [96]. Vasospasm indicates severe damage to the brain,
and it is worse with higher injury severity [96, 49]. Vasospasm can be caused by

chronic depolarization of vascular smooth muscle due to reduced potassium channel
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activity, release of endothelin along with reduced availability of nitric oxide, cyclic
GMP depletion of vascular smooth muscle, potentiation of prostaglandin-induced
vasoconstriction, or free radical formation; onset varies from the 2nd to 15th day post-
injury, and hypoperfusion occurs in 50% of patients developing vasospasm [96, 49].
Often it is the cause of delayed neurological deterioration [49]. It has been reported
that vasospasm occurs in more than 1/3 of patients with TBI [96], and one study
found that 47% of blast-related TBI patients developed cerebral vasospasm [49]. Va-
sospasm is more prevalent when traumatic subarachnoid hemorrhage is also present
acutely [49, 76].

Cerebral edema and vasospasm can both lead to cerebral ischemia, or restric-
tion in blood supply, which is associated with poor neurological outcome — death
or vegetative state [96]. Cerebral ischemia may occur through morphological injury
as a result of mechanical displacement, hypotension in the presence of autoregula-
tory failure, inadequate availability of nitric oxide or cholinergic neurotransmitters,
or vasoconstriction [96]. Ischemia can lead to brain tissue hypoxia, or deprivation of
oxygen supply, which can cause infarction of neuronal tissue and thus poor outcome
(96, 21, 91]. Additionally, hyperemia, or increase in blood flow, may follow post-
traumatic ischemia, leading to increases in cerebral blood volume and intracranial
pressure [96]. Severe bTBI patients have been known to develop delayed increased
- intracranial pressure 14-21 days after the initial insult [49]. Both ischemia and hy-
peremia refer to mismatch between cerebral blood flow and cerebral metabolism;
following TBI, cerebral blood flow autoregulation is impaired in most patients [96].
It has been claimed that the presence of hypotension is the single most important

predictor of mortality [21].

1.2 Summary

Blast-related TBI is a complex, heterogeneous, multiphasic injury, and in the military
context, all levels of severity are well-represented. Although studies have demon-

strated that exposure to blasts can lead to brain damage, the mechanism through
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which that damage occurs is not yet known. What is known is that mechanical forces
are imparted from the blast wave to the brain, leading to primary injuries such as
contusions, hemorrhages, hematomas, and diffuse axonal injury. The primary injuries
then trigger secondary injuries through a series of diverse biochemical and physiolog-
ical mechanisms, including excitotoxicity, oxidative stress, and inflammation. The
heterogeneity of the mechanisms leads to a wide range of cognitive, behavioral, and
physical/somatic symptoms, and results in difficulty developing a broad-based bTBI
cure. Although many of the symptoms can be treated by pharmacological agents, no

cure yet exists for blast-related TBI.
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Chapter 2

Existing TBI Models

For decades, researchers have studied impact-related TBI, seeking to understand
trauma arising from automobile accidents and sports collisions; through animal and
cadaver experiments and computational models of varying complexity, researchers
have identified injury mechanisms and developed injury tolerance criteria. Much
more recently, researchers have also begun investigating blast-related TBI. In the fol-
lowing sections, we describe examples of the previous work done on impact-related

and blast-related TBI.

2.1 Impact-Related TBI

2.1.1 Cadaver Experiments

Over the years, a number of researchers have conducted impact-related TBI experi-
ments. Two sets of experimental cadaver data in particular have been widely used to
validate computational impact-related TBI models. The first set is from Nahum, who
in 1977 conducted two series of frontal head impact experiments on cadavers [61]. In
the experiments, seated, stationary cadavers were impacted by a rigid mass traveling
at a constant velocity; the skull was rotated so that the anatomical plane was inclined
45 degrees to the horizontal, and the blow was delivered to the frontal bone in the

mid-sagittal plane in an anteroposterior direction. The cadavers were repressurized
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to in vivo pressure levels and were instrumented with pressure transducers at five
locations: in the frontal region adjacent to the impact site, immediately posterior
and superior to the coronal and squamosal sutures respectively in the parietal bone,
inferior to the lambdoidal suture in the occipital bone, and at the posterior fossa in
the occipital bone. The first series consisted of 8 single impact experiments in which
impactors with masses ranging from 5.23 to 23.09 kg were launched with velocities
ranging from 8.41 to 12.95 m/s. The experiments found high positive peak pres-
sures at the impact site, or coup site, decreasing pressure magnitudes that eventually
became negative as the contrecoup site, opposite the impact site, was approached,
and high negative pressures at the contrecoup site. Data from experiment 37, which
involved a 5.59 kg impactor traveling at 9.94 m/s with a peak input force of 7.9 kN,
are often used for validation of finite element (FE) models, since intracranial pressure
histories were published for that experiment only. In experiment 37, peak positive
pressure was reported to be 141.2 kPa in the frontal region, and peak negative pressure
was reported to be -60.3 kPa in the posterior fossa region; no discernible hemorrhage
was reported. The second series of experiments focused on repeated impacts on a
single specimen, varying the impact velocity and impact interface material. A linear
relationship was found between pressure and head acceleration. These cadaver exper-
iments conducted by Nahum demonstrated the coup-contrecoup intracranial pressure
response to direct head impacts and provided useful data against which simulation

data can be compared.

More recently, in 1992, Trosseille conducted a series of head impact experiments
in which repressurized cadavers were hung in a sitting position with a harness and
impacted in the anteroposterior direction [90]. In the tests, the impactor had a mass
of 23.4 kg, the initial velocity ranged from 5 to 7 m/s, and the point of impact varied.
The cadavers were instrumented to measure intracranial pressures in the frontal,
parietal, and occipital lobes, and in certain tests, to measure ventricular pressures.
Data from three of the tests indicated that the occipital region pulled away from the
skull, while data from two of the tests indicated that the brain and skull remained

well attached. Data from these cadaver tests have also been used for validation of
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computational head models.

2.1.2 Finite Element Head Models

Given the difficulties associated with conducting TBI experiments on cadavers or live
humans, many researchers have turned to increasingly sophisticated computational
head models. The following are examples of finite element models that have been

developed for use in simulations of impact-related TBI.

Wayne State University Brain Injury Model

One three-dimensional (3D) computational head model that has been developed is
the Wayne State University Brain Injury Model (WSUBIM). One of the earliest ver-
sions of the WSUBIM had 1,110 elements and consisted of a 3-layer skull (outer table,
diploe, inner table), CSF, and brain; all the materials were assumed to be homoge-
neous, isotropic, and linearly elastic [74]. The model was validated using data from
Nahum’s frontal impact experiments and was then used in simulations of side and
rear impacts. Under all impact conditions, positive pressure was observed at the
coup site and negative pressure was observed at the contrecoup site, with localized
skull deformation at the impact site. In both the frontal and rear impact simulations,
coup pressure was larger than contrecoup pressure, with coup pressure higher in the
frontal simulation and contrecoup pressure higher in the rear simulation. In the side
impact simulation, there was a more symmetric pressure response, with almost iden-
tical values for the coup and contrecoup pressure. It was also found that variations
in the Young’s modulus of the skull and bulk modulus of the brain and CSF affected
intracranial pressure response.

A number of other versions of the WSUBIM were subsequently developed. Com-
parison of frontal and lateral impacts using one 22,995-element version found that
lateral impacts result in larger skull deformation, higher intracranial pressure, and
larger shear deformation than frontal impacts [104]. A 41,354-element version, which

differentiated gray matter from white matter, was used to predict the location of DAI
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in the brain and to predict the directional sensitivity of the brain to impacts from
varying directions; that version was later revised and upgraded to include a sliding

interface between the skull and brain surface [103].

In 2001, an entirely new version of the WSUBIM was developed in order to bet-
ter model direct and indirect impacts over a wide range of impact severities [103].
The geometry of the head was taken from a previous model, and boundaries between
anatomical structures were refined and improved based on published anatomical draw-
ings. The revised model, consisting of over 314,500 elements with an average charac-
teristic length of around 2 mm, simulated all essential anatomical features of a 50th
percentile male head, including the scalp, 3-layer skull, dura, falx and tentorium, pia,
sagittal and transverse sinuses, CSF, white and gray matter, cerebellum, brainstem,
lateral ventricles, third ventricles, and bridging veins. The model also included an
anatomically detailed facial model based on Magnetic Resonance Imaging (MRI) and
Computed Tomography (CT) scans from the Visible Human Project (VHP) database.
The CSF was modeled using solid elements with the same bulk modulus as water and
a very low shear modulus. The brain, consisting of gray matter, white matter, brain-
stem, and cerebellum, was modeled as an isotropic material with a shear viscoelastic
and volumetric elastic response. To account for the fibrous nature of white matter,
the shear modulus of the white matter was assigned to be 25% higher than that of
the gray matter, and to capture regional differences, the short-term shear modulus
used for the brainstem was 80% higher than that for the cerebral white matter. An
elastic-plastic model was used for the facial bones, and an elastic model was used for
the facial skin and muscle. This new version of the WSUBIM was then validated us-
ing data from Nahum and Trosseille. Coup and contrecoup pressures predicted using
the model correlated reasonably well with peak pressure data from six of Nahum’s
tests, and intracranial and ventricular pressures predicted using the model matched
data from one of Trosseille’s experiments well up to 14 ms, after which there was
some discrepancy, possibly due to the CSF not being represented by fluid elements.
In addition, the model was found to be stable up to a peak translational acceleration

of 200 g with a duration of 20 ms and a peak rotational acceleration of 12,000 rad/s®
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with a duration of 30 ms.

The new WSUBIM was later modified to improve mesh quality and material
definitions, and it was used in simulations of 24 head-to-head collisions that occurred
during National Football League (NFL) games [105]. The simulations, which were
conducted using PAM-CRASH, an explicit finite element analysis code, predicted
pressure gradients stretching uniformly across the brain. Peak positive pressures
were found to occur at the coup site, in the front temporal lobe, and peak negative
pressures were found to occur at the contrecoup site, in the right occipital lobe near
the posterior cerebellum. The mean values of coup and contrecoup pressure were
found to be 90 4 24 kPa and 76 + 26 kPa respectively in injury cases. The simulations
predicted a different pattern of response for the shear stresses in the brain; while high
shear stresses appeared on the cortical surface of the brain initially, they gradually
concentrated on the central core region of the brain, particularly the midbrain and
thalamus. The mean values of shear stress in the injury cases were found to be 4.5
+ 1.2 kPa in the thalamus and 8.4 &+ 2.2 kPa in the midbrain. It was found that the
maximum shear stress response at the brainstem provided the strongest correlation
with occurrence of mTBI, and a shear stress of 7.8 kPa was proposed as the tolerance

level for a 50% probability of sustaining an mTBI.

Université Louis Pasteur Model

Another 3D human head FE model that was developed was the Université Louis
Pasteur (ULP) finite element head model [38]. The skull geometry was obtained
by digitizing the internal and external surfaces of an adult human skull, and the
remaining head geometry was obtained using data from an anatomical atlas. The
model included a skull, falx and tentorium, subarachnoid space, scalp, cerebrum,
cerebellum, and brainstem. A 13,208-element mesh was generated using HyperMesh;
the falx and tentorium were modeled by a layer of shell elements, the skull was
modeled by a 3-layered composite shell, and the remaining features, including the
CSF, were modeled with brick elements. The CSF, scalp, facial bones, and falx and

tentorium were modeled as elastic materials, the skull was modeled as an elastic brittle
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material capable of fracture, and the brain was modeled as a viscoelastic material.

Using the RADIOSS finite element code, the ULP model was validated using data
from Nahum'’s experiment 37; good agreement was found between simulation results
and experimental data, with a maximum difference in the main pressure peaks of
less than 7%. The validated ULP model was then used to replicate a head impact
caused by a motorcycle accident; high shear stress regions predicted by the model
appeared in good correspondénce with actual observed sites of contusion in the right
temporal lobe. Later, the ULP model was coupled to a helmet FE model consisting of
a linear elastic helmet shell and elastic-plastic padding [99]. The helmeted ULP model
was subjected to a frontal impact with an initial velocity of 7.5 m/s, resulting in a
maximum compressive stress of 169 kPa in the frontal region and a maximum tensile
stress of -90 kPa in the occipital region. The highest Von Mises stresses occurred in the
occipital region, in the base of the brain and the brainstem. The pressures experienced
by the helmeted ULP model were largely similar to the pressures experienced by the
unhelmeted ULP model during validation, although the helmeted model experienced
compressive pressures that were slightly lower and tensile pressures that were slightly

higher than those experienced by the unhelmeted model.

The ULP model was subsequently further validated using data from Trosseille [97].
To improve the simulation of the CSF during long duration impacts, the model was
altered to represent the CSF with 3 layers of brick elements in Arbitrary Lagrangian
Euler (ALE) formulation. It was found that the ALE formulation led to pressure-
time histories that better matched experimental results; remaining discrepancies were
attributed to lack of accurate material properties. It was noted that pressure predic-
tions became less accurate as the distance from site of impact increased, especially
for long duration impacts. The ULP model was then used to simulate 64 real world
accidents — 35 helmeted and 29 unhelmeted direct head impacts. The helmeted
impacts were from accidents involving motorcyclists and football players, and the
unhelmeted impacts were from pedestrians impacting a car’s windshield. Intracranial
responses were computed using the RADIOSS code, and histograms of several me-

chanical parameters were correlated with injury types to derive tolerance limits for
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specific injury mechanisms. It was found that intracranial pressure did not correlate
with neurological injury, but that brain Von Mises stresses of 18 kPa and 38 kPa led
to a 50% risk of moderate and severe neurological lesions respectively and a global

CSF strain energy of 5.4 J led to a 50% risk of subdural hematoma.

