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Abstract 
 

 Concussions are debilitating injuries affecting the short and long-term health of those 
who suffer from them. While an increased awareness of the injury has helped lead to a better 
understanding of the importance of better monitoring and treatment protocols, concussive 
injuries continue to occur at an alarming rate. Current injury risk thresholds exist and are used in 
the development of better equipment to protect athletes in high impact sports, however much of 
this data is based on simulations and/or cadaveric and animal model data from falls. Thus, there 
is a lack of data from concussive injuries resulting from a multitude of injury events within 
different sports, including collisions, falls and punches. The purpose of this thesis was to use 
dynamic response characteristics and brain tissue response to compare four different injury 
events from reconstructions of real life concussive injury events. This research was designed to 
provide information related to brain trauma characteristics specific to four common concussive 
brain injury events.  

 Seventy-two (72) injury reconstructions were used in this study involving four injury 
events; collisions, helmeted falls, unhelmeted falls and punches. The results from the first study 
revealed that while all injury events produced similar MPS and Von Mises stress values, the 
injury events produced different peak linear and rotational accelerations. In terms of risk for 
concussive injury, differences were also found between percent risk for concussion and the 
specific injury events, questioning the validity of current concussive thresholds’ applicability to 
across all types of concussive injury events. The second study aimed to characterize each 
concussive injury event by means of specific kinematic characteristics unique to that particular 
event. The results showed that dynamic response variables that accounted for the most variance 
changed dependant on the concussive producing event. The third study compared maximal 
principle strain and strain fields within the brain by the specific injury event. The results showed 
that global strain within specific regions of the brain were significantly different between the 
different injury events. Furthermore, unique strain fields within the cerebrum   were found 
between the four concussive injury events.  

 The three studies in this research program characterize four common concussive injury 
events found in sport. It aimed to describe the unique dynamic response characteristics for each 
injury event that may have significant influence on protective equipment development and 
standards testing. Finally, though the aim of this study was not to correlate location of strains 
within the brain with onset of concussive symptoms and duration, this study demonstrated that 
the concussive producing event can have an effect on location of peak strain and strain field 
within regions of the cerebrum associated with concussive symptoms.  
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PART I 

CHAPTER 1 

Introduction  
 

 Brain injury is a debilitating problem that affects over 1.5 million people annually in the 

United States alone [CDC, 1999; Sosin et al., 1996]. The effects of brain injury can vary 

significantly dependant on the severity of the injury. Traumatic (TBI) and mild traumatic (mTBI) 

brain injury typically result in significant injuries affecting the patients’ quality of life, livelihood 

and could even result in death. The annual direct and indirect cost of traumatic brain injury in 

Canada has been estimated at $3 billion, with over 11,000 associated fatalities. While mTBI type 

injuries can occur to anyone, a recent rise of concussive injuries in high impact sports, such as 

football and hockey, has captured the attention of brain injury researchers. Recent studies have 

shown that mTBI type injuries may be associated with more long-term conditions, such as 

chronic traumatic encephalopathy (CTE), which can have significant effects on the quality of life 

of the individual suffering the repercussions (i.e. Parkinson’s, Dementia, Alzheimer’s) [McKee 

et al., 2009 ; Thurman et al., 1998]. As a result, research aiming to better understand the 

incidence of concussion has increased.    

 Head and brain injuries occur due to either a direct or an indirect impact to the head 

[Viano et al., 1989]. The inbound energy from these impacts may result in a traumatic brain 

injury (TBI) or mild traumatic brain injury (mTBI). These injuries can be divided into two 

groups; focal or diffuse injuries. Contrary to traumatic brain injuries, where MRI and other 

medical scans can help determine the severity and location of a particular brain injury, mild 
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traumatic brain injuries, such as concussions, rarely show up in MRI or other types of scanning 

technologies. This is problematic in that it limits the ability to determine injury severity and area 

within the brain affected by mTBI. While there has been virtual extinction of traumatic brain 

injuries in hockey and football, mild traumatic brain injuries (mTBI) have increased. Currently, 

there is lack of research defining the different impact events leading to mTBI. While the force of 

the impact plays an important role in the mechanics of brain injury, other factors, such as impact 

location and impact duration, add to the complexity of head injuries. Thus, the relationship 

between kinetic input and the resultant head injury is not as simple as cause and effect [Hardy et 

al., 1994].  Previous researchers attempted to create concussion thresholds based on kinematic 

data, such as peak linear acceleration. However, peak linear acceleration did not correlate well 

with the incidence of actual brain injury [Oeur et al., 2011]. Finite element modeling (FEM) of 

the brain was developed in order to aid in simulating and quantifying brain deformation metrics 

[Horgan and Gilchrist, 2003; Willinger and Baumgartner, 2003a/b; Zhang et al., 2004; Kleiven, 

2007]. Injury risk thresholds for concussion have been created using injury reconstructions in 

conjunction with FEM [Zhang et al., 2004; Kleiven, 2007]. This method proved to correlate 

better since it uses the acceleration time histories to determine the resulting brain deformations 

rather than a single peak acceleration value [Post and Hoshizaki, 2012]. The shape of 

acceleration time-history curves has been shown to change the output of brain deformation 

metric values within the brain from the FEM [Post et al., 2012]. It is still, however, unclear 

which characteristics within the kinematic variables are most influential in creating these 

changes for mTBI injury levels. For instance, head injuries involving a fall to the ground versus 

someone receiving a punch to the head are parametrically quite different even though both may 

result of a concussion. Symptoms resulting from the concussive injury may have some 
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similarities; however, injuries that affect deeper brain tissues may give some indication of injury 

severity and possibly correlate back to the duration of the given concussive symptoms or 

duration of symptoms. The variance in symptoms and time out of the game is likely a result of 

the manner in which the concussive injury occurred. Understanding the differences between the 

different concussive injury events has yet to be well defined.  

 The purpose of this research was to compare four concussive injury events by peak 

dynamic response and brain tissue stress/strain resulting from reconstructions of diagnosed 

concussive injuries. Furthermore, this thesis aimed to uniquely characterize each injury event 

through specific characteristics of the dynamic response time histories curves (i.e. peak, slope, 

duration) which accounted for the most variance. Finally, the location of the peak strain within 

the brain was compared between the different concussive injury events. The result of this 

research should provide important information related to brain trauma characteristics related to 

the different types of concussive injury events.  

Epidemiology  
 

 Brain injury is a growing problem that significantly affecting ones’ ability to function 

normally in day-to-day activities. Reports show that 75%-90% of the 1.4 million TBI related 

deaths; hospitalization and emergency room visits each year are mTBI or concussive type 

injuries [CDC, 2003; Kraus & Nourjah, 1988; Luerssen et al., 1988; Lescohier & DiScala, 1993]. 

The direct medical costs and indirect costs such as lost productivity from mTBI totaled an 

estimated $12 billion in the United States in 2000 [Finklestein et al., 2006]. While brain injuries 

can occur doing daily tasks, sports provide an increased risk to children and adults alike. An 

estimated 38 million children and adolescents participate in organized sports in the United States 
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[National council for youth sports, 2001]. Alternatively, 170 million adults participate in 

physical activities, including sports [Exercise CDC, 2006]. The Centers for Disease Control 

estimates that 1.6 to 3.8 million concussions occur in sports and recreational activities annually 

[Langlois et al., 2006]. Among the youth, the incidence of concussion in sports is second only to 

motor vehicle accidents [Sosin et al., 1996]. While head injuries can occur to any age group 

within the population, the recent attention concerning concussions brought forward by the media 

in sports, such as ice hockey and football, has increased awareness of the injury. These two 

sports in particular have recently been associated with increases in the incidence of concussive 

type injuries (mTBI). The sport of football has been shown to have the highest concussion rate 

(6.4 per 10,000 Athlete Exposures (AE)), followed by boys’ ice hockey (5.4 per 10,000 AE) and 

boys’ lacrosse (4.0 per 10,000 AE). Interestingly, this study also showed that concussions 

represented a greater proportion of total injuries among boys’ ice hockey (22.2%) than all other 

sports studied (13.0%) [Marar et al., 2012]. 

 According to the International Ice Hockey Federation (2010), Canada has over 577,000 

registered hockey players competing at a variety of levels. The British Columbia Injury Research 

and Prevention Unit (2010) reports that in 1999, 3.8% of all sport-related emergency room visits 

in Canada for 1999 were head injuries in ice hockey. Recent epidemiology studies have 

identified different impact event leading to concussive type injury in ice hockey. Hutchison et al. 

(2012) reported that player-to-player contact accounted for 88% of concussion occurrence in 

professional hockey players during a 3-year timeframe. These findings are slightly higher than 

previous findings [Benson et al., 2002; Marar et al., 2012, Gerberich et al., 1987; Agel et al., 

2007] that further broke down the player-to-player contact into specific categories where the 

injury likely occurred.  They reported head injuries occurred with player-player contact (38% -
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70%) and player-playing surface contact (17 - 39%).  Identifying the different impact events 

creating the injury is an important first step in working to prevent them from occurring. Without 

proper knowledge, surrounding the characteristics of these different impact events, rule changes 

and the development of new testing standards for optimization of protective equipment to protect 

athletes may face significant challenges.   

Types of Brain injuries  
 

 In sports, most concussive brain injuries occur from direct contact with players, 

immovable structures or the ground. Two main groups of brain injuries typically ensue from the 

damaging energy of these impacts; focal or diffuse type injuries.  

 Focal injuries are usually associated with severe head and brain injuries such as skull 

fractures or skull deformation and intracranial bleeds (subdural, epidural and intracerebral) 

haematomas which occur mostly at the location where the impact occurred.  These injuries tend 

to occur when the brain motion inside the skull, due to both linear and rotational accelerations, 

causing contusions from contact with bony protuberances inside the skull and bleeds from 

arterial/venal tears inside the brain (Viano et al., 1989).   

 Diffuse brain injuries have been associated primarily with high head rotations causing 

diffuse strains to brain tissue over a larger area of the brain. These diffuse effects of the 

rotational component of inertial loading are produced by a centripetal progression of strains, 

which increase from the outer surface of the brain and move towards the core of the brain 

dependant on the level of inertial loading [Ommaya and Gennarelly, 1974]. Two forms of diffuse 

injuries have been identified in literature; diffuse axonal injury (DAI) and concussion or mTBI. 

As stated above, these injuries have the distinct characteristic of affecting a large area of the 
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brain due to the propagation of the impact energy throughout the brain tissue. Current theories 

state that this energy results primary from the rotational component of the impact. While various 

levels of severity of DAI can be diagnosed through fMRI, lower level mTBI (concussion) 

cannot, thus making it very difficult to diagnose or determine the severity of a concussive injury. 

 Mild traumatic brain injury (mTBI) 
 

 Mild traumatic brain injury (mTBI) has been defined as any trauma-induced combination 

of symptoms, signs and clinical laboratory tests that raise a reasonable suspicion of brain damage 

resulting from the traumatic impact [Margulies, 2000].The severity of a concussive injury can 

vary quite extensively from one individual to another. Current methods for evaluating these 

injuries relate mostly to the presence of symptoms. While the symptoms associated with 

concussions tend to be temporary, some individuals continue to have symptoms for prolonged 

durations (persistent concussive symptoms (PCS)). It has been hypothesized to be associated 

with severity of concussion; however no research to this date has shown a correlation between 

PCS and concussion. As with DAI, concussions are believed to primarily result from the 

rotational component of an impact. These rotational components of the impact have been shown 

to create strains and stresses to specific locations within the brain, leading to specific 

physiological responses (symptoms) of concussion [Holbourn, 1943].  

Diffuse axonal injury (DAI) 
 

 DAI affects the white matter of the brain. In particular, the axons of the white matter are 

damaged from shearing forces within the brain tissue as a result primarily of rotational 

components of a given impact. These strains and stresses can affect all areas of the brain 

depending on severity of the injury and thus can result in injury outcomes varying on a 
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continuum from loss of consciousness to death [Bandak, 1994]. Diffuse tensor imaging (DTI) 

has recently provided a means to track fluids movements within the white matter tracts.  

Summary 
 

 The focus of this research will be on the mTBI/concussive injuries. While the material 

characteristics of the brain are complex and its’ physiological response are still not completely 

understood, the kinetics and kinematics creating concussive injuries are also unique and complex 

by nature. Head protection in sports continues to evolve, however the complex nature of the 

concussive injury has made it difficult to identify accurate injury thresholds and appropriate 

injury metrics for concussive type injuries. Research isolating injury event specific dynamic 

response variables could lead to the development of protective headgear for specific sports, 

decreasing the risk of concussive injuries specific to the impact event within each particular 

sport. 
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CHAPTER 2 

Anatomy of the Brain 
 

 The brain is one of the biggest and most complex organs in the human body.  An adult 

male brain typically has a mass of approximately 1.4 kilograms made up primarily of fat and 

protein. The functions of this organ are seemingly never ending. With more than 100 billion 

nerve cells, the brain not only puts together thoughts and highly coordinated physical actions but 

also regulates our unconscious body processes, such as digestion and breathing. An injury to any 

part of the brain would likely disrupt one or more of these functions leading to, depending on the 

severity of the injury, disability or even death. Brain injury research measuring direct tissue 

damage and brain motions is very challenging. The use of cadavers, physical models and animal 

models, although they provide important information, are still not without their own inherent 

limitations. Scaling errors (animals), live tissue response versus dead tissue response to an 

impact is likely different from one another (cadaveric) are just a few examples of the limitations 

of these methods. In response to these limitations, the creation of finite element models of the 

human brain opened the door to a means of measuring tissue deformation.   

 The brain is made up of billions of nerve cells, which are known as neurons.  These 

neurons make up the organ’s grey matter.  The neurons transmit and gather electrochemical 

signals that are communicated via a network of millions of nerve fibers called dendrites and 

axons. These nerve fibers make up the brain’s white matter. This organ sits in a fluid known as 

cerebrospinal fluid (CSF) while encased with a compact type bone structure comprising the 

human skull for protection. The CSF is located in the brain and spinal cord and forms a 

protective cushion that gives some buoyancy to the central nervous system organs 
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Regions of the Brain 
 

 Three primary regions form the human brain; the cerebrum, cerebellum and brain stem 

(Figure 2-1). 

Cerebrum 
 

 The cerebrum is the largest part of the brain, accounting for 85 percent of the organ's 

weight. The cerebrum contains two hemispheres, which is divided into four regions; the frontal 

lobes, the parietal lobes, occipital lobes and the temporal lobes (Figure 2-1). Each of these 

regions have specific roles critical to sustaining life, physical and mental functions. The frontal 

lobes are located behind the forehead and are involved with speech, thought, learning, emotion, 

and motor functions. Behind them are the parietal lobes, which process sensory information such 

as touch, temperature, and pain. At the rear of the brain are the occipital lobes, dealing with 

vision. Finally, the temporal lobes, which are located near the temples, are involved with hearing 

and memory. Each hemisphere of the cerebrum is composed of grey matter and white matter 

[Marieb, 1998]. The grey matter is the most superficial tissue and is referred to as the cerebral 

cortex. 
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Figure 2-1. Regions of the human brain 

 The cerebral cortex accounts for roughly 40% of the total brain mass. The cerebral cortex 

contains three areas: i) motor areas; ii) sensory areas; and iii) association areas. Motor areas 

control voluntary motor functions, sensory areas provide conscious awareness of sensation, and 

association areas act to integrate diverse information for action [Marieb, 1998]. Located below 

the grey matter in the cerebral cortex is the cerebral white matter. The role of the white matter is 

to provide communication between cerebral areas, the cerebral cortex and lower central nervous 

system (CNS) centers. White matter is composed of myelinated fibers bundled into large tracts 

[Marieb, 1998]. White matter essentially connects the cortex to the rest of the nervous system, 

including the receptors and effectors within the body.  

Cerebellum  
 

 The cerebellum is the second largest part of the brain, accounting for around 11% of the 

total brain mass (Figure 2-1). It is located in the posterior cranial fossa of the skull, under the 
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occipital lobes and is separated from them by the tentorium cerebelli and the transverse cerebral 

fissure. Like the cerebrum, the cerebellum has a thin outer cortex of grey matter, internal white 

matter and small deeply situated pockets of grey matter. The cerebellum acts to coordinate body 

movements, maintaining muscle tone, posture and equilibrium. It also plays a major role in 

skilled motions [Marieb, 1998]. 

Brain Stem 
 

 The brain stem is located at the base of the skull where the spinal cord enters the cranial 

cavity. Like the spinal cord, it consists of deep grey matter surrounded by white matter fiber 

tracts. The brain stem is composed of three parts: the midbrain, the pons and the medulla 

oblongata. The brain stem is known to produce the automatic behaviors necessary for survival, 

and relays messages between the spinal cord and the cerebrum [Marieb, 1998]. Concussion 

severity and loss of consciousness was thought to be associated with injury to this region of the 

brain [Ommaya & Gennarelli, 1974].  

Physiological functions of the brain 
 

 Brain injury is very complex given the high complexity of the anatomical structures as 

described previously and their inter-connectivity between different regions. These shared 

connections make it challenging to understand the onset and duration of particular symptoms 

post concussive injury. Concussive injuries tend to exhibit a variety of symptoms that can vary in 

terms of intensity and duration. Research has suggested that some of the symptoms commonly 

associated with concussion such as, cognitive processing speed, verbal memory, visual memory 

and stress, may represent damage to a specific functional regions of brain tissue (Purves et al. 
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2001; Levin et al. 2012). Specific regions within the brain are responsible for managing these 

different functions (Table 2.1)  

Table 2-1. Brain regions and their functionality 

Region of the Brain Functionality Reference 

Prefrontal cortex 
 

decision-making and 
social behaviour 

Yang et al. [28] 

 
Dorsolateral prefrontal area 

 
memory and organization 

Yang et al. [28] 

 
Motor association cortex and 
Primary motor cortex 

 
planning and execution 
of movement patterns 

 
Luppino & Rizzolatti [29]  

 
Primary somatosensory cortex 

 
sense of touch and 
proprioception 

 
Price [30] 

 
Visual cortex 

 
Visual information 

 
Braddick et al. [31] 

 
Sensory and Visual association 
areas 

 
Sensory integrations and 
perception of the 
environment 

 
Price [30] 

 
Auditory cortex 

 
sound processing 

 
Purves et al. [15] 

 
Auditory association area 

 
functions associated with 
recognition of sounds 

 
Creutzfeldt et al. [32 – 33] 

 

While concussive injuries are virtually undetectable via medical scanning, previous 

research on stroke patients has shown that physical tissue damage to a particular region of the 

brain could result in various levels of functional disability related to the affected area [Shumway-

Cook & Olmscheid, 1990; Dault & Dugas, 2002]. A recent study using reconstructions of 

concussive injuries did show a link between axonal damage, regions of brain tissue and 

associated concussive symptoms [Wright et al. 2012]. 



13 
 

Summary  
 

 Currently, concussive symptom onset and duration resulting from a hit to the head can 

vary significantly between individuals. Common symptoms such as headache, dizziness, nausea 

or vomiting are usually observed immediately follow the impact, while other symptoms such as 

persistent headache, poor attention, concentration and memory dysfunction have been reported 

within days to weeks after sustaining a concussion [Kelly and Rosenberg 1997]. For the most 

part, concussive symptoms tend to resolve within 3-7 days however some cases report symptoms 

lasting longer than two weeks [McClincy et al. 2006] or even up to a year [Alves, et al., 1993]. 

There has been some suggestion that concussive symptoms may be linked to the specific region 

of the brain that suffered brain tissue damage because of the impact. In theory, each concussive 

injury impact event could affect a specific/different region of the brain, thus creating unique 

symptoms and duration of the injury. Identifying the specific region of brain injury as it pertains 

to different concussive injury events has not yet been defined.  
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CHAPTER 3 

Paradigm for head/brain injury 
 

 An injury mechanism is described as the mechanical and physiological change that 

results in anatomical and physiological damage [Viano et al., 1989]. The different injury impact 

events affecting these injury mechanisms can have significant effects on the brain tissue response 

to an impact. The head injury paradigm described by Gennarelli (1993) (Figure 3.1) relates 

mechanical input to biological response. While static loads are considered injurious, they are 

quite often focal type injuries related to the site of the applied force. Dynamic impacts not 

creating skull fracture tend to induce more complex and diffuse type brain injury response. If the 

skull fractures, the injury will most likely remain superficial and affect the area focally, causing 

cerebral lacerations and hemorrhages [Holbourn, 1945]. This research paper will focus primarily 

on the dynamic impact loads and their effects on brain tissue for closed head brain injuries 

causing concussions. The resultant brain injury resulting from these dynamic loads can be 

dependent on multiple factors such as impact location, duration, magnitude and the types of 

impact force applied (linear or rotational acceleration). These parameters are important to 

understand when associating a loading condition creating a concussive injury to actual brain 

tissue injury thresholds. 
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Figure 3-1. Mechanical loading to the head may lead to tissue damage through deformation or 
acceleration of the head. This tissue damage may lead to brain injury [Gennarelli, 1993]. 

 

Mechanism of Injury 
 

 Many theories of head/brain injury mechanisms have been proposed and developed 

through literature over the past decades. The most notable mechanisms presented in literature 

are; Pressure gradient (negative and positive), acceleration (linear and rotational) and brain 

deformation (relative motion, stress and strain). These will be described in greater length in the 

following section. 

Researchers tend to agree that concussive type injuries tend to result from more diffuse type 

injuries including concussion (mTBI) which can be very mild to severe (PCS) and diffuse axonal 

injury (DAI), which would be a more severe type injury which causes injuries such as cerebral 

swelling, cerebral ischemia. It is understood that most collisions involving the head result in a 

certain proportion of linear and rotation motion, and thus create a complex cascade of physical 

tissue deformations and physiological responses. The principle mechanism of injury for purely 
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linear acceleration loadings has been reported to principally be related to pressure gradient 

changes within the skull, while for purely rotational acceleration loadings of the head have been 

associated to be shear stresses of the brain tissue [Unterharnscheidt, 1971].  

Cavitation theory 
 

 The understandings of the mechanisms of brain injury have evolved significantly over the 

years. Linear acceleration was deemed the most important parameter in brain injury in the early 

studies examining head injury. Several theories were proposed as to how the brain would be 

injured following translational accelerations. Some of these theories included the creation of 

pressure waves within the brain, skull deformation, brain deformation and pressure gradients 

changes. Gross (1958) proposed a theory that pressure may be an indirect cause of injury since 

the collapse of the cavity (cavitation) is what damages the brain, not the pressure itself.  The 

results of Gross’s research sufficiently support the explanation of contre-coup injuries. The 

explanation for coup injuries due to negative pressures was more difficult. It was hypothesized 

that this injury is caused by a rapid return of the skull to its original geometry following a blow, 

thus creating a cavity between the area of the brain and skull (in its deformed position).  Adding 

to this theory, Suh et al. (1972) showed that negative pressure was not located in the region 

opposite to the impact, which contradicted the idea of contre-coup injury due to negative 

pressure. Some researchers began to doubt the negative pressure theory referencing that the 

density of the brain materials are very different from density of the liquids being used in testing. 

