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ABSTRACT

The varied impact parameters that characterize an impact to the head have shown to
influence the resulting type and severity of outcome injury, both in terms of the dynamic
response, and the corresponding deformation of neural tissue. Therefore, when determining
head injury risks through event reconstruction, it is important to understand how individual
impact characteristics influence these responses. The effect of inbound mass had not yet been
documented in the literature. The purpose of this study was to determine the effects of
inbound mass on the dynamic impact response and brain tissue deformation. A 50"
percentile Hybrid I11 adult male head form was impacted using a simple pendulum system.
Impacts to a centric and a non-centric impact location were performed with six varied
inbound masses at a velocity of 4.0 m/s. The peak linear and peak angular accelerations
were measured. A finite element model, (UCDBTM) was used to determine brain
deformation, namely peak maximum principal strain and peak von Mises stress. Inbound
mass produced significant differences for peak linear acceleration for centric (F(5, 24) =
217.55, p=.0005) and non-centric (F(5, 24) = 161.98, p=.0005), and for peak angular
acceleration for centric (F(5, 24) = 52.51, p=.0005) and non-centric (F(5, 24) = 4.18, p=.007)
impact locations. A change in inbound mass also had a significant effect on peak maximum
principal strain for centric (F(5, 24) = 11.04, p=.0005) and non-centric (F(5, 24) =5.87, p
=.001), and for peak von Mises stress for centric (F(5, 24) = 24.01, p=.0005) and non-centric
(F(5, 24) = 4.62, p=.004) impact locations. These results indicate the inbound mass of an
impact should be of consideration when determining risks and prevention to head and brain

injury.
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CHAPTER 1. INTRODUCTION

1.1  PROBLEM STATEMENT

Concussions, or mild traumatic brain injuries (mTBI), are common injuries seen in
recreational and professional sports even when using protective headgear (Delaney, Lacroix,
Leclerc & Johnston, 2002; Zazryn et al., 2006). In efforts to decrease the incidence of mTBI,
it is important to understand the mechanisms relating to these injuries, and the resulting
neural tissue damage. Not all head impacts are the same and as a result differ in a number of
characteristics including impact site, mass, velocity, angle of impact and compliance of
impactor, creating unique dynamic and head responses and consequently different head and
brain injuries (Gennarelli et al., 1982; 1987; Zhang, Yang & King, 2001; Kleiven, 2003,
Pellman, Viano, Tucker & Casson, 2003). In order to decrease the incidence and risks of
head injuries, it is necessary that the mechanism by which these brain injuries occur be better
understood. Furthermore, when attempting to establish the risks of brain injury,
understanding the dynamic response of the head under different impact conditions is
important.

Force can be calculated using the product of mass and acceleration, therefore as the force of
the impact increases, it would be expected that the resulting acceleration experienced by the
head of a given mass would also increase proportionally (Barth, Freeman, Broshek &
Varney, 2001), and consequently have an influence on the risk of injury (Newman, 2006).
The impact of the head and helmet on an object is complex involving a number of materials
all of different shapes and orientation effecting the relationship between force, mass and
acceleration. The mass and acceleration of an object is only one part of the characteristics

affecting the dynamic response of the head. The moment of inertia of the objects, the



material characteristics of the head and object it is hitting as well as the geometry of the
impact surfaces all effect the equation.

Protective headgear, or helmets are designed to attenuate impact energy by decreasing the
magnitude of force of the impact. However, research has yet to establish the influence of
inbound mass, in altering the force of the impact and subsequently the dynamic response of
the head. Finally the resulting dynamic effect of the head will predict the magnitude of force
on the brain tissue (Barth et al., 2001). Impact reconstruction employing physical models and
finite element analysis has become an important tool for examining the effects that varying
impact conditions have on the resulting dynamic response of the head, and the corresponding
deformation of neural tissue (Willinger & Baumgarthner, 2003; Zhang, Yang, King & Viano,
2003; 2004). Understanding the effects that these impact conditions have on the dynamic
response of the head and tissue stress of the brain will provide insight into the effect these
variables play in the accuracy of methodologies when undertaking research and interpreting
results for injury mechanisms.