University College Dublin Brain Trauma Model

A 3D FE head model was also developed by Horgan and Gilchrist at University
College Dublin. The model began as a 2D plane strain FE representation of the head
that included a single-layer skull, CSF, and brain [30]. The 2D slice, which was taken
in an off-center mid-sagittal plane in an anteroposterior direction, consisted of 12,081
4-node quadrilateral elements [30]. The nodes were constrained in all three degrees of
freedom at the base of the cranium, and the materials were modeled as homogeneous,
isotropic, and linear elastic, except for the brain, which was modeled as viscoelastic.
The 2D model was used in impact simulations in which the impact was represented
by an approximate half sine wave pulse of magnitude 8000 N and duration 4 ms;
compressive strains were found at the impact region, and tensile strains were found
in the contrecoup region. It was also found that more severe levels of strain were
obtained when viscoelastic properties were used for brain tissue rather than elastic
properties, and occipital impacts resulted in higher magnitude coup and contrecoup
strains than frontal impacts.

A 3D FE human head model known as the University College Dublin Brain
Trauma Model (UCDBTM) was then developed [36]. Interpolation and threshold-
ing schemes were used to segment CT data from a male cadaver available through
the VHP and generate a polygonal model of the skull, which was then decimated
and smoothed. A uniformly thick CSF layer was created along the interior surface of
the skull. The resulting 3D model consisted of a scalp, 3-layer skull, dura, CSF, pia,
falx, tentorium, cerebral hemispheres, cerebellum, and brainstem. The model was
divided into sufficiently well-behaved meshable sections, and a number of different
meshes with 9,000 to 50,000 elements were generated. Brain tissue was characterized

as viscoelastic in shear and elastic in compression, and the CSF was modeled using
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solid elements with a low shear modulus. Using ABAQUS, the 3D model was vali-
dated using data from Nahum; simulation results matched the experimental data well
in maximum values, shape of response, and duration of effect. Parametric analyses
found that the short-term shear modulus of the brain had large effects on intracranial
pressure and Von Mises stress, but the bulk modulus of the brain had little effect
on either pressure or Von Mises response. It was also found that careful modeling of
the CSF and skull thickness was required to correctly predict intracranial pressure

distribution.

Politecnico di Torino

Another FE model of the head was developed by Belingardi et al. at Politecnico di
Torino [8]. CT images from a patient with brain trauma were used to construct the
surfaces of the cranium and facial bones, and MRI images from a different patient
were used to construct the soft tissue surfaces. The model consisted of scalp, cranial
bones, facial bones, dura mater, falx and tentorium, CSF, brain tissue, and ventricles.
The dura mater was obtained from the interior surface of the skull, while the falx and
tentorium were built manually based on anatomical images. A 55,264-element FE
mesh was generated using HyperMesh; the brain tissues and ventricles were modeled
as tetrahedral elements, the scalp, CSF, and cranial bones were modeled as brick
elements, and the facial bones and membranes were modeled as shell elements. A
2 mm layer of CSF, which was modeled as a linear-elastic material with a ‘fluid’
option that only supported hydrostatic stress states, surrounded all membranes and
the brain. All tissues were modeled as linear elastic except the brain, which was
modeled as a viscoelastic material with shear relaxation behavior. Using LS-DYNA,
an explicit nonlinear FE code, the model was validated against Nahum’s experiment
37. In order to obtain the correct peak forces in the simulation, the impactor speed
was reduced from 9.6 m/s to 7 m/s, and still some discrepancies remained, possibly
due to the way the CSF was modeled. Simulations using the model found high shear
stresses in the brainstem and corpus callosum, which are the two tissues most affected

by DAI Additionally, results suggested that ventricles protect the brain’s central area
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and membranes such as the dura mater, falx, and tentorium may reduce pressure.

Additional Impact-Related TBI Studies

In addition to the studies already described, a number of other studies related to
impact-related TBI have been conducted. El Sayed et al., for example, conducted
finite element simulations of frontal and oblique impacts using a finite element human
head model developed at the University of Salerno from MRI images available in Har-
vard Medical School’s whole brain atlas [24]. The mesh, which consisted of 39,047
tetrahedral elements, comprised a skull, CSF, gray matter, white matter, cerebel-
lum, corpus callosum, telencephalic nuclei, brainstem, and ventricles. The focus of
their study was implementation of a variational constitutive model for soft biologi-
cal tissues; the material response had elastic-plastic and viscoelastic components and
included rate effects, shear and porous plasticity, and finite viscoelasticity. A hyper-
elastic model was used for the skull and CSF. The model was validated using data
from Nahum’s experiment 37; good correlation between the model and experiment
was obtained. The model was then subjected to an oblique impact, which resulted in
significantly higher positive and negative pressures in the coup and contrecoup regions
respectively than the frontal impact, inducing focal and diffuse cavitation damage.
Shear stress values were also up to 10 times higher than those observed during frontal
impact, with DAI evolving from the periphery to the core of the brain and leading to
permanent shear damage.

A number of other studies were also conducted with a finite element human head
model developed by Kleiven and Hardy [41]. The model, which was constructed using
medical imaging data from the VHP, consisted of a scalp, skull, brain, meninges, CSF,
parasagittal bridging veins, and a simplified neck. It was experimentally validated
against pressure and relative motion magnitude data. Simulations of frontal, occipi-
tal, and lateral impacts using a variety of material properties and interface conditions
demonstrated that simulation of local brain motion is highly sensitive to the shear
properties of brain tissue but relatively insensitive to the type of brain-skull interface.

Pressure response, however, is more dependent on the type of brain-skull interface
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than on constitutive parameters. The model was also used to investigate the effect of
head size on impact-induced head trauma [42]. It was found that intracranial stresses
increase with increasing head size, with maximal effective stresses in the brain rang-
ing from 3.6 kPa for a 2.34 kg head to 16.3 kPa for a 5.98 kg head. Later, geometry
of vasculature was segmented from two 3D CT angiographies and meshed, and the
vasculature model was incorporated into the FE head model [33]. It was thought that
since blood vessels are more rigid than cerebral tissue, they would likely stiffen the
structural responses of the brain. The brain was modeled as a homogeneous cere-
bral tissue subject to a Mooney-Rivlin hyperelastic constitutive law, with rate effects
taken into account through linear viscoelasticity. For the vasculature, i one model
the arteries and veins were modeled as linear elastic, and in another model they were
modeled as nonlinear elastic, using a uniaxial exponential model proposed by Fung.
In LS-DYNA, short duration translational acceleration impulses were applied to the
3D finite element head models, and maximum principal strain, which can serve as
a predictor for CNS injuries such as DAI, cell death, and neuronal dysfunction, was
measured. It was found that the influence of the vasculature on the dynamic response
of the brain was minimal; for models with nonlinear elastic and linear elastic vascu-
lature compared to a model without vasculature, peak average strain reduction was
2% and 5% respectively. Similar results were obtained in the rotational scenario. In
both the rotational and translational scenarios, the greatest influence of the vascula-
ture was found in the central region of the brain due to planar organization of the

vasculature there.

Some other studies have investigated the effects of non-contact impact. In one
study, a 3D finite element human head model consisting of a skull, brain, CSF, and
neck, was integrated with an articulated total body (ATB) model consisting of 17
rigid body segments connected by joints in order to simulate whole body motion
[31]. The model was validated using Nahum’s cadaver data; coup and contrecoup
pressure traces matched well. LS-DYNA was utilized to compute deformation and
stress from non-contact impact in a two-phase procedure; in the first phase, the gross

motion of the whole body was computed, and in the second phase, the kinematical
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components of the rigid head were used as inputs to the 3D head model. To simulate
non-contact impact, a sled test system was used, in which the ATB was placed in a
system including a seat, floorboard, toeboard, and seat belts (modeled by planes with
shell elements), and an acceleration was applied to the whole system. Critical zones
of high shear stress were observed at the frontal, rear, and neck junction (connection
of the brainstem and spinal cord), implying that DAI occurs in those regions. Linear
regression analysis found close correlations between peak intracranial pressure and
maximum translational acceleration, and between peak shear stress and maximum
rotational acceleration. The results also indicated that the widely-used head injury
criterion (HIC) was insufficient to predict brain injuries caused by non-contact impact,

and a more comprehensive injury criterion was needed.

Another impact-related TBI study was conducted by Takhounts et al., who devel-
oped a simplified FE head model for use with the Simulated Injury Monitor (SIMon)
software package, which takes kinematic and kinetic data measured in an instru-
mented test dummy and applies the measured dummy response to mathematical
models [83]. For ease of predicting injury, the finite element model was reduced to
only essential components; the 7,852 SIMon finite element head model consisted of
a skull, dura-CSF layer, brain, falx cerebri, and bridging veins. The bridging veins
were represented by beam elements and the remaining structures were represented by
hexagonal elements. The skull was assumed to be rigid, and the other structures were
modeled as isotropic, homogeneous, and linear viscoelastic. The model was validated
using experimental neural density target data, and three brain injury measures were
proposed: cumulative strain damage measure (CSDM), a correlate for DAI, dilata-
tion damage measure (DDM), a correlate for contusions, and relative motion damage
measure (RMDM), a correlate for acute subdural hematoma. Experimental animal
data were used to establish injury thresholds. The SIMon FEHM was then subjected
to frontal and side impacts using test data from the U.S. National Highway Traffic
Safety Administration database; simulation results found that the brain experienced

greater deformations in side impact tests than frontal impact tests.

Numerous other studies have also been conducted using 2D FE head models.
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One study, for example, demonstrated through 2D simulations that translational
accelerations could lead to high shear stresses in the corpus callosum and brainstem
consistent with DAI [64]. The 7,558-element model of the coronal section included
the cranium, falx and tentorium, cerebrum, CSF, lateral ventricle, third ventricle,
and interpeduncular cistern, and it was validated using data from Nahum’s cadaver
experiments [64]. The cranium was modeled as elastic-plastic with damage, while
the brain and CSF were characterized as linear viscoelastic. Using the PAM-CRASH
finite element code, the head model was subjected to a 2 m/s impact, which resulted
in a maximum shear stress of 176 kPa at the rostral brainstem and a shear stress of 94
kPa in the corpus callosum. This was consistent with small hemorrhages in the corpus
callosum and brainstem found in CT scans of DAI patients; it thus demonstrated that
pure translational direct impacts could reproduce DAI. Subsequent simulations found
that the removal of the falx and tentorium significantly reduced the concentration of
shear stress. The results suggested that the mechanism of DAI involves concentration

of shear stress on the core of the brain, due to the effects of internal membranes.

2.2 Blast-Related TBI

Researchers have only recently begun to investigate TBI induced by blasts rather
than impacts, and thus far there have been three models of blast-related TBI. One
of the models was developed by Taylor and Ford, who constructed a high-resolution
finite element human head model and subjected the head to anterior, posterior, and
lateral blasts; the results demonstrated that blast waves can cause focal injury to the
head [85]. The model, which had 1 mm cubic resolution and was constructed from
high-resolution photographic data of a cryogenically frozen human female available
from the VHP, consisted of a skull, white matter, gray matter, and CSF. The skull
was represented by a compressible, linear elastic, perfectly plastic constitutive model
with a damage model to capture fracture, the white and gray matter were represented
by an elastic compressible equation-of-state model for the volumetric response and

a three-term Maxwell viscoelastic model for the deviatoric response, and the CSF
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was modeled using a nonlinear tabular equation of state for water. Dry air occupied
the sinuses, with air modeled using a nonlinear tabular equation of state. Using
CTH, an Eulerian finite volume code, the head model was subjected to a 1.3 MPa
blast wave (equivalent to a 3 kg charge of Octol at 2-3 m) from anterior, posterior,
and lateral directions. The blast conditions were selected to investigate blast injury
scenarios that were otherwise predicted to be survivable. Transmitting boundary
conditions were positioned downstream from the head and at the base of the neck,
and simulations were run to 2 ms. It was noted that due to differences in acoustic
impedance between the air and skull, the pressure wave was shocked up from 1.3
MPa, to over 4 MPa at the air-skull interface. Within the head, it was found for all
blast orientations that maximum pressures occurred at the coup site, closest to the
blast source, and maximum volumetric tensions occurred primarily at the contrecoup
site; pressures reached 3-4 MPa at the coup site and tensions reached 0.8 MPa at
the contrecoup site. The highest coup pressures were produced in the lateral blast
scenario. For shear stresses, all blast orientations generated high shear stresses in
the subfrontal regions and brainstem areas, but the anterior and posterior blasts also
resulted in elevated shear stresses in the temporal lobes and the cortical area, while
the lateral blast resulted in elevated shear stresses that were diffusely distributed in
the right hemisphere and concentrated in focal areas in the left hemisphere. The
results of this study thus demonstrated that blasts could lead to the development
of significant levels of pressure, volumetric tension, and shear stress in focal areas,
possibly contributing to the development of TBI, on a time scale shorter than that
associated with intracranial accelerations, which tend to develop over 5-20 ms. They
also demonstrated, though, that the stress response patterns are dependent on the
orientation of the blast wave and the complex geometry of the skull, brain, and tissue

interfaces.