Stalhammar (1975a, 1975b) and Stalhammar & Olsson (1975) reported, after impacting tests 

with rabbits, that negative pressures developed through impacts were not important to the injury 

mechanism.  Lubock & Goldsmith (1980) also agreed that cavitation coincided with negative 

pressure transients; however, the formation of bubbles (release of gas or vaporization) would 
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more likely occur in liquid then brain tissue. Nusholtz et al. (1984, 1987) through a series of 

impact to macaques, stated that negative pressure is present during an impact but non-injurious. 

Though cavitation seems to be an important influence on focal type injuries, it is not accepted as 

a primary cause for injury (Horgan, 2005).  

Pressure Gradient  
 

 The theory of pressure gradient changes within the brain as a mechanism of concussive 

injury follows closely the cavitations theory.   The theory states that following an impact to the 

head, the brain will have a tendency to go from a high-pressure location to a low-pressure 

location.  This tendency can create shear stresses and deforms the brain. An actual brain injury 

would occur when small bony protuberances resist this deformation thus damaging the tissues. 

An early study using strain gauges and pressure plugs to investigate the dynamic skull stress in 

impacted dogs [Gurdjian & Lissner; 1944], showed that compression and pressure increases at 

the impact site and tension and pressure decreases at the opposite site. It was deemed that 

dynamic stress was produced by pressure gradients. Using a methodology causing concussive 

events in dogs, Gurdjian et al. (1953) again monitored intra-cranial pressure and acceleration. 

The findings from this study would suggest that brain injuries would develop from either a short 

duration, high magnitude acceleration and pressure pulse or a long duration, low magnitude 

pulse.  Thomas et al. (1967) used physical models to demonstrate that as acceleration and 

pressure increased, so did the pressure gradient. They concluded that pressure gradients were 

present post-impact and that compression and acceleration were both important to injury 

mechanism. Gurdjian et al. (1968) applied this line of thinking to animal models and confirmed 

the findings reported by Thomas et al. (1967) that acceleration and skull deformations caused by 

an impact caused pressure gradients. They also noted that their observations showed that the 
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brain has a tendency to flow from a high-pressure area to a low-pressure area, thus causing brain 

deformation and shear stresses. Further research by Gurdjian (1978) related acceleration to the 

creation of pressure inside the skull following an impact. This study produced occipital blows to 

Rhesus monkeys’ head sliced in the medial plain and placed on a glass plate prior to the impact. 

With the ability to visually monitor brain motion, it was revealed that a frontal space was created 

during the impact, and there was movement of the brain stems following occipital impacts. Thus, 

the pressure gradient is believed to be formed by skull deformation at the impact site and the 

consequential relative motion of the intracranial contents. 

Linear acceleration 
 

 Linear acceleration was initially considered to be the most important mechanism of brain 

injury [Gurdjian & Lissner, 1944; Gurdjian et al., 1953, Gurdjian et al., 1963]. The role of 

rotational acceleration, negative pressure and cavitation were not accepted early on, with 

researchers stating that these mechanisms had little or no significant effect on brain tissue injury. 

Further claims stated that acceleration and deceleration were present in typical head injuries and 

almost always associated with skull compression. This led to a theory that deformation of the 

skull as well as changes in intracranial pressure were linked to brain trauma. Ommaya et al. 

(1966) indicated that rotation alone could not produce the levels of injury caused by direct 

impact. Cerebral concussion was produced in monkeys by direct impact to the occipital area of 

the head and by impact to the base of a mobile chair. The analysis of the extensive data 

collection revealed that although concussion could be caused by whiplash, it required higher 

levels of acceleration than what was required by direct impact, making rotational acceleration a 

lesser contributor to the mechanism of brain injury. Ommaya et al., (1966) estimated that 

approximately twice the rotational velocity was required to produce cerebral concussion by 
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indirect impact. The importance of rotational acceleration began to gain ground based on further 

research by Ommaya and Hirsch (1971) which suggested that rotation could account for as much 

as 50 percent of the potential for brain injury, while the remainder was attributed to direct 

impact. More recently, researchers began to agree that brain injury might occur according to 

different impact mechanics. Studies by Gennarelli et al. (1971, 1972) showed that translation of 

the head in the horizontal plane would produce mainly focal effects, thus causing contusions and 

intracerebral hematomas. Diffuse injuries were observed only when a rotational component was 

involved. Unterharnscheidt (1971) verified these findings further with a study where they 

describe the principal mechanism resulting from linear acceleration to be pressure gradient, 

while shear stress, from differential motion between the skull and brain, was identified as the 

mechanism for rotational acceleration.  Ono et al. (1980) conducted a series of experiments with 

monkeys and found no correlation between the occurrence of concussion and rotational 

acceleration. It was concluded that the concussion could be produced by linear acceleration from 

a direct impact. 

Rotational Acceleration 
 

 Rotational acceleration have been linked to diffuse type brain injuries. This type of injury 

can arise with or without a direct impact to the head. Early research by Holburn (1943) referred 

to force and deformation of different areas of the brain following direct or indirect movements 

(impact) causing brain injuries. Holburn’s theories were developed and adjusted to adhere to 

Newton’s laws of motion within the shape of the human skull and brain. This theory states that 

all injuries could be replicated through the application of rotational acceleration alone and that 

linear acceleration has little influence on injury outcome. It is primarily due to the brain’s 

inability to rotate freely in the frontal compartment, which creates strains and stresses causing 
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injury.  This supposedly explains the predominance of anterior fossae injury regardless of frontal 

or occipital impacts (Hardy et al., 1994). Holbourn (1943, 1945) referenced the properties of the 

brain as primary factors in how the brain can be injured. Based on these properties (high bulk 

modulus (imcompressable)and low Young’s modulus (high flexibility and shape change)) it 

would be assumed that the brain is subject to injury through rotational acceleration rather than by 

linear acceleration. Holburn also referenced the frontal and temporal regions of the brain as the 

most succeptible injurious regions due to rough geometry of the skull. Unterharnscheidt & 

Higgins (1969) successfully tested Holbourn’s theory by applying rotational accelerations (no 

impact) to squirrel monkeys. Observations from this study showed that the monkeys suffered 

from subdural hematomas, torn bridging veins and lesions of the brain and spinal cord. An 

important study by Lowenheilm (1975) proposed rotational acceleration as the cause of gliding 

contusion resulting from excessive strain in cerebral vessels. It was concluded that the site of 

maximum shear occurred at a constant distance from the surface of the brain. This was the first 

study of its kind to report on location of injury within the brain resulting from different 

amplitudes of rotational acceleration. They identified that the deep brain could be injured while 

the surface was not injured and that the zone of maximum shear became deeper as the rotational 

acceleration pulse duration increased. A series of studies found good correlation between 

concussions and rotational acceleration after delivering non-deforming rotational impacts to 

monkeys [Gennarelli et al., 1971; Gennarelli et al., 1981; Gennarelli et al., 1983; Gennarelli and 

Thibault, 1982; Thibault and Gennarelli, 1985]. They also stated that rotational acceleration 

contributed more than linear acceleration to the generation of concussive injuries, diffuse axonal 

injuries, and subdural hematomas. They hypothesized that these injuries were induced by the 

shear strain generated by rotational acceleration. Though much of the above research seemed to 
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prove the importance in rotational accelerations in causing brain injury, most of these studies 

involved animal models.  Adams et al. (1981) tried related findings in these earlier studies to 

clinical findings in humans. Though the findings were closely related, there were some 

differences regarding the location of the brain injury. For instance, while white matter was 

damaged in the animal models, they did not find white matter damage in the human brains. Even 

with this difference, they did still find subdural haematomas, which is similar to previous animal-

modeled studies. While amplitude of rotational acceleration had been investigated, the duration 

of the pulse was not reported. Gennarelli (1983) tackled this topic with a study where they 

attempted to produce diffuse axonal injuries in subhuman primates. It was found that subdural 

haematomas were produced by short, high amplitude acceleration pulses while DAI was 

produced by longer, lower amplitude pulses. From this study it was concluded that virtually all 

types of injury can be produced by rotational acceleration applied to the head if applied 

appropriately. 

Combination Linear/Rotational  
 

 It is unrealistic to think of a head impact with purely linear or purely rotational 

acceleration. Bayly et al. (2005) demonstrated that a combination of both translational and 

rotational brain movements were present for purely linear impacts. While the mechanisms 

causing brain injury are still unclear, it has been suggested by many researchers that a 

combination of multiple mechanisms may be at play. A study by Gurdjian & Gurdjian (1975) 

suggested that a combination of elastic skull deformation, positive and negative pressure as well 

as an inertial brain lag could present a clearer picture of head injury. This study did confirm that 

both linear and rotational accelerations components played a role in concussive brain injuries.   
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 Ommaya et al. (1971) disputed the cavitation hypothesis of coup and contre-coup 

contusions based on real world data and their work with Rhesus monkeys. Based on their 

findings, they proposed that skull distortion and head rotation were the mechanisms involved and 

not linear dominant mechanisms such as coup, contre-coup and negative pressures. With relative 

brain movement within the skull resulting from both linear and rotational components of a head 

impact, understanding the mechanics related to how the brain is injured as a result of this had not 

been well understood. In response to this, a study by Ommaya and Gennarelli (1974) contributed 

to this lack in the literature with the development of the centripetal theory of cerebral concussion. 

Their research determined that some form of rotation of the head was necessary in order to 

achieve various categories of concussive injury, such as loss of consciousness.  The basis of this 

theory surrounds the material properties along with the geometry of the inner skull and the brain. 

They claim that the diffuse effects of the rotational component of inertial loading are produced 

by a centripetal progression of strains, which increase from the outer surface of the brain and 

move towards the core of the brain dependant on the level of inertial loading. They do caution 

that symptoms of brainstem injury can occur in the absence of significant cortical injury, 

supporting the claim that the mechanisms of concussion may be more complex than a single 

mechanism on its own. Willinger et al. (1992a) studied the theory of multiple mechanisms 

further. They attempted to better understand contre-coup lesions following direct impacts to the 

head.  Their findings noted that the particular types of injury were related to the impacted 

structure and the impact location and suggested three define mechanisms of brain injury; brain-

skull relative motion, local bone deflection and intra-cerebral strain [Willinger et al., 1992b].  

The inertial motion of the brain within the skull is a key component to concussive brain injuries. 

Stalnaker et al. (1977) claimed that the head does not always function as on single mass, yet can 
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also function as a group of individual masses. Assuming this was a correct theory, head and brain 

motion would not necessarily move in the same direction and in the same method one to another. 

A later study [Willinger et al, 1994] validated their theory using natural resonance frequency to 

determine if head motion was considered whole or in multiple masses. This study determined 

that an impact below a frequency of 120 Hz then the head and brain moved as a whole and thus 

diffuse axonal injury could be observed as an injury. Whereas, if the frequency was above the 

120 Hz value, then the head and brain functioned as multiple masses creating relative motion of 

the brain within the skull which created injuries such as contusion and subdural hematomas. The 

theory of relative brain motion has been investigated in the past using cadaver and/or animal 

specimenand qualitative observation of global motions [Pudenz and Sheldon, 1946; Hodgson et 

al., 1966; Nusholtz et al., 1984]. While these models allow for measurement of head and brain 

relative motion, there are question on the transferability of the data to real life injuries. In 

response to these concerns, methodologies using bi-planar x-ray to follow brain motion during 

closed head cadaveric impacts were developed [Hardy et al., 2001]. While these impacts use 

cadavers that are of comparable size and tissue, differences in head response due to lack of fluids 

and tissue degradation has been stated as a limitation of this methodology.  Bayly et al. (2005) 

used live human subject, subjected to very mild head deceleration (for ethical reasons), to 

monitor brain movements using magnetic resonance imaging. This methodology was limited to 

very low impacts velocities in comparison to the other methodologies, however did confirm the 

presence of both linear and rotational acceleration. 
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CHAPTER 4 

Head Injury Reconstruction Models 
 

 Given the ethical challenge of performing head impact research, many different 

reconstruction models have been developed such as; animal, cadaver, physical and 

mathematical/finite element models in order to better understand head/brain injury mechanisms. 

Each of the reconstruction methods has their own advantages and disadvantages. Extensive 

research on the biomechanics of head injury has been conducted over the last century yet only a 

few studies have been conducted using volunteer subjects [Eiband, 1959; Bayly et al., 2005]. For 

ethical reasons, impacts had to remain well under injury levels, providing little data concerning 

traumatic brain injury (TBI) mechanisms. 

Animal Model 
 

 The animal models had the advantage of being readily available and offered the 

possibility to test above injury thresholds allowing for a direct analysis of TBI [Pudenz & 

Shelden, 1946; Ommaya et al., 1966; Gennarelli et al., 1971; Gennarelli et al., 1972]. 

Unfortunately, the use of anesthetics, differences in brain size, inherent tolerance and skull 

characteristics made extrapolated data limited. Furthermore, the response of internal parameters 

such as stress and strain to impact could not be monitored. Physical models have also been used 

to predict the human head’s response to impact without the variability associated with biological 

subjects [Gurdjian & Lissner, 1961; Suh et al., 1972].  
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Cadaveric Model 
 

 To reduce this gap in data scaling, cadaveric heads were used to study skull deformation 

and fracture because they possessed the same mass distribution, geometry and anatomical 

characteristics as live human heads [Gurdjian et al., 1949]. Once repressurized, they were also 

used to understand the development of pressure gradients [Gurdjian et al., 1966; Thomas et al., 

1966]. Though very limited, some three-dimensional dynamic impact response data has been 

collected from cadavers [Nahum et al., 1977; Ono et al., 1980; Hardy et al., 2007]. 

Unfortunately, impacting cadaveric heads does not reveal information concerning injury to the 

soft tissues and has been shown to be highly variable. This variability is partly due to difference 

in head geometry/sizes, tissue density and response difference between live tissue and dead 

tissue. In order to reduce some of the variability, the use of surrogate headforms has become 

increasingly popular for impact reconstructions. 

Surrogate Headform 
 

 Injury reconstructions from recorded events provide a method for better understanding 

the dynamics surrounding actual concussive injuries. Using estimations of impact velocities and 

effective mass of the impacting object, calculation of kinetic energy (J) to the head can be made 

and compared to established thresholds [McIntosh et al., 2000; Enouen, 1986].  Anthropometric 

dummies were often used to design, develop and test protective devices [Viano et al., 1989; Post 

et al., 2010; Post et al., 2011]. They were ideal because they behaved in a humanlike manner 

following an impact; were easily available, rarely damaged and provided the researchers with 

repeatable data. The advantage of using these surrogate headforms was that they were durable 

and built to similar mass, geometry and skin characteristics of a real human headform. Although 
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dummies were incapable of showing signs of injury, they were equipped with devices (e.g. 

accelerometers), allowing for the measurement of biomechanical parameters which could be 

correlated to human impact response [Viano et al., 1989]. The advantage of using theses 

headforms was that they could be impacted multiple times above injurious levels.  

Currently, there are many types of headforms available for impact testing each with varying 

degrees of biofidelity and repeatability. Rigid headforms (Half CEN EN 960, used by Head 

Protection technical body of the European Committee for Standardization) tend to be used in 

testing for the majority of helmet standards. This is in large part due to the high repeatability of 

rigid type materials. Headforms that are more compliant have been developed in order to deliver 

more realistic dynamic responses from impact reconstructions. The Bi-mass 150 and the 

Eindhoven are two headforms for which specific characteristic changes were made to increase 

the headform’s biofidelity [Willinger et al., 2001; Van den Bosch, 2006]. The Bi-mass 150 can 

measure skull and brain dynamic impact response separately, while the Eindhoven uses a 

composite material shell with markers imbedded (tracked by X-ray) in a silicone gel brain. The 

Hybrid III and Hodgson-WSU headforms are the two most common head forms used for impact 

testing and were developed and validated using cadaveric peak linear acceleration impact data 

[Hubbard & McLeod, 1974]. Calibration of this headform is done using a single 37.6cm drop to 

the forehead region, where peak linear acceleration values having to fall between 225 – 275g 

[Mertz, 1985]. The Hodgson-WSU headform was developed mainly for helmet standards testing 

and was validated using load deflection curves from cadaveric head data [Hodgson, 1975]. 

Though these two headforms were designed to recreate dynamic impact response approximating 

a human cadaveric head, the validation was limited to peak linear acceleration resulting from an 

impact to the frontal region of the head. While the Hybrid III was not necessarily designed for 
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direct impacts, it was the only surrogate headform that had the ability to be instrumented to 

measure three-dimensional dynamic impact responses. The Hodgson-WSU headform has the 

advantage of being designed for direct impacts however was limited to measuring linear 

acceleration only; though, it has recently been fitted for measuring the three dimensional 

components of dynamic response which is currently being validated. The neck component also 

has an important influence on the dynamic impact response during impact reconstructions. 

Recent research has demonstrated that the Hybrid III neck may have an effect on the dynamic 

impact response of a headform depending on direction of the impact [Foreman & Hoshizaki, 

2011]. While the Hybrid III neckform is the most commonly used in impact reconstructions, it 

has calibrated in the sagittal plane, limiting its use to anterior-posterior motion plane [Deng, 

1989]. The current hybrid III neckform is asymmetric by design and thus creates an asymmetric 

response. A neutral or unbiased neckform could eliminate this bias and give new insight to three-

dimensional dynamic impact responses.  

Mathematical modeling / FE Models 
 

 Recently, there has been an emergence of computer models to determine risk of brain 

injury [Zhang et al., 2001a; Kleiven, 2007; Horgan & Gilchrist, 2003]. Finite element (FE) 

models were ideal because they could account for the irregular shape and multiple material 

compositions of the brain. Furthermore, simulations performed with a FE model had the 

advantage of being repeatable, reproducible and did not have the biological variability that 

accompanies surrogates [Zhang et al., 2001b]. The principle behind these models is that any 

basic function can be represented by a linear combination of algebraic polynomials [Voo et al., 

1996]. Linear and rotational loading curves from physical reconstructions or simulated impact 

were input at the centre of gravity of the model and brain deformations are then be calculated. FE 



28 
 

models are used to analyze tissue deformation by decomposing the head into small elements (e.g. 

blocks, tetrahedrons), each having the continuum material properties of the tissue it represents. 

These models are extremely valuable because they calculated the internal stresses and subtle 

internal motions of the modeled structure to predict the failure of the tissues composing the head 

[Ward & Nagendra, 1985]. Although complete validation has not yet been achieved, most recent 

models have been partially validated [Horgan & Gilchrist, 2003; Kleiven, 2003]. These models 

have been validated using cadaveric intracranial and ventricular pressure data published by 

Nahum et al. (1977) and Trosseille et al. (1992). A limitation of these models is that they are 

dependent on the material properties assumed in mathematical models [Lowenhielm, 1975; 

Advani et al., 1975]. Thus, more complete validations of the models are required in order to 

establish an accurate link between tissue damage and injury type. 

 

 Brain anatomy and tissue material composition is important in the development of 

numerical and finite element models. Previous research on brain injury utilizing animal and 

cadaveric models, have had limited success due to a number of factors. For cadaveric studies, 

cadeveric tissus likely does not replicate tissue response that would normally be found in that of 

live tissue during impacts. Prange et al., (2002) stated that cadaveric tissues function 

mechanically different under various loading conditions due to change in their material 

properties [Prange et al., 2002]. Animal research, while answering the challenges investigating 

the response of living brain tissue, had other important challenges relating to the geometry and 

size of the human brain [Ommaya et al., 1967]. Because of the challenges associated with in-

vivo brain injury studies on live humans the use of accurate finite element models of the brain 

for impact research has garnered increased importance. The use of physical head surrogates 
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instrumented with accelerometers has enabled researchers to correlate head motion with brain 

tissue response. While these metal headforms offer highly reliable data, the validity of the data 

has been questioned due to its lack of biofdelity.  

 Finite element (FE) modeling of the head/brain have given researchers the ability to 

simulate head and brain injuries, while maintaining proper geometry, anatomy and material 

properties. Early studies using FE modeling of the brain revealed important information relating 

to mechanisms of brain injury. The first version of the finite element model used for head and 

brain injury involved axisymetrical models to compare material characteristics [Kenner and 

Goldsmith, 1972; Chan, 1974]. Model development progressed to the inclusion of different 

regions of the brain, with varying material properties. A three dimensional model of the brain 

containing dura folds, ventricles and brain stem was developed by Ward and Thompson (1975) 

for frontal impacts. Nahum et al., (1980) further developed a model that could be used for 

simulation of lateral impacts and quickly discovered distinct differences in pressure gradient 

between frontal, occipital and frontal impacts. These pressure gradient differences are likely a 

result of changes in the linear and rotational acceleration between the three impact locations. 

Further investigation into the correlation of head/brain motion and tissue response resulted in the 

creation of new three-dimensional FE models [Ruan et al., 1993; Zhou et al., 1995] partially 

validated to intracranial pressure data from Nahum et al., (1977) Ruan et al., (1993) found 

correlations between head acceleration and intracranial pressure while Zhou et al., (1995) 

demonstrated the importance of differentiating between grey and white matter. They also 

reported that coup and contrecoup injuries are a result of intercranial pressure gradients, and that 

brain stem injuries are likely caused by shear stress and strain. The importance of defining 

material properties of the head and brain cannot be understated in the development of an accurate 
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FE model. In particular, the characteristics and properties of brain tissue and the skull/brain 

interface definition are essential for correct simulations [Claessens et al., 1997]. Furthermore, the 

correct boundary conditions for the FE model are essential for accurate reproduction of cadaver-

based validations [Turquier et al., 1996]. In attempts to progress FE models and make them more 

accurate representation of human response, more complete FE models were developed [Zhang et 

al., 2001; Horgan & Gilchrist, 2003; Kleiven 2006, Willinger et al., 1996]. While each of these 

models have their specific differences in terms of material properties, they all have been 

validated to both intracranial pressure [Nahum et al., 1977] and brain motion [Hardy et al., 2001] 

data from cadaver experiments. While they were partially validated to cadaveric data, this also is 

a limitation of the models. Much of the validation data comes from single impacts in a single 

impact direction, which would limit the applicability to all impact conditions. Material properties 

are also limited since these properties may vary from one individual to another combined with 

loading rate differences of brain tissue characteristics. Therefore, while much research remains 

for complete validation of the different brain models, they are still quite useful in quantifying 

brain tissue response. The University College Dublin Brain Trauma Model (UCDBTM) was 

used for this dissertation due to its availability and its wide use in the brain injury field in 

published peer reviewed articles. The description of the model development and material 

properties are summarized in the following sections.    

Model development 
 

 University College Dublin Brain Trauma Model (UCDBTM) was developed based on the 

geometric shape of a male cadaver by means of CT and MRI imaging techniques (Horgan and 

Gilchrist, 2003; Horgan and Gilchrist, 2004; Horgan, 2005). The model divides the head and 

brain into ten sections: the scalp, skull (cortical and trabecular bone), pia, falx, tentorium, 
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cerebrospinal fluid (CSF), grey and white matter, cerebellum and brain stem with the properties 

and densities of the tissue associated with the specific regions (Tables 4.1 & 4.2). 