12 OVERVIEW

With the advent of helmet standards in sports, Traumatic Brain Injuries (TBI) have decreased
dramatically (Bailes & Cantu, 2001). However the incidence of mild traumatic brain injury
(mTBI), have not and continue to be a concern in both recreational and professional sports
(Delaney et al., 2002; Flik, Lyman & Marc, 2005; Casson, Viano, Powell & Pellman, 2010).
A recent survey indicated that 110 in 100,000 Canadians suffer from a concussion, or mild
traumatic brain injury each year (Gordon, Dooley & Wood, 2006). Of the reported
concussion, over 54% were sports-related incidences. Although these terms, concussion and
mTBI are deemed one in the same, the severity of concussion injuries is broad, where

symptoms and recovery times differ, and may not always be described as a ‘mild’ injury



(Meehan, 2011). Often post-concussion symptoms are used in the diagnosis and prognosis
of concussion injuries, although symptoms and recovery time can differ dramatically
between individuals (Iverson, Lange, Brooks & Rennison, 2010; Leclerc, Lassonde,
Delaney, Lacroix & Johnston, 2001). Due to the wide -range of differences between
individuals and how they respond to concussion injuries, a universal grading system does not
exist and lacks experimental evidence (Leclerc et al. 2001). In 2011, Meaney and Smith
reported that there are 225,000 new patients annually in the US that show long-term deficits
from mTBI. To put this into perspective, this is approximately equal to the number of
patients per year diagnosed with breast cancer, multiple sclerosis, and traumatic spinal cord
injuries combined. This is indicative of how this injury is of a growing concern. A better
understanding of the mechanisms and impact parameters that cause mTBI injuries will
provide valuable insight into injury prevention and management of the risks associated with
concussions.

The majority of helmet safety standards around the world primarily use centric testing
protocols based solely on linear accelerations ranging from 250-300g as indicators of injury
(Goldsmith & Plunkett, 2004). This resulted in successfully decreasing traumatic brain
injuries, however they may not fully encompass and protect against the mechanisms for
concussion (Bailes & Cantu, 2001). Linear acceleration shows poor correlation with angular
acceleration and brain tissue deformation variables (King, Yang, Zhang & Hardy, 2003;
Rousseau, Post & Hoshizaki, 2009; Walsh, Rousseau & Hoshizaki, 2011; Forero Rueda, Cui
& Gilchrist, 2010), where both have been associated with mechanisms responsible for risks
of mTBI (Holbourn, 1943; Gennarelli et al., 1982; Willinger & Baumgarthner, 2003; Zhang,

et al., 2003; 2004; Kleiven, 2007).



An impact to the head is defined by a rapid onset of high forces over a short duration (Barth
et al., 2001). According to Newman (2006) the severity of injury from an impact, is a direct
result of the magnitude of the impacting force. Newton’s Second Law of Motion describes
the relationship between force, mass and acceleration. This law states that the resultant force
is equal to the product of mass and acceleration (3_F = ma). Peak linear acceleration is a
vector quantity that describes the rate of change of linear velocity over time. Therefore given
the same head mass, an impact would result in a higher acceleration with an increasing
impacting force (Newman, 2006), and thus a more severe head injury. A force in newtons
(N) is defined by the effect that one object or body will have upon another, where 1 N=1
kg.m/s? (Robertson, 1997). In other words, force is dependent on the moving objects mass,
space, and time (Robertson, 1997).

During impacts in which the head or body is struck by or strikes a blunt object the force can
be distributed over a broad area, and in these cases the impact energy can be absorbed by
crushable material such as in helmet liners (Avalle, Belingardi, & Montanini, 2001). These
forces have the ability to generate acceleration and deformation of the head and tissues,
where both can be the cause of injury (Viano, King, Melvin & Weber, 1989; Kleiven & von
Holst, 2002).