Another model was developed by Moss and King [59]. After conducting blast sim-
ulations with an extremely simplified head model, they concluded that blasts could
induce sufficient skull flexure to generate potentially damaging loads in the brain. In

their model, the skull was represented as a hollow elastic ellipsoid containing a vis-
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coelastic brain surrounded by a layer of CSF. A simplified face, neck, and body were
also included. The model was first subjected to a 5 m/s impact. In that simulation,
the head was fully encased in a steel-shell helmet with an inner layer of crushable
foam, and the head-helmet system was impacted against a rigid wall; following im-
pact, large positive pressure was observed at the coup site, and negative pressure
was observed at the contrecoup site. Then, using ALE3D, an arbitrary Lagrangian-
Eulerian finite element hydrocode, a series of blast simulations were conducted. In
one blast simulation, an unprotected head was subjected to a 100 kPa blast wave gen-
erated from 2.3 kg of C4 at 4.6 m. It was observed that the blast wave front induced
transverse bending displacements of approximately 50 pym in the skull, producing
pressures up to 300 kPa and even larger pressure gradients. As a result, the authors
asserted that most of the mechanical load in the brain from the blast simulation was
produced by skull flexure. Parametric studies found that increasing the stiffness of

the skull yielded lower shear strains, peak pressures, and pressure gradients.

Blast simulations were then conducted with helmeted heads, with the helmets
modeled as hemi-ellipsoidal Kevlar shells. For a helmet with a webbed suspension,
the blast wave washed under the helmet, resulting in geometric focusing of the blast
wave that caused pressure under the helmet to exceed pressure outside the helmet.
For a helmet with foam padding, the underwash effect was mostly prevented, but
motion of the helmet was more strongly coupled to the head. Stiffer foams were
found to transfer greater forces from the helmet to the skull and increase mechanical
loads in the brain than softer foams, but even soft foams only partially reduced blast-
induced pressures, since the helmet did not cover enough of the head at the back and

sides to prevent skull deformation.

The simulations thus demonstrated that a blast could cause the skull to dynam-
ically deform, causing localized regions of high and low pressure and large pressure
gradients, and that helmets could affect the interaction of the blast with the head.
However, the significance of the results is limited, given the grossly unrealistic geome-
tries of the head and helmet and the lack of anatomical structures in the model; the

model fails to capture any of the effects of the human head’s complex geometry on
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blast wave propagation.

Chafi et al. also developed a blast-related TBI model [13]. The 3D FE head model,
which had previously been validated against intracranial pressures, shear strains, and
principal strains from cadaveric impact experiments, consisted of a brain, falx and
tentorium, CSF, dura mater, pia mater, skull, and scalp. In the 27,971-element model,
the scalp was represented by two layers of 8-noded solid elements, the skull was repre-
sented by 4 layers of solid elements, the brain and CSF were represented by 8-noded
solid elements, and the membranes were represented by 4-noded shell elements. Brain
tissue was modeled using a hyperelastic Mooney-Rivlin model combined with a lin-
ear viscoelastic model, and the skull, scalp, and membranes were modeled as linear
elastic materials. The CSF was represented by linear elastic elements with a fluid
option, and a tied contact algorithm was used to model brain-membrane interfaces.
LS-DYNA was used to conduct blast simulations to 5 ms; the standoff distance was
80 cm, and the amounts of TNT were 0.0838, 0.205, and 0.5 lbs, leading to overpres-
sures in the range of 2.4-8.7 atm. A free boundary condition was used at the neck
junction. As expected, larger amounts of explosive led to earlier peak arrival times
and higher pressures, shear stresses, and strains. The blasts typically resulted in a
major positive peak at the coup site and a major negative peak at the contrecoup
site, followed by considerable positive and negative peaks due to translational and
rotational movements of the brain at both the coup and contrecoup sites. These re- .
sults demonstrated that blast waves could generate significant levels of pressure prior
to any head movement. Based on proposed concussion thresholds in the literature,
it was found that the peak pressures in the 0.5 and 0.205 Ib TNT scenarios exceeded
the concussion threshold of 235 kPa at the coup and contrecoup sites, but not in the
cerebellum, corpus callosum, and brainstem, and peak pressures in the 0.0838 Ib TNT
scenario exceeded the concussion threshold only at the coup site. The blasts also re-
sulted in high localized shear stresses, particularly in the brainstem, corpus callosum,
and white matter. Time histories of the average maximum shear stresses showed that
the maximum stresses occurred after the initial peak, when the propagation of the

blast wave caused acceleration and translational motion. Based on proposed injury
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criteria in the literature, it was found that 0.5 Ib TNT could cause axonal injury at
the coup and contrecoup sites, cerebellum, corpus callosum, and brainstem, 0.205 1b
TNT could cause axonal injury at the coup and contrecoup sites and the brainstem,
and 0.0838 b TNT could cause axonal injury at the coup and contrecoup sites. It
was also found that the principal strain in the brain had a similar response pattern
to the shear stress response pattern, with high strains initially located on the cortical
surface of the brain gradually concentrating at the white matter, corpus callosum,
and brainstem. Based on injury criteria based on principal strain, 0.5 Ib TNT could
cause brain injury in the cerebellum, corpus callosum, and brainstem, and 0.205 Ib
TNT could cause brain injury at the brainstem. The simulations thus suggested that
blasts with overpressures ranging from 2.4 to 8.7 atm could lead to concussion, axonal

injury, and other brain injury at various locations in the brain.

2.3 Summary

A number of finite element head models have been developed for use in impact-
related TBI simulations, and many of the models have been validated against data
from cadaver experiments conducted by Nahum and Trosseille. The computational
models have been used to study injury mechanisms, indicators, and thresholds for
impact-related TBI. For example, the Wayne State University Brain Injury Model
was used in simulations of head-to-head collisions in NFL games, and results from
the simulations showed that shear stress at the brainstem provided the strongest
correlation with TBI. The Université Louis Pasteur Model was used to simulate 64
real world accidents, and it was found that intracranial pressure did not correlate with
neurological injury, but Von Mises stress did. Other studies have also demonstrated
that intracranial stresses increase with increasing head size and that vasculature has
a minimal effect on brain response to direct impacts. Over the years, many aspects
of impact-related TBI have been explored through computational models.

However, research has only recently begun on blast-related TBI. Thus far, very

few computational studies of blast-related TBI have been conducted. In one study,

46



Moss and King subjected a simplified model of the head to blasts and found that skull
flexure led to pressure extrema in the brain; the significance of the results, however,
is limited, given the crude geometry and lack of anatomical structures. Preliminary
blast studies have also been conducted by Taylor and Ford and Chafi et al.; the
simulations were conducted with more detailed finite element head models than the
one used by Moss and King, and results demonstrated that blasts could lead to
focal areas of elevated intracranial pressure, shear vstress, and strain that could lead
to traumatic brain injury. However, these models also have limitations, as they lack
anatomical detail and have not been validated. There still exists a need for a biofidelic
head model that can be used in a simulation environment that accurately captures
initialization and propagation of blast waves in order to understand the mechanical

response of the brain to blasts.
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Chapter 3

Modeling Framework

3.1 Computational Framework

The blast simulations were conducted using an extension of the Virtual Test Facil-
ity (VTF), a suite of computational fluid dynamics (CFD) and computational solid
dynamics (CSD) solvers that are coupled through an integration framework that fa-
cilitates simulations of blast-wave loading of solids on high performance massively
parallel computing platforms [19, 20]. The CSD solver used in the blast simulations
was Adlib, a Lagrangian finite element solid solver, and the CFD solver used was
AMROC (Adaptive Mesh Refinement in Object-Oriented C++), an Eulerian fluid
solver. Constitutive models describing the mechanical response of various tissues and
biological structures have been added to Adlib, and a point source model that ac-
curately describes blast wave initialization has been integrated into AMROC. Both

Adlib and AMROC have been implemented in parallel, as described in [20].

3.1.1 Adlib

Adlib is based on a conventional Lagrangian formulation for describing large deforma-
tions of solids [20]. Here we briefly outline the continuum framework and numerical

formulation.
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Continuum Framework

The motion of a reference body By can be described by the deformation mapping
x = p(X,t), where X gives the coordinates of points in By and x gives the positions
of material particles X at time ¢; velocity and acceleration are given by ¢(X,t) and

&(X, t) respectively. Local deformation is described by the deformation gradient:

where Vj is the material gradient defined over By. The determinant of F, J =
det(F(X,t)), is the Jacobian of the deformation and a measure of the ratio of the
deformed to undeformed volume. The motion of the body is subject to conservation

of linear momentum, which is given by:
Vo:-P+ pr = po(,b (32)

where B(X, ¢) is the body force, P(X, ) is the first Piola-Kirchhoff stress tensor, and
po(X) is the mass density. The symmetric Cauchy stress tensor ¢ can be obtained

from the first Piola-Kirchhoff stress tensor P through the relation:

o= J'PFT (3.3)
We can additively decompose P into an equilibrium part P¢ and a viscous part P?:

P=P+P° (3.4)
In materials without strength, P¢ reduces to:

P¢ = —JpF 7T (3.5)

where p is the hydrostatic pressure obtained from an equation of state. We adopt the

fluids convention and regard compressive pressure as positive and tensile pressure as
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negative. We also assume Newtonian viscosity, where the viscous Cauchy stress o is
given by:
oV = 2np(symFF~1)de (3.6)

7y, is the Newtonian viscosity coefficient, and sym and dev denote the symmetric and

deviatoric components of a tensor respectively. PY can then be obtained:
P'(F,F) = Jo'F~7 (3.7)

The boundary conditions for the problem are formulated by partitioning the boundary
0By into a Dirichlet boundary 0By; and a Neumann boundary 0Bg,. The boundary

conditions are then given by:
Y = (p on 8301 (38)

P-N= T on 6302 (39)

where @ is the prescribed deformation mapping on 0By, N is the unit outward normal
to OBy, and T are the prescribed tractions on &Bgy. We can then obtain the weak

form of the field equations. Starting from:

P-N= T on 6302 (311)

we enforce the governing equations weakly:

Bo OBog2

for all v in the space of admissible displacements V. Integrating by parts and applying

the boundary conditions, we arrive at the principle of virtual work:

/p0B~de— P : VovdQ + T-ms:/ pod - v dQ (3.13)
By By dBg2 By
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Numerical Formulation

The continuum framework is then implemented using a time discretization of the
momentum and constitutive equations and a finite element discretization of the solid.

We first consider finite element interpolations of the form:

N
Pr(X) =) waNo(X) (3.14)
a=1

where ¢}, is the deformation mapping interpolant, z, is the current position at node
a, N, are the displacement shape functions, and @ ranges over N nodes. In the
simulations, we used 10-noded quadratic tetrahedral elements. We can then write

the principle of virtual work as:

/ poBN,d2+ [ TN,dS - / P:VoN,d2= | poN.N,dQd,  (3.15)
By By

8B0 Bg

This can also be written as f¢*t — fint — finert where:
a a a )

oot = / poBN, dQ + TN, dS (3.16)
Bo 8By
fint _ / P VoN,d (3.17)
By
f;nert = / pONaNb a2 :i"b ~ Mabflfb (318)
Bo

fert fint and £ are the external, internal, and inertial forces respectively, and M

is the diagonal lumped mass matrix.

For the temporal discretization, we use a Newmark time-stepping algorithm:

Xt = XD + At + At [(% —~ 5) i+ ﬁiZ“] (3.19)
Xt =G + At - y)%g + e (3.20)
}..{Z_H _ M;bl [fezt _ fint]zH-l (3.21)
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where 3 and -y are Newmark parameters. In the simulations, we use 8 =0 and vy = %,

which results in an explicit, second-order accurate time integration scheme.

Artificial Viscosity

An artificial viscosity scheme was implemented to enable the simulation of strong
three-dimensional shocks in solids [48]. The addition of artificial viscosity spreads the
shock front over several grid points without affecting key aspects of shock dynamics
such as shock speed and without introducing artifacts such as spurious oscillations in

the shock profile [48]. We assume the viscosity coefficient comprises two terms:
M =1+ An (3.22)

where 7 is the physical viscosity coefficient of the material and An is the added
artificial viscosity [48]. At a given Gauss quadrature point, the artificial viscosity

coefficient A7 is given by:

max(0, —3hp(c;Au —cra) —n) Au<0

An = 1 (3.23)
0 Au>0

where h is a measure of the element size, Au is a measure of the velocity jump
across the element, ¢; and c¢; are coeflicients, a is the characteristic sound speed,
and p = py/J is the mass density per unit deformed volume [48]. To ensure that
the artificial viscosity formulation is material frame indifferent, we use the following

relation for Au:
OlogJ

Au=h
Y ot

(3.24)

where h = (Jd!|K|)'/%, d is the dimension of space, and |K| is the volume of element

K in its reference configuration [48]. The velocity jump is approximated as:

logJn41 —logJy
At

Atpyy = hopy (3.25)
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This artificial viscosity is deviatoric, and parameter values were obtained through
calibrations using simple shock applications. For the skull, the artificial viscosity
parameters used were ¢; = 25.0 and ¢;, = 1.0, and for all remaining head structures,

the parameters used were ¢; = 25.0 and ¢, = 0.4.