For components involving sliding surfaces, a friction coefficient of 0.2 was used (Miller et al., 

1998). All fluid within the falx, brain and between the tentorium, cerebrum and cerebellum were 

described using the same fluid algorithm. In total, the brain model was comprised of 26,000 

elements. The depth of the CSF layer was 1.3 mm to simulate the norm for the average adult 

male. 

Table 4.1. Finite element model material properties for UCDBTM 

     

 Material 
Young's modulus 

(Mpa) Poisson's ratio Density (kg/m³) 

     

 Scalp 16.7 0.42 1000 

 Cortical Bone 15000 0.22 2000 

 
Trabecular 

Bone 1000 0.24 1300 

 Dura 31.5 0.45 1130 

 Pia 11.5 0.45 1130 

 Falx 31.5 0.45 1140 

 Tentorium 31.5 0.45 1140 

 CSF 15000 0.5 1000 

 Grey Matter Hyperelastic 0.49 1040 

 White Matter Hyperelastic 0.49 1040 

     

 



32 
 

Table 4.2. Characteristics of the brain tissue for UCDBTM 

   

Shear Modulus 

(kPa)    

 Material  G0 G∞ 

Decay Constant 

(GPa) 

Bulk Modulus 

(s
-1

)  

        

 Cerebellum  10 2 80 2.19  

 Brain Stem  22.5 4.5 80 2.19  

 

White 

Matter 
 12.5 2.5 80 2.19 

 

 Grey Matter  10 2 80 2.19  

        

        

Material Properties 
 

 The importance of describing the material properties in FE modeling is imperitative to 

building an accurate model [Turquier et al., 1996; Claessens et al., 1997; Bandak and Eppinger, 

1994].  Understandably, biological tissues typically have nonlinear responses to loading. For 

example, a tissue under compression will generate larger stresses for smaller and smaller strain 

increments as the tissue deforms. This response is not only a mechanical response but can also be 

time dependant, also referred to as a tissue’s viscoelasticity. While previous finite element 

models of the brain used linear elastic material constitutive laws [Shugar and Katona, 1975; 

Ward and Thompson, 1975] the UCDBTM used nonlinear viscoelastic material law under large 

deformation as described by Mendis et al. (1995) and Kleiven & Von Holst (2002). A 
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hyperelastic material model was used for the brain in shear in conjunction with a viscoelastic 

material property. The equation describing the hyperelastic law was given by: 

 

Where C10 and C01 are the temperature-dependent material parameters and t is time in seconds. 

The compressive behavior of the brain was considered elastic. The shear modulus parameters 

were determined from a logarithmic plot (Horgan, 2005): 

 

Where G∞ is the long-term shear modulus, G0 is the short-term shear modulus and β is the decay 

factor (Horgan and Gilchrist, 2003).  

 The CSF layer within the model was developed using solid elements with low shear 

modulus since fluid typically has a high bulk modulus and zero resistance to shear [Ruan, 1993; 

Zhou et al., 1995; Kang et al., 1997; Hu et al., 1998; Gilchrist and O’Donoghue, 2000; Gilchrist 

et al., 2001].  

 The models development was not without its limitation. The characteristics of brain 

tissue used in this model were approximated from cadaveric and scaled animal anatomical 

testing. The use of animal testing models for data gather poses the risk of scaling law errors to 

human geometries. Another limitation, which has been addressed in the above sections relates to 

the use of cadaveric brain tissue properties to describe living brain tissue injury response. The 

last limitation refers to differences between subjects, gender and geometries of the headform 

which cannot be easily accounted for in FE models. Though there are a number of limitations 

associated with FE modeling of the brain, cadaver tissue represents the closest fit to living 
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human tissue characteristics (Horgan, 2005).  The material properties for the bone, scalp and 

intracranial membranes were taken from the literature (Ruan, 1993; Kleiven and von Holst, 

2002; Zhou et al., 1996; Willinger et al., 1995) with the values in table 4.1. The weight of the 

model was scaled to the dimensions of Nahum et al. (1977), which resulted in a mass of 1.422 

kg. Inertial properties are Iyy = 1795 kg.mm2, Izz = 1572 kg.mm2 and Ixx = 1315 kg.mm2, and are 

similar to those of Kleiven and von Holst (2002). 

Validation of the Model  
 

 This model, as discussed earlier, was validated with intracranial pressure data from 

Nahum et al. (1977) and Trosseille et al. (1992) cadaver impact tests and brain motion against 

Hardy et al.’s (2001) research. The model was validated further using comparisons of real world 

brain injury events to assess its validity for use in injury assessment settings [Horgan, 2005; 

Doorly 2007]. Cadeveric head impacts [Nahum et al., 1977] were simulated using the 

UCDBTM. The comparison measures were selected at the same locations as Nahum et al.’s 

(1977) transducers: the coup (frontal) site, the parietal site, the occipital site and the contrecoup 

site. The results demonstrated good correlation between the cadaver experiments and the FE 

simulation. The maximum values, shape and duration of the response correlated well for each of 

the specified locations.  

 The model was also validated with intracranial pressure data from Trosseille et al.’s 

(1992) cadaver impacts that also included both linear and rotational head motion using a 12-

accelerometer array affixed to its skull in the occipital region. The results showed good 

agreement between the simulation and cadaveric data for the shape and duration of pressure in 

the frontal lobe region. The final validation compares the simulation data to cadaveric brain 



35 
 

displacement data from Kleiven and Hardy (2002). The results produced similar brain 

displacement data for the simulations versus the experimental data [Horgan, 2005]. Overall, the 

UCDBTM correlated well to cadaveric data in all three validation procedures. The model 

performed best in the measurement of pressure response when compared with a translational 

cadaver impact; however, was less reliable in the more complex impact conditions [Horgan, 

2005]. The limitations of the model as it relates geometry and description of material properties 

and their response characteristics is likely the cause for these lower performance results.  
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CHAPTER 5 

Kinematic Injury Predictors 
 

 For years, researchers have attempted to describe and quantify brain injury through 

various equations, resulting in a single numeric value. These different injury predictors have 

been used to attempt to quantify brain injury. The goal of creating such predictors is to attempt to 

identify a threshold for injury. With the many different mechanisms of injury presented earlier in 

this text, it becomes quite complex to isolate one single level for brain injury tolerance. Since 

there is a high complexity of the different mechanisms for brain injury, it is important to develop 

an injury threshold measure that includes all the important variables involved in creating the 

injury [O’Donoghue, 1999]. The injury reconstruction variables would be defined as velocity, 

mass, location and impact vector. These variables would create unique kinematic loading 

conditions that would affect deformation of the brain tissue [Kendall et al., 2012]. Other factors 

affecting the brain tissue strain are; geometries of the head, constitutive properties of the tissue, 

as well as age, sex, health and intoxication [Horgan, 2005]. 

 With so many variables at play, creating specific thresholds for brain injury becomes very 

difficult. To date, research has focused on linear acceleration as an injury predictor, due to its 

link to injurious intracranial pressures within animals [Gurdjian et al., 1966: Thomas et al., 

1966], this variable, however, was shown to have a low correlation to brain injury in humans. 

Integration of the acceleration-time curve was proposed since impacts causing high accelerations 

for long durations, would create a high change of velocity and would be more likely to cause 

severe injuries than impacts with identical acceleration but occurring over a shorter period of 

time [Newman, 1998]. Recent research has focused on the use of finite element models to 
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simulate injurious events in order to estimate brain tissue deformation [King et al., 2003]. There 

have been a number of brain injury predictors developed in an attempt to quantify injury.  

Peak Linear Acceleration  
 

 Linear acceleration has been linked to increases in intracranial pressure caused primarily 

by brain motion within the skull [Gurdjian et al., 1966: Thomas et al., 1966]. It was determined 

that these pressure changes within the brain were a result of deformation of the skull and brain 

tissue and their acceleration post impact. Gurdjian et al. (1961) stated that if the kinematics of an 

impact event could be measured, then potential risk of brain injury could be predicted.  Further 

research on peak linear acceleration confirmed correlation of this variable to increases of 

intracranial pressure causing brain injury [Nusholtz et al., 1987].  

 Linear acceleration refers to the change of velocity of the head following an impact. 

Although it is not a direct measurement of brain trauma, it has been correlated to intracranial 

pressure [Zhang et al., 2001a; Zhang et al., 2004; Kleiven, 2007; Hardy et al., 2007] and strain 

[Hardy et al., 2007].  Furthermore, it is the most common parameter used to predict the 

occurrence of brain injury. Linear acceleration has been directly measured using piezoelectric 

accelerometers located in a subject’s mouth [Higgins et al., 2007], attached to the skull 

[Yoganandan et al., 2006] or helmet [Beckwith et al., 2007] or directly inside a surrogate 

headform [Padagaonkar et al., 1975].  Linear accelerations of 80-95 g were associated with the 

probability of sustaining a concussion [Gurdjian et al., 1966, Zhang et al., 2004; Ono et al., 1980; 

Broglio et al., 2010].  

The specific role of linear and rotational accelerations in causing injury was analyzed 

during a set of experimentations on anesthetized dogs. The results revealed rotational 
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acceleration having minimal involvement during many of the concussive events.  Linear 

acceleration was consequently identified as the critical factor in head trauma [Gurdjian et al., 

1955]. The hypothesis is supported by data comparing the severity of cerebral concussion in sub-

human primates produced by either direct impact to the occipital area of the head or by impact to 

the base of a mobile chair [Ommaya et al., 1966; Ommaya & Hirsch, 1971]. The analysis of this 

extensive data collection revealed that although inertial loading could produce concussion, it 

required higher levels of rotational acceleration than what was required by direct impact   

identifying once again linear acceleration as the primary factor contributing to brain injury.  

 Ono et al. (1980) also observed the contribution of linear acceleration to brain injuries. 

The experiment compared pure translational inertial loading, pure rotational inertial loading and 

direct impact to a non-restrained head. The results showed that skull deformation was necessary 

to create cortical contusion and that concussion did not correlate with rotational acceleration. 

Conversely, linear acceleration was highly correlated, leading the authors to conclude that 

concussion was caused by linear acceleration from direct impacts.  

 Thresholds using peak linear acceleration as injury predictors were proposed from impact 

reconstructions of 12 cases involving 24 National Football League (NFL) players [Zhang et al., 

2004]. The response of the players’ brain was obtained by using the Wayne State University 

Brain Injury Model (WSUBIM). Based on logistic regression analysis, the 25 %, 50 % and 80 % 

probability of sustaining a concussion were estimated to be 66 g, 82 g and 106 g, respectively. 

Despite being widely used in the field of head protection [CSA, 1997; NHTSA, 2001; ISO, 2006; 

ASTM, 2007; NOCSAE, 2007; ECS, 2010], peak linear acceleration represents a limited 

criterion because mechanically, a single point on a pulse could not accurately define the response 

of a structure [Gadd, 1966; Newman, 1998]. 
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Rotational acceleration 
 

 Goggio (1941) was the first to suggest a theory that rotational acceleration could cause 

brain trauma and compared the movement of the brain within the skull to a glass filled with 

water.Like water, the brain remained motionless during a rapid rotation of the skull, causing 

damage in the regions where bony protuberances were present. Holbourn (1943, 1945) 

elaborated this theory, by speculating that shear stress was the true cause of injury. This was due 

to the brain’s high tolerance to compression (bulk modulus) and poor ability to resist tension 

(Young’s modulus). He concluded by stating that rotational forces, not linear, were responsible 

for concussion, hemorrhage and contre-coup injuries. Rotational acceleration refers to the rate of 

change of rotational velocity of the head following an impact. Although it is not a direct 

measurement of brain trauma, it has been correlated to stress [Zhang et al., 2001a; Zhang et al. 

2004], and strain [Kleiven, 2007; Hardy et al., 2001]. Padgaonkar et al. (1975) proposed a 

method, which requires nine uni-axial accelerometers to be positioned in an orthogonal 

arrangement [Padagaonkar et al., 1975]. The method used the following equations to obtain 

rotational acceleration: 

   αx = (Az1 – Az0)/2ρy1  –  (Ay3 – Ay0)/2ρz3  

   αy = (Ax3 – Ax0)/2ρz3  –  (Az2 – Az0)/2ρx2 

   αz = (Ay2 – Ay0)/2ρx2  –  (Ax1 – Ax0)/2ρy1  

Where α was the rotational acceleration for component i (x, y, z), Aij was the linear acceleration 

for component i (x, y, z) along orthogonal arm j (1, 2, 3), and ρx2 was the length of orthogonal 

arm j acting along the component i. This method for collection rotational data has been deemed 

the most accurate [Newman et al., 2005]. 
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Research investigating the role of accelerations in TBI was limited to using monkeys, 

physical models and FE models [Gennarelli & Thibault, 1971; Gennarelli et al., 1972; 

Lowenhielm, 1975; Unterharnscheidt & Higgins, 1969; Gennarelli et al., 1981; Gennarelli & 

Thibault, 1982; Gennarelli et al., 1982; Adams et al., 1981; Adams et al., 1983]. The results of 

these studies demonstrated the predominant role of rotational acceleration in the mechanism of 

concussion, diffuse axonal injury and subdural hematoma. This led to the conclusion that 

rotational acceleration alone was capable of causing sufficient shear stress to cause any type of 

brain injury, if applied properly. 

Gadd severity index (GSI) 
 

 Current helmet standards utilize GSI as a threshold variable in determining if a helmet 

passes a certification or not [NOCSAE]. Early research has shown that peak linear acceleration 

correlates well with skull fracture and intracranial pressure.  Further studies determined that 

brain injury would be better predicted by integrating the area under the acceleration-time pulse 

[Gudjian et al., 1966; Newman et al., 1998]. The Wayne State Tolerance Curve (WSTC) was 

created to determine the relationship between acceleration and time for frontal impacts [Gurdjian 

et al., 1953; Gurdjian et al., 1955; Gurdjian et al., 1964; Gurdjian et al., 1966]. It has been shown 

with animal and cadaver models that impacts causing high accelerations over a long period of 

time would create a high change of velocity and would be more likely to cause severe injuries 

than impacts with identical acceleration but occurring over a shorter period of time. The curve 

defined the limit between fatal and non-fatal head responses to impacts and its interpretation 

revealed that high accelerations could be only be tolerated for short durations while low 

accelerations could be withstood for longer time interval [Hodgson et al., 1970; Gurdjian et al., 

1955;  Stapp, 1970]. 



 

  The Gadd severity index (GSI) was developed to compare impacts with different 

acceleration-time curves which could aid in the evaluating the development o

the auto industry [Gadd, 1966]. The GSI was obtained by plotting the data points of the WSTC 

(Figure 5.1) as well as volunteer data obtained by the NASA [Eiband, 1959] on 

plot. 

Considering that the acceleration was not co

where a(t) is the resultant linear acceleration 

1000 was proposed as the injury threshold based on the data from the WSTC

NASA data.  Proposed thresholds for risk of 5 %, 50 % and 95 % mTBI injury were determined 

to be  24, 291 and 559 respectively [Newman et al., 2002].

 While the measure includes both peak linear acc

limitations. The equation produced a lin

properties of the skull and brain. The protocol assumed that the skull was non

the accelerometers positioned at the back of the head [Newman, 1980].  Further research 

determined that a non-linear relationship 

identified by the WSTC [Versace, 1971]. 

acceleration response for frontal cadaveric impacts and thus may not necessarily be reproducible 

in living human beings for all types of impact locations 
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Figure 5-1. Wayne State Tolerance Curve [Zhang, 2001] 

 The JARI Human Tolerance Curve (JHTC) (Figure 6-1), which is similar to the WSTC, 

was developed using a series of experimentations on primates and human cadaveric skulls [Ono 

et al., 1980]. Both the WSTC and JHTC curves displayed similar trends for time durations below 

10 ms and differed only slightly for longer time intervals [Ono, 1998; Schmitt et al., 2007]. 

 

Figure 6-1. A comparison between the WSTC and the JARI tolerance curve [Zhang, 2001] 



 

Head injury criterion 
 

 The Head injury criterion was developed in response to criticism and limitations of the 

GSI [Versace, 1971]. The HIC was created from an extrapolation of the WSTC similar to the 

GSI. The main difference between the HIC and the GSI was that the 

choosing a time range for the integration of the linear acceleration curve. The equation was the 

following: 

Where t and t0 (referred to as the HIC interval) were the initial and final times (in seconds) 

during which HIC attained a maximum value. 

 The tolerance value for the HIC calculation was set to 1000.  Research 

fractures and brain injuries occurred whe

[Nusholtz et al., 1984].  Thus, a limit of 15 ms 

standards organization [Prasad & Mertz, 1985]. Current recommendations for time interval limits 

are set to 15ms (ISO) and 36ms (NHTSA).

estimated to be between 150 and 400 [Prasad & Mertz, 1985].

 As was the case with the GSI, certain limitations were found with the HIC. 

HIC threshold of 1000 was set for 

injurious reconstructions at the time it was created [Prasad & Mertz, 1985]. The HIC has been 

critiqued due to limitations associated with the WSTC data. Moreover, it would seem that t

HIC might underestimate the severity of an injury for impacts lasting less than 5 ms [Ward et al., 
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1980]. Finally, since HIC was never validated to injury data, it was found not to correlate 

strongly to either skull fractures or brain vascular injury [Viano, 1988]. 

GAMBIT 
 

 The GAMBIT was the first algorithm to combine both linear and rotational accelerations 

in an attempt to create a threshold for concussive brain injury [Newman, 1986]. This injury 

predictor was validated against all know head injury databases where three-dimensional head 

kinematics were collected. The algorithm used for the calculation is as follows; 

 

Where a(t) and α(t) refer to instantaneous value of linear and rotational accelerations respectively 

and n, m and S are constant.  

 Unlike other algorithms, the GAMBIT does not set a particular threshold related to a 

certain ASI value. Instead, the algorithm imposes a particular value for linear and rotational 

acceleration where brain injury would typically occur. A brain injury would be predicted when a 

value for G goes above 1.  

Head impact power 
 

The head impact power (HIP) was developed from actual NFL head impacts causing 

concussive injuries [Newman et al., 1999, 2000a, 2000b]. Similar to the GAMBIT, the HIP also 

uses rotational accelerations within its algorithm. Where the two differ, was that the HIP 

separated the resultant accelerations into six main components. It also took into consideration 

acceleration, mass, velocity change and direction. It was obtained with the following equation: 
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HIP = (max ∫ axdt) + (may ∫ aydt) + (maz ∫ azdt)  

+  (Iαx ∫ αxdt) + (Iαy ∫ αydt) + (Iαz ∫ αzdt) 

 

Where m is the mass of the head, Ii is the moment of inertia of the head, ai is the peak linear 

acceleration and αi is the peak rotational acceleration.  

 The 5 %, 50 % and 95 % probability of sustaining a concussion were estimated to be 4.70 

kW, 12.79 kW and 20.88 kW, respectively and were lower than the ones proposed my Marjoux 

(2008). HIP has been shown to correlate better to mTBI than peak linear acceleration, peak 

rotational acceleration, GSI, HIC15 and GAMBIT [Newman et al., 2000a]. The theory behind the 

HIP was that if the rate of change of kinetic energy passes a critical value, a brain injury would 

occur [Post & Hoshizaki, 2012].  The problem with the HIP is that assumes the angle and 

direction of the impact vector. While Newman reported errors of up to 16%, further research has 

shown that small variations  in impact vector (amplitude and duration) can have significant 

effects on dynamic head response (Walsh & Hoshizaki, 2010).  

Direct brain injuries metrics 
 

The brain is an incompressible substance enclosed in a rigid container.  Brain tissue has 

been described as a soft viscoelastic inhomogeneous and anistropic material [Parker, 2012]. 

Brain tissue damage will occur when it exceeds its tolerance levels [Viano et al., 1989]. Stress 

and strain are two parameters that have been related to intracranial pressure as a result of relative 

brain motion. These two parameters have been linked to different types of brain injury; cerebral 

contusion [Gurdjian & Gurdjian, 1967; Miller et al., 1998], intracranial haematoma [Willinger & 

Baumgartner, 2003; Margulies et al., 1990], diffuse axonal injury [Willinger & Baumgartner, 
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2003; Margulies et al., 1990; Zhou et al., 1995; Bain & Meaney, 2000], and concussion [Zhang 

et al., 2001a; Zhang et al., 2004; Willinger & Baumgartner, 2003; Gurdjian et al., 1963]. Direct 

measurements of brain tissue strain during dynamic impacts have been limited to animal and 

cadaveric tissue. Maximal principal strain tolerance levels for axonal type tissue were 

determined using squid and pig axons [Bain & Meaney, 2000; Thibault, 1993]. The mechanical 

(structural) and physiological (functional) tolerance levels of materials were characterized using 

the relationship between stress and strain [Goldsmith & Plunkett, 2004]. For example, an artery 

subject to tensile stress greater than its tensile strength would tear (mechanical failure) and cause 

intracranial hematoma [Goldsmith & Plunkett, 2004]. Physiological failures would occur at 

lower levels and may temporarily disturb nerve activity [Galbraith et al., 1993]. 

Strain 
 

There are three principal types of strain for which a tissue can be exposed; tensile, shear 

and compressive. The first two are associated with lacerations, fractures, ruptures and avulsions, 

while the third is associated with crushing injuries [Viano et al., 1989]. While strain is typically 

caused by an application of force or stress, shear strains are commonly associated with impacts 

inducing high rotation accelerations [Ommaya and Gennarelli, 1974; Meaney and Smith, 2011]. 

While modern models have been validated against pressure and displacement [Horgan & 

Gilchrist, 2003; Horgan & Gilchrist, 2004; Kleiven, 2002], it was demonstrated that FE models 

validated for pressure can give a wide range of shear responses for the same impact [Bradshaw & 

Morfey, 2001].  

Tensile strains occur when tissues are stretched along their axis. Research has shown that 

interruptions in signal transfer along nerve tissue can occur even without mechanical failure of 
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the tissue [Bain and Meaney, 2011]. This is important, specifically for mild traumatic brain 

injuries (mTBI) and concussive injuries [Meaney and Smith, 2011]. Recent research has 

identified the calculation of maximum principal strain to correlate well with brain tissue injury 

and failure. This calculation essentially defines the principal axes where the highest elongation of 

tissue relative to its original length occurs [Silva, 2006]. It is often used to quantify brain 

deformation in finite element modeling simulations for head injury [Kleiven, 2007; Zhang et al., 

2004; Post et al., 2012]. The limitations to this measurement parameter are that it takes the 

largest value along the principal axis as its only measurement [Post, 2013]. This could result in 

maximum principle strain not being sensitive enough for a particular type of injury mechanism.  

Stress  
 

Intracranial stress is generally reported using von Mises stress, which combined the 

three-dimensional stresses. The calculation was developed to give a better representation of the 

stresses experienced by the tissue [Zhang et al., 2004, Kleiven, 2007; Horgan & Gilchrist, 2003; 

Willinger & Baumgartner, 2003; Horgan & Gilchrist, 2004]. This calculation is used to sum the 

various tensors involved in the deformation of a structure and reports it in units of pressure. This 

has been widely used by researchers as it accounts for the different directions of deformation 

upon an element [Post, 2013].  