Helmets are designed to attenuate the impact energy or magnitude of the force, through
deformable materials, thereby increasing the duration of an impact and reducing the linear
acceleration experienced by the head, resulting in decrease of injury severity (Nahum, Smith
& Ward, 1977; Kleiven & von Holst, 2002). The liner within the helmet is the primary
energy-absorbing material (Hoshizaki & Brien, 2004), and is designed to function properly
within a designated energy range. This means that the material will not be as effective at an

inbound momentum (mass x velocity) that is either too high or too low (Avalle et al., 2001).
4



With any impact of a given energy, the resultant impulse experienced by the head will be the
same, however the force-time curve shape will change depending if energy-absorbing
material is present (Hodgson, 1967). The energy-absorbing material will increase the
duration at which the force is fully transmitted, decreasing the magnitude of the force.
Impacts in which a high force is experienced in a short duration can cause more serious
injury, or material failure sooner, than those impacts where the force transmission is
prolonged and dampened (Hodgson, 1967). However this force-time curve shape is not only
dependent on the presence of a helmet, but also depends on the interaction of the striking
object and, in this case the skull, brain, and surrounding soft tissues (Hodgson, 1967), and
therefore may influence the peak accelerations experienced and thus the resulting head
injury.

The resulting kinematic outputs from impacts to the head, such as linear and angular
accelerations assume the head to be a rigid body, and therefore may not fully encompass the
mechanisms behind these injuries. Brain tissue damage results from acceleration, however
the acceleration itself is not the cause of injury. As the head undergoes a linear impact, the
force causes the brain to move and strike the inner skull either in its initial direction, causing
coup injury, or during the rebound where the brain strikes the inner skull in the opposite
direction causing contrecoup injury (Barth et al., 2001). Moreover during rotation, the brain
strikes the inner skull multiple times, and therefore could result in higher tissue alteration
(Barth et al., 2001). This was demonstrated by King and colleagues (2003) who found that
linear acceleration caused relative brain motion of one millimeter (1 mm) compared to
angular acceleration, which induced brain motion of as much as five millimeters (x5 mm).
In efforts to understand the mechanisms of concussion, reconstruction of head injury is a

widely used method for investigating the relationship between the event causing brain injury
5



and the resulting trauma to neural tissue (Willinger & Baumgarthner, 2003; Zhang, et al.,
2003; 2004). The description of the impact unfortunately is usually limited to a 2
dimensional video or a verbal description (Willinger & Baumgarthner, 2003; Pellman et al.,
2003; Viano & Pellman, 2005), consequently presenting possible errors in the impact
parameters used to describe the event. Understanding the degree of which the impact
characteristics influence the accuracy of the reconstruction is important when interpreting
brain stress values obtained from reconstructions.

The use of physical models such as anthropomorphic test devices, dummies, and biofidelic
head forms, are common to represent human physical properties for impact testing for
protective headgear used in various sports, as well as in accident reconstruction
methodologies (CAN/CSA-D113.2-M89, 1996; Snell Memorial Foundation, 2007,
NOCSAE 001-06m07, 2007; Willinger & Baumgarthner, 2003; Zhang, et al., 2003; 2004).
These impacts are performed on surfaces that are designed to mimic the realistic impact
scenarios (CAN/CSA-D113.2-M89, 1996; NOCSAE 001-06m07, 2007). In addition,
technological advancements have allowed for the development of finite element models of
the human brain and skull to gain knowledge into the interaction and reaction of the brain
tissue under impact (Kleiven & Hardy, 2002; Horgan & Gilchrist, 2003).

The interaction and compliance of the materials for both physical models, and finite element
analysis may affect the force equation (Hodgson, 1967), and therefore the sensitivity of these
methodologies is important to consider when establishing mechanisms of injury, brain
deformation, and injury prevention from accident reconstructions. Moreover, the kinematic
response of the head may not correlate with the response of the viscoelastic properties of the
brain (Forero Rueda, et al., 2010) from a change in inbound mass, or force of impact.

Therefore, examining both the dynamic response of the head and the tissue response under
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varying impact conditions helps to better understand the relationship between the
mechanisms of injury and the risks of injury.

1.3 RESEARCH QUESTION

What is the influence of increasing inbound mass on the peak dynamic impact response of
the Hybrid 111 head form and brain tissue deformation?

1.4  OBJECTIVES

1. To describe the effects of inbound mass on the dynamic impact response of the Hybrid
I11 head form as measured by peak resultant linear and angular acceleration for centric
and non-centric impact conditions.

2. To describe the effects of inbound mass on brain tissue deformation as measured by
peak maximum principal strain and peak von Mises stress for centric and non-centric
impact conditions.