3.1.2 AMROC

AMROC, the Eulerian fluid solver used in the blast simulations, is a complex, multi-
level simulation code that has the capability to simulate flows with strong shocks,
fluid mixing, and highly coupled fluid-structure interaction (FSI) problems [20]. It
utilizes a time-explicit finite volume discretization that achieves a proper upwind-
ing in all characteristic fields. In order to efficiently obtain the necessary temporal
and spatial resolution, the structured adaptive mesh refinement method is adopted;
following a patch-oriented approach, cells flagged by various error indicators are clus-
tered into non-overlapping rectangular grids. Refinement grids are derived recursively
from coarser ones, constructing a hierarchy of successively embedded levels. A more

detailed description of AMROC is given in [20].

To initialize blasts, a point source blast initialization code developed by Dr. Tan
Bui based on calculations in [66] has been incorporated into AMROC. The point
source blast initialization is based on the released explosive energy, as determined by
the type and mass of the explosive, and the distance between the explosion and the
target structure [5]. The model assumes that blast waves are produced by an ideal
explosion source — that is, by the instantaneous deposition of a fixed quantity of
energy at an infinitesimal point in a uniform atmosphere — and thus that the energy
produced depends only on the total source energy. The solver uses a finite difference
scheme to solve for the flow parameters and obtain the solution for the fully formed
blast wave; excellent agreement has been found between results using the initialization
code and results from air blast experiments. A more detailed explanation of the point

source model and the validation of the blast initialization code is available in [5].
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3.1.3 Fluid-Structure Interaction

In the VTF, a loosely coupled approach to fluid-structure interaction is applied [20].
The fluid and solid domains are assumed to be disjoint, with interaction taking place
only at the fluid-solid interface, allowing the use of a Lagrangian solid solver and
an Eulerian fluid solver. The information exchange is reduced to communicating the
velocities and the geometry of the solid surface to the Eulerian fluid and imposing
the hydrostatic pressure onto the Lagrangian solid as a force acting on its exterior.
A temporal splitting method is applied to update the position and velocity of the
boundary between time steps. To represent the evolving surface geometry on the
Eulerian fluid mesh, a “ghost fluid” approach is used in which some interior cells are
used to directly enforce the embedded boundary conditions in the vicinity of the solid
surface. As the solid deforms, the solid-fluid boundary is represented implicitly in
the fluid solver with a level set function that is constructed on-the-fly from the solid
surface mesh. Block-structured mesh adaptation with time step refinement in the

fluid allows for the efficient consideration of disparate fluid and solid time scales.

3.2 Mesh Generation

The geometry for the full head was provided by Dr. David Moore, a neurologist and
TBI Scientific Advisor to the Director of the Defense and Veterans Brain Injury Cen-
ter (DVBIC). Dr. Moore downloaded high-resolution T1 Magnetic Resonance (MR)
images from the Montreal Neurological Institute at an isotropic voxel dimension of
1 x1x1mm. The MR images were then merged with bone windowed Computed
Tomography (CT) images of the head, allowing skull reconstruction using a mutual
information algorithm. The volume set of images was semi-automatically segmented
into topological closed regions of interest and exported as VRML (Virtual Reality
Modeling File) files. The segmentation was performed using Amira, an imaging soft-
ware analysis suite that allows structured regional labeling of image data as well as
filtering and co-registration. The images were segmented into 11 distinct head struc-

tures: cerebrospinal fluid (CSF), eyes, glia, ventricles, venous sinus, air sinus, muscle,
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skull, skin/fat, white matter, and gray matter.

The VRML files obtained from Dr. Moore were then imported into Ansys ICEM
CFD, a meshing software capable of importing CAD models of high topological and
geometrical complexity and producing volumetric conformal computational meshes.
The software provides mesh decimation, refinement, and smoothing algorithms that
can be used to optimize the mesh for computational efficiency. An unstructured fi-
nite element mesh was constructed using the Delaunay tetrahedral mesh generation
algorithm, and the software’s built-in smoothing and decimation functions were used
to optimize and coarsen the mesh to obtain a variety of computational meshes with
different resolutions. It was determined that meshes with fewer than 700,000 elements
were too coarse to describe the intricate topology of some human head anatomical
structures relevant for blast injury analysis. Thus, computational meshes ranging
from 700,000 to 5,000,000 elements were produced. To balance mesh resolution and
computational requirements, a mesh with 743,341 elements was used in the simula-
tions described. The mesh was then further optimized by eliminating bad quality
tetrahedra using the HealMesh optimization library. This model is referred to as the
DVBIC/MIT Full Head Model (FHM). Figure 3-1 displays views of the skin/fat, gray
matter, and white matter meshes from the FHM. Figure 3.2 shows the FHM with

cuts in the sagittal, coronal, and axial planes.

(a) Skin/Fat (b) Gray Matter (c) White Matter

Figure 3-1: Detailed views of the skin/fat, gray matter, and white matter structures
in the FHM
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(¢)

Figure 3-2: Full head model: sagittal cut 3-2(a), coronal cut 3-2(b), and combined
sagittal and axial cut showing detail of the full mesh 3-2(c)
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3.3 Material Models and Properties

The constitutive response of brain tissue encompasses a variety of complex mech-
anisms including nonlinear viscoelasticity, anisotropy, and strain rate dependence
[78, 92]. Several investigations have focused on characterizing this response experi-
mentally [15, 29, 46, 56, 55, 58, 71, 92] and on developing a variety of constitutive
models to capture the behavior of the brain [10, 22, 54, 78]. Owing to the com-
plexities and inherent variability associated with biological tissue, there is significant
uncertainty in quantifying tissue response to material stresses, particularly at high
strain rates such as those occurring during blast wave propagation. Computational
models have therefore usually favored simpler models with few parameters that can
be quantified with less uncertainty, instead of more sophisticated models with many

parameters that are harder to estimate with confidence.

In impact TBI modeling work, isotropic elastic models have been used to derive
the volumetric response, while linear viscoelastic effects have been considered in the
deviatoric response via a time-dependent shear modulus evolving from an instanta-
neous to a long-term value [8, 97, 103]. We can expect deferred deformation or stress
relaxation due to viscoelastic effects to play a secondary role under blast loading,
where the characteristic times seldom exceed a few milliseconds. However, poten-
tial nonlinear viscoelastic effects may occur with relaxation times that can be much
shorter at blast deformation rates. For simplicity and due to the unavailability of

high-rate tissue properties, these effects were neglected.

The description of the pressure wave propagating through the brain was parame-
terized through suitable equations of state. To this end, the volumetric response of
the skull was described by the Hugoniot equation of state, which is used to describe
the shock response of many solid materials. The volumetric response of the remaining
head structures was described by the Tait equation of state, which is commonly used
to model fluids under large pressure variations. Since the structures within the cranial
cavity are soft tissues embedded in a fluid medium, the Tait equation of state is an

appropriate model as a first approximation. The deviatoric response was described
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using an elastic model.

3.3.1 Hugoniot Equation of State

The Hugoniot equation of state was used to describe the volumetric response of the
skull under high strain rate conditions. The shock response of many solid materials is
well described by the Hugoniot relation U, = Cy+sU, between the shock wave velocity
Us and the material velocity U, [23, 52, 102]. C, and s are material parameters that
can be obtained from experiments. By considering the equation and conservation of
mass and momentum in a control volume at the shock front, the final pressure can
be calculated explicitly as a function of the Jacobian behind the shock front Jy and

the reference density ahead of the shock po [23, 52, 102]:

Py = poCo(1 — Ju)

S-S - TP (%20

Jy is related to the density pp, the specific volume Vj, and the deformation gradient

Fy, defined behind the shock front, by:

Ji = 22 = VgV = det(Fy) (3.27)

PH

The relation Equation 3.26, called the “shock Hugoniot,” relates any final state of
density to its corresponding pressure. The deformation path taken by the material
between the initial state (P, V) and the final state (P, Vy) is then defined by a
straight line in the (¢0y, V') plot where o, is the axial stress in the shock direction: the

Rayleigh line [23, 52, 102].

3.3.2 Tait Equation of State

The Tait equation of state, which is commonly used to model fluids under large

(;%) e 1] (3.28)
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pressure variations, is given by:

P=B




where B and Iy are constants [87]. The Tait equation of state provides a reasonable
representation of the volumetric response of soft tissues embedded in a fluid medium
and was therefore employed to describe the tissue response of all the head structures
except the skull. To obtain the necessary parameters, Iy was taken to be the value for
water, 6.15. Appropriate bulk modulus values K were selected from the literature, and

B was computed for each structure from I'y and K using the relation K = B(I'g+1).

3.3.3 Deviatoric Elasticity

To account for the deviatoric response of the materials, an elastic deviatoric model
was combined with the volumetric equation of state using a stress-strain relation of

the following form [18, 35, 68]:
o=—pl+ J'F® [u(logv C’e)dev] FeT (3.29)

where C¢ = F¢TF® is the elastic right Cauchy-Green deformation tensor, logy/Ce is
the logarithmic elastic strain, y is the shear modulus, and p is the pressure obtained

from the equation of state.

3.3.4 Material Properties

The material properties used in the simulations, which are given in Table 3.1 and
Table 3.2, were derived from values provided by Dr. Moore and values found in the
literature. The following sections briefly explain how the material properties for each

structure were selected.

Material Density (kg/m®) K (Pa) G (Pa) Co s
Skull 1412 3.86 x 10° 2.664 x 10° 1850.0 0.94

Table 3.1: Hugoniot Equation of State and Deviatoric Elasticity Parameters
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Material Density (kg/m®) K (Pa) G (Pa) Lo

CSF 1040 219 x 10° 2225 x 10* 6.15
Eyes 1040 219 x 10° 2253 x 10 6.15
Glia 1040 219 x 10° 2.816 x 10* 6.15
Muscle 1040 3.33x 108  3.793 x 10* 6.15
Air Sinus 1040 2.19 x 109 2.225 x 10* 6.15
Skin/Fat 1040 3.479 x 107 5.88x 106 6.15
Venous Sinus 1040 2.19 x 10° 2.013 x 10* 6.15
Ventricle 1040 219 x 10° 2.225 x 10* 6.15
White Matter 1040 219 x 10° 2.816 x 10* 6.15
Gray Matter 1040 219 x 10° 2.253 x 10* 6.15

Table 3.2: Tait Equation of State and Deviatoric Elasticity Parameters

CSF

Cerebrospinal fluid (CSF), a Newtonian fluid similar to water in density and viscosity,
was modeled as a nearly incompressible solid in the simulations. The bulk modulus
and density were assumed to be identical to those for water, and the shear modulus
was derived from values provided by Dr. Moore. The values selected, p = 1040 kg/ m°,
K =2.19 x 10° Pa, and G = 2.225 x 10* Pa, fall well within the range of values used

for CSF in the literature, some of which are listed in Table 3.3.

Material properties for CSF vary widely in the literature, and in general little ex-
planation is given for how the values were selected. Bulk modulus values in particular
span a wide range, from 2.0 x 10° to 2.19 x 10'® Pa, since the bulk modulus, when
calculated from the Young’s modulus £ and Poisson’s ratio v, is extremely sensitive
to small variations in v for virtually incompressible materials with Poisson’s ratios
near 0.5. In a number of studies in the literature, material property values were
selected based on qualitative characteristics of CSF. Gong, for example, used a Pois-
son’s ratio close to 0.5 in order to capture the incompressible fluid behavior of CSF
[31], Horgan used the bulk modulus of water and a very low shear modulus due to the
fluid nature of CSF [37], and Zhang used the bulk modulus of water and a very low
shear modulus to accommodate the pressure gradient and relative movement of the
brain [104]. Nishimoto assigned the bulk modulus of the CSF to be &= that of brain

100
tissue because the dilatation of CSF was considered to be greater than that of brain
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tissue [64], and Ruan assigned the CSF lower shear and bulk moduli values than the
brain in order to allow the brain to move within the skull [74]. Only Willinger even
partially used experimental results, finding the value of F through modal analysis
[97]; that value was adopted by Raul [73] and Belingardi [8]. However, even using
the same E and v values, Belingardi calculated a bulk modulus value of 2.0 x 10° Pa
8], while Willinger decided to use a bulk modulus value of 2.19 x 10 Pa [97]. Thus,
we can see that significant variation exists in the material property values reported
for CSF in the literature, and the values appear to be largely based on qualitative
assessments of the nature of CSF.

Since the CSF resides in the subarachnoid space and the cerebral ventricular
system, the material properties for CSF were applied to both the CSF structure in
the FHM, which encompasses the subarachnoid space in the head, and the ventricles
structure in the FHM. Belingardi similarly applied the material properties of CSF to
the ventricles [8], while Zhang used the properties of CSF, but with a lower shear
modulus, for the ventricles [103]. Additionally, the air sinuses, which are air-filled
cavities within the skull and facial bones, were assigned the material properties of
CSF as a first approximation; this approximation was also made by Ho [33] and

Kleiven and Hardy [41].