Intracranial pressure 
 

 The skull and brain were reported to move as a unit and relative to each other upon 

impact [Hodgson et al., 1966; Gurdjian et al., 1968; Bayly et al., 2005; Gosh et al., 1970]. The 

differential movement was suggested to be caused by the different inertia of the brain and the 

skull, which influence their reaction to applied forces [Pudenz & Shelden, 1946; Gurdjian et al., 
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1968; Viano et al., 1989]. Observations revealed that intracranial pressure may rise at the impact 

site as the skull pressed against the brain and reduce at the opposite site as the skull separated 

from the slower moving brain [Thomas et al., 1967; Gurdjian & Gurdjian, 1975]. 

Peak pressure 
 

Pressure is the result of a force applied on the surface of a body over a given area and has 

been linked to cerebral contusion [Gurdjian & Gurdjain, 1967] and concussion [Zhang et al., 

2001a; Gurdjian et al., 1966; Kleiven, 2007; Gurdjian et al., 1955; Hadad et al., 1955; 

Stalhammar, 1975b]. A positive pressure implied that the applied forces were compressive while 

a negative pressure implied that the forces were tensile. Past research has measured pressure 

directly  using pressure transducers [Gurdjian et al., 1955; Denny-Brown & Russell, 1941; 

Thomas et al., 1966] and Finite element models [Horgan & Gilchrist, 2003; Zhou et al., 1995; 

Horgan & Gilchrist, 2004; Kleiven, 2002]. The first attempt at predicting TBI using peak 

pressure was performed by Ward and colleagues [Ward et al., 1980], who used a finite element 

model to reproduce head impacts in animal and cadaver tests. A tolerance limit was set at 265 

kPa for severe injury and 173 kPa for moderate injuries. Recent studies, using injury data from 

the NFL, suggested that peak pressures of 60-90 kPa were likely to cause concussion [Zhang et 

al. 2004; Kleiven, 2007]. While the pressure ranges reported seem to depict a rather large 

threshold window, a linear relationship between acceleration and pressure gradient was 

confirmed [Nahum et al., 1977]. 

Although peak pressures were correlated with concussion and contusions, the locations 

associated with peak pressures did not match the observed injury pattern [Kleiven, 2007; Mao & 

Yang, 2010]. Furthermore, experimentation on animals as well as clinical observations reported 
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changes in intracranial pressure upon impact; however, it had no influence on the TBI 

[Stalhammar, 1975b; Denny-Brown & Russell, 1941; Stalhammar, 1975a; Stalhammar & 

Olsson, 1975; Nusholtz et al., 1987; Van Gijn, 2009]. Although the stresses and strains 

calculated with an FE model were believed to be the most accurate method for predicting TBI 

[Zhang et al., 2004; Kleiven, 2007; Mao & Yang, 2010], the results are highly dependent of the 

material properties chosen for the FE brain tissues. Recent data showed that modification in 

brain tissue properties when using a FE model did not affect intracranial pressures [Kleiven, 

2007], shedding more doubt on its predictive ability. 

Cumulative Strain Damage Measure (CSDM) 
 

 The cumulative strain damage measure (CSDM) was developed by Bandak and Eppinger 

(1994) to account for the large areas of deformation within the brain tissue. Based on maximum 

principal strain which has been associated with the mechanism of injury producing DAI (Meaney 

and Thibault, 1990), this accumulation of strain damage was calculated by measuring the volume 

of the brain that had experienced strain above a predetermined threshold. This measurement is 

based on the theory that diffuse type brain injuries occur following the exposure of a volume of 

tissue to injurious levels of strain.  Research using FE brain models found that (CSDM) was 

highly influenced by rotational acceleration. Since this unit of measure considers the volume of 

brain tissue injured, it may be a better interpretation for brain tissue injury rather than metrics 

describing single peak characteristics of one specific brain tissue element; as is done with 

maximum principal strain and Von Mises stress parameters [Post et al., 2013].   

Strain rate 
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 Strain rate is the rate of change of strain with respect to time. Due to the viscoelastic 

nature of brain tissue, it has been proposed that this variable could be an important parameter 

related to brain tissue injury [King et al., 2003]. Research describing the characteristics of brain 

tissue under different loading rates, have to date reported that certain structure are strain rate 

dependent while other structures are not [Monson et al., 2003; Darvish and Crandall, 2001; 

Hrapko et al., 2006]. They reported that denser type materials are more prone to strain rate loads 

that less dense materials. With the brain being comprised of organic tissue of different density, it 

is reasonable to assume that certain areas of the brain may be more prone to strain rate than other 

structures. To date, there has been little data relating strain rate to brain injury.  

Product of Strain over Strain Rate 
 

 Research by King et al. (2003) proposed the use of the product of strain over strain rate as 

viable parameters to quantify brain tissue injury. This metric was based upon work done by 

Hardy et al. (2001) and Newman et al (1999). Further research relating this metric to 

reconstructions of actual brain injuries showed that the product of strain over strain rate had the 

highest correlation to mTBI followed by strain rate. Kleiven (2007) supported these finding 

using world reconstructions to assess the correlation of the product of strain and strain rate. 
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CHAPTER 6 

Concussive Injury Reconstructions 
 

Measuring actual injurious events in live humans is extremely difficult, if not impossible 

to do largely due to ethical issues. Thus, correlating indirect metrics to risk of injury thresholds 

would be greatly beneficial to better understand mechanism of brain injury. The following 

section will describe some indirect measures and how they relate to brain tissue injury 

prediction.  

Relationship between kinematic parameter and brain injury 
 

Impact reconstructions are a method for using live humans in order to better understand 

the dynamics of concussive type injuries. Anthropomorphic dummies were often used to design, 

develop and test protective devices [Viano et al., 1989; Post et al., 2010; Post et al., 2011]. They 

were ideal because they behaved in a humanlike manner following an impact; were easily 

available, rarely damaged and provided the researchers with repeatable data. Although dummies 

were incapable of showing signs of injury, they were equipped with devices (e.g. 

accelerometers), allowing for the measurement of biomechanical parameters which could be 

correlated to human impact response [Viano et al., 1989]. Anthropometric dummies were also 

being used for impact reconstructions [Smith et al., 1988]. Zhang et al. (2004) used surrogates to 

reconstruct impacts from video of NFL football games. Linear and rotational responses were fed 

into a finite element model to establish stress and strains to the brain and concussive injury.  

Recently, the kinematic outputs have been used to run finite element models in an attempt to 

correlate stress and strains to traumatic brain injuries in the human [Zhang et al., 2004; Kleiven, 

2007; Willinger & Baumgartner, 2003; Viano et al., 2005; Waliko et al., 2005]. 
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Reconstruction of injurious events can produce very useful information regarding brain 

injury mechanisms. The outcome of injury can be associated with kinematic information 

collected with video. This being said, reconstruction errors for linear and rotational acceleration 

as high as 17 % and 25 % have been reported [McIntosh et al., 2000; Newman et al., 2005]. 

Recent studies looking specifically at kinematics and brain deformation metrics of traumatic 

brain injury events used a methodology of corridor of response [Post et al., 2012; Post, 2013]. In 

short, they estimated independent variables for falls (velocity and location of impact) using 

Madymo. They created a corridor for velocity for which the injury may have occurred (worst-

case scenario = high velocity and best-case scenario = lower velocity). From this corridor, 

kinematic and brain tissue response was estimated for the injury obtained [Post et al., 2012; Post, 

2013]. 

Dynamic response and Brain tissue damage 
 

Assessing the potential tissue damage resulting from impacts or impulses to the head has 

been a key point of research for many years. In an ideal setting, live humans volunteers would be 

used to link head impacts to resultant injury. For ethical reasons however, this is not possible. 

The use of animal, cadaver and physical models have enabled researcher to assess the parameters 

and mechanisms involved in head impact and relate these to potential damage to brain tissue as a 

result of momentum and energy transfer. The limitation with these techniques is that large errors 

may exist with respect to exact thresholds of tissue tolerances due to scaling data from animal 

models and extrapolate sub-concussive data from volunteers [Ewing et al., 1975] to the adult 

human brain injuries [Ommaya & Hirsch, 1971; Ommaya et al., 1967]. Cadaveric models do 

offer relative size and weight of a human head, however, lack active fluid flows that may affect 

tissue response along with high variability in size and geometry of individual skulls. The recent 
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emergence of computer models [Zhang et al., 2001a; Kleiven, 2006; Horgan & Gilchrist, 2003] 

has enable researchers to input material properties of the skull and brain, from cadaveric tissue 

samples, into a computerized model and simulate different impact conditions. Linear and 

rotational loading curves have been shown to correlate well to brain deformation. Maximal 

principal strain (MPS) and Von Mises stress (VMS) are two brain deformation metrics that have 

had previous anatomical and reconstructive research showing correlations to brain injury [Zhang 

et al., 2004; Kleiven, 2007; Miller et al., 1998; Willinger & Baumgartner, 2003]. FE modeling of 

the brain during impact allows for the examination of the effect of complex loading curves on 

brain tissue deformations. The characteristics of these loading curves can then be used to predict 

brain deformation metrics that have a higher significance in predicting nervous system tissue 

damage [Yoganandan et al., 2008; Post et al., 2012]. The relationship between the dynamic 

characteristics (linear and rotational loading curves) and potential brain tissue injury (MPS & 

VMS) have been reported in terms of brain tissue tolerance and injury risk (Table 6.1). 

Table 6-1. Relationship between dynamic impact parameters and tolerance levels for potential 
brain tissue injury [Zhang et al., 2004 ; Kleiven, 2007] 

Injury 

risk 

Linear 

acceleration 

Rotational 

acceleration 

Maximal 

principal 

strain  

Von Mises  

stress 

Intracranial 

pressure 

      

25% 66 g 4600 rad/s2 - - - 

 

50% 

 

82 g 

 

5900 rad/s2 

 

0.21 MPS  

 

7.8 – 8.4 kPa 

(Brain stem & 

Corpus callum) 

 

65.8 – 90.0 kPa 

(Grey Matter) 

 

80% 

 

106 g 

 

7900 rad/s2 

 

0.26 MPS 

 

- 

 

- 
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Summary 

  
 Head injuries are caused by changes in momentum and kinetic energy associated with an 

non-elastic collision. This process creates forces that modify the head’s motion (linear and 

rotational accelerations) and deform the scalp, skull and brain. Current neurological tissue strain 

measurements have been limited to direct measure in cadavers [Schreiber et al., 1997], animals 

[Bain & Meaney, 2000; Thibault, 1993] and using FE models [Zhang et al., 2004; Kleiven, 2007; 

Willinger & Baumgartner, 2003]. Research in the mechanics of neurotrauma has long been 

limited to measuring indirect mechanical parameters such as linear and rotational acceleration. 

These dynamic parameters have a direct link to brain deformation metrics. Using these loading 

curves with finite element models has expanded the knowledge concerning impact mechanics by 

allowing researchers to observe the stresses and strains occurring within the cranial cavity upon 

impact. Continuous validation of these models is required in order to ascertain accurate brain 

deformation metrics as they relate to actual injury events. 
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CHAPTER 7 

Brain and tissue Injury threshold 
 

 Identifying thresholds for brain injury remains a priority among the head impact research 

community. Like any structure, blood vessels, bones and neural tissue behave a certain way 

under loading and have unique mechanical and physiological failure thresholds to stress and 

strain. Mechanical failure occurs when the stress applied to a tissue is sufficiently high to disrupt 

its structure, e.g. fractures. Physiological failure occurs when stress is sufficiently high to disrupt 

a tissue’s functions, i.e. concussions. Pressure gradient has been shown to be an important 

mechanism for coup, contrecoup and brain deformation type injuries due to cavitation collapse or 

relative brain motion.  

 Thresholds developed through animal and cadaveric research seem to have high variance 

that puts into question its predictability of brain injury. Threshold values for intracranial pressure 

related to brain injury from physical, animal or cadaveric impacts, though limited, are presented 

in Table 7-1. While the pressure ranges reported seem to depict a rather large threshold window, 

a linear relationship between acceleration and pressure gradient was confirmed [Nahum et al., 

1977]. This knowledge provides the possibility of using kinematic parameters to evaluate risk of 

brain injury. 
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Table 7-1. Proposed pressure thresholds/tolerance levels for brain injury 

 

 Acceleration of the head has been linked to increased intracranial pressure leading to 

stress and strain of brain tissue. As a result, thresholds for linear and rotational acceleration as 

they relate to brain tissue injury have been proposed (Table 7-2). The reasoning behind the high 

range of threshold can be explained by limitations associated with the scaling of animal data to 

the adult human [Ommaya & Hirsch, 1971; Ommaya et al., 1967], the material properties 

assumed in mathematical models used [Lowenhielm, 1975; Advani et al., 1975] and the 

extrapolations of sub-concussive data obtained using volunteers [Ewing et al., 1975]. 

Author Method Measurement Threshold/Tolerance Injury 

 

Gurdjian et al. 

(1961) 

 

Cadavers – linear 

acceleration 

 

 

Average pressure  

 

ranges of 2 to 144 kPa 

 

Brain tissue 

shearing 

Unterharnscheidt 

and Sellier (1966) 

Animal models Peak Negative 

Pressure 

-101 kPa  Brain 

contusions 

 

Ward et al. (1980) 

 

Finite element 

models 

 

Created blood 

pressure tolerance 

using acceleration 

time histories 

 

 

234 kPa  

 

brain 

contusions 

Zhang et al., 2004 FE model Peak Pressure 65.8 kPa (50 % risk) 
Concussion 

Grey matter 

 

Kleiven, 2007 FE model Peak Pressure 90.0 kPa (50 % risk) 
Concussion 

Grey matter 
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Table 7-2. Proposed acceleration threshold/tolerance levels for head and brain injury 

Authors Method Measurement Threshold Brain 

injury 

 

Hodgson et 

al. (1971) 

 

 

 

Cadavers 

 

Linear acceleration 

and force 

 

300 g + 

 

Skull 

fracture 

Gurdjian et 

al. (1966) 

Animal and 

Cadaver 

Linear acceleration 90 g 

 

 

concussions 

Ono et al. 

(1980) 

Animal Linear acceleration 90g – 9ms contact time 

220 g – 2ms contact time 

 

Concussions 

+ contusions 

Zhang et al. 

(2004) 

Live human 

impacts + 

reconstruction 

Linear and 

rotational 

accelerations 

 Lin - 66 g (25% risk), 

82 g (50% risk) & 106g 

(80% risk)  

Ang – 4,600 (25%), 

5,900 (50%) & 7,900 

rad/s2 (80%)  

concussions 

     

 

 Stress and strain on brain tissue as a result of intracranial pressure, acceleration and brain 

deformation has been well documented. Maximal principal strain and Von Mises stress are two 

brain deformation metrics that have had previous anatomical and reconstructive research 

showing correlations to brain injury [Kleiven, 2007; Zhang et al., 2004; Miller et al., 1998; 

Willinger & Baumgartner, 2003]. Maximal principal strain is defined as the maximal value of the 

principal strain that corresponded to stretching of the tissue. Von Mises stress is defined as the 

combination of the three-dimensional stresses of a given tissue and is considered to provide a 

better representation of the strains experienced by the tissue. Zhang et al. (2004) reported that no 

significant relationship existed between maximum Von Mises stress and peak linear acceleration; 



58 
 

however, maximum Von Mises stress was highly sensitive to rotational acceleration. Tolerance 

values for animal, cadaver and finite element models are shown in Table 7-3. 

Table 7-3 Proposed brain deformation (MPS and VMS) tolerance levels for brain injury 

Author Method Measurement Tolerance limit Brain injury 

 

Margulies et al. 

(1990) & 

Meaney et al. 

(1995) 

 

 

Gel inside 

cadaver and 

animal skulls 

 

 

Shear strain 

 

0.2 to 0.3 shear 

strain 

 

Diffuse axonal 

injury 

 

Thibault et al. 

(1993) 

Squid axons Maximal 

principal strain 

(MPS) 

0.1 MPS  Conservative 

threshold for 

tissue damage 

causing 

concussion 

 

Shreiber et al. 

(1997) 

Bain et al. 

(2000) 

Cadaver and  

Pig optical nerve 

Maximal 

principal strain 

(MPS) & Von 

mises stress 

(VMS) 

 

MPS - 0.18 - 0.19  

 

VMS -  6-16 kPa 

Diffuse axonal 

injury, 

concussion 

Willinger & 

Baumgartner, 

2003  

 

FE model Maximal 

principal strain 

(MPS) & Von 

mises stress 

(VMS) 

 

VMS - 6-16 kPa  probability of 

sustaining 

concussion, 

contusion and 

DAI 

Zhang et al. 

(2004) 

FE model Maximal 

principal strain 

(MPS) &  Von 

mises stress 

(VMS)  

MPS - 0.225 (50% 

risk) & 0.244 (80% 

risk) 

 

VMS in upper 

brainstem - 7.8 kPa 

(50% risk) 

 

Risk of 

concussion 

 

 

 

 

Kleiven, 2007 FE model Maximum MPS – 0.21 (50% Risk of 
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prinicipal Strain 

& Von Mises 

stress (VMS) 

risk) 

VMS-8.4 kPa (50 % 

risk) =Corpus 

callosum 

concussion  

 

 While cadaveric and animal models provide direct measures on tissue deformation during 

impacts, extrapolating these measures directly to live humans is not practical. Measuring brain 

tissue deformation using finite element models of the human brain is considered the most 

effective method in evaluating risk of sustaining an mTBI [King et al., 2003]. The use of finite 

element (FE) models to create brain injury thresholds was done in response to the difficulties and 

impracticalities in measuring mechanical parameters directly associated with brain injuries 

[Zhang et al., 2001, Zhou et al., 1995; Willinger et al., 1995; Ruan et al., 1997; Horgan & 

Gilchrist, 2003; Kleiven, 2006]. The validation of these models was found to be in agreement 

with intracranial pressure and brain motion data taken from select cadaver experiments [Hardy et 

al., 2001; Nahum et al., 1977]. While it is understood that acceleration does not represent the 

diverse injury mechanisms of brain trauma, it has been shown that the characteristics of these 

loading curves can then be used to predict brain deformations, which have a higher significance 

in predicting nervous system tissue damage [Zhang et al., 2004; Yoganandan et al., 2008; Post et 

al., 2012]. Accurate thresholds have not yet been established for the human brain tissue. 

Tolerance levels for von Mises stress of 6-16 kPa were associated with the probability of 

sustaining concussion, contusion and DAI [Zhang et al. 2004; Kleiven, 2007; Willinger & 

Baumgartner, 2003; Schreiber et al., 1997]. Tolerance levels for maximal principal strain of 0.1-

0.2 were associated with the probability of suffering from a concussion [Kleiven, 2007; Thibault, 

1993]. Using FE modeling Kleiven (2007) confirmed the risk of injury thresholds developed by 

Zhang et al. (2004) stating that a maximal principal strain of 0.21 in the corpus callosum (or 0.26 
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in the gray matter) and a Von Mises stress of 8.4 kPa in the corpus callosum correlate best with a 

50 % probability of concussion.  

Summary 
 

 In summary, head and brain injuries are a result of the direct or indirect application of 

force to the human head. Having different inertial properties, the skull, blood vessels and brain 

tissue react differently to the force loading and are subject to varying degrees of  injury risk; 

accelerations, pressures and deformation. If the load is sufficiently high, the tissues will deform, 

causing injury if certain thresholds are surpassed. Injuries such as fractures, haemorrhages and 

strains occur when deformations are above a tissue’s mechanical threshold while injuries such as 

concussions occur when deformations are above a tissue’s physiological threshold. In the past, 

physical, animal and cadaveric models were used to help characterize brain injury mechanism 

and determine brain tissue thresholds but had limited success. Impact reconstructions using more 

progressive finite element analysis has helped establish tolerance limits of brain tissue as a result 

of dynamic response values from the impact (loading curves). Current tolerance limits for 50% 

risk of injury are reported as; 82g (peak linear acceleration, 5 900 rad/s2 (peak rotational 

acceleration) producing with MPS and VMS levels of 0.225 and 7.8 kPa respectively [Kleiven 

2007; Zhang et al., 2004].  FE modeling is considered a very valuable tool; however, it is limited 

to measuring mechanical parameters. Injury levels can only be estimated since validation of 

these models using injury data has not been completed. Methodological improvements in impact 

reconstruction as well as a validation of a finite element model will help increase the 

understanding of the mechanisms and thresholds for mild traumatic brain injuries. 
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PART II 
 

 The incidence of concussion in sports has seen dramatic increases over the past decade. 

While some head impacts in sport result in significant injuries and time out of the game, other 

seemingly more damaging impacts, do not result in concussive injury. There are many different 

ways players receive head injuries in the sports arena. Some of the most common ways to 

receive a concussive injury include collisions, falls and punches to the head. These different 

methods of loading likely create different brain tissue responses that result in a completely 

different type of concussive brain injuries. For instance, hitting ones head on the ice likely results 

in a more complete transfer of energy than a collision between a player’s elbow and another 

player’s head. For collisions and punches, the head will tend to move out of the way during the 

impact whereas, in a fall it cannot. These differences could be attributed to the independent 

variables associated with the different impact conditions. In the case of a fall, the mass of the 

ground is higher than the mass of the head, whereas in the case of a punch, the mass of the head 

may be equal or larger than the effective mass of the punch. The aim of this dissertation to 

compare and characterize differences between different types of concussive head impact injuries 

by means of dynamic impact response characteristics and brain tissue responses within the 

cerebrum. Comparisons between four predominant concussive injury producing events 

(collisions, helmeted falls, unhelmeted falls and punches) were analyzed by way of the 

components of the dynamic response of the head, the effect of these components on different 

variables of brain deformation metrics and how these injury types influence injury in particular 

regions of the brain. The results of this study provide important information on differences in 

concussive injury per a specific impact events leading to injury. This information can lead to 

help improve the safety of the players playing the sports through rule changes and/or 
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development of protective headwear geared towards technologies that manage specific dynamic 

response components, influencing unique brain tissue responses dependant on the specific injury 

event type.   
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Study #1 

BIOMECHANICAL COMPARISON OF FOUR 

SPECIFIC IMPACT EVENTS CREATING 

CONCUSSIVE BRAIN INJURY 

 

INTRODUCTION 
 

 Fast paced and high impact sports, continue to grow in popularity among the youth. The 

incidences of traumatic brain injury (mTBI) in these sports are also a growing concern among 

these athletes. Concussions are one of the most common injuries sustained by athletes across all 

levels of play and age groups in ice hockey [Pashby et al., 2001; Marchie et al., 2003; Flik et al., 

2005; Goodman et al., 2001; Agel et al., 2007; Cantu, 1996; Kelly et al., 1991]. Similar rates of 

concussive incidence are seen in professional football and Australian Rules football [Casson et 

al., 2010; Australian National Health and Medical Research Council, 1994; McCrory, 1998; 

Seward et al., 1993; Victorian Football League Medical Officer’s Association, 1986]. The risk 

associated with concussive injuries is difficult to ascertain, largely due to the complexity of the 

impacts resulting in the injury. In 2011, the leading cause of concussion were identified as falls 

(32.5%), followed by sports and recreational activities (18.0%) and struck by or against an object 

(9.4%) [Rajabali et al., 2013]. Recent research identified specific impact events of injury within 

ice hockey where most concussive injuries occur [Hutchison et al., 2013]. They identified 

collisions between players, falls and fighting among the highest risks for injury. The mechanics 

behind these different injury typologies, however, are still not well defined.  
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 Concussions in high impact sports, including ice hockey, combative sports (boxing and 

mixed martial arts) and American football (NFL), can occur from a number of different impact 

patterns. The most common impacts causing concussive injury involve falls to the ground and 

body segment hits to the head [Cantu, 1996; Powell, 1998].  Falls can occur in a variety of 

different environments, not solely sports.  In sports, like football and ice hockey, concussive 

injuries resulting from falls occur with the player wearing a helmet. Conversely, falls to the 

ground in everyday life involve an unprotected head (unhelmeted). This results in differences in 

compliance between the two conditions resulting in differences in the dynamic response loading 

curves. Collisions in sports like ice hockey and football are common occurrences and typically 

involve a shoulder or elbow impact to the head [Cusimano et al., 2011; Emery et al., 2010; Hagel 

et al., 2006; Honey, 1998; Hutchison et al., 2013]. Ice hockey is also unique in that the rules 

permit fighting at the junior and professional levels. Recent findings suggest that fighting in ice 

hockey increases the likelihood of concussive injuries [Donaldson et al., 2013]. Combative 

sports, such as boxing and MMA, with one of the goals is to “knockout” their opponent, are also 

considered  high risk sports for concussive injury [Zazryn et al., 2003; Hutchison et al., 2014]. 