1.4  EXPERIMENTAL HYPOTHESIS

1. Itis hypothesized that an increase in inbound mass will result in a linear relationship
for the dynamic impact response and brain tissue deformation characteristics for a
centric impact condition.

2. Itis hypothesized that an increase in inbound mass will result in a linear relationship
for the dynamic impact response and brain tissue deformation characteristics for a
centric non-centric impact condition.

15 NULL HYPOTHESES

1. Changes in inbound mass will have no effect on peak linear acceleration for the
centric impact condition.

2. Changes in inbound mass will have no effect on peak angular acceleration for the

centric impact condition.



3. Changes in inbound mass will have no effect on peak von Mises stress at the for the
centric impact condition.
4. Changes in inbound mass will have no effect on peak maximum principal strain for
the centric impact condition.
5. Changes in inbound mass will have no effect on peak linear acceleration for the
non-centric impact condition.
6. Changes in inbound mass will have no effect on peak angular acceleration for the
non-centric impact condition.
7. Changes in inbound mass will have no effect on peak von Mises stress at the for the
non-centric impact condition.
8. Changes in inbound mass will have no effect on peak maximum principal strain for
the non-centric impact condition.
1.6  SIGNIFICANCE
This thesis is significant in examining the influence of inbound mass on the dynamic impact
response and brain response in terms of tissue deformation. It has been suggested that the
resulting response curve created from impact is more representative of actual brain injury, as
presented as tissue response, than the experienced peak resultant accelerations (Post,
Hoshizaki & Gilchrist, 2010). Therefore peak resultant linear and/or angular accelerations
may not capture and/or fully represent the complete dynamic response of the head upon
impact, and the response occurring at the brain tissue level. This information is important for
examining the observed dynamic response, peak resultant linear and angular acceleration of
the head, upon and following impact, and the corresponding brain tissue response. This

contribution may be used as a guide in managing and predicting the risks of head injury.



Essentially, an injury occurs when the head is subjected to a rapid onset of high forces
occurring over a short duration (Barth, 2001). The severity of resulting injury is directly
related to the magnitude of the impacting force (Newman et al., 2006). There has been a
growing trend in professional sports toward increasing in size of players as a way to improve
performance (Neyer, 2001; Montgomery, 2006). This trend has been observed in sports such
as football and hockey in which hitting and checking is inherent in the game, and therefore
bigger and heavier players can cause serious injuries due to higher body mass/force of
impact. Today hockey players are much larger, stronger and faster than they were 70-80
years ago. Athletes playing from 1983-2003 weighed on average 37.5 Ibs more and were
approximately 10 cm taller than players in 1920s and 30s (Montgomery, 2006). Considering
the mass of athletes today striking the head of another player, the force produced by that
player will have a direct influence on the resulting acceleration of the head. Therefore this
quality of an impact is important to consider when investigating the mechanisms of mTBI.
1.7 LIMITATIONS

1. A 50" percentile adult male head form (Hybrid 111) was used in this thesis. The
Hybrid I11 head form, although widely accepted and used as a representation of the
human head, is not biofidelic and therefore will not imitate the exact dynamic
properties of a human head.

2. The head form is attached to a low resistance sliding table to allow movement of the
head after an impact. This effect on the impact mechanics of this table has not yet
been well defined.

3. Peak magnitude of the resultant accelerations do not consider direction, which are

reflected in the entire dynamic response.



1.8

. The maximal principle strain represents the highest strain value amongst the three

axes. Therefore, this is not a global representation of the strain experienced by the

brain. Moreover, it is unknown which axis, x, y, or z, experienced the highest strain.

. The centric impact site chosen for this study (Side Center of Gravity) impacts the

head form through the center of gravity of the head, and not through the center of

gravity of the head and neck form combination.

. The University College Dublin Brain Trauma Model (UCDBTM) is the finite

element brain model used for this study. The development of this model was based on
adult male CT scans of cadavers, however may not be representative of a 50™
percentile adult male.

DELIMITATIONS

Impact masses were chosen based on the mass of the metal pendulum system alone
without the added metal weight plates. This system weights 4.3 kg, therefore the

range of masses investigated in this study were 4.3 — 14.3 kg.