Source p(kg/m®) K (Pa) G (Pa) E (Pa) v
Ruan (1994) [74] 1040 219 x 107 5.0 x 10° 0.489
Nishimoto (1998) [64] 1040  2.19x 107 5.2 x 10°

Gilchrist (2001) [30] 1.485 x 10° 0.499
Zhang (2001) [104] 1004  219x10° 5.0 x 102

Kleiven (2002) [41] 1000 2.1 x 10° 0.5
Willinger (2003) [97] 1040  2.19 x 10'© 1.2x10°  0.49
Horgan (2004) [37] 1000 Water 0.5
Belingardi (2005) [8] 1040 2.0 x 10° 1.2x 104 0.49
Raul (2006) [73] 1040 12x 10" 0.49
Ho (2007) [33] 1000 2.1 x 10° 0.5
El Sayed (2008) [24] 1004  2.19x 105 5.0 x 102

Gong (2008) [31] 1040 2.19 x 108 0.489
Taylor (2009) [85] 1000 1.96 x 10° 0.50
Chafi (2010) [13] 1000 2.19 x 10° 0.50

Table 3.3: CSF Material Properties from the Literature
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Gray and White Matter

Material properties for brain tissue also vary widely in the literature, as the prop-
erties are extremely sensitive to a number of factors, including species, strain rates,
specimen harvesting, testing methods, regional differences, and differences between
in vivo, in situ, and in vitro specimens. For example, the mechanical properties of
fresh human brain tissue have been reported to be nearly 30% higher than those of
porcine and bovine brain tissues, but an order of magnitude lerr than properties
obtained from human autopsies conducted days after death [13]. Some of the mate-
rial properties reported in the literature for homogeneous brain tissue are listed in

Table 3.4.

The bulk modulus is widely accepted to be 2.19 GPa, since experimental char-
acterization of brain tissue, which is 78% water, suggests that brain tissue exhibits
incompressible viscoelastic behavior [103]. Shear modulus values, on the other hand,
vary from 1.03 x 10* to 1.68 x 10® Pa. In some studies, the shear modulus values were
based on experimental data. For example, Nishimoto [64], Willinger [100], and Gong
[31] adopted shear modulus values from in vitro experiments conducted by Shuck and
Advani in 1972 on specimens of human brain tissue obtained fresh from autopsies [79].
In other studies, the shear modulus values were based on other modeling work. Will-
inger, for example, later used shear modulus values scaled from a 2D parametric finite
element study conducted by Khalil in 1977, and those same values were adopted by
Raul [73]. Chafi adopted shear modulus values based on work done by Mendis et al.
(13].

In the FHM, gray and white matter are considered distinct structures with dif-
fering material properties. The material property values reported in the literature
for gray matter, which consists of neuronal cell bodies and is largely isotropic, are
shown in Table 3.5. For gray matter, as for homogeneous brain tissue, it is accepted
that the bulk modulus is 2.19 GPa. The shear modulus values in the literature range
only from 10 to 34 kPa. Initially, Zhang used values one order of magnitude higher

than those reported from porcine brain tissue experiments, in order to compensate
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Source p (kg/m®) K (Pa) G (Pa) E (Pa) v

Ruan (1994) [74] 1040 2.19x10° 1.68 x 10° 0.4996
Nishimoto (1998) [64] 1040  2.19x 10°  5.28 x 10°
Willinger (1999) [100] 1140  2.19x 10° 528 x 105  6.75 x 10°

Gilchrist (2001) [30] 1040 5.58 x 10°  0.485
Willinger (2001) [98] 1040  1.125x 10° 4.90 x 10*

Willinger (2003) [97] 1040 1125 x 10°  4.90 x 10*

Takhounts (2003) [83] 5.6 x 108 1.03 x 10*

Belingardi (2005) [8] 1140  5.625 x 10°  4.90 x 10°

Raul (2006) [73] 1040 1125 x 10°  4.90 x 10*

Gong (2008) [31] 1040 219 x 10°  5.28 x 10°

Chafi (2010) [13] 2.19 x 10°  4.0744 x 10*

Table 3.4: Brain Material Properties from the Literature

for the effect of vascular structures in vivo [103], and these values were adopted by
Horgan [37]. Zhang later slightly selected slightly higher shear modulus values [105],
which were adopted by Taylor [85]. In the current simulations, the bulk modulus
was assumed to be 2.19 GPa, and the shear modulus value, 22.53 kPa, was derived
from the values for £ and v provided by Dr. Moore; these values agree well with the
material property values reported in the literature for gray matter. These material
properties were also used for the eyes in the FHM.

Source p(kg/m®) K (Pa) G (Pa)

Zhang (2001) [103] 1060 2.19 x 10° 1.0 x 10?

Horgan (2004) [37] 1060 219 x10° 1.0x 104

Zhang (2004) [105] 1040  2.19 x 10° 3.4 x 10*
Taylor (2009) [85] 1040 237 x 10° 3.4 x 10?

Table 3.5: Gray Matter Material Properties from the Literature

White matter, unlike gray matter, consists of axons surrounded by myelin sheaths.
To account for the more fibrous nature of white matter, the shear modulus of white
matter was assumed to be higher than the shear modulus of gray matter. In the
literature, Zhang [103] and Horgan [37] assumed that the shear modulus of white
matter was 25% higher than the shear modulus of gray matter. Later, Zhang assumed
that the shear modulus of white matter was only 20% higher than that of gray matter
[105], and Taylor adopted that value [85]. In our simulations, the bulk modulus was

assumed to be 2.19 GPa, and the shear modulus, 28.16 kPa, was assumed to be 256%
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higher than the shear modulus of gray matter; these material properties lie well within
the range of values reported in the literature, as shown in Table 3.6. The material

properties for the white matter were also used for the glia structure in the FHM.

Source p(kg/m®) K (Pa) G (Pa)

Zhang (2001) [103] 1060  2.19 x 10° 1.25 x 107
Horgan (2004) [37] 1060 219 x 10° 1.25 x 10*
Zhang (2004) [105] 1040 219 x 10° 4.1 x 10*
Taylor (2009) [85] 1040  2.37 x 10° 4.1 x 10

Table 3.6: White Matter Material Properties from the Literature

Venous Sinus

The venous structures in the FHM correspond to the dural venous sinuses, which are
venous channels found between layers of dura mater in the brain. In the simulations,
the venous structures were modeled as the blood flowing through the dural venous
sinuses. The bulk modulus was the same as that for water, and the shear modulus was
derived from the E and v values provided by Dr. Moore. These properties describe

a virtually incompressible fluid similar to the CSF.

Muscle

For the muscle, the bulk modulus was obtained from Kojic [43], and the shear modulus

and density were obtained from Dr. Moore.

Skin/Fat

For the skin/fat, the bulk and shear modulus values were obtained from the £ and v
values in the literature for scalp, which consists of skin and underlying fat and muscle.
The Young’s modulus and Poisson’s ratio values in the literature were obtained from
experimental data from Zhou and were adopted by Willinger, Belingardi, Raul, Ho,
and Chafi [97, 8, 73, 33, 13].
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Source Type p(kg/m®) E (Pa) v

Zhang (2001) [103]  Soft tissue 1100 1x10° 0.45
Kleiven (2002) [42] Scalp 1130 16.7 x 10° 0.42
Willinger (2003) [97] Scalp 1000 16.7 x 10% 0.42
Belingardi(2005) [§]  Scalp 1200 16.7x 105 0.42
Raul (2006) [73] Scalp 1200 16.7x 105 0.42
Ho (2007) [33] Scalp 1130 16.7x 10° 0.42
Chafi (2010) [13] Scalp 1200 16.7 x 10 0.42

Table 3.7: Skin-Related Material Properties from the Literature

Skull

The skull, which is considered a single structure in the FHM, is composed of two types
of bone: cortical, or compact bone, and trabecular, or cancellous bone. While cortical
bone, which forms the surface of bones, is hard and dense, trabecular bone, which
forms the bulk of the interior of most bones, is spongy; Table 3.9, which lists some
cortical bone material properties reported in the literature, and Table 3.10, which
lists some trabecular bone material properties reported in the literature, demonstrate
the differences between the material properties for cortical and trabecular bone. For
cortical bone, values for the bulk modulus range from 4 to 8.62 GPa, and values for
the shear modulus range from 2.4 to 6.15 GPa. For trabecular bone, values for the
bulk modulus range from 0.47 to 3.4 GPa, and values for the shear modulus range
from 0.215 to 2.32 GPa. For a skull consisting of both cortical and trabecular bone,
some examples of material properties reported in the literature are given in Table 3.8.
Values for the bulk modulus range from 3.96 to 7.12 GPa, and values for the shear
modulus range from 2.73 to 3.47 GPa. In the FHM, the material properties for the
skull, p = 1412kg/m®, K = 3.89 x 10° Pa, G = 2.664 x 10° Pa, which were all
obtained from Dr. David Moore, fall between the literature values for cortical and

trabecular bone.
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Source p(kg/m®) K (Pa) G (Pa) E (Pa) v
Nishimoto (1998) [64] 1456 7.12x 10° 3.47 x 10° 8.75 x 10°

Gilchrist (2001) [30] 1410 6.65 x 10° 0.22
Taylor (2009) [85] 1412 4.82 x 10° 0.22
Chafi (2010) [13] 1800 1.5 x 1010 0.21

Table 3.8: Skull (Cortical and Trabecular Bone) Material Properties from the Liter-
ature

Source p(kg/m®) K (Pa) G (Pa) E (Pa) v
Ruan (1994) [74] 3000 7.3 x 10° 5.0 x 10°

Zhang (2001) [103] 2100 6.0 x 10° 0.25
Kleiven (2002 [42] 2000 1.5 x 1010 0.22
Horgan (2003) [36] 2000 1.5 x 10" 0.22
Willinger (2003) [97] 1900 6.2 x 10° 1.5 x 10 0.21
Belingardi (2005) [8] 1800 1.5 % 10 0.21
Raul (2006) [73] 1800 15 % 101 0.21
Ho (2007) [33] 2000 1.5 x 1010 (.22
Gong (2008) [31] 3000 7.3 x 107 0.22

Table 3.9: Cortical Bone Material Properties from the Literature

Source p(kg/m®) K (Pa) G (Pa) E (Pa) v

Ruan (1994) [74] 1750 34 x 10° 2.32 x 10° 0.22
Zhang (2001) [103] 1000 5.6 x 108 0.30
Kleiven (2002) [42] 1300 1.0 x 10° 0.24
Horgan (2003) [36] 1300 1.0 x 10° 0.24
Willinger (2003) [97] 1500 2.3 x 10° 46 x 10° 0.05
Belingardi (2005) [8] 1500 4.5 x 10° 0.01
Raul (2006) [73] 1500 45x10° 0.0
Ho (2007) [33] 1300 1.0 x 10° 0.24
Gong (2008) [31] 1744 3.4 x 10° 0.22

Table 3.10: Trabecular Bone Material Properties from the Literature
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3.4 Summary

The DVBIC/MIT Full Head Model (FHM), a biofidelic model of the human head, was
generated from high-resolution medical imaging data. The FHM consists of 11 distinct
head structures: CSF, eyes, glia, ventricles, venous sinus, air sinus, muscle, skull,
skin/fat, white matter, and gray matter. The material responses of the structures
are modeled using the Tait and Hugoniot equations of state and a deviatoric elastic
model. The material properties for each structure, which were derived from values
provided by Dr. Moore and values found in the literature, all fall within the range
of values reported in the literature. The FHM has been optimized for use in finite
element simulations, and it can be used in blast simulations conducted in the VTF,
a suite of computational solvers that allows simulation of complex fluid-structure
interactions by coupling a Lagrangian finite element solid solver with an Eulerian

fluid solver. This provides a suitable framework for modeling blast-related TBI.
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Chapter 4

Full Head Simulations

4.1 Overview

In order to investigate the mechanical effects of blasts on the human head, simulations
were conducted with the DVBIC/MIT FHM under three different conditions: (1) a
blast with incident overpressure of 6 atm, equivalent to a free air explosion of 0.0836
kg TNT at 0.6 m standoff distance; (2) a blast with incident overpressure of 30 atm,
equivalent to a free air explosion of 0.569 kg TNT at 0.6 m standoff distance; and
(3) an impact between a head traveling at 5 m/s and a stationary boundary. The
overpressures for the blast simulations were selected based on the Bowen curves, which
estimate tolerance to a single blast at sea level for a 70-kg unarmored human oriented
perpendicular to the blast [9]. For a blast with a positive overpressure duration of 0.5
ms, the Bowen curves estimate that threshold lung damage occurs at approximately 6
atm and 99% lethality occurs at approximately 30 atm [9]. The impact condition was
selected to result in probable concussive injury based on comparable impact studies
in the literature [105).

In the blast simulations, the fluid grid used two levels of subdivision with an
equivalent resolution of 480x400x200 grid points in order to resolve the blast front
and the fluid-solid interface with sufficient fidelity. To prevent the blast from engulfing
the bottom of the head, where the neck would ordinarily be attached, the base of the

head was constrained in all degrees of freedom. 8 processors were used for the fluid
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solver and 22 were used for the solid solver. In the solid-only impact simulation, no

constraints were placed on the base of the head, and 20 processors were used.