Differences in both mass and compliance characterize the punch as a unique impact events for 

concussive injury. The differences in mass, compliance and energy transfer specific to each of 

these impact conditions create unique loading characteristics, which contribute to the risk of 

concussive injury. 

 Head and brain injuries result from either a direct or an indirect impact to the head [Viano 

et al., 1989]. Early research identified the acceleration components of either peak linear 

[Gurdjian et al., 1944, Gurdjian et al., 1955, Gurdjian & Lissner, 1961, Gurdjian et al., 1963] or 

peak rotational acceleration as  capable of producing a variety of  brain tissue injuries [Holbourn, 
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1943; Ommaya and Hirsh, 1971; Gennarelli et al., 1971, Gennarelli et al., 1972]. More recent 

research has described  brain injuries as occurring through a combination of elastic deformation 

of the skull, intracranial pressures and brain motion relative to the skull from a combination of 

peak linear and peak rotational acceleration [Gurdjian and Gurdjian, 1975; Gennarelli et al., 

1983; Bayly et al., 2005]. While peak kinematic response as it related to brain injury had been 

described, injuries continued to occur at lower magnitudes. Gennerelli et al., (1983), described 

the importance of impact duration as it relates with the peak dynamic response through 

experimental research in animals. The Wayne State tolerance curve established high peak 

response with short impulse duration trending towards low peak dynamic response with longer 

impulse durations [Gurdjian et al., 1970]. Differences in these dynamic loading curves may have 

significant effects on the brain tissue response related to risk for concussive injury [Kendall et 

al., 2012]. 

 The influence of the dynamic response loading curves, created by the different impact 

conditions, on the resulting brain tissue response is not well understood. In order to relate brain 

tissue response to injury, reconstructions of  injuries from motorcycle, football and pedestrian 

impacts, using surrogate head and neckforms, mathematical models calculating impact velocities 

and FE modeling was performed [Willinger and Baumgartner, 2003; Kleiven ,2006; Post et al., 

2012]. Injury thresholds were determined from these studies for brain deformation metrics; such 

as MPS and Von Mises stress. Further reconstructions, using finite element simulations, were 

examined using American Football concussion impacts and  thresholds for risk of concussive 

injury were proposed in relation to the dynamic response of the head [Willinger and 

Baumgartner, 2003; Zhang et al., 2004]. Peak linear acceleration values of 66 g, 82 g and 106 g 

and peak rotational values of 4600, 5900 and 7900 rad/s2 corresponded to 25 %, 50 % and 80 % 
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probability of sustaining a concussion [Zhang et al., 2004; Kleiven, 2007]. Maximum principal 

strain and Von Mises stress thresholds obtained from the injury reconstruction simulations 

produced a 50% probability of concussion resulting in strain values of 0.21 in the corpus 

callosum and 0.26 in the grey matter and a stress value of 7.8 kPa [Zhang et al., 2004; Kleiven, 

2007; Willinger & Baumgartner, 2003].  While thresholds for peak dynamic response and brain 

tissue response have been established, these thresholds were developed from American football 

injury data, which represented helmet-to-helmet concussive injury event.  Recent research 

examining concussions from shoulder/elbow to head impacts in ice hockey revealed much lower 

dynamic response values than those proposed for 25% risk of concussive injury [Rousseau et al., 

2014]. Patton et al. (2013) also observed differences in MPS values for unhelmeted head to 

shoulder impact in rugby impacts. This might suggest that unique impact conditions will result in 

differences in peak dynamic responses and tissue strain within the brain.  

 The purpose of this study was to compare the peak linear and rotational dynamic 

response variables and associated brain deformation metrics (MPS and Von Mises stress) for 

four (4) specific concussive injury events (collisions, unhelmeted falls, helmeted falls and 

punches). It was proposed that the peak dynamic response (i.e. peak linear and rotational 

acceleration) would be significantly different between the different impact conditions. 

Significant differences in MPS and Von Mises stress would also be observed at the brain tissue 

response level. 

METHODS 
 

 Seventy-two (72) concussive impact reconstructions were obtained from hospital reports 

and sporting events representing four (4) unique impact events; collision, helmeted and 
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unhelmeted falls, and punch. The reconstruction variables (velocity and location of impact) were 

determined by the Neurotrauma Impact Science Laboratory (NISL) team from video of the 

concussive sporting events (football, hockey, MMA) and through description from the hospital 

reports. A corridor of response for impact velocity was defined by a “best case” (-10%), 

“calculated” and “worst case” (+10%) scenario. The worst-case scenario was determined by 

adding 10% to the calculated velocity, while the best case was defined as 10% less than the 

calculated impact velocity.  This corridor for impact velocity was created in order to frame 

injurious event within previously reported percent error ranges in rugby and ice hockey 

reconstructions using video footage of the injury events [MacIntosh et al., 2000; Post et al., 

2015]. Nine (9) trials for each of the impact reconstruction were collected for each injury 

reconstruction totaling 648 trials. For statistical analysis, only the “best case” impacts (10% less 

than the calculated impact velocity) were used since this represent an under-estimation of the 

injury event.  The concussive injury events used for reconstruction in this study were identified 

based on the follow criteria:  

• Diagnosed by doctor or professional medical staff and identified on medical reports (this 
refers primarily to hospital fall data).  
 

• Injuries identified through video footage where symptoms of loss of consciousness or 
presence of postural imbalance immediately after impact.  
 

• Injured player ended up missing playing time due to head injury as identified in team 
injury reports.  
 

• Impacts not showing any symptoms of concussion were excluded from the data set. 
 

 A 50th-percentile adult male Hybrid III headform was used for all injury reconstructions. 

An unbiased neck form was attached to the Hybrid III instead of the traditional hybrid III 

neckform in order to reduce directional biasness [Deng, 1989; Foreman et al., 2013]. While a 



68 
 

pilot study comparing the unbiased neckform to the Hybrid III neckform revealed some 

significant differences for peak resultant linear and rotational accelerations (at the FPE15 and 

SCG impact sites) the magnitude of these differences are likely not sufficient to effect the 

validity for the use of the unbiased neckform. In fact, the fact that the unbiased neckform 

performs in a similar fashion to the hybrid III neckform suggests the use of either neckform for 

this study. 

The head form was instrumented with nine mounted single-axis (Endevco7264C-2KTZ-2-300) 

accelerometers (Endevco, San Juan Capistrano, CA) in a 3-2-2-2 accelerometer array 

[Padagonkar et al., 1975]. All the accelerometer signal data were sampled at 20 kHz and filtered 

with a 4th order1650 Hz low pass Butterworth filter according to the SAE J211 convention. 

Fall Events 
 

  The fall loading condition was defined as an event where the subject fell from a 

determined height to the ground. The injury must have occurred with the head being impacted 

clean and only once during the event. A total of fourteen (14) sports injury reconstruction 

(football & ice hockey) which involved a helmet were placed into the helmeted fall category 

while twelve (12) falls were placed in the unhelmeted fall category, creating two distinct fall 

conditions. All fall reconstructions in this study followed utilized the same impact surface and 

head protection as described in each of the individual reconstruction events [Post et al., 2014] 

(Figure S1-1).  
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Figure S1-1. Example of a monorail drop system used to simulate a head impact to the ice. 

Collision Events 
 

 The collision loading condition was defined as impacts resulting from two players 

colliding, where the shoulder of the “hitter” connected with the head of the player being hit. 

Twenty-six (26) injury reconstructions were used in this study. The inclusion criteria for this 

impact event required that the injury occurred from a single impact to the head.  Only injury 

events where location of contact on the head and impact velocity could be easily calculated from 

video were used in this study. Methodology for these injury reconstructions followed the steps 

described by Rousseau et al. (2014] (Figure S1-2). 
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Figure S1-2. Linear impactor system used to simulate the shoulder impact condition.  

Punch Events 
 

 The punch loading condition cases were collected from concussive injury events from 

filmed Mixed Martial Arts events. Twenty (20) injury reconstruction cases were used in this 

study. The inclusion criteria for the punch impact event resulting in concussive injury was 

described as follows; the event video allowed for good visibility of the hand impacting the head 

in order to calculate impact velocity and location. The final impact from a punch before the 

fighter lost consciousness and/or showed signs of imbalance were determined as the concussive 

blow. A high-speed anvil launcher was used to reconstruct concussive event resulting from a 

punch (Figure S1-3). The angle of the headform was adjusted to match the events at increments 

of 5 degrees. 
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Figure S1-3. High speed impacting system used to reconstruct the punch events (left); Wheels 
powered by an electric motor used to accelerate the anvil (middle); Velocity will be controlled 
electronically (right).  
 

 Impact velocity was monitored using a High Speed Imaging PCI-512 Fastcam running at 

2 kHz and Photron Motion Tools computer software. Impact velocities have been reported 

between 7 – 12 m/s [Atha et al., 1985; Waliko et al., 2005; Viano et al., 2005; Gulledge & 

Dapena, 2007]. The inbound velocity and location of impact was determined from video footage 

of injury event using Kinovea software and the same methodology as previous sports injury 

reconstruction studies [Post et al., 2014; Rousseau et al., 2014]. Effective impact mass of a punch 

has been estimated at 3.35 kg (+/- 1.78) for a rigid punch from boxers with weights raging from 

50kg to 108kg [Walilko et al. (2005)]. Three weight categories were created from the 

anthropometric data of the fighters reported by Walilko et al. (2005), with their associated 

average effective masses (Table S1-1).  
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Table S1-1. Mass of anvil used for impact reconstruction based on subject mass. 

 

Punch anvil compliance 
 

 The impacting anvil was developed to accommodate varying masses ranging from three 

to nine kilograms. The end of the anvil was instrumented with varying density and layers of 

foam to simulate compliance to match that of a hand and MMA style glove (Figure S1-4). In 

order to ensure that the compliance of the impacting anvil matched that of a punch, three 

dimensional dynamic response data was collected from punching trials to a hybrid III headform 

while wearing MMA style punching gloves. Trials were completed using the anvil while 

changing foam layers and densities. Acceptable compliance for the punch loading condition was 

determined by matching the dynamic response curve shape and impact durations (Figure S1-5). 

 

Subject Mass  Effective mass used in 

reconstruction 

Avg. based from 

Walilko’s data 

 

Less than 80 kg 

 

  

3.40 kg 

 

3.35 kg 

(avg. subject mass of 

71 kg) 

 

80 kg – 90 kg 

  

3.89 kg 

 

3.68 kg 

(avg. subject mass of 

85 kg) 

 

Over 90 kg 

  

4.37 kg 

 

4.6 kg  

(avg. subject mass of 

108 kg) 



 

Figure S1-4. Impacting anvil used 

photo. The final photo shows a 500 gram mass that can be added to the anvil to adjust the impact 

mass. 

Figure S1-5. Resultant linear and 

anvil impacts to a hybrid III headform for compliance matching.

 

 The resulting X, Y and Z linear and 

the center of mass of the University College Dublin Brain Trauma Model (UCDBTM) to 

calculate Maximal Principal Strain (MPS) and Von Mises Stress [Horgan & Gilchrist, 2003; 

Horgan & Gilchrist, 2004]. The geometry of the UCDBTM was resolved from computed 

tomography (CT) and magnetic resonance imaging (MRI) scans of a male cadaver. The version 
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used to simulate a punch. Foam layers can be seen in second 

photo. The final photo shows a 500 gram mass that can be added to the anvil to adjust the impact 

Resultant linear and rotational dynamic response curves from human punch and 

pacts to a hybrid III headform for compliance matching. 

The resulting X, Y and Z linear and rotational acceleration loading curves were applied to 

the center of mass of the University College Dublin Brain Trauma Model (UCDBTM) to 

pal Strain (MPS) and Von Mises Stress [Horgan & Gilchrist, 2003; 

Horgan & Gilchrist, 2004]. The geometry of the UCDBTM was resolved from computed 

tomography (CT) and magnetic resonance imaging (MRI) scans of a male cadaver. The version 

 

simulate a punch. Foam layers can be seen in second 

photo. The final photo shows a 500 gram mass that can be added to the anvil to adjust the impact 

 

dynamic response curves from human punch and 

acceleration loading curves were applied to 

the center of mass of the University College Dublin Brain Trauma Model (UCDBTM) to 

pal Strain (MPS) and Von Mises Stress [Horgan & Gilchrist, 2003; 

Horgan & Gilchrist, 2004]. The geometry of the UCDBTM was resolved from computed 

tomography (CT) and magnetic resonance imaging (MRI) scans of a male cadaver. The version 
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of the model used for this research was composed of the following parts: scalp, three-layered 

skull (cortical and trabecular bone), dura, cerebrospinal fluid (CSF), pia, falx, tentorium, cerebral 

hemispheres, cerebellum and brainstem. Overall, this version of the UCDBTM has 

approximately 26 000 elements. The model was validated according to cadaveric pressure and 

brain motion data [Nahum et al., 1977; Hardy et al., 2001] as well as reconstructions of traumatic 

brain injuries [Doorly & Gilchrist, 2006]. 

 Five one-way ANOVAs were used to determine main effect of the different impact 

events on the dependent variables; peak linear and rotational acceleration, impact duration, MPS 

and Von Mises stress (p<0.05). 

RESULTS 
 

 Comparison of all concussive injury impacts by means of different impact events 

revealed significant differences (p<0.05) for peak linear and peak rotational acceleration between 

all impact events (Table S1-2). The collision events produced the lowest dynamic impact 

response for all the four impact events with mean values of 29.5 ± 9.5 g and 3.2 ± 1.4 krad/s2 for 

peak linear and rotational acceleration, respectively.  
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Table S1-2. Comparison of dynamic impact response values and global stress and strains from 

four (4) concussive injury impact conditions. 

** denotes significant differences between all impact conditions 

The highest peak linear and rotational accelerations were produced by the unhelmeted fall 

events with values of 291.9 ± 84.1 g and 18.6 ± 5.7 krad/s2. The punch and helmeted fall events 

both fell in between the unhelmeted fall and collisions events, with 75.4 ± 30.4 g and 113.7 ± 

48.5 g for peak linear, 12.2 ± 5.3 krad/s2, and 7.8 ± 3.0 krad/s2 from peak rotational respectively. 

Significant differences were also found for impact duration between all four (4) impact 

conditions. In terms of concussive injury risk, all impact conditions were above a 50% risk 

threshold [Zhang et al., 2004; Kleiven, 2007] except the collision events, which fell below a 25% 

risk of injury (Figures S1-6 & S1-7). 

Impact 

conditions 

Average 

Velocity 

(m/s) 

Impact 

Duration 

(s) 

Linear 

Acc. (g) 

Rotational 

Acc. (rad/s
2
) 

MPS VMS 

       

Collisions 7.3 

(1.4) 

0.025 

(0.003) 

29.5 ** 

(9.6) 

3222 ** 

(1379) 

0.32 

(0.12) 

9624  

(4258) 

       

Falls 

(helmeted) 

5.2 

(1.1) 

0.014 

(0.003) 

113.7 ** 

(48.5) 

7783** 

(2957) 

0.51 

 (0.14) 

14345 

(4067) 

       

Falls 

(unhelmeted) 

3.9 

(0.5) 

0.004 

(0.001) 

291.9 ** 

(84.1) 

18631**  

(5745) 

0.55 

(0.13) 

16530 

(4579) 

       

Punches 6.5 

(0.7) 

0.007 

(0.001) 

75.4 ** 

(30.4) 

12228**  

(5344) 

0.50 

(0.16) 

17733 

(6270) 

       



 

Figure S1-6. Peak resultant linear acceleration for four 
(Collision, Fall (helmeted), Fall (unhelmeted) and Punch) with proposed risk for concussive 
injury (Zhang et al., 2004). 
 

 Figure S1-7. Peak resultant rotational
(Collision, Fall (helmeted), Fall (unhelmeted) and Punch) with proposed risk for concussive 
injury (Zhang et al., 2004). 
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Peak resultant linear acceleration for four concussive injury impact events
(Collision, Fall (helmeted), Fall (unhelmeted) and Punch) with proposed risk for concussive 

rotational acceleration for four concussive injury impact events
(Collision, Fall (helmeted), Fall (unhelmeted) and Punch) with proposed risk for concussive 

Collision

unhelmeted Fall

helmeted fall

Punch

Collision

unhelmeted Fall

helmeted fall

Punch

* 

* 

* 

* 

* 

* 

* 

* 

 
concussive injury impact events 

(Collision, Fall (helmeted), Fall (unhelmeted) and Punch) with proposed risk for concussive 

 
concussive injury impact events 

(Collision, Fall (helmeted), Fall (unhelmeted) and Punch) with proposed risk for concussive 

Collision

unhelmeted Fall

helmeted fall

Punch

Collision

unhelmeted Fall

helmeted fall

Punch

80% 

25% 

50% 

25% 

50% 

80% 
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 No significant differences were found between the different impact events for MPS and 

Von Mises Stress (Table S1-2). A similar trend however, was found where the highest values are 

produced by the unhelmeted fall events followed by the punch, helmeted fall and collision 

impact events. MPS results ranged from 0.32 – 0.55 global strain, with the collision events 

producing the lowest value and the unhelmeted fall producing the highest. This trend was also 

evident with VMS where a range of 9.6 – 17.7 kPa was produced from all injury events with the 

collisions producing the lowest value. In term of concussive injury risk, all four impact 

conditions produced MPS and Von Mises stress values above the 80% risk for concussive injury 

threshold (Figures S1-8 & S1-9) [Zhang et al., 2004].   

 

Figure S1-8. MPS values for four concussive impact conditions (Collision, Fall (helmeted), Fall 
(unhelmeted) and Punch) with proposed 50% and 80% risk of concussion thresholds (Zhang et 
al., 2004). 
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Figure S1-9. Von Mises Stress values for the four concussive impact conditions (Collision, Fall 
(helmeted), Fall (unhelmeted) and Punch) with proposed 50% risk of concussive threshold 
(Kleiven, 2007). 

 

DISCUSSION 
 

 Head and brain injuries can be both devastating and life changing events for all who are 

affected. While a head injury can occur in normal everyday activities, high impact sports such as 

football and ice hockey, provide environments that produce higher risks of injury. Not all 

concussive injuries are the same. The onset of symptoms and duration of injury increase the 

difficulty in preventing and predicting injury rehabilitation. Previous research has identified 

different impact events which result in concussive injuries [Hutchison et al., 2013]. The premise 

of this study runs on the assumption that a unique concussive injury would occur from different 

impact conditions causing the injury. This study compared four (4) distinct impact conditions 

creating concussive injury through reconstruction of injury cases from ice hockey, American 
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football, mixed martial arts (MMA) and hospital fall data sets.  The hypothesis was that each 

unique impact condition causing the concussive injury would produce differences in terms of 

dynamic response and resulting brain tissues deformation metrics (MPS and Von Mises stress) 

unique to that impact event. 

 The dynamic response results of this study produced significant differences in both mean 

peak linear and rotational acceleration between all four concussive injury impact events. Trends 

and patterns were observed with the relationship of the amplitudes of peak linear and peak 

rotational accelerations depending on the impact conditions. Each of these injury events 

possesses distinct differences in mass, velocity, impact direction and compliance that influence 

the peak dynamic response due to differences in how impact energy is transferred. The two fall 

event (helmeted and unhelmeted) reconstructions involve head forms impacting large masses 

(i.e. ground) and thus results in almost complete transfer of kinetic energy of the impact to the 

head and brain. The collision (13.1 kg) and punch (4.0 kg) event reconstructions involve smaller 

effective masses than the fall events. These reconstructions also differ from the fall events in that 

the headform is stationary prior to an impact from a moving anvil representing a shoulder or fist 

[Kendall et al., 2013]. Therefore, energy transfer would be dependent on location of the impact 

and the motion of the head post impact (moving out of the way of the anvil). Collision and punch 

reconstructions on the other hand, can have more off-centered impacts. This is due to angle 

change of both the head and the impacting surface. The punch reconstructions can have impacts 

to the side of the chin, with an impact direction coming from the side. This location and direction 

of the impact would prevent the vector from passing through the center of the head, and a higher 

lever arm, which changes the relative levels of linear and rotational accelerations for these types 

of impacts. Finally, impact compliance differences between the four injury impact conditions 
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contributed to the significant differences reported in mean peak linear and rotational 

accelerations. The collision and helmeted fall injury events primarily involved impacts with a 

helmet, which result in some impact energy transfer being absorbed by compliant material. 

Conversely, the unhelmeted fall and punch events involved impacts without helmets. 