. The UCDBTM is a partially validated model and therefore the brain stem was not

evaluated for this study.

. The response of the brain model is dependent on the material properties that each

respective part of the head/brain complex have been assigned, however variation in
the literature suggests that definitive material properties have not yet been

established.
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CHAPTER 2. LITERATURE REVIEW

Head injuries can be the result of a number of different situations including falls, accidents,
and professional or recreational sports. Kleiven (2002, p.1) defines neurotrauma as being
“the physical damage that results when the human skull and brain are suddenly or briefly
subjected to intolerable levels of energy that is usually transmitted mechanically”. Research
on the mechanisms by which head injury occurs has dramatically improved our
understanding in recent years. Knowledge regarding how the head responds to impacts, and
the subsequent brain tissue response, offers important information for managing and
reducing risks for head injury. Ultimately, this provides a direction for helmet design and
safety standards.

2.1 CLASSIFICATION OF HEAD TRAUMA

Human head injuries have been divided into two main classification types: focal injury,
which effect localized regions, and diffuse injury, which occur in a more widespread area
(Kleiven, 2002; Bailes & Cantu, 2001). Focal injuries are often the result from direct blows
causing tearing and localized injuries. Injuries that have visible local damage such as
hematomas and cortical or subcortical brain contusions are considered focal injury (Bailes &
Cantu, 2001; Mcintosh et al., 1996). Diffuse injuries cannot be seen by the naked eye
because these injuries affect neural tissues deep to the skull and include diffuse axonal injury
(DAL), and concussions (Kleiven, 2002; Bailes & Cantu, 2001). The severity of diffuse
injury varies such as occurring over a continuum of mild to more severe cases of both
concussion and DAL and is characterized as shearing of the white matter fiber tracts (Strich,

1961; Adams, Graham, Murray, & Scott, 1982; Gennarelli et al., 1982) manage
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Contrary to the success at managing focal type injury, concussions are currently of concern
in recreational and professional sports (Delaney et al., 2002; Flik et al., 2005; Casson et al.,
2010). Unfortunately, the definition of concussion and severity grading of concussion
injuries lack collective agreement due to the diverse affects that injured individuals
experience (Leclerc, et al., 2001). In severe cases, post-concussion syndrome is experienced,
defined by the presence of at least three typical concussion symptoms up to at least three
months post injury (ICD-10, WHO 1989). Most individuals experience post-concussion
symptoms, although recovery time from injury widely varies from one person to the next.
Most commonly these symptoms resolve within one week to six months (Iverson et al.,
2010), however for few people post-concussion symptoms may last for several months (Roe,
Sveen, Alvsaker & Bautz-Holter, 2009; Sigurdardottir, Andelic, Roe, Jerstad & Schanke,
2009) having potentially gross effects on daily living, known as post-concussive disorder
(Ryan & Warden, 2003; Wood, 2004).
2.2 MECHANISM OF HEAD INJURY (DYNAMIC RESPONSE MEASUREYS)
Injury results when a tissue exceeds its level of tolerance to a specified load, whether
it be acceleration, force, energy or power (Horgan, 2005). In attempts to prevent, or decrease
the risks of injury, head injury tolerance criteria have been estimated by relating kinematic
data with observed injury outcomes. Through the understanding of the mechanism of head
injury, tolerance criteria can provide thresholds or estimated limits identifying the probability
of
sustaining and/or preventing head and brain injuries. However, tolerance criteria and helmet
safety standards lack complexity in terms of describing performance characteristics of
varying impact parameters and are therefore limited in their ability to predict injury risk. The
Gadd Severity Index (GSI) and Head Injury Criterion (HIC) is only representative of a single