4.2 6 atm Blast Simulation

In the first simulation, the FHM was subjected to a blast with incident overpressure
of 6 atm, the threshold for unarmored blast lung injury. Figure 4-1 illustrates the
propagation of the blast wave through mid-coronal sections of the head. Here we
adopt the fluid mechanics convention of positive pressure under compression. In the
fluid, we consider the overpressure, the pressure above atmospheric pressure, and in
the solid, we compute the pressure from the stresses using the relation p = %akk. At
t=0.1 ms, we can observe the blast wave impinging on the left temporal region of the
head and transmitting stresses through the skull to the brain tissue. The snapshot at
t=0.151 ms shows the wave propagating through the cranial cavity from left to right,
and the snapshot at t=0.201 ms shows negative pressure appearing in the left frontal
region as a result of the negative phase of the incident wave beginning to interact
with the head. We can also observe at t=0.201 ms negative pressure beginning to
build in the skull in the right temporal region. The transmitted stress waves reflect off
the skull and into the intracranial cavity, resulting in a multiplicity of heterogeneous
waves that interact in a complex manner. These complex interactions are captured
by the snapshots at t=0.279, 0.338, 0.402, and 0.599 ms. In certain regions, such
as the left temporal region, reflections from stress waves result in negative pressures.
By 0.713 ms, the stresses in the intracranial cavity have largely dissipated, with the
largest remaining stresses residing in the skull.

To develop a more quantitative understanding of the simulation results, we plot
. the pressure envelopes for each of the 11 distinct head structures. That is, for each
structure, we extract and plot the highest pressure at each time step; the resultant
curves are the envelopes of the pressure histories of all points within each structure. In
addition to analyzing the pressure or volumetric component of the stress field, which is

associated with volume changes in the tissue, we also consider the deviatoric stresses,
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Iigure 4-1: Snapshots of pressure from the 6 atm head blast simulation. The scale

for the color bar is from -1.0 to 1.0 MPa
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Figure 4-2: Pressure and Von Mises stress envelopes from the 6 atm head blast
simulation. The scale is from 0 to 17 MPa.

which are related to isochoric distortions in the tissue. A scalar value representing the
magnitude of the deviatoric stress is the Von Mises or equivalent stress g, = 4/ %sijsz-j,
where 3;; = 0 — %akk(&j are the components of the deviatoric stress tensor [51]. The

pressure and Von Mises stress envelopes for each structure are shown in Fig. 4-2.

From the pressure envelopes, we observe that the highest pressures were experi-
enced by the skull and muscle, followed by the gray matter and subarachnoid CSF.
In particular, the skull experienced a maximum pressure of 7.58 MPa at 0.366 ms,
and the muscle experienced a maximum pressure of 7.29 MPa at 0.416 ms. The gray
matter experienced its highest pressure of 6.26 MPa at 0.366 ms, and the CSF expe-
rienced its highest pressure of 5.62 MPa at 0.42 ms. In contrast, the highest pressure
experienced by the white rriatter was 1.15 MPa at 0.187 ms. The eyes, glia, ventricles,
and white matter all experienced peak pressures that occurred earlier than the peak

pressures of other head structures and were particularly low in magnitude.

Some of the disparities between structures can be explained by differences in
material properties; the skull, for example, experienced higher stresses due to its
higher stiffness. However, a number of other structures that had similar material
properties to each other, such as gray and white matter, experienced widely disparate
maximum pressures, highlighting the importance of the complex geometry of the
head in producing nonuniform pressure fields that affect each structure in distinct

ways. For example, from the snapshots of pressure, we can qualitatively see that
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the highest pressures were produced in the left temporal region and that reflection of
the stress waves resulted in significant magnification of pressure. From the pressure
envelopes, we can determine that the highest pressure experienced by the head was
7.58 MPa, which is 12.6 times greater than the incident overpressure of 0.6 MPa. The
pressure envelopes also suggest that for some structures, such as the white matter
and ventricles, the highest pressures experienced were due to the initial transmitted
wave, while for other structures that experienced much larger peak pressures that
occurred later, such as the skull, muscle, and gray matter, the highest pressures
experienced were due to reflected waves and interactions between the transmitted
and reflected waves. In addition, the pressure envelopes demonstrate that blasts can
lead to elevated pressures on very short time scales; peak pressures for the various
structures typically occurred around 0.4 ms or earlier.

From the Von Mises stress envelopes, we first observe that the magnitudes of the
maximum shear stresses are approximately twice as high as the magnitudes of the
maximum pressures. The skull experienced the highest Von Mises stresses, followed by
the skin/fat, gray matter, CSF, and muscle. The peak Von Mises stress experienced
by the skull was 16.1 MPa at 0.434 ms, the peak Von Mises stress experienced by the
skin/fat was 15.4 MPa at 0.581 ms, and the peak Von Mises stress experienced by the
gray matter was 15.2 MPa at 0.379 ms. The CSF experienced its highest Von Mises
stress of 14.5 MPa at 0.420 ms, and the muscle experienced its highest Von Mises
stress of 13.4 MPa at 0.434 ms. The highest Von Mises stress experienced by the white
matter, on the other hand, was only 1.73 MPa at 0.388 ms; again, head structures
with very similar material properties experienced vastly different maximum shear
stresses. The peak Von Mises stresses typically occurred around 0.4 ms, although the

skin/fat and air sinuses experienced delayed peak stresses around 0.6 ms.

4.3 30 atm Blast Simulation

In the second simulation, the FHM was subjected to a blast with incident overpres-

sure of 30 atm, the threshold for 99% lethality due to unarmored blast lung injury.

73



Time: 0.10000 ms Time: 0.15100 ms

Pressure (MPQ)
5.0 _

4.0
3.0
Time: 0.20100 ms Time: 0.27900 ms '-2.0

Time: 0.33800 ms Time: 0.40200 ms

Time: 0.69900 ms Time: 1.00100 ms

Figure 4-3: Snapshots of pressure from the 30 atm head blast simulation. The scale
for the color bar is from -5.0 to 5.0 MPa
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Fig. 4-3 illustrates the propagation of the 30 atm blast wave through the head. The
magnitudes of the pressures observed in the 30 atm blast simulation are clearly higher
than those observed in the 6 atm blast simulation, but the pressure distributions are
largely similar, though the 30 atm blast wave does propagate more rapidly through
the head. By t=0.1 ms, the blast wave has arrived at the head and propagated
halfway through the cranial cavity, and by t=0.151 ms, the blast wave has fully prop-
agated through the cranial cavity. At t=0.151 ms, we begin to see negative pressure,
and by t=0.201 ms, substantial regions of negative pressure have formed within the
cranial cavity. The transmitted stress waves reflect off the skull, and the snapshots
at t=0.279, 0.338, 0.402, and 0.699 ms display fluctuations in the intracranial pres-
sure field due to the multiplicity of waves within the cranial cavity. By 0.4 ms, the
blast in the surrounding fluid has largely dissipated, and by 0.699 ms, it has entirely
dissipated. By 1.0 ms, although there continue to be regions of positive and negative
pressure in the cerebral tissue near the skull, most of the remaining stresses reside in

the skull.
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Figure 4-4: Pressure and Von Mises stress envelopes from the 30 atm head blast
simulation. The scale is from 0 to 120 MPa.

Fig. 4-4 shows the pressure and Von Mises stress envelopes from the 30 atm blast
simulation. As in the 6 atm blast simulation, the skull experienced the highest pres-
sure, this time with a pressure of 40.7 MPa at 0.279 ms. The skull was closely followed
by muscle, which experienced a peak pressure of 37.7 MPa at 0.343 ms, gray matter,
which experienced a peak pressure of 33.5 MPa at 0.26 ms, and CSF, which experi-
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enced a peak pressure of 33.9 MPa at 0.292 ms. The skin/fat experienced its highest
pressure of 26.6 MPa at 1.01 ms, and the air sinuses experienced their highest pressure
of 18.8 MPa also at 1.01 ms. In contrast, the maximum pressure experienced by the
white matter was 12.7 MPa at 0.119 ms. We again observe significant amplification
of the original blast wave, with pressures in the head reaching 40.7 MPa, or 13.6
times the original 3 MPa incident overpressure. We also again observe that for some
structures, such as the white matter, effects from the initial blast wave predominate,
while for other structures such as the skull and gray matter, effects from the reflected
waves and the complex interactions between the reflected and transmitted waves pre-
dominate, resulting in markedly higher peak pressures that occur at later times. As
in the 6 atm blast simulation, the nodes that experienced the highest pressures were
located in the left temporal region of the head. The maximum pressures experienced
by each structure in the 30 atm blast simulation were typically 5-6 times higher than
the maximum pressures experienced in the 6 atm blast simulation, suggesting that
for most structures, the pressure magnitudes scale in a predominantly linear fashion.
The pressure time course for most of the structures appears to have been slightly
shifted compared to the 6 atm blast simulation, with peak pressures occurring about

0.1 ms earlier in the 30 atm simulation than in the 6 atm simulation.

As in the 6 atm simulation, the magnitudes of the maximum Von Mises stresses
are approximately 2-3 times higher than the magnitudes of the maximum pressures.
Here the highest Von Mises stresses were experienced by the skull, skin/fat, CSF,
gray matter, air sinuses, and muscle. The skull experienced a peak Von Mises stress
of 110.7 MPa at 0.685 ms, the skin/fat experienced a peak Von Mises stress of 109.7
MPa at 0.681 ms, and the CSF experienced a peak Von Mises stress of 82.8 MPa at
0.288 ms. The maximum Von Mises stress experienced by the gray matter was 82.6
MPa at 0.311 ms, and the maximum Von Mises stress experienced by the air sinuses
and muscle was 82.3 MPa at 0.681 ms. The peak Von Mises stress experienced by
the white matter, meanwhile, was 11.4 MPa at 0.274 ms. The peak Von Mises stress
experienced by each structure was typically 6-7 times greater than the peak Von Mises

stress experienced in the 6 atm blast simulation. Unlike the pressure peaks, which
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occurred earlier in the 30 atm blast simulation than in the 6 atm blast simulation,
the peak Von Mises stresses for the skull and skin/fat, which experienced the highest
overall Von Mises stresses, occurred 0.1-0.2 ms later in the 30 atm simulation than in

the 6 atm simulation.

4.4 5 m/s Impact Simulation

In the third simulation, the FHM was subjected to a 5 m/s lateral impact. The
site of impact was the left temporal region of the head. Fig. 4-5 illustrates the
propagation of stress waves through mid-coronal sections of the head in the 5 m/s
impact simulation. Starting at t=0.102 ms, we can see stress waves propagating
from left to right. The snapshots at t=0.150, 0.201, and 0.279 ms show the wave
propagation and the buildup of positive pressure at the coup site, in the left temporal
region. At t=0.337 and 0.402, we observe the concentration of pressure in the skull
and muscle along the left temporal and inferior surfaces of the skull. By t=0.599 and
0.807 ms, we can see the increasing concentration of positive pressure in the skull
and muscle and also the the growth of a negative pressure region on the right side of
the cranial cavity at the contrecoup site. These snapshots illustrate classic coup and
contrecoup behavior, which has been suggested as a mechanism for cerebral contusion
[105].

Fig. 4-6 shows the pressure and Von Mises stress envelopes for the head impact
simulation. In contrast to the pressure envelopes from the 6 atm and 30 atm blast
simulations, which feature distinct peaks early in the simulations, the pressure en-
velopes from the impact simulation increase monotonically. In the impact simulation,
the maximum pressure of 20.98 MPa was experienced by the skull and gray matter,
and the muscle, CSF, skin/fat, and air sinuses experienced peak pressures of 20.66
MPa, 16.22 MPa, 15.37 MPa, and 12.4 MPa respectively, all at 0.807 ms. The maxi-
mum pressure experienced by the white matter was 1.045 MPa at 0.296 ms. As in the
blast simulations, the nodes that experienced the highest pressures were located in

the left temporal region of the head. In general, the maximum pressure experienced
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Figure 4-5: Snapshots of pressure from the 5 m/s head impact simulation. The scale
for the color bar is from -1.0 to 1.0 MPa.
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simulation. The scale is from 0 to 50 MPa.

by each structure was 2-3 times greater than the maximum pressure experienced by
the same structure in the 6 atm blast simulation, but 1.5-2 times smaller than the
maximum pressure experienced by the same structure in the 30 atm blast simulation.
This suggests that a blast with an incident overpressure of 30 atm could plausibly

cause brain injury.

The Von Mises stress envelopes, like the pressure envelopes, also show monotonic
growth, with the highest Von Mises stresses occurring at 0.807 ms. The highest Von
Mises stress, 45.28 MPa, was experienced by the skull and muscle. The CSF, gray
matter, air sinuses, venous sinuses, and skin/fat experienced peak Von Mises stresses
of 37.49 MPa, 35.1 MPa, 34.45 MPa, 25.57 MPa, and 20.97 MPa respectively. While
the venous sinuses experienced low peak Von Mises stresses in the blast simulations
compared to other head structures, they experienced relatively high peak Von Mises
stresses in the impact simulation. The maximum Von Mises stress experienced by the
white matter was 9.36 MPa at 0.807 ms. Like the maximum pressures, the maximum
Von Mises stresses were typically 2-3 times greater than the stresses in the 6 atm
blast simulation and 2-3 times lower than the stresses in the 30 atm blast simulation,

again supporting the plausibility of blast-induced brain injury.
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4.5 Comparison of Blast and Impact Simulations

To more directly compare the results from the blast and impact simulations, Fig. 4-7
compares pressure envelopes from the 6 atm, 30 atm, and impact simulations for four
materials of interest: gray matter, white matter, muscle, and skull. From Fig. 4-7, we
observe that of the three simulations, the 30 atm blast simulation produces by far the
highest pressures at the earliest times. We also observe that the pressure envelopes
for white matter are of much lower magnitude than the pressure envelopes for the
other structures, likely because it does not share boundaries with structures such as

the CSF or skull.