 In terms of proposed injury risk reported in the literature, all impact events except the 

collision event (less than 25% risk), resulted in peak dynamic response values around 80% risk 

for concussive injury. The resulting dynamic response values for the fall (unhelmeted and 

helmeted) and punch events were higher than proposed thresholds  of 73.6 – 103.4 g for peak 

linear acceleration  and  5.0 – 7.9 krad/s2 for peak rotational acceleration [Naunheim et al., 2000; 

Newman et al., 1999; Newman et al., 2000; Newman et al., 2005; Duma et al., 2005 ; Brolinson 

et al., 2006; Funk et al., 2006; Guskiewicz et al., 2007; Schnebel et al., 2007; McAllsiter et al., 

2012; Rowson et al., 2012; Broglio et al., 2010; McInstosh et al., 2014]. Contrarily, the collision 

events produced lower peak linear and rotational accelerations than the proposed concussive 

injury ranges. The collision data from this study supports previous collision impact event data 

where concussive injuries occurred from peak linear and rotational accelerations of 28.7 ± 7 g 

and 3.6 ± 1.1 krads/s2, respectively [Rousseau et al., 2014]. As a result, peak dynamic response 

may not be the best indicator of concussive injury risk for this type of concussive injury impact 

condition. The higher compliance condition created with the shoulder pad and helmet resulted in 

greater impact energy absorption from the added layers of compliance, thus reducing the peak 

dynamic response to levels below injury risk thresholds. The concussive injury risk data 

primarily comes from professional football helmet to helmet reconstructions [Newman et al., 

1999; Newman et al., 2000; Newman et al., 2005]. Helmet to helmet impacts represent another 

loading condition for concussive injury and thus the injury risk thresholds would be unique to 
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that particular loading condition. The effect of compliance not only reduces the peak dynamic 

response, but also increases the duration of impact. Impact duration has been suggested as a 

factor differentiating between no concussive injury and concussive injury for collision type 

impacts [Rousseau, 2014]. Significant differences were found in this study for impact duration 

between the four impact conditions. The shortest duration resulted from the unhelmeted fall 

condition, which offered the least amount of compliance. The longest impact duration was found 

with the collision events. The link between head injury risk and impact duration is supported in 

the literature [Gadd, 1966; Versace, 1971, Gurdjian et al., 1970, Post et al., 2014]. Rather than 

focus solely on peak dynamic response, it is more likely that a link between peak linear/peak 

rotational acceleration and impact duration plays a role in the influence concussive injury risk.  

 The resulting brain tissue response (MPS and Von Mises) produced no significant 

differences between the four concussive injury events. This result is not necessarily surprising, 

given that all impacts used in this study represented diagnosed concussive injuries.  It is 

interesting however, since the dynamic response data did produce differences between loading 

conditions. An explanation for the lack of significance between loading conditions for the brain 

tissue response may be attributed to factors associated with compliance, direction of impact, 

velocity and mass. For example, the punch impact event cases involved primarily side impacts, 

which may increase stress on brain tissue in the transverse direction of the brain tissue fibers 

[Prange et al., 2002], while the falls were primarily to the rear location of the head. 

Comparatively to previous research using finite element models simulations to model impact 

reconstructions, the MPS and Von Mises stress results of this current study were higher than the 

reported threshold for 80% risk for concussive injury across all injury impact events (Kleiven, 

2007; Zhang et al., 2004). Interestingly, the collision events reported higher than 80% risk for 
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concussive injury for MPS and Von Mises stress, however less than 25% risk in peak linear and 

rotational accelerations. It is likely that the shape and specific characteristics (i.e. impact 

duration) of the loading curves, played an important role in created these higher strains in the 

brain tissue [Post et al., 2012a; Post et al., 2012b].  

Limitations 
 

 A Hybrid III headform was used in the reconstruction of the injury events. The surrogate 

headform has limitations associated with biofidelity which are well documented [Deng, 1989; 

Mertz, 1985; Hubbard and McLeod, 1974]. The data presented in this study are specific to 

shoulder collisions, punches and falls from professional ice hockey, professional football, 

professional MMA and hospital concussive injury cases. All concussions were diagnosed at the 

discretion of medical and team doctors. Injury reconstruction data was gathered from team or 

hospital injury reports and thus were completed to best of their knowledge. The injury events 

were reconstructed from video of the event or estimated from detailed hospital injury reports.  

The UCD brain trauma model was used to quantify brain tissue responses and possesses similar 

limitation to other finite element brain models. This model was developed as an approximation 

of the materials comprising brain tissue and their response characteristics, therefore brain tissue 

response should be interpreted appropriately.  
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CONCLUSION 
 

 The purpose of this study was to compare the peak dynamic impact response and brain 

tissue metrics, for four concussive injury loading conditions. While no significant differences 

were found for brain tissue deformation values (MPS and VMS), significant differences for mean 

peak linear and rotational accelerations between the four impact conditions were found. These 

differences in peak dynamic responses also produced differences in concussive injury risks 

between the different impact events, bringing to question the validity of using peak dynamic 

response values alone to determine risk for concussive injury encompassing all impact events. 

Additionally, significant differences in impact duration also occurred between the different 

loading conditions. The unique impact characteristics of these four concussive injury events 

likely contribute to differences in dynamic impact loading curves that influence tissue response 

within the brain reflecting concussions. Since a number of impact factors make each loading 

condition unique, it is likely that other characteristics related to the three-dimensional dynamic 

loading curves and not just peak response alone, influence brain tissue response and injury risk.  
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Study #2 

DETERMINATION OF DYNAMIC RESPONSE 

CHARACTERISTICS THAT DESCRIBE FOUR 

DIFFERENT CONCUSSIVE INJURY IMPACT 

EVENTS 
 

INTRODUCTION 
 

 Between 1.6 and 3.8 million sports related mTBI are reported to occur annually in the 

United States alone [Meehan & Micheli, 2011; Guskiewicz et al., 2003; Langlois et al., 2006]. 

While the use of helmets have been successful in the reduction of traumatic head injuries 

resulting in death in sports like ice hockey and football, concussive injuries continue to rise. 

Helmets were not primarily developed to protect against concussive injuries, the method for 

which they are currently assessed for performance is limited to drops on to an anvil, simulating a 

fall to ground impact event. Concussive injuries in sport can occur from a variety of different 

impact events. The most common concussive injury event in sport have been identified as; falls, 

collisions and punches [Cusimano et al., 2011; Emery et al., 2010; Hagel et al., 2006; Honey, 

1998; Hutchison et al., 2013]. These difference impact events create dynamic loading to the 

brain tissue that are unique to the given event.  

 In the assessment for concussive injury risk, brain tissue loading is measured by dynamic 

responses variables (linear and rotational acceleration) which have been correlated to strain of 

brain tissue [Zhang et al., 2004; Kleiven, 2007; Willinger et al., 1997]. With recent increases in 

the incidence of concussive injuries in sport, the use of accurate prediction variables become 
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more important. Currently, risk of concussive injury is assessed using algorithms that combine 

peak linear, peak rotational resultant accelerations and in some cases impact durations [GSI, 

HIC, Gambit]. While peak linear accelerations have been primarily linked to focal type head 

injuries (haematomas, hemorages), rotational accelerations have been linked to more diffuse type 

brain injuries, such as concussions. Peak linear and rotational accelerations have been linked to 

risk of concussive injury thresholds [Zhang et al., 2004; Kleiven, 2007]. Helmet test standards 

utilize peak linear resultant accelerations to determine if a given helmet passes or fails [CSA, 

NOCSAE, HECC]. These testing protocols involve impacts simulating a fall to ground and 

therefore do not represent dynamic response values for other types of injury loading conditions. 

Furthermore, while these peak resultant acceleration values have been linked to risk for 

concussive injuries, the data has been limited to modeled simulations of head impacts [Zhang et 

al., 2004; Kleiven, 2007; Willinger et al., 1997]. Recent research however has shown that peak 

linear and rotational accelerations vary in amplitudes dependent on the loading condition 

creating the injury [Kendall et al., 2012; Kendall et al., 2015]. As a result of these differences in 

peak dynamic response, similar concussive injury risk thresholds might not best representative 

for all concussive injury impact events [Kendall et al., 2015; Rousseau, 2014]. Differences in the 

shape of the dynamic impact response loading curves can also be observed between the different 

impact events of injury [Kendall et al., 2012; Kendall et al., 2015]. FE models have been used to 

demonstrate the effect of different shaped dynamic response loading curves on brain deformation 

metrics [Kleiven, 2007; Post et al., 2012a; Post et al., 2012b]. This would suggest that specific 

characteristics of the dynamic response loading curves may have a greater effect on brain tissue 

response over the peak dynamic response. While, it is well established that concussive injuries 
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can occur in many different ways, it is still unclear how dynamic characteristics of each impact 

represent injury risk.   

 The purpose of this study was to determine which dynamic response loading curve 

characteristics best described each of the four common concussive injury events (collision, 

helmeted fall, un-helmeted fall and punch). It was hypothesized that the uniqueness of each 

particular injury event would result in different dynamic response characteristics which would 

uniquely describe each concussive injury event.  

 

METHODOLOGY 
 

 The three dimensional dynamic response loading curves from the seventy-two (72) head 

impact reconstructions collected from four (4) concussive injury events reported previously in 

the first study were used for analysis in this study. The four injury events were reconstructed 

from video and/or hospital injury reports. Each injury event was reconstructed according to 

impact variables that would most represent the nature of that particular loading condition. The 

fall events employed the monorail drop system to simulate falls to the similar impacting surfaces 

as per the injury events [Post et al., 2013, Kendall et al 2012; Kendall, 2015]. The collision 

impacts used a linear impactor with effective mass [Rousseau, 2014] and compliance matched to 

a shoulder impact [Rousseau et al., 2015]. Impact reconstructions used protocols developed in 

previous research for these types of impacts [Rousseau, 2014; Kendall, 2015]. Finally, the punch 

conditions used a high-speed projectile launcher for lower mass and compliance to match the 

punch impacts [Walilko et al., 2005; Kendall, 2015].  



 

Curve characteristic analysis
 

 In order to analyze differences between 

the four concussive injury events

characteristics of the curves were identified

time to peak on outcome mTBI 

describe the different traumatic brain injuries

characteristics were chosen as potential descriptors for different concussive injury impact events. 

Figure S2-1. Linear (right) and 
resultant acceleration curves as an example [F

  

 A factor analysis (principle components)

variables that best described each of 

(KMO) statistics was run for each 

data factor well based on correlation

(Mediocre) was required to proceed with the factorial analysis. 

highest Eigen value for each factor

94 

analysis 

In order to analyze differences between the three-dimensional loading curve shapes for 

events (collisions helmeted falls, un-helmeted fall and punch)

characteristics of the curves were identified. The peak accelerations, slope, integral, 

time to peak on outcome mTBI have already been identified as key characteristics to help

the different traumatic brain injuries (Figure S2-1) [Post et al., 2013].

characteristics were chosen as potential descriptors for different concussive injury impact events. 

Linear (right) and rotational (left) loading curve characteristic breakdown using 
as an example [From Post et al., 2013]. 

(principle components) was used to reveal the dynamic response 

best described each of the four concussive injury events. A Kais

(KMO) statistics was run for each injury event to ensure sampling adequacy for predicting if the 

based on correlations and partial correlations. An overall KMO of 0.6 

(Mediocre) was required to proceed with the factorial analysis. The characteristic

factor will be identified. Other dynamic response characteristics 

dimensional loading curve shapes for 

helmeted fall and punch), specific 

integral, duration and 

have already been identified as key characteristics to help 

[Post et al., 2013]. These same 

characteristics were chosen as potential descriptors for different concussive injury impact events.  

 

(left) loading curve characteristic breakdown using 

the dynamic response 

Kaiser-Meyer-Olkin 

sampling adequacy for predicting if the 

An overall KMO of 0.6 

The characteristic with the 

will be identified. Other dynamic response characteristics 
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within each factor with Eigen values of 0.859 or lower within each factor will not be included in 

the analysis.  

 The independent variables for this study were the four (4) injury events (Collision, 

helmeted fall, unhelmeted fall and Punch). The dependant variables were the characteristics of 

the three dimensional dynamic response loading curves (peak linear & rotational acceleration (X, 

Y, Z and Resultant); linear and rotational time-to-peak (X, Y, Z and Resultant); linear and 

rotational total duration (X, Y, Z and Resultant);  linear and rotational integral (X, Y, Z and 

resultant); linear and rotational slope (X, Y, Z and Resultant); linear and rotational time to peak 

(X, Y, Z and Resultant)). For point of reference, the X, Y and Z axis are defined according to the 

cardinal system where; X is in the sagital plane, Y in the frontal plane and Z in the transverse 

plane.  

 Each of these dependant variables were placed in one of the following six (6) categories 

(Table S2-1): 1) Motion type (linear and rotational acceleration), 2) Magnitude of response, 3) 

Pulse duration, 4) Loading Rate and 5) Velocity 6) Direction of Motion. 
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Table S2-1. Categorization of dependant variables of dynamic response. 

Type of 

Motion 

  

Magnitude 

  

Pulse 

Duration 

  

Loading 

Rate 

  

Velocity 

 

Direction 

          

Linear 

acceleration 

 Peak linear 

acceleration 

 Linear 

acceleration 

time-to-peak 

 Slope of 

linear 

acceleration 

 Linear 

acceleration 

Integral 

Component 

of linear 

acceleration 

X, Y, Z 

          

Rotational 

Acceleration 

 Peak 

Rotational 

Acceleration 

 Rotational 

acceleration 

time-to-peak 

 Slope of 

Rotational 

acceleration 

 Rotational 

acceleration 

Integral 

Component 

of 

Rotational 

acceleration 

X, Y, Z 

        

        

 

 

RESULTS 
 

 The results of this study produced qualitative differences between the resultant linear and 

rotational acceleration loading curves between the four concussive injury events (Figure S2-2 & 

S2-3). Differences involving the shape of time history curves, magnitude and duration were 

found between the four different loading conditions. Four principal component analyses were 

used in order to reduce the data from the curve time histories characteristics in order to reveal the 

characteristics which best describe each of the different concussive injury events (Table S2-2 – 

S2-5). 
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Figure S2-2. Resultant linear acceleration loading curves, from once case each, of the (4) 
concussive injury events (collision, unhelmeted fall, helmeted fall and punch. 

 

Figure S3-2. Resultant rotational acceleration loading curves, from one case each, of the (4) 
concussive injury events (collision, unhelmeted fall, helmeted fall and punch. 
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 The collision injury event (Table 2) dataset comprised of 25 cases. A KMO statistic of 

0.669 was achieved, which is considered “mediocre” in producing reliable factors for this event 

[Kaiser, 1974]. A four-factor solution was produced from the principal component analysis, 

which accounted for a total variance of 62.2% (Table S2-2). The peak linear resultant and peak 

linear Y characteristics along with linear Z integrals created the first factor that accounted for 

20.8% of the total variance within this injury event. The second factor included more directional 

characteristics of linear and rotational integrals, accounting for 15.3% of the total variance. The 

third factor did not have a characteristic above the 0.860 threshold. Linear resultant slope 

(0.751), however, was the characteristics with the highest Eigen value within this third factor that 

accounted for 14.4% of the total variance. Finally, the fourth factor, accounting for 11.7% of the 

variance, was the integral values of resultant and Z direction rotational acceleration. 

Table S2-2. Dynamic response loading curve characteristics that account for the most variance 

in concussive injuries resulting from the collision impact events. (Rotated Eigen values > 0.860). 

  Factors 

Dynamic response variables 

 

  

1 

 

 

 

2 

 

 

 

3 

  

4 

         

Linear Resultant Integral  0.893       

Peak Linear Y  0.885       

Linear Z Integral  0.860       

         

Peak Linear X    0.952     

Linear X Integral    0.901     

Rotational Y Integral    0.875     

         

Linear Resultant Slope      0.751   

         

Rotational Resultant Integral        0.892 

Rotational Z Integral        0.873 
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Variance accounted for  20.8%  15.3%  14.4%  11.7% 

Cumulative  20.8%  36.1%  50.5%  62.2% 

 

 The helmeted fall injury event dataset contained fourteen impact reconstructions resulting 

in a KMO statistic of 0.580. A three-factor solution was presented for this impact event that 

would account for 68.3% of the total variance (Table S2-3). The first factor produced primarily 

X and Y direction peak and slope characteristics, which accounted for 28.4% of the variance. 

Rotational resultant integral was the most correlated characteristics for the second factor 

accounting for 26.6% of the variance. The time to peak characteristics of the linear resultant 

curve accounted for 13.3% of the total variance in the helmeted fall impact event.  

Table S2-3. Dynamic response loading curve characteristics that account for the most variance 
for concussive injuries resulting from the helmeted fall impact events. (Rotated Eigen values > 
0.860). 

  Factors 

Dynamic response variables 

 

  

1 

 

 

 

2 

 

 

 

3 

       

Linear X Slope  0.956     

Peak Linear X  0.946     

Peak Rotational Y  0.941     

Rotational Y Slope  0.940     

Rotational Y Integral  0.932     

       

Rotational Resultant Integral    0.880   

       

Linear Resultant time to peak      0.860 

       

Variance accounted for  28.4%  26.6%  13.3% 

Cumulative  28.4%  55.0%  68.3% 
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 The un-helmeted fall injury event contained thirteen injury reconstructions for this 

analysis. A KMO statistic of 0.615 was achieved for this injury event dataset. Four factors were 

determined from the factor analysis that accounted for 84.7% of the variance (Table S2-4). 

Linear and rotational integrals produced the first factor, accounting for 34.8% of the total 

variance. The second factor included the resultant peak linear, rotational accelerations, and slope 

of these curves. This second factor accounted for 28.9% of the total variance. The integral of the 

rotational Z curve was the third factor, which accounted for 12.9% of the variance. The final 

factor was the linear X time to peak which account for 8.1% variance. 

Table S2-4. Dynamic response loading curve characteristics accounting for the most variance for 
concussive injuries resulting from the unhelmeted fall impact events. (Rotated Eigen values > 
0.860).  

  Factors 

Dynamic response variables 

 

  

1 

 

 

 

2 

 

 

 

3 

  

4 

         

Linear Y Integral  0.931       

Rotational X Integral  0.897       

Rotational Resultant Integral  0.880       

         

Rotational Resultant Slope    0.970     

Peak Linear Resultant     0.958     

Peak Rotational Resultant    0.940     

Linear Resultant Slope    0.935     

         

Rotational Z Integral      0.764   

         

Linear X time to peak        0.819 

         

Variance accounted for  34.8%  28.9%  12.9%  8.1% 

Cumulative  34.8%  63.7%  76.6%  84.7% 
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 The punch impact event dataset contained twenty (20) injury reconstructions, which 

produced a KMO statistic of 0.737 (Table S2-5). The factorial analysis revealed three (3) factors 

that accounted for 72.3% of the variance within the impact event. The first factor comprised 

primarily of resultant rotational peak, slope and integral characteristics. These characteristics 

accounted for 30.3% of the total variance. The second factor included directional curve 

characteristics in linear X and Rotational Y (peak, integral and slope) comprising 28.3% of the 

variance. The rotational X time to peak characteristic formed the final factor and accounts for 

13.8% of the variance.  

Table S2-5. Dynamic response loading curve characteristics that account for the most variance 

for concussive injuries resulting from the punch impact event. (Rotated Eigen values > 0.860). 

 

 

 

 

  

 

  

 

 

 

 

 

  Factors 

Dynamic response variables 

 

  

1 

 

 

 

2 

  

3 

       

Rotational resultant slope  0.980     

Peak rotational resultant   0.973     

Rotational Z Slope  0.866     

Rotational Resultant Integral  0.860     

       

Linear X Integral    0.974   

Peak Linear X    0.962   

Linear Resultant Slope    0.944   

Rotational Y Integral    0.912   

Peak Rotational Y    0.905   

Rotational Y Slope    0.862   

       

Rotational X time to peak      0.727 

       

Variance accounted for  30.3%  28.2%  13.8% 

Cumulative  30.3%  58.5%  72.3% 
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 Table S2-6 presents a summary of the characteristics of the dynamic response loading 

curves that account for the most variance in each of the injury events by category describing the 

characteristics seen in Table S2-1. The Collision impact event is dominated by linear magnitude 

and velocities (20.8%), followed by directional magnitudes and velocities for both linear and 

rotational accelerations as a second factor (15.3%) and linear acceleration loading rate as a third 

factor (14.4%). The helmeted fall impact event was characterized primarily with directional 

magnitude of both linear and rotational acceleration and directional rotational velocities(28.4%), 

followed by resultant rotational velocity as a second  factor (26.6%) and linear acceleration pulse 

duration for the third factor (13.3%). The unhelmeted fall impact event was characterized 

primarily by components of linear, rotation velocities (34.8%), followed by peak linear and 

rotational acceleration magnitudes and loading rates (28.9%), directional magnitudes of 

rotational acceleration and loading rates for the third factor (12.9%). Finally, the first factor for 

the punch impact event revealed rotational acceleration magnitude, velocity and loading rate 

characteristics (30.3%), followed by directional linear and rotational acceleration magnitudes, 

velocities and loading rates for the second factor (28.2%) and rotational acceleration pulse 

duration for the third factor (13.8%).  
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Table S2- 6. Summary of characteristic of dynamic response loading curve categories that best 

describe the four concussive injury events (collision, helmeted falls, unhelmeted falls and 

punch).  

 

 

 

  

 

Factors 
Impact Events 

Collision Helmeted Falls Unhelmeted Falls Punch 

 

 

 

Categories 

 

Linear 

 

Rotational 

 

Linear 

 

Rotational 

 

Linear 

 

Rotational 

 

Linear 

 

Rotational 

          

Magnitude X  X X    X 

1 Pulse duration         

 Loading rate   X X    X 

Velocity X   X X X  X 

Direction X  X X X    

        

Variance accounted for 20.8% 28.4% 34.8% 30.3% 

          

Magnitude X    X X X X 

2 Pulse duration X        

 Loading rate     X X X  

Velocity  X  X   X X 

Direction X X     X X 

        

Variance accounted for 15.3% 26.6% 28.9% 28.2% 

          

Magnitude         

3 Pulse duration   X     X 

 Loading rate X        

Velocity      X   

Direction      X   

        

Variance accounted for 14.4% 13.3% 12.9% 13.8% 

          

Cumulative 50.5% 68.3% 76.7% 72.3% 
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DISCUSSION 
 

 Head and brain injuries, particularly in sports, have been shown to occur in a number of 

different ways [Hutchinson et al., 2013]. The subtle differences between the mechanics creating 

these concussive injuries are not easily defined through peak linear and rotational acceleration 

alone. Therefore, the purpose of this study was to determine the dynamic response loading 

curves characteristics that best characterize each of the four concussive injury events (collision, 

helmeted and un-helmeted fall and punch).  

 The dynamic response loading curves from the four concussive injury events in this study 

were qualitatively different; in magnitude, pulse duration and time history curve shape. 