12



axis resultant acceleration curve from impacts of one direction and at one location (Gadd,
1966). These two indices were created based on frontal head impacts only using human
cadaver and mongrel dogs. A slight improvement is the Head Impact Power index (HIP),
although remains location specific, has adopted impact direction sensitivity (Newman, 2000).
Current injury threshold measures vary in terms of which impact characteristics are
considered in the prediction although are often limited to one biomechanical attribute.
Unfortunately for the most part, the existing injury tolerance criteria do not consider the mass
of the impact in their formulas. It has been determined that a weighted combination of
various biomechanical measures, such as linear acceleration, angular acceleration, impact
location, and Head Injury Criteria (HIC) are important to consider when clinically
diagnosing concussions and measuring severity, as opposed to any singular impact
characteristic (Greenwald et al., 2008). Commonly, helmet safety standards base safety
criteria exclusively on linear acceleration as indicators of injury using primarily centric
testing protocols (Goldsmith & Plunkett, 2004). However both linear and angular
accelerations are important criteria to consider, although one may play a more important role
in predicting the different types of head injury. High peak linear accelerations have shown to
predict the risk of TBI including, subdural haematomas and skull fracture (Holbourn, 1943,
Ommaya & Hirsch, 1971; King et al., 2003), whereas rotational acceleration has been
demonstrated to be more closely associated with mTBI, or concussion type injuries
(Holbourn, 1943; Gennarelli et al., 1982). Tolerance indices, and head acceleration have
been associated with the type and severity of head injuries, therefore making these measures

important to consider when determining the injury risks and prevention.
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2.2.1 GADD SEVERITY INDEX /HEAD INJURY CRITERION

In early 1960’°s the Wayne State Tolerance Curve (WSTC) was the basis to set the
foundation that many current accepted indices of head injury are based upon. This curve
plotted head linear acceleration against impact durations. It was created from impacts to
embalmed anaesthetized primates and canines cadavers, by equating pressure outcomes with
linear skull fracture and sub-fracture concussive impacts resulting from high-energy frontal
drops onto rigid flat surfaces (Gurdjian, Roberts & Thomas, 1966). The WSTC shows the
relationship between the head impacts, in terms of linear acceleration and impact duration,
and risks of developing injury, namely fractures of the skull (Gurdjian, Webster & Lissner,
1958). The WSTC indicated that as the duration of an impact increased, the tolerable
intensity decreased. This meant that the acceleration or force created by an impact was not
the only important criterion for assessing risks to injury or injury thresholds. A limitation of
the WSTC is that it did not account for the size and shape of the impact, therefore an
extension of this acceleration-time tolerance curve became the Gadd Severity Index (GSI) in
1966 and is used to predict the risks of injury to the brain within a closed environment,
comparable to a helmeted head (Gadd, 1966). Dissimilar from the WSTC, the GSI proposed
a log-log scale to plot the curve as a straight line with a power-weighing factor, from which a

numerical value could be used to define injury threshold. This threshold, known as the GSlI is

t
51 = [ Ao dt
St

o

calculated as follows;

Where:

a = acceleration (g) at the center of mass

n (2.5) = power weighting factor used for head impacts
t = time (seconds)
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where a is the peak linear acceleration vector of the head form’s center of gravity in standard
gravitational units (g) to the power-weighting factor of 2.5 and integrating it over impact
time t in seconds (s). The GSI is often used for the assessment of new helmets and helmet
technology because of its ability to predict risks within a closed environment. Helmets
surpassing a calculated severity index (SI) of 1000 are considered unsafe and life
threatening, carrying high risks of head injury (Gadd, 1966). The weighing factor of 2.5 is
based on the slope of the WSTC between 4 and 50ms, and was originally intended to predict
frontal impact injuries, however is currently being used for several other impact sites. A
refinement of the GSI, in 1972 the National Highway Traffic Safety Administration
(NHTSA) proposed the Head Injury Criterion (HIC) that uses head forms for safety
standards and head protection establishments. The HIC is based on the resultant translational
or linear accelerations multiplied by the change in time in order to account for long duration

impacts of low acceleration (Versace, 1971). The formula for the HIC is;

T E

1 ; 0
HIC = (t—t) |(r r ) [ :?[r.):fr.]
= -1:| . rl]

Similar to GSI ‘@’ and ‘t’ are used in the HIC formula, however ‘t to ty’ are also measured as

the initial and final time of the interval duration in which HIC attains the maximum value.
However the maximum time duration of HIC is limited to a specific time, often 15ms. One
of the limitations of the HIC is that it does not provide injury prediction thresholds for
impacts of varying direction. In addition, an inherent concern with these criterion is their
inability to account for angular accelerations, the complex brain skull interaction, and the

deformation of neural tissue. Regardless of these drawbacks, the HIC is the most widely
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used head injury criterion today. A notable aspect is the similarity between the equation for
GSI and the equation

for a change in momentum, or an impulse and is defined as the integral of force with respect
to time.