To gain understanding of the pressures being experienced by individual points
within the head, pressure histories were extracted at selected points in the mid-coronal
plane for each of the three simulations. Fig. 4-8 compares the pressure histories from
the 6 atm, 30 atm, and head impact simulations for each of the seven locations labeled
as points A, B, C, D, E, F, and G in the figure. Points A, B, and C are located in the
left side of the cranial cavity; point A is in the gray matter, point B is in the white
matter, and point C is in the skull. Point D is located in the center of the cranial
cavity in the white matter. Points E, F, and G are located in the right side of the
cranial cavity; point E is in the skull, point F is in the white matter, and point G is

in the gray matter.

At all the points, the pressure histories demonstrate even more dramatically than
the pressure envelopes that the 30 atm blast simulation results in peak pressures that
occur earlier and are significantly greater in magnitude than the peak pressures from
the 6 atm blast and head impact simulations. For example, at point A, located in the
gray matter, the peak pressure produced in the 30 atm simulation was 5.76 MPa and
occurred at 0.105 ms, compared to a peak pressure of 0.538 MPa at 0.169 ms in the
6 atm simulation and a peak pressure of 0.333 MPa at 0.243 ms in the head impact
simulation. At this point, the peak pressure produced in the 30 atm simulation was
10.7 times greater than the peak pressure from the 6 atm simulation and 17.3 times

greater than the peak pressure from the impact simulation. The peak pressure also
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Figure 4-8: Pressure histories from the 6 atm, 30 atm, and 5 m/s impact head
simulations at points located in the mid-coronal plane.
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occurred 0.064 ms earlier in the 30 atm simulation than in the 6 atm simulation and
0.138 ms earlier than in the impact simulation.

At point C, located in the skull, the 30 atm simulation produced a peak pressure
of 12.78 MPa at 0.119 ms, whereas the 6 atm simulation produced a peak pressure
of 2.1 MPa at 0.315 ms and the impact simulation produced a peak pressure of 6.79
MPa at 0.601 ms. This time, the disparities are less dramatic; the peak pressure in
the 30 atm simulation is 1.88 times greater than the pressure in the impact simulation
and 6.09 times greater than the pressure in the 6 atm simulation. The impulse in
the 30 atm simulation is also substantially greater than the impulse in the 6 atm and

impact simulations.

At point F, located in the white matter, the 30 atm simulation produced a peak
pressure of 3.68 MPa at 0.137 ms, while the 6 atm simulation produced a peak pressure
of 0.30 MPa at 0.169 ms and the impact simulation produced a peak pressure of 0.053
MPa at 0.205 ms. Again, the differences in peak pressure magnitude are staggering;
the 30 atm peak pressure is 12.27 times greater than the 6 atm peak pressure and 69

times greater than the impact peak pressure.

These results illustrate that in all three simulations, points within the skull expe-
rienced pressures that were much higher than the pressures experienced by the gray
and white matter; this is expected due to the skull’s higher stiffness. Within the cra-
nial cavity, pressures are slightly higher for points in the left side, closer to the site of
blast arrival or impact, than for points in the right side. For those points located near
each other in gray and white matter, the pressure histories appear to be very similar.
Comparing the three simulations, we see that the pressures produced by the 30 atm
blast simulation are substantially higher — in some cases, even 69 times higher —
than the pressures produced by the 6 atm blast and impact simulations. The pressure
peaks also occur somewhat earlier in the 30 atm blast simulation than in the 6 atm
and impact simulations; the 30 atm simulation tends to produce a positive pressure
peak around 0.1 ms, followed by slight negative pressure and often some oscillations,
while the 6 atm simulation tends to result in peaks around 0.2 ms, and the impact

simulation tends to result in peaks around 0.2-0.3 ms. One interesting observation
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is that for points in the gray and white matter, the pressures from the 6 atm blast
simulation exceed the pressures from the impact simulation by up to 5.66 times. This
has important implications, since TBI generally results from injury to the gray and
white matter; these results suggest that even a 6 atm blast can cause pressures in
the gray and white matter that exceed the pressures caused by an impact known to
result in concussive injury. In sum, these results support the plausibility of 30 atm

and even 6 atm blasts resulting in brain injury.
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Figure 4-9: Pressure histories from the 6 atm, 30 atm, and 5 m/s impact head
simulations at points located in the mid-sagittal plane.

For further comparison, pressure histories were extracted at selected points in the
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mid-sagittal plane for each of the three simulations. Fig. 4-9 compares the pressure
histories from the 6 atm, 30 atm, and impact simulations for each of the six locations
labeled as A, B, C, D, E, and F in the figure. Points A and B are located in the
frontal lobe, point C is in the corpus callosum, point D is in the parietal lobe, point
E is in the occipital lobe, and point F is in the pons. Points A, B, D, and E are in
the gray matter, while points C and F are in the white matter.

We again observe much higher pressures in the 30 atm simulation than in the 6 atm
and impact simulations. For example, while point B in the frontal lobe experienced an
initial peak pressure of 4.18 MPa at 0.109 ms in the 30 atm simulation, it experienced
an initial peak pressure of only 0.407 MPa at 0.146 ms in the 6 atm simulation and
an initial peak pressure of 0.086 MPa at 0.206 ms in the impact simulation. Similarly,
point F in the pons experienced an initial peak pressure of 5.57 MPa at 0.123 ms in the
30 atm simulation, 0.499 MPa at 0.169 ms in the 6 atm simulation, and 0.115 MPa at
0.238 ms in the impact simulation. At the remaining points, too, the pressures in the
30 atm simulation dwarf those from the 6 atm and impact simulations, and further,
the pressures generated in the 6 atm simulation are higher than those generated in
the impact simulation. These results suggest that in critical locations in the brain,
such as the prefrontal cortex, corpus callosum, and brainstem, blasts — even 6 atm
blasts — may produce higher pressures than impacts at shorter time scales. This

strongly suggests that blasts may lead to traumatic brain injury.

4.6 Discussion

The results presented in this chapter suggest that blasts may lead to traumatic brain
injury. Snapshots of pressure contours from the blast simulations demonstrate that
blast waves can transmit stress waves that propagate through the skull and into the
intracranial cavity, resulting in elevated pressures in the brain tissue. The snapshots
also show that the highest pressures are generated in the left temporal region, near the
site of blast arrival, and that reflection of the stress waves and interaction between the

various transmitted and reflected waves result in significant magnification of pressure.
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Pressure envelopes from the blast simulations suggest that for some structures, such
as the white matter, the peak pressures experienced were primarily due to the ini-
tial transmitted waves, while for other structures that experienced much larger peak
pressures that occurred later, such as the skull, muscle, and gray matter, the peak
pressures experienced were due to wave reflections and interactions between the var-
ious transmitted and reflected waves. In addition, the pressure and Von Mises stress
envelopes demonstrate that blasts lead to elevated intracranial pressures and shear
stresses on very short time scales, with peak pressures and stresses often occurring at
or before 0.4 ms.

Comparison of pressure envelopes from the three simulations shows that the 30
atm blast simulation produced peak pressures that are significantly higher than the
peak pressures produced by the impact simulation; this suggests, if peak intracranial
pressure is an important indicator of traumatic brain injury, that a 30 atm blast
could plausibly lead to brain injury. Plots of pressure histories at selected points in
the mid-coronal and mid-sagittal planes of the head demonstrate even more clearly
that the 30 atm blast simulation results in peak pressures that occur earlier and are
significantly greater in magnitude than the peak pressures generated by the 6 atm
blast and head impact simulations. Intriguingly, the pressure histories also demon-
strate that at critical locations in the brain, such as the corpus callosum, frontal lobe,
and brainstem, the 6 atm blast can result in higher pressures than the 5 m/s impact,
suggesting that even a 6 atm blast could cause significant brain injury. In sum, these
results suggest that blasts, even with overpressures as low as 6 atm, could plausibly

cause traumatic brain injury.
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Chapter 5

Helmet Simulations

5.1 Overview

In order to investigate the effect of the Advanced Combat Helmet (ACH) on the
mechanical response of the human head to blast waves, the DVBIC/MIT Full Head
Model (FHM) was extended to include the ACH, and two simulations were conducted
with the extended FHM. In the first simulation, the extended FHM was subjected
to a blast with incident overpressure of 30 atm, which is equivalent to a free air
explosion of 0.569 kg TNT at 0.6 m standoff distance. As mentioned in Chapter 4,
the Bowen curves estimate that an overpressure of 30 atm results in 99% lethality
due to unarmored lung injury [9]. In the second simulation, the extended FHM
was subjected to a 5 m/s lateral impact with a stationary boundary; the impact
velocity was selected to result in probable concussive injury [105]. Results from these
simulations were compared with results from identical simulations conducted with the
original FHM that were described in the previous chapter. In the blast simulation, the
fluid grid used two levels of subdivision with an equivalent resolution of 480x400x200
grid points, and the base of the head was constrained in all directions. 8 processors
for the fluid and 22 processors for the solid were used. In the solid-only impact
simulation, the base of the head remained unconstrained, and 20 processors were

used.
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5.2 Head-Helmet Model

A computational model of the ACH was developed from a CAD model of the actual
shell, which was provided by the Natick Soldier Research, Development, and Engi-
neering Center [16]. The CAD model was imported into Ansys ICEM CFD, and
geometries of pads in the standard configuration were constructed and added to the
model of the shell. An unstructured finite element mesh of the helmet and padding
was then constructed using the Delaunay tetrahedral mesh generation algorithm, and
the meshes of the helmet and padding were added to the DVBIC/MIT FHM to cre-
ate a computational mesh of the head-helmet system. The head-helmet mesh, which

consists of 922,852 tetrahedral elements, is shown in Fig. 5-1.

(a) FHM with ACH padding (b) FHM with ACH shell

Figure 5-1: Computational head-helmet mesh.

5.2.1 Material Model and Properties

To model the elastic response of the helmet and padding, we used the neo-Hookean
model extended to the compressible range, in which the strain energy density is given
by:

J
W(C) = Slog*J — pilogJ + %(Il —3) (5.1)

where p and A are Lamé constants and I, is the first invariant of the right Cauchy-
Green deformation tensor C.

Standard material properties for Kevlar, which are shown in Table 5.1, were used
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Material Density (kg/m®) E (Pa) v
Helmet /Padding 1440 1.24¢9 0.36

Table 5.1: Material Properties for Helmet and Padding

for both the helmet and the padding. Ideally an energy-absorbing material model
and less stiff material properties would be used to model the foam padding, but as
a first approximation, simulations using the neo-Hookean model and Kevlar material
properties for the foam padding demonstrate the upper limit for stresses imparted to

the head through the padding.

5.3 30 atm Blast Simulation

The extended FHM was first subjected to a blast with incident overpressure of 30
atm, the threshold for 99% lethality due to unarmored blast lung injury. Fig. 5-2
shows the propagation of the 30 atm blast wave through the fluid and solid domains.
To better illustrate the propagation of the blast wave through the helmet and skull
into the cranial cavity, Fig. 5-3 shows mid-coronal sections of the head-helmet model.
At t=0.05 ms, we observe the blast wave impinging on the helmet. Due to the
open nature of the helmet, the helmet slightly delays but does not prevent the blast
wave from arriving at the head and directly transmitting stresses to the left temporal
region of the head. At t=0.100, 0.123, and 0.151 ms, we observe the pressure wave
propagating laterally from left to right through the cranial cavity and also through
the padding. At t=0.196 and 0.279 ms, we see the wave continuing to propagate. We
also observe fluctuations in pressure as waves reflect off the skull and interact with
cach other, as well as concentrations of pressure building in the skull. By t=0.320,
a negative pressure region has started forming on the left side of the cranial cavity,
and by t=0.379 ms, the largest remaining stresses are located in the skull.

To compare results from this helmet simulation with the results from the cor-
responding head simulation, Fig. 5-4 shows the pressure envelopes for the various
structures from the head and helmet 30 atm blast simulations; for each structure,

the maximum pressure at each time step is plotted. From Fig. 5-4, we can see that
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Time: .20 ms Time: 0.79 ms

Figure 5-2: Snapshots of pressure from the 30 atm helmet blast simulation. The scale
for the color bar is from -5.0 to 5.0 MPa.
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91



Head Pressure Envelopes Helmet Pressure Envelopes = x Helmet
.1y R S A | A5 B o) I B T — = =« Padding
i & . S dewda H i H
‘ ' — CSF
RIS 7 aieb ~ Eyes
w0/ N B = e
= Lo~ = -- Muscle
£ 20f . )C'\\//_“‘ €20 — Sinus
a e @ Ski
o i ! : — ¢ — in/Fat
- /E/,/"\ T & o - skull
i g S . Vs
ﬁ / %\; g S — Ventricle
ucunl 0.05 0.10 0.5 0.20 0.25 030 0.5 oc 0 : 0 m= WhAs Neker
; ; E E ; ! E B .00 0.05 0.10 0.15 0.20 0.25 0.30 0.35
time [ms] time [ms] -- Gray Matter

Figure 5-4: Pressure envelopes from the head and helmet 30 atm blast simulations.
The scale is from -1 to 41 MPa.

the helmet slightly mitigates the effects of blast waves on the head, briefly delaying
and slightly reducing the magnitude of peak pressures experienced. For example,
the maximum pressure experienced by the skull was reduced from 40.7 MPa in the
head simulation to 37.2 MPa in the helmet simulation and delayed from 0.279 ms in
the head simulation to 0.361 ms in the helmet simulation. Similarly, the maximum
pressure experiened by the muscle was reduced from 37.7 to 28.6 MPa and delayed
from 0.343 to 0.356 ms, and the maximum pressure experienced by the gray matter
was reduced from 33.5 to 29.4 MPa and delayed from 0.26 to 0.375 ms. For the white
matter, the maximum pressure experienced was reduced from 12.7 to 7.2 MPa and
delayed from 0.119 to 0.187 ms. Thus, we can see that addition of the ACH and
padding to the FHM results in modest reductions in peak pressure magnitude and

slight delays in peak pressure arrival time.