Differences were also found when examining the specific characteristics of the loading curves 

that best described each of the loading conditions. The collision event was characterized 

primarily by peak linear directional magnitudes and pulse velocity. While the magnitudes for the 

collision events were very low relative to concussive injury risk, the duration of these pulses 

were quite long which may explain why integral values for the directional linear accelerations 

was revealed as a primary characteristic. The primary characteristics revealed for the helmeted 

fall events differed slightly where the loading condition was defined primarily with loading 

curve characteristics related to directional peak linear and rotational acceleration magnitudes and 

loading rate. The slopes and magnitudes are defined primarily by the front end of the loading 

curves, whereas with the collision impact events, the primary characteristic was identified as the 

integral value of the curve, which encompasses the entire loading curves. Similarities between 

these two injury events, by way of a second factor, were found regarding directional rotational 

acceleration integral, reinforcing the importance of the relationship between peak response and 

duration of the pulse in concussive type injuries [Versace, 1971]. The unhelmeted fall impact 
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event was characterized primarily by directional linear and resultant rotational acceleration 

magnitudes and pulse durations. The directional integrals for both linear and rotational 

acceleration were identified as primary characteristics for this loading condition. This 

demonstrates the importance of the relationship between high peak dynamic responses over very 

short impulse duration (5 ms). While similar characteristics were found with the collision events, 

the difference is observed in a reversal of the magnitudes/pulse duration relationships where a 

low magnitude dynamic response with prolonged pulse durations (25ms) resulted from the 

collision events. This is consistent with the relationship described by the Wayne State tolerance 

curve that defined higher risk of concussive injury for impact with high magnitude/short duration 

pulses compared to smaller magnitude and longer pulse durations [Versace, 1971]. Finally, the 

punch event was characterized primarily by resultant rotational acceleration magnitude, pulse 

duration and loading rate. This differed from the previous three impact events where rotational 

acceleration characteristics were revealed as primary characteristics for those events. Similar to 

the unhelmeted event, loading rate was identified as a key characteristic that may speak to the 

relationship between magnitude and impact duration. This loading condition is similar to the 

unhelmeted fall event in the sense that the impact location was to an unprotected area of the 

head. On the other hand, the collision and helmeted fall impact events for the most part included 

some level of compliant material (shoulder pad and/or helmet). The duration components with 

this loading condition are likely attributed to these differences in compliance between the 

shoulder pads and helmet materials worn by the players. Previous studies investigating collision 

type impacts reported signification differences for impact duration dependent the loading 

condition creating the injury [Kendall, 2015]. While the higher compliance within the impact 

condition mitigates the peak dynamic responses, it increases the duration of the time curves that 
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may result in high strains within the brain tissue resulting in concussion [Gilchrist, 2003]. This 

would also likely influence the characteristics of the loading curves that may account for the 

most variance within each impact event.  

 Concussive injuries continue to occur at a high rate in sports. Sports, such as ice hockey 

and football are high speed sports that require helmet protection for all participants. These 

helmets are required to pass standard testing protocols (NOCSAE, CSA, HECC) to reduce risk 

for head injury. Since helmets were primarily designed to protect against traumatic head injuries 

and cranial fractures, they typically use peak linear acceleration thresholds linked to cadaveric 

data [Gurdjian et al., 1970]. While concussions are classified as more diffuse type injuries 

correlating better to rotational accelerations, alternative algorithms were developed include peak 

rotational resultant acceleration [HIP, GAMBIT]. Interestingly, the results of this study failed to 

identify peak linear or rotational resultant accelerations as a primary characteristic accounting for 

the most variance within any of the four concussive injury events. In fact, peak linear and 

rotational resultant accelerations were identified in only two instances within the four loading 

conditions. The first was as a second factor in the unhelmeted fall events, where both peak linear 

and rotational resultant acceleration accounted for 28.9% of the variance. The second instance 

was as a primary factor in the punch events, where peak rotational resultant acceleration 

accounted for 30.3% of the variance. As a result, this study would suggest that assessing risk of 

concussive injury on peak resultant acceleration variables alone may not be sufficient. The 

results of the component analysis in this study showed that even in the impact events of injury 

where these peak resultant accelerations accounted for the most variance, the percentages 

accounted for were so low, that this variable would likely not be sufficient on its own to describe 

the injury. This would also support observations in the first study, where although all head 
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impact reconstruction resulted in concussive injury, differences in terms of percentage of risk for 

concussive injury were found between the different concussive injury events. Therefore, the use 

of peak resultant acceleration alone may not be sufficient to capture the risk of concussion for 

each of the individual loading conditions. 

 Due to the complexity of head/brain injuries and differences in concussive injury loading 

conditions, isolating one particular characteristic of the dynamic response curves to describe a 

particular impact event may not be realistic. While distinct differences were found between the 

dynamic response variables that characterize each concussive injury events, the three factor 

levels comprising the characteristics accounted for, at the highest level, only about 30% of the 

total variance. Therefore, it is more likely that a combination of characteristics across the three 

factors would better characterize a specific impact event. For instances, the collision events 

might be characterized by directional resultant linear and rotational velocities and linear 

acceleration loading rate, accounting for 50.5% of the total variance, while the punch events 

might be characterized by resultant rotation velocity, linear resultant loading rate and directional 

linear acceleration time to peak, accounting for 72.3% of the total variance.  

Limitations 
 

 The data presented in this study are specific to shoulder collisions, punches and falls from 

elite ice hockey, professional football, professional MMA and hospital concussive injury cases. 

Physicians diagnosed all concussions. This information was gathered from team and hospital 

injury reports. The injury events were reconstructed using video of the event or estimated from 

detailed hospital injury reports.  The UCDBTM possesses similar limitation to other finite 

element brain models. This model was developed as an approximation of the materials 
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comprising brain tissue and their response characteristics, therefore brain tissue response should 

be interpreted appropriately. The hybrid III head form has limitations associated with biofidelity 

which are well documented [Deng, 1989; Mertz, 1985; Hubbard and McLeod, 1974]. The 

unbiased neckform was chosen over the hybrid III due to the hybrid III’s directionally biased 

design for frontal inertial loading [Foreman et al, 2011; Deng, 1989]. 

CONCLUSION 
 

 The objective of this study was to describe the impact kinematic characteristics for four 

concussive injury events commonly seen in sports. The results from this study demonstrated that 

differences between impact events are characterized by unique dynamic response variables. 

While current concussive threshold use peak resultant accelerations to determine risk or 

performance of protective equipment, this variable did not show up as a characteristic for any of 

the loading conditions in this study, except the punch event. While differences were found in the 

characteristics describing each impact event, the amount of variance that it accounted for was 

low. However, the use of a combination of variables to characterize a specific impact event 

would provide higher correlations due to the complexities that describe brain injuries. The use of 

a single peak resultant acceleration as currently employed in impact testing methodologies for 

helmet testing and head injury assessment may be too general and not account for injury risk 

from different concussive injury events. While this study describes the unique characteristics for 

each of the different impact events, it does not in any way describe the relationship between 

these descriptors and the risk for concussive injury thresholds. These specific characteristics of 

dynamic loading curves identified per impact event may eventually lead to the development of 

better concussive risk assessment protocols and head protective equipment where risks from 

those particular impact events creating the concussive injury are present. 
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Study #3 

INFLUENCE OF CONCUSSIVE INJURY IMPACT 

EVENTS ON LOCATION OF PEAK TISSUE 

RESPONSE WITHIN DIFFERENT REGIONS OF 

THE BRAIN. 
 

INTRODUCTION 
 

 A concussion is defined as a complex patho-physiological process affecting the brain, 

induced by biomechanical forces and resulting in the rapid onset of short-lived impairment of 

neurological function that resolves spontaneously [McCrory et al., 2013]. Concussion has also 

been described as an acute psychological experience of trauma incurred through head impact, 

acceleration, or both: an alteration or limited loss of consciousness [Parker, 2012]. While the 

definitions are slightly different, both describe trauma to the brain tissue with or without loss of 

consciousness. This is important since concussive injuries often occur without sufficient 

neurotrauma to be detected using current neuro-imaging techniques [Jantzen et al., 2004; 

Huisman et al., 2004]. This presents unique challenges to the medical practitioners in diagnosing 

and establishing a treatment for concussive injuries. As a result, many concussions go 

undiagnosed, allowing players to return to play too soon or even continue playing in the game 

where the injury occurred.  

 Concussive symptoms vary significantly between individuals. Common symptoms such 

as; headache, dizziness, nausea or vomiting are typically observed immediately following the 

impact, while other symptoms such as; persistent headache, poor attention, concentration and 
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memory dysfunction have been reported days to weeks after sustaining a concussion [Kelly and 

Rosenberg 1997]. For the most part, concussive symptoms tend to resolve within 3-7 days, 

however some cases report symptoms lasting longer than two weeks [McClincy et al. 2006] or 

up to a year [Alves, et al., 1993]. It is difficult to predict the duration and severity of concussive 

symptoms. Previous research has linked some concussive symptoms to specific functional 

regions of the brain [Purves et al., 2001]. It is proposed that concussive symptoms may be linked 

to the specific region of the brain that suffered brain tissue damage (Table S3-1). This may 

provide a more precise description of concussions effecting different parts of the brain.  

Table S3-1. Brain regions commonly associated with concussive symptoms and their 
functionality 

Region of the Brain Functionality Reference 

Prefrontal cortex 

 

decision-making and 
social behaviour 

Yang et al., 2009 

 

Dorsolateral prefrontal area 

 
memory and organization 

Yang et al., 2009 

 

Motor association cortex and 

Primary motor cortex 

 
planning and execution 
of movement patterns 

 
Luppino & Rizzolatti, 2000 

 

Primary somatosensory cortex 

 
sense of touch and 
proprioception 

 
Price, 2000 

 

Visual cortex 

 
Visual information 

 
Braddick et al., 2001 

 

Sensory and Visual association 

areas 

 
Sensory integrations and 
perception of the 
environment 

 
Price, 2000 

 

Auditory cortex 

 
sound processing 

 
Purves et al., 2001 

 

Auditory association area 

 
functions associated with 
recognition of sounds 

 
Creutzfeldt et al. 1989a & 

1989b 
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 While it is understood that there are many different ways people and athletes receive 

concussive brain injuries, the effect of these unique impact events  creates differences in terms of 

peak dynamic head response (linear and rotational accelerations) and resulting MPS within the 

brain tissue [Post et al., 2012a; Kendall et al., 2012]. King and colleagues proposed that injurious 

brain tissue deformations are due to differences in the characteristics of the linear and rotational 

acceleration time history loading curves [King et al., 2003]. These differences in history curve 

characteristics may influence not only the severity but also affect different location of injurious 

brain deformations. A comparison of three different methodologies for head impacts, 

representing a fall, body-to-body impact and a punch, resulted in differences in peak strain of the 

brain tissue location within the brain [Kendall et al., 2012]. Brain tissue deformation is 

directionally dependent has been demonstrated  in research using a number of injury models 

[Gennarelli et al, 1987; Hodgson et al, 1983; Prange et al, 2002]. The tissue response (bridging 

veins) and deformation tended to be more sensitive to antero-posterior rotational motions while 

translation motions had almost no effect on increases in tissue strain [Kleiven, 2003]. A recent 

study by Post (2013) examined different types of TBI injuries resulting from falls. He found that 

as the magnitude of brain deformation increased, so did the severity of the injury. While these 

studies used reconstruction data from traumatic brain injuries it is likely that the mechanical 

response of the brain tissue resulting in concussive injuries would respond similarly. These 

differences may result in different types of concussive injury depending on the magnitude, 

location and duration of brain tissue strain. Each impact event resulting in a concussive injury 

could affect a specific region of the brain, creating unique symptom onset and duration of the 

injury.  
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 Maximal principal strain values within global sections of the brain have been reported in 

previous research for both concussive injury and non-injury reconstructions [Zhang et al., 2004; 

Viano et al., 2005; Kleiven (2007); Deck et al., 2008; Takhounts et al., 2008; Kimpara et al., 

2012; McAllister et al., 2012; Patton et al., 2013, Rousseau, 2014]. These studies have reported 

MPS values for 50% risk of concussive injury as 0.19 to 0.38 for white matter and 0.26 to 0.47 

grey matter. While research has identified the brainstem as playing an important role in 

concussive injury [McCrory, 2001; Guskiewicz & Mihalik, 2011; Makoshi et al., 2014], risk 

thresholds have been limited to animal data. Makoshi et al. (2014) reported brain stem strain 

values between 0.15 - 0.34 associated with varying grades of concussive injury in monkeys. A 

MPS value of 0.21 was found as a 50% risk for concussive injury in the brainstem. Recent 

research reconstructing rugby and Australian Rules football concussive injuries identified the 

thalamus as being the best brain deformation predictor for concussive injuries [Patton et al., 

2013]. The study also reported strain values with a 50% risk for concussion for different regions 

of the brain of 0.13 in the thalamus, 0.14 in the brainstem, 0.26 in the white matter, and 0.27 in 

the grey matter. While these threshold values may be true for concussion risks reported specific 

to collision sports like rugby, Australian rules rugby, and American football, they may not be 

representative of all impact conditions which result in concussive brain injury.  

 The purpose of this study was to investigate differences in brain tissue response (MPS) 

and region of the brain affected for four specific impact events  resulting in concussion 

(collision, unhelmeted falls, helmeted falls and punch).  
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METHODS 
 

 This study included the seventy-two (72) impact reconstructions from the four concussive 

injury impact events (falls, collision and punch) identified in the first study. The four impact 

events were reconstructed from video and/or hospital injury reports. Each injury event was 

reconstructed according to impact variables that would most represent the nature of that 

particular impact event. The fall events employed the monorail drop system to simulate falls to 

the similar impacting surfaces as per the injury events [Post et al., 2013, Kendall et al 2012]. The 

collision impacts used a linear impactor with effective mass [Rousseau, 2014] and compliance 

matched to a shoulder impact [Rousseau et al., 2015]. Impact reconstructions set-up were 

conducted following protocols developed in previous research for collision type impacts 

[Rousseau, 2014]. Finally, the punch events used a high-speed projectile launcher for lower mass 

and compliance to match the punch impacts [Walilko et al., 2005]. The resulting linear and 

rotational accelerations from the impact events were used as input for the University College 

Dublin Brain Trauma Model (UCDBTM) in order to obtain strain values within the brain tissue 

[Horgan & Gilchrist, 2003; Horgan & Gilchrist, 2004]. 

Research Variables 
 

 In the first analysis, the independent variables for this study were the four (4) concussive 

injury impact events (Collision, helmeted fall, Unhelmeted fall and Punch). The dependant 

variables were the maximal principle strain (MPS) in the grey matter, white matter and brain 

stem.  The second analysis, focusing on regions typically related to onset of concussive 

symptoms within the cerebrum, had the impact events as independent variables and MPS within 

specific regions in the cerebrum (Auditory Association Area, Prefrontal Cortex, Motor 
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Association Area, Primary Motor Cortex, Primary Somatosensory Cortex, Sensory Area, Visual 

Association Area, Visual Cortex, Auditory Cortex, Dorsolateral Prefrontal Association Area) as 

the dependant variables. 

Brain Model  
 

 The geometry of the UCDBTM was resolved from computed tomography (CT) and 

magnetic resonance imaging (MRI) scans of a male cadaver. The version of the model used for 

this research was composed of the following parts: scalp, three-layered skull (cortical and 

trabecular bone), dura, cerebrospinal fluid (CSF), pia, falx, tentorium, cerebral hemispheres, 

cerebellum and brainstem (Table S3-2; S3-3). Overall, this version of the UCDBTM has 

approximately 26,000 elements. The model was validated according to cadaveric pressure and 

brain motion data [Nahum et al., 1977; Hardy et al., 2001] as well as reconstructions of traumatic 

brain injuries [Doorly & Gilchrist, 2006]. 

 The material properties (Tables S3-2 and S3-3) of the cerebrum, cerebellum and brain 

stem were derived from work done by Zhang et al. (2001). The remaining parts of the model 

(scalp, cortical and trabecular bone, and intracranial membranes) were derived from research 

conducted by Ruan (1994), Willinger et al. (1995), Zhou et al. (1995) and Kleiven and von Holst 

(2002). Work done by Zhou et al (1995) and Shuck and Advani (1972) were used in the 

characterization of the shear modulus of viscoelastic brain tissue: 

     G(t) = G∞ + (G0 - G∞)e-βt 

Where, G∞ is the long term shear modulus, G0 is the short term shear modulus and β is the decay 

factor [Horgan & Gilchrist, 2003]. The brain skull interface was modeled by modeling the CSF 

as brick elements with a low shear modulus, which allows it to behave like water. The contact 
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definition at the brain skull interface was assigned as no separation and used a friction coefficient 

of 0.2 [Miller et al., 1998]. 

 

Table S3-2. Properties of the materials used in the finite element model for UCDBM 

 Material  Poisson's Ratio Density (kg/m
3
) 

Young's Modulus 

(MPa)  

       

 Grey Matter  0.49 1060 (hyperelastic)  

 White Matter  0.49 1060 (hyperelastic)  

 

Trabecular 

Bone 
 0.24 1300 1000 

 

 Dura  0.45 1130 31.5  

 Pia  0.45 1130 11.5  

 Falx  0.45 1140 31.5  

 Tentorium  0.45 1140 31.5  

 CSF  0.5 1000 -  
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Table S3-3. Characteristics of the brain tissue for UCDBM 

   

Shear Modulus 

(kPa)    

 Material  G0 G∞ 

Decay Constant 

(GPa) 

Bulk Modulus 

(s
-1

)  

        

 Cerebellum  10 2 80 2.19  

 Brain Stem  22.5 4.5 80 2.19  

 

White 

Matter 
 12.5 2.5 80 2.19 

 

 Grey Matter  10 2 80 2.19  

        

        

Regions of the brain 
 

 The three-dimensional dynamic response-loading curves from the injury reconstructions 

of the four concussive impact events (collisions, helmeted falls, unhelmeted falls and punch) 

were used to run the UCDBTM brain model. The brain model was, in a first analysis, divided 

into global regions (grey matter, white matter and brain stem) to determine difference in MPS 

between these global regions. A follow up analysis divided the cerebrum into 10 regions 

commonly associated with concussive symptoms (Figure S3-1), in order to analyze differences 

in MPS per specific regions within the cerebrum [Post et al., 2012; Kendall et al., 2012].   



 

Figure S3-1. Image of the UCDBTM segmented into regions associated with symptoms of 

concussion. 

 

Statistical analysis 
 

 A MANOVA followed by t

effect of the impact events on the specific brain region

(p<0.05). Further analysis will examine the strain field created by each of the four impact events. 

The strain field is a depiction of how strain within 

cerebrum is different from one specific region to another. To achieve this, 

ANOVAs were used to determine main effect of 

of the brain commonly associated with concussive symptoms; Auditory Association Area, 

Prefrontal Cortex, Motor Association Area, Primary Motor Cortex, Primary Somatosensory 

Cortex, Sensory Area, Visual Association Area, Visual Cortex, Auditory Corte

Prefrontal Association Area (p<0.05)
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Image of the UCDBTM segmented into regions associated with symptoms of 

A MANOVA followed by three (3) one-way ANOVAs were used to determine main 

on the specific brain region; Cerebrum, Cerebellum and Brain Stem 

Further analysis will examine the strain field created by each of the four impact events. 

a depiction of how strain within each of the 10 different regions of the 

cerebrum is different from one specific region to another. To achieve this,  ten (10) one

to determine main effect of the impact events on strain fields within r

of the brain commonly associated with concussive symptoms; Auditory Association Area, 

Prefrontal Cortex, Motor Association Area, Primary Motor Cortex, Primary Somatosensory 

Cortex, Sensory Area, Visual Association Area, Visual Cortex, Auditory Corte

0.05).  

 

Image of the UCDBTM segmented into regions associated with symptoms of 

way ANOVAs were used to determine main 

Cerebrum, Cerebellum and Brain Stem 

Further analysis will examine the strain field created by each of the four impact events. 

the 10 different regions of the 

ten (10) one-way 

on strain fields within regions 

of the brain commonly associated with concussive symptoms; Auditory Association Area, 

Prefrontal Cortex, Motor Association Area, Primary Motor Cortex, Primary Somatosensory 

Cortex, Sensory Area, Visual Association Area, Visual Cortex, Auditory Cortex, Dorsolateral 
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RESULTS 

 MPS in global regions of the brain 
 

 The MPS results for the global regions of the brain (grey matter, white matter, cerebellum 

and brain stem) are reported in Table S3-4. Significant differences in grey matter strains were 

found between all impact events except for the unhelmeted vs punch events (p<0.05). Significant 

differences in white matter strains were found between all impact events with the exception of; 

the unhelmeted vs helmeted events, the unhelmeted vs punch events and the helmeted vs punch 

events (p<0.05). Finally, significant differences in MPS were found in the brainstem region 

between all impact conditions except the helmeted fall and punch events (p<0.05). For the 

unhelmeted events, only three injury (cases #5, #9, #12) cases were used in the analysis of 

brainstem region due to abnormally high strain values (1.885 +/- 1.138). 

Table S3-4. MPS values for global regions of the brain.  

 
abc

 -  denotes impact events with no significant differences between them 

 

  

 

Brain Region 

  

Collisions 

 

Un-helmeted fall 

 

Helmeted fall 

 

Punch 

      

Grey Matter 
(SD) 

 0.32 
(0.11) 

0.58a 
(0.11) 

0.41 
(0.12) 

0.51a 
(0.17) 

      
White Matter 

(SD) 
 0.29 

(0.12) 
0.42ab 
(0.10) 

0.42c 
(0.12) 

0.44abc 
(0.15) 

      
Brainstem 

(SD) 
 0.38 

(0.08) 
0.67 

(0.19) 
0.47a 
(0.25) 

0.50a 
(0.09) 
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MPS of regions between impact events 
 

 The analysis was further broken down to evaluate specific regions within the cerebrum 

commonly associate with concussive injury symptoms. Significant differences in MPS values for 

regions within the cerebrum revealed some differences between the four impact events (Figure 

S3-2). The top three MPS values for the collision impact events occurred in the auditory 

association area, followed by the dorso-lateral prefrontal cortex and primary somatosensory 

cortex. The un-helmeted fall impact events produced the highest MPS values in the auditory 

association area, the prefrontal cortex and visual association area. The highest MPS value for the 

helmeted impact events were found in the auditory association area, followed by the dorso-lateral 

prefrontal cortex and the visual association area. Finally, consistent with the previous three 

impact events, the punch events produced the highest MPS in the auditory association area. The 

primary somatosensory cortex and sensory association area rounded out the top three areas for 

the punch loading condition. 



 

Figure S3-2. Differences in location of the three highest (red = highest, blue = 2

orange = 3rd highest) MPS within the brain per 

fall, (c.) Helmeted fall and (d.) Punch. 

 

 The impact event and regions of the cerebrum (in bold) with the highest MPS values are 

depicted in Table S3-5. All four 

association area. The collision event

the other three loading conditions

event was the dorso-lateral prefrontal cortex (0.22 ± 0.09

were found between the collision 

primary somatosensory cortex was found to be the region producing the third highest MPS 

values for the collision event (0.20 

loading conditions except the helmeted fall 

a. 

c. 
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Differences in location of the three highest (red = highest, blue = 2

highest) MPS within the brain per impact event (a.) Collisions, (b.) Un

fall, (c.) Helmeted fall and (d.) Punch.  

and regions of the cerebrum (in bold) with the highest MPS values are 

All four impact events produced the highest MPS value in the audit

event (0.32 ± 0.12) was found to be significantly different from 

loading conditions (p<0.05). The next highest region of strain for the collision 

lateral prefrontal cortex (0.22 ± 0.09). Once again, significant differences 

ollision event and the other three loading conditions

primary somatosensory cortex was found to be the region producing the third highest MPS 

(0.20 ± 0.08) and significant differences (p<0.05) to all other

except the helmeted fall event were found.  