Impulse = [Fdt

Where,
F = the instantaneous force;

The Gadd Severity Index is determined by the instantaneous acceleration, as acceleration due

to gravity rather than force. As force is proportional to mass and acceleration, the GSI has

failed to account for the effect of mass on predicting the risks to injury.

2.2.2 GENERALIZED HEAD ACCELERATION MODEL FOR BRAIN INJURY
THRESHOLD (GAMBIT)

In 1986 Newman acknowledged that rotational acceleration may have considerably more

damaging effects than pure translation, and proposed that both linear and angular

acceleration in combination can cause head injury. The original Generalized Head

Acceleration Model for Brain Injury Threshold (GAMBIT) was developed that considers

both linear and angular acceleration, and direct and indirect impacts in its head injury

criterion. It was defined as;

1
- ,r_f l?l' i r—l:i- L?I' (I 5
iy (¥,
Where,

G(t) = the instantaneous measure with a threshold of 1;
a(t) = the instantaneous linear acceleration at time t;
o(t) = the instantaneous angular acceleration at time t;
ac = the critical value for linear acceleration;

o = the critical value angular acceleration;
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m, n, and s are empirical constants set to match the data set: linearly weighted model = 1:
elliptical model = 2.

The GAMBIT model was developed from automotive accident reconstructions based on
their respective hospital records. This original GAMBIT model has undergone various
revisions, however currently uses maximal linear and angular acceleration values to calculate
injury severity thresholds. Unfortunately the GAMBIT lacks validation and is therefore not
often used or required for any regulations.

2.2.3 HEAD IMPACT POWER

Most recently Newman et al. (2000) recognized the drawback to both GSI and HIC and
proposed the Head Impact Power (HIP). The HIP criterion integrates direction sensitivity
based on reconstructed American football head collisions. HIP is defined by the following

equation;

HIFP = (m.r?_.- [:T_.-rfi‘.)-i—(rm_fy [r_f”:h‘.)ﬁ—(rnﬁ-_ [:?-_rh‘.)ﬁ—(fr?.- /rf_.-rh‘.)-l-
(fr_f_h. /r_t'”rf?‘.) + (fr?._ /r?._rh‘_)

where mass and angular momentum are integrated into the formula. Although the HIP does
integrate directional components, because the final criterion established is a single value, it
does not provide an explanation for the cause of any change, such as location of impact.
2.2.4 LINEAR ACCELERATION

When the head is impacted, the experienced acceleration is the result of the forces generated
by the collision (Newman, 1993). There has been some discrepancy between findings
relating linear acceleration as a mechanism of head injury. However this type of acceleration
has been associated with a multitude of head injury types, and is believed to be linked with

focal type injuries, or traumatic events resulting from pressure gradients throughout the brain
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and/or skull deformation (Holbourn, 1943; Gennarelli, Thibault & Ommaya, 1972; King et
al., 2003).

Many researchers in as early as in the 19th century discovered intracranial pressure changes
at the time of impact although its relevance to injury varied amongst these experiments
(Gurdjian, 1975). However, a commonality was that blunt impacts to the head resulted in
intracranial pressure changes as well as deformations of the skull, and that the experienced
pressure changes were found to be more related to the acceleration and deceleration caused
by impact than was skull deformation (Gurdjian, 1975). Therefore linear acceleration was
determined as a measure of injury as it represented the internal pressure changes resulting
from impact based on this relationship. In addition, this measurement was used because at
this point in time, linear acceleration was a variable that was actually measurable, despite the
hypothesized influence of rotational acceleration (Holbourn, 1943).

The mechanisms for traumatic injury were of interest to Gurdjian, and colleagues in 1963.
Their study involved work with mongrel dogs, and found that angular acceleration alone
could not cause enough damage to the brain to result in injury. Therefore the conclusions
drawn indicated that linear accelerations were important to consider for injury mechanisms.
Ono and researchers (1980) also found from their study on traumatic brain injury in monkeys
that linear acceleration had a high correlation with the incidence of concussion. Furthermore,
it was 