We next evaluate the effect of the helmet on the deviatoric response of the head;
Fig. 5-5 shows the Von Mises stress envelopes for the various head structures from
the head and helmet blast simulations. From Fig. 5-5, we can see that the effect of
the helmet on the maximum Von Mises stresses experienced by the head in the time
frame of the helmet simulation is ambiguous. For some structures, such as the gray
matter, the peak Von Mises stresses were significantly reduced from 82.6 MPa in the
head simulation to 62 MPa in the helmet simulation and delayed from 0.311 to 0.379

ms. For other structures, the effect was much less dramatic; for example, the peak
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Figure 5-5: Von Mises stress envelopes from the head and helmet 30 atm blast simu-
lations. The scale is from 0 to 120 MPa.

Von Mises stress experienced by the skull was reduced from 86.37 to 84.9 MPa and
delayed from 0.320 to 0.329 ms. For still other structures, the peak Von Mises stress
increased in the helmet simulation. For the muscle, for example, the peak Von Mises
stress increased from 70.8 MPa in the head simulation to 79.43 MPa in the helmet
simulation and arrived earlier in the helmet simulation, at 0.343 ms, than in the head
simulation, at 0.347 ms. Thus, it is not clear that addition of the ACH mitigates

shear stresses resulting from blast waves.

To more clearly observe the effect of the helmet on pressures within the head, we
compare the pressure histories at selected points located in the mid-coronal plane.
Fig. 5-6 shows pressure histories from the head and helmet simulations at each of the
seven locations labeled as points A, B, C, D, E, F, and G in the figure. Points A, B,
and C are located in the left side of the cranial cavity; point A is in the gray matter,
point B is in the white matter, and point C is in the skull. Point D is located in the
center of the cranial cavity in the white matter. Points E, F, and G are located in the
right side of the cranial cavity; point E is in the skull, point F is in the white matter,

and point G is in the gray matter.

It is clear from Fig. 5-6 that at each of the points, the pressure peaks experienced
in the helmet simulations are somewhat lower in magnitude and delayed in time
compared to the pressure peaks experienced in the head simulations. For example, at

point A, which is located in the gray matter on the left side of the cranial cavity, the
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Figure 5-6: Pressure histories from the head and helmet 30 atm blast simulations at
points in the mid-coronal plane. The scale is from -5 to 15 MPa.
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peak pressure in the head simulation was 5.79 MPa and occurred at 0.105 ms, while
the peak pressure in the helmet simulation was 3.3 MPa and occurred at 0.178 ms.
Similarly, at point C in the skull on the left side of the head, the peak pressure in the
head simulation was 12.78 MPa at 0.119 ms, while the peak pressure in the helmet
simulation was 9.36 MPa at 0.315 ms. And at point F, located in the white matter on
the right side of the cranial cavity, the peak pressure reached in the head simulation
was 3.68 MPa at 0.137 ms, while the peak pressure reached in the helmet simulation
was 1.64 MPa at 0.173 ms. Thus, from Fig. 5-6, we can see that the helmet does
slightly aid in delaying and reducing the magnitude of pressure peaks experienced by

points within the head.

We similarly extract and plot pressure histories for points located in the mid-
sagittal plane. Fig. 5-7 compares the pressure histories from the head and helmet
simulations for each of the six locations labeled as points A, B, C, D, E, and F in
the figure. Points A and B are located in the frontal lobe, point C is in the corpus
callosum, point D is in the parietal lobe, point E is in the occipital lobe, and point F
is in the pons. Points A, B, D, and E are in the gray matter, while points C and F

are in the white matter.

We again observe that at each point, the pressure peaks are delayed in time and
reduced in magnitude in the helmet simulation compared to the head simulation. At
point B in the frontal lobe, for example, the peak pressure reached 4.18 MPa at 0.109
ms in the head simulation, but only 2.41 MPa at 0.155 ms in the helmet simulation.
Similarly, for point F in the brainstem, while the peak pressure reached 5.57 MPa at
0.123 ms in the head simulation, it only reachéd 2.45 MPa at 0.173 ms in the helmet
simulation. These results suggest that at individual points in areas of the brain with
critical functionality, the ACH is somewhat effective in delaying and reducing the

magnitude of pressure peaks caused by blast waves.
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Figure 5-7: Pressure histories from the head and helmet 30 atm blast simulations at
points in the mid-sagittal plane. The scale is from -2.5 to 6 MPa.
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Figure 5-8: Snapshots of pressure from the helmet impact simulation. The scale for
the color bar is from -1.0 to 1.0 MPa.
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5.4 5 m/s Impact Simulation

The extended FHM was next subjected to a 5 m/s lateral impact with a stationary
boundary. Fig. 5-8 illustrates the propagation of stress waves through mid-coronal
sections of the head in the 5 m/s impact simulation. From t=0.100 ms, we can see
stress waves propagating from left to right through the cranial cavity. The snapshots
at t=0.150, 0.201, and 0.279 ms show the wave propagation and buildup of positive
pressure in the left temporal region around the coup site, the site of impact. At
t=0.338 and 0.402 ms, we observe the concentration of pressure in the skull and
muscle along the left temporal and inferior surfaces of the skull. By t=0.599 and
0.919 ms, we can see the increasing concentration of positive pressure in the skull and
muscle, as well as the growth of a negative pressure region on the right side of the
cranial cavity, at the contrecoup site. As in the head impact simulation, we observe

classic coup and contrecoup behavior.
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Figure 5-9: Pressure envelopes from the head and helmet impact simulations. The
scale is from 0 to 22 MPa

Fig. 5-9 compares the pressure envelopes for the various head structures from the
head and helmet impact simulations. From Fig. 5-9, we can again see that the helmet
slightly reduces the magnitudes of the maximum pressures experienced. For example,
the maximum pressure experienced by the skull and gray matter was reduced from
20.98 MPa in the head simulation to 18.79 MPa in the helmet simulation. Similarly,
the maximum pressure experienced by the muscle was reduced from 20.66 MPa to

16.30 MPa, and the maximum pressure experienced by the CSF was reduced from
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16.22 MPa to 14.97 MPa.
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Figure 5-10: Von Mises stress envelopes from the head and helmet impact simulations.
The scale is from 0 to 50 MPa.

Comparison of the Von Mises stress envelopes in Fig. 5-10 also demonstrates
slight reductions in the maximum Von Mises stresses experienced. For example, the
maximum Von Mises stress experienced by the skull reached a peak of 45.28 MPa
in the head simulation, but only 41.9 MPa in the helmet simulation. Similarly, the
maximum Von Mises stress experienced by the CSF reached a peak of 37.49 MPa in
the head simulation, but only 34.57 MPa in the helmet simulation. Thus, we see that
in an impact scenario the helmet can reduce the peak Von Mises stresses experienced

by head structures to a small degree.

5.5 Discussion

The results presented in this chapter suggest that the ACH can slightly delay and
reduce the pressures and shear stresses experienced by the human head following ex-
posure to a blast wave or lateral impact. However, the benefits afforded by the helmet
are minimal. In the blast scenario, the open design of the helmet slightly delays, but
does not prevent, the arrival of the blast wave at the head. The helmet does protect
the top of the head from direct exposure to the blast wave, but the advantage is min-
imal since the top of the head is not a major pathway of load transmission into the
intracranial cavity. Since the ACH fails to protect major load transmission pathways,

it does not significantly contribute to mitigating the stress waves transmitted to the
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brain tissue. However, no deleterious wave-focusing effects, which have been reported
by others, were observed either [59]. The results suggest that a more effective blast
mitigation strategy would be to add a device, such as a face shield, that would more

completely surround the head and protect it from direct exposure to blast waves.
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Chapter 6

Conclusions

Blast-related TBI has gained prominence in recent years due to the conflicts in Iraq
and Afghanistan, emerging as a leading injury among U.S. service members serving in
Operation Iraqi Freedom and Operation Enduring Freedom. Despite the importance
of understanding blast-related TBI, little is known about the mechanical effects of
blasts on the human head; no injury thresholds have been established for blast effects
on the head, and even direct transmission of the shock wave to the intracranial cavity
has been disputed. Even less is known about how personal protective equipment such
as the Advanced Combat Helmet (ACH) affect the brain’s response to blasts.

In our effort to investigate the mechanical response of the head to blasts, we de-
veloped a sophisticated, biofidelic computational model from high-resolution medical
imaging data. The model, known as the DVBIC/MIT Full Head Model (FHM), con-
sisted of 11 distinct structures and was optimized for use in finite element simulations.
The FHM was then used in blast simulations conducted in an extension of the Virtual
Test Facility (VTF), a suite of computational solid and fluid dynamics solvers that
allow for accurate simulation of fluid-structure interaction. In the VTF, the FHM
was subjected to: (1) a blast with an incident overpressure of 6 atm, estimated by the
standardized Bowen curves to be the threshold for unarmored blast lung injury; (2) a
blast with an incident overpressure of 30 atm, estimated by the Bowen curves to result
in 99% lethality due to unarmored blast lung injury; and (3) a 5 m/s lateral impact

[9]. Snapshots from the blast simulations illustrate the propagation of the blast wave
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through the skull and into the intracranial cavity, where the transmitted and reflected
waves interact to generate complex pressure fields. Plots of the pressure envelopes for
each of the 11 distinct structures show the disparate, heterogeneous responses of the
head structures to the blast wave and highlight the importance of the gecometry of
the head in producing nonuniform pressure fields that affect each structure in distinct
ways. The snépshots and pressure envelopes from the blast simulations also demon-
strate that reflection of stress waves results in magnification of pressure, with peak
pressures reaching up to 13-15 times the incident overpressure. Results from the blast
simulations were then compared with results from the impact simulation, which had
resulted in the expected coup-contrecoup behavior. When pressure envelopes from
the blast and impact simulations were compared, it was observed that the peak pres-
sures experienced in the 30 atm blast simulation were significantly higher than the
peak pressures experienced in the impact simulation. When pressure histories from
the blast and impact simulations were compared at points in the mid-coronal and
mid-sagittal planes, it became even more clear that pressures from the blast simula-
tions could exceed those from the impact simulation; pressures from even the 6 atm
blast simulation were higher than pressures from the impact simulation at a number
of critical locations, including the corpus callosum and brainstem. These results from
the blast and impact simulations suggest that blasts can penetrate the cranial cavity

and plausibly cause traumatic brain injury.

Subsequent investigation of the effect of the ACH on the blast response of the
head found that the ACH provided minimal mitigation of blast effects. The ACH
and padding in the standard configuration were added to the DVBIC/MIT FHM to
create an extended FHM, and the extended FHM was subjected to a 30 atm blast and
a 5 m/s lateral impact. Snapshots of pressure from the 30 atm helmet simulation show
the blast wave penetrating the cranial cavity; the helmet slightly delayed, but did not
prevent, direct transmission of stresses from the blast wave to the left temporal region
of the head. Comparison of pressure envelopes and pressure histories from the head
and helmet 30 atm blast simulations shows that the ACH reduced peak pressure

magnitudes and delayed peak pressure arrival times to a small degree and had an

102



ambiguous effect on shear stress response. No deleterious wave-focusing effects were
observed. The results suggest that the ACH provided only minimal protection against
blasts because it failed to block major pathways of load transmission from the blast
to the brain. A more effective blast mitigation strategy might be to alter the design
of the helmet or add a device to more completely surround the head and protect it

from direct exposure to blast waves.

6.1 Future Work

The simulations described in this thesis represent a preliminary effort to model blast-
related TBI. The use of a detailed, biofidelic human head model with sophisticated
CFD and CSD solvers is a significant improvement over existing computational studies
in the literature, but a number of additional steps could be taken to further enhance
our model. First, additional work is needed to improve the material models. In par-
ticular, our model could be substantially improved by incorporating advanced tissue
constitutive models based on experimental results and material models that capture
the anisotropy of white matter. In addition, a constitutive model that captures the
inelastic response of the foam padding would allow us to better examine the effects
of the ACH on the blast response of the head. Second, it would be advantageous to
improve the material properties used in the simulations by using properties obtained
from high strain rate dynamic testing of mammalian brain tissue. The material prop-
erties used in the current simulations were obtained from the literature, and they
were often originally obtained from decades-old, low strain rate experiments. Third,
we could build confidence in our model by conducting validation studies; while ex-
perimental intracranial stress data for humans exposed to blasts are not available,
we could validate simulations against lab-scale and field blast tests for animal and
physical surrogate models. By incorporating these improvements, we could obtain a
significantly more accurate computational model of the human head. We then could
further enhance our understanding of blast-related TBI by subjecting the model to

blasts of different intensities and directions and could investigate alternative designs
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for protective equipment. Much work remains to more fully understand blast-related
TBI and develop prevention and mitigation strategies; this thesis represents simply

a first step in that endeavor.
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