 

 

Differences in location of the three highest (red = highest, blue = 2nd highest, 

(a.) Collisions, (b.) Un-helmeted 

and regions of the cerebrum (in bold) with the highest MPS values are 

produced the highest MPS value in the auditory 

(0.32 ± 0.12) was found to be significantly different from 

(p<0.05). The next highest region of strain for the collision 

). Once again, significant differences 

loading conditions (p<0.05). The 

primary somatosensory cortex was found to be the region producing the third highest MPS 

± 0.08) and significant differences (p<0.05) to all other 

b. 

d. 
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Table S3-5.  Location within the cerebrum of the three highest MPS values by concussive injury 
impact event (Bold identifies top three regions of MPS within each impact event). 

* denotes significant differences between with Collision impact event 
†
 denotes significant differences between with Unhelmeted impact event

 

ᶲ denotes significant differences between with Helmeted impact event 
Β
 denotes significant differences between with Punch impact event 

 

  

 

Cerebrum Region 

  

Collisions 

 

Un-helmeted 

fall 

 

Helmeted fall 

 

Punch 

      

 

Auditory Association Area 

(SD) 

  
0.32†ᶲβ 

(0.12) 

 

0.57*ᶲ
 

(0.11) 

 

0.45*†
 

(0.13) 

 

0.50* 

(0.16) 

      

Dorso-lateral prefrontal cortex 

(SD) 

 0.22ᶲ 

(0.09) 

0.42*ᶲ 
 (0.08) 

0.30* 

(0.10) 
0.35* 
(0.12) 

      

Prefrontal Cortex 

(SD) 

 0.16† 
 (0.06) 

0.45 

(0.13) 
0.23† 
(0.10) 

0.24† 
(0.08) 

      

Visual Association Area 

(SD) 

 0.18†ᶲ 
(0.05) 

0.43ᶲ 

(0.07) 
0.30† 

(0.11) 
0.27† 
(0.06) 

      

Sensory Association Area 

(SD) 

 0.20β 
(0.08) 

0.34 
(0.09) 

0.25β 
(0.07) 

0.36 

(0.16) 

      

Primary Somatosensory Cortex 

(SD) 

 0.20β 

(0.08) 
0.40* 
(0.15) 

0.23β 
(0.06) 

0.40* 

(0.19) 
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The auditory association area for the un-helmeted fall impact events (0.57 ± 0.11) was 

found to be significantly different from the collision and helmeted fall impact event (p<0.05). 

The prefrontal cortex (0.449 ± 0.131) was the next highest strain value and was found to be 

significantly different to the three other loading conditions (p<0.05). The visual association area 

(0.449 ± 0.074) produced the third highest MPS values for this impact event and was also found 

to be significantly different to the other concussive injury impact events (p<0.05). 

 For the helmeted impact condition  the highest MPS value were again found in the 

auditory association area (0.45 ± 0.13) and significantly different to all other impact events 

except the punch (p<0.05). The next highest MPS values for this loading condition was found in 

the dorsal lateral prefrontal cortex (0.30 ± 0.10) and were deemed significantly different to all 

other impact events except the punch impact events (p<0.05). The third highest MPS value was 

found in the visual association area (0.30 ± 0.11) and again found to be significantly different to 

all other loading conditions except the punch events (p<0.05).  

Similarly to the other impact conditions, the auditory association area revealed the 

highest MPS value for the punch impact events (0.50 ± 0.16). This value was only found to be 

significantly different (p<0.05) to the collision loading condition. The primary somatosensory 

cortex was the location of next highest strain value for the punch impact event and was 

significantly different (p<0.05) to the other impact events with the exception of the un-helmeted 

fall event. Finally, the third highest MPS value was found in the Sensory association area (0.36 ± 

0.16) and significantly different (p<0.05), to the other loading conditions with the exception of 

the un-helmeted fall events.  
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MPS of regions within each impact event 
 

 The data from all ten regions within each impact event was analyzed to define strain 

fields unique to each impact event. Based on the peak MPS values for each region of the 

cerebrum, significant differences between regions were identified through multiple one-way 

ANOVAs and post-hoc tests (Table S3-6.). The strain fields are also depicted in Figure S3-3 for 

more visual effect. 

Collision impact event  
 

 The auditory association area (0.32 ± 0.12) revealed the highest strain field and was 

significantly different to all other regions for the collision impact event (p<0.05). The second 

strain field was led by the Dorso-lateral prefrontal cortex (0.22 ± 0.09) found significantly 

different (p<0.05) to the Prefrontal cortex and Visual cortex regions. While Prefrontal cortex and 

Visual cortex formed the third strain field, the second strain field was contained the Auditory 

cortex, Dorsolateral prefrontal cortex, Motor association cortex, Visual association area, Sensory 

association area, Visual association area, Primary somatosensory cortex and Primary motor 

cortex.  
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Table S3-6. Brain strain field within the cerebrum for each of the four concussive injury impact 
events (Red = 1st level of strain field (highest); Orange = 2nd level of strain field (second 
highest); Yellow= 3rd level of strain field (third highest); Green = 4th level of strain field (fourth 
highest)). 

1-Auditory Association Area, 2- Auditory Cortex,  3- Dorsolateral prefrontal association area, 4- Motor 

Association Cortex, 5-Prefrontal Cortex 6-Visual Cortex, 7-Visual Association Area, 8-Sensory Association Area 

9- Primary Somatosensory Cortex, 10- Primary Motor Cortex 

 

Un-helmeted fall impact events  
 

 Similar to the Collision impact events, the auditory association area produced the highest 

MPS value (0.567 ± 0.109). The MPS results for the auditory association area were found to be 

significantly different (p<0.05) to the auditory cortex and visual cortex only. Therefore the 

highest strain field for the unhelmented fall events was defined by; all regions excluding the 

auditory cortex and visual cortex. The visual cortex and auditory cortex defined the second strain 

field for this loading condition.  

Impact 

events 

Regions of Cerebrum 

           

 1 2 3 4 5 6 7 8 9 10 

           

Collision 0.32 

(0.11) 

0.18 

(0.07) 

0.22 

(0.09) 

0.17 

(0.06) 

0.16 

(0.06) 

0.10 

(0.03) 

0.18 

(0.05) 

0.19 

(0.08) 

0.20 

(0.08) 

0.20 

(0.08) 

           

Un-helmeted 

fall 

0.57 

(0.11) 

0.26 

(0.07) 

0.42 

(0.08) 

0.37 

(0.06) 

0.45 

(0.13) 

0.26 

(0.04) 

0.43 

(0.07) 

0.34 

(0.09) 

0.40 

(0.15) 

0.37 

(0.11) 

           

Helmeted fall 0.45 

(0.12) 

0.24 

(0.12) 

0.30 

(0.09) 

0.24 

(0.08) 

0.23 

(0.10) 

0.25 

(0.09) 

0.30 

(0.10) 

0.25 

(0.06) 

0.24 

(0.05) 

0.17 

(0.10) 

           

Punch 0.50 

(0.16) 

0.32 

(0.14) 

0.35 

(0.12) 

0.26 

(0.07) 

0.24 

(0.08) 

0.15 

(0.04) 

0.27 

(0.06) 

0.36 

(0.16) 

0.40 

(0.19) 

0.34 

(0.11) 
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Helmeted fall impact events 
 

 The helmeted fall impact events also revealed the highest strains in the auditory 

association area (0.454 ± 0.128) and significantly different to all other regions (p<0.05), forming 

the first strain field. The dorso-lateral prefrontal cortex was the next highest strain value and was 

found to be significantly different to only the primary motor cortex (p<0.05). Therefore, the 

second highest strain field was created with all regions except the auditory association area and 

primary motor cortex. The primary motor cortex formed the third strain field.   

Punch impact event 
 

 As with the other three impact events, the auditory association area (0.498 ± 0.158) 

produced the highest MPS value. The auditory association area was found to be significantly 

different from all regions of the cerebrum (p<0.05) and thus defined the highest strain field 

within this region alone, similar to the collision and helmeted fall impact events. The primary 

somatosensory cortex (0.404 ± 0.186) and sensory association area (0.364 ± 0.164) represented 

the second highest region for MPS. The second highest region, the primary somatosensory cortex 

was found to be significantly different to all regions except the auditory cortex, dorso-lateral 

prefrontal cortex, motor association cortex, prefrontal cortex, visual cortex, visual association 

area, sensory association area and primary motor cortex (p<0.05). This group created the next 

highest strain field. Finally, the Visual association area was found to be significantly different to 

all regions except the motor association cortex, prefrontal cortex (p<0.05) creating the third 

strain field. The prefrontal cortex region formed the fourth strain field level on its own. 

 



 

Figure S3-3. Differences in location of the strain fields (red = first level strain field, blue = 2nd 

level strain field, orange = 3rd level strain field, green = 4

impact event (a.) Collisions, (b.) Un

DISCUSSION 
 

 This study was designed to examine differences in the location of maxi

strain (MPS) within different regions of the brain 

While the aim of this study was not to associate particular symptoms of concussion to a specific 

region of the brain affected, it was 

impact conditions create a unique 

location where the highest MPS value

themselves in the form of differences in

Although symptom onset and duration were not monitored or analyzed in this study, t

a. 

c. 
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Differences in location of the strain fields (red = first level strain field, blue = 2nd 

level strain field, orange = 3rd level strain field, green = 4th level strain field) within the brain per 

(a.) Collisions, (b.) Un-helmeted fall, (c.) Helmeted fall and (d.) Punch.

This study was designed to examine differences in the location of maxi

within different regions of the brain between four concussive impact conditions

While the aim of this study was not to associate particular symptoms of concussion to a specific 

was hypothesized that each of these different concussive injury

unique type of concussive injury, that would highligh

the highest MPS values occur in the brain. These unique differences 

of differences in onset, and/or duration of concussive 

Although symptom onset and duration were not monitored or analyzed in this study, t

b. 

d. 

 

 

Differences in location of the strain fields (red = first level strain field, blue = 2nd 

level strain field) within the brain per 

helmeted fall, (c.) Helmeted fall and (d.) Punch. 

This study was designed to examine differences in the location of maximum principle 

impact conditions. 

While the aim of this study was not to associate particular symptoms of concussion to a specific 

concussive injury 

that would highlight changes in 

in the brain. These unique differences may present 

concussive symptoms. 

Although symptom onset and duration were not monitored or analyzed in this study, this 



131 
 

hypothesis was based on the rationale that brain strain fields within the cerebrum would be 

different for each concussive injury impact event.  

 The results of this study produced MPS values within or above previous reported 

concussive injury range in all three of these brain regions (grey matter, white matter and brain 

stem) [Makoshi et al., 2014, Zhang et al., 2004, Kleiven, 2007, Patton et al., 2013]. This was 

expected since all reconstructions used in this study represented diagnosed concussive injuries. 

The more interesting results were the differences in MPS in each global region between the 

impact events. Differences in terms of dynamic response time histories likely contributed to 

these differences in location and amplitude of MPS within the brain. This result clearly 

demonstrates that impact events can affect strain field locations within different regions of the 

brain. It is important to note at this point that unrealistically high strain values (180% strain) 

were found in the brainstem for nine out of the twelve unhelmeted impact events. This is likely 

due to the high magnitude dynamic response and which essentially saturates the finite element 

model. Secondly, while the model has been partial validated to pressure and brain motion study, 

the brainstem region has not yet been validated.  

 When examining specific brain regions within the cerebrum commonly association with 

concussive symptoms, the results showed that the impact event affected the location of the 

highest MPS values. While the auditory association area was identified as the location of the 

highest MPS value across all four loading conditions, the second and third highest values tended 

to change dependent on the type of injury event (Table S3-2). The commonality of the auditory 

association area producing the highest strain among all four impact events may support the 

theory surrounding the effects of skull geometry and bony prominences creating high stress 

points within the brain as a result of high rotational accelerations [Ommaya & Gennarelli, 1974]. 
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This result also may explain some of the commonality in symptom onset for all concussions, 

while the differences in the second and third highest values could potentially explain variations 

in symptom onset. The impact condition in this study (Collision, Helmeted fall, punch and 

unhelmeted fall) can be classified at separate ends of the compliance spectrum. A compliance 

effect was observed with respect to MPS values within the cerebrum. The collision impact event, 

which was characterized by the most compliance within the system, tended to produce 

significantly lower MPS values across its three highest regions of strain when compared to the 

other concussive injury loading conditions. Conversely, the unhelmeted fall impact event, which 

would be classified as having the least amount of compliance within the system, tended to 

produce the highest strains compared to the other injury impact events. Significant differences 

between these regions of higher strain values between impact events tended to occur between 

loading conditions where greater differences in compliance were present.  

Strain fields within impact events 
 

 The results of this study support a continuum effect for compliance, where increased 

MPS values are observed with a decrease in compliance within the impact condition for a given 

injury loading condition. The unhelmeted fall events would be defined as the least compliant 

loading condition, followed by the punch events. The helmeted fall events would be classified as 

having more compliance than the Punch followed by the Collision events providing the most 

compliance among the four loading conditions in this study. This compliance effect is further 

amplified in the analysis of brain strain fields within each concussive injury impact event (Table 

S3-6 & Figure S3-3). The unhelmeted fall events, with the least compliance produced only two 

levels of strain fields. The highest strain value was found in the auditory association area; 

however, this value was not significantly different from the other regions of the cerebrum with 
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the exception of the auditory and visual cortex. These two regions formed the second level strain 

field for this impact event. For the most part, this loading condition was populated by injury 

cases from hospital fall data. Though it wasn’t the focus of the study, most of these injury cases 

resulted in multiple symptom onset with prolonged duration, commonly associated with 

persistent concussive syndrome (PCS). On a concussive injury continuum, this impact event 

might fall at the high end of the continuum closely associated with diffuse axonal injury (DAI) 

type injuries [Hoshizaki et al., 2014]. The strain fields for the other injury events also differ from 

one another. The collision event produced three strain fields significantly different from one 

another. After the auditory association area, the second level strain field was defined by all other 

regions of the brain except the prefrontal and visual cortex, which formed the third level strain 

field. The helmeted fall event contained three strain fields with auditory association area 

producing the highest strain, the dorsolateral prefrontal cortex and the primary motor cortex 

leading the second strain and the third strain fields respectively. The punch event was the only 

loading condition to contain four strain fields. These changes in strain field patterns are likely a 

result of the differences between the specific characteristics of the dynamic loading curves and 

energy transfer which is unique to each injury event seen in the second study. The characteristics 

creating the different concussive injury events have a significant effect on the tissue response 

within the different regions of the brain resulting in specific strain field patterns. While it is clear 

that the strain fields shown in the study differ between loading conditions, this supports the 

theory that concussive injuries result from diffuse energy transmitted through out the brain 

[Ommaya and Gennarelly, 1974]. Current head impact reconstructions have not yet linked 

particular symptoms of concussions with damage to a specific area of the brain. Studies have 

reported symptoms present immediately after a concussive event are associated with the 
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biomechanical parameters of the collision, as well as the specifically affected brain structures 

[Jacobson & Marcus, 2008; Janowsky et al., 1989; Kontos et al., 2004; Ropper & Samuels, 2009; 

Viano et al., 2005]. The diffuse wave of energy from each of the impact conditions creates 

damaging strain fields within specific regions of the brain dependent the impact condition, which 

could be associated with specific onset of symptoms. The duration of these symptoms could be 

related to the magnitude of these strain fields since it has been reported that axonal strain levels 

of 0.12 create functionality loss of the axon; though only temporary [Galbraith et al., 1993, 

Thibault et al, 1985]. This could also be true for the different levels of strain fields with respect 

to specific regions of the brain, onset of symptoms and their duration. Specific regions of the 

brain affected with low strains may have symptoms present early, but resolve quickly, while 

higher magnitude levels of strain may have symptoms present with longer durations or even 

some loss of functionality [Galbraith et al. 1993; Thibault et al., 1985]. 

Limitations  
 

 The surrogate headform used for the injury reconstructions was the Hybrid III head form. 

It is commonly used as a physical model in impact reconstruction due to its reliability.  While it 

is reliable, it does not provide a true biofidelic response due to it construction materials (i.e. 

steel). The UCDBTM is one of few partially validated models available for this type of research. 

The model makes assumptions surrounding the characteristics of the brain tissue and the 

interactions (anisotropic elements) between different parts of the brain and skull. As a result, the 

comparisons made with the UCDBTM are meant to be representative of how the brain may 

deform under the loading scenarios and may not represent the exact motion of the brain resulting 

from impacts. Furthermore, brain deformation metric analysis was limited to the cerebrum since 

brain stem has not yet been validated for finite element modelling. 
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CONCLUSION 
 

 The purpose of this study was to report and compare the locations of the highest MPS 

values resulting from four specific impact events (collision, unhelmeted falls, helmeted falls and 

punch). The results of this study identified differences in regions within the cerebrum of highest 

MPS commonly associated with symptoms of concussive injury for each of the impact events. 

Previous studies have defined concussive injuries as diffuse, this study support these claims with 

the identification of unique strain fields dependent on the impact event. The strain levels within 

each of the strain fields could help explain the onset of multiple symptoms when concussed, 

while the amplitude of these strains may explain the duration of their presence. The results of 

this thesis could help provide important information in the development of head protection and 

impact material to protect and test against specific impact events /loading conditions common to 

that sport. 
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PART III 

Global discussion and conclusions 
 

 The purpose of this thesis was to compare and characterize four impact events creating 

concussive injuries by the kinematics of dynamic and brain tissue response. The first study used 

seventy-two (72) concussive injuries reconstructions categorized into four impact events of 

injury (Collisions, Helmeted falls, unhelmeted falls and punches) to compare peak dynamic 

response of the head and brain tissue metrics. The second study used the dynamic response time 

history curves from the first study to characterize the unique dynamic response elements for each 

of the different concussive injury impact events. The third study compared strain values within 

the different brain regions commonly associated with concussive symptoms per the different 

loading conditions.  

 The first study developed and used specific methodologies that accounted for mass, 

velocity and compliance specific to each specific impact event. Peak linear/rotational 

acceleration and impact duration data were gathered and compared between loading conditions. 

The resulting dynamic response time history curves were input into the UCDBTM to compare 

MPS and Von Mises stress values between impact events. All injury events fell within at least a 

25% risk for concussive injury except the collision impact event [Zhang et al., 2004; Kleiven, 

2007]. The collision event fell below the 25% risk of concussive injury, while other impact 

events resulted in higher injury risk, suggesting that current threshold may not account for all 

concussive injury conditions. This dataset is one the largest concussive injury reconstruction 

database represented by actual events specific to different impact events of its kind in literature 

to date. The methodologies created in this study may provide for more accurate injury risk 
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thresholds specific to loading conditions leading to concussive injury in future studies or for 

equipment safety standard development.  

The second study used the reconstruction data from the first study. While the first study focused 

on the reconstruction methodologies for the four injury conditions compared the peak dynamic 

response and brain tissue stress/strain values between these impact events, the second study 

looked to uniquely characterize each concussive injury event through dynamic response loading 

curve characteristics. Using a principal components analysis, the characteristics of the linear and 

rotational acceleration loading curves from the injury reconstructions were analyzed for each of 

the four injury events [Post et al., 2013]. The results of this study showed differences in the 

unique characteristics that best characterized each specific impact event. However, using one 

primary characteristic for each of the injury events may not be sufficient to describe injury risk 

due to low correlations values (30%). Thus, this research suggests combinations of 

characteristics are necessary to describe each concussive impact event. For example, the collision 

events might be characterized by directional resultant linear and rotational velocities, and linear 

acceleration loading rate, accounting for 50.5% of the total variance, while the punch events 

might be characterized by resultant rotation velocity, linear resultant loading rate and directional 

linear acceleration time to peak, accounting for 72.3% of the total variance. These results 

demonstrated the importance of the characteristics dynamic response time history curves for both 

linear and rotational acceleration from different impact events of injury in the creation of strain 

fields within the brain creating concussive injuries. This information could be useful in the 

identification and development of specific protective equipment standards unique to different 

impact events in various sports. This research also promotes the importance of using FE 
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modeling with injury reconstructions to gain a better understanding of the effects of specific 

characteristics of the dynamic response loading curves as they relate to brain tissue response.  

 The third study identified differences in global strain between the four concussive injury 

events for grey matter, white matter and brain stem. It also identified strain field differences 

between loading conditions by regions within the cerebrum commonly associated with 

concussive symptoms [Yang et al., 2009; Luppino & Rizzolatti, 2000; Price, 2000; Braddick et 

al., 2001; Purves et al., 2001; Creutzfeld et al., 1989a; Creutzfeldt et al., 1989b]. The results of 

this study produced significant differences between all four injury events for magnitude of strain 

in grey matter, white matter and brain stem. Further analysis of strain fields within regions of the 

cerebrum also resulted in significant differences in locations of the highest strain values between 

injury events. While this study was not correlating onset and duration of particular symptoms 

relative the location of the highest strain values, this information does show that the components 

making up a particular concussive injury event (mass, velocity, location and compliance) can 

affect the strain fields within the cerebrum. While previous research studies have demonstrated 

differences in location of strain within the brain dependant on impact location, no data has 

demonstrated strain field changes resulting from different impact events.  In addition, the results 

showed that location within the cerebrum producing the highest strain field is dependent on the 

concussive injury event. This research promotes the importance of using FE modeling with 

injury reconstructions in order to gain a better understanding the effects of specific 

characteristics of the dynamic response loading curves as they related to brain tissue response. 

Though the aim of this study was not to correlate onset and duration of concussive symptoms to 

location of the high strain, the methodology presented in this dissertation could open doors to 

this possibility in future research.  
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Conclusion 
 

 The purpose of this dissertation was to compare and characterize four specific concussive 

injury events (collisions, helmeted falls, unhelmeted falls and punches) by means dynamic 

response and brain tissue response characteristics through impact reconstructions of actual 

concussive injury events. The first study created the methodologies to reconstruct actual injury 

cases for each of the four injury events and compared peak linear and rotational accelerations 

and brain tissue response typically used in assessments for risk of concussive injury [Zhang et 

al., 2004; Kleiven, 2007]. Further analysis was completed in study two to characterize each 

impact event through specific characteristics of the dynamic response time histories curves (i.e. 

peak, slope, duration). The assumption here was that each impact event produced a different type 

of concussive injury through different characteristics of the dynamic response loading curves. 

Finally, the location of the peak strain within the brain was compared between loading 

conditions. The premise for this analysis was that if different loading conditions produce 

different types of concussive injury, then the different impact events might create different strain 

fields at different locations within the brain.  The result of the first study demonstrated that the 

four concussive injury events in this study do produce significant differences in terms of peak 

linear and rotational accelerations. Interestingly however, when comparing these peak responses 

to current risk for concussion thresholds [Zhang et al;, 2004; Kleiven, 2007], the collision event 

fell well below the 25% risk for injury, putting into question the validity of using peak dynamic 

response variables across all impact events. Further analysis examining the characteristics of the 

dynamic loading curves revealed that each impact event could be uniquely characterized by 

different kinematic metrics.  This information is likely more valuable in describing injury risk for 

that specific impact event over the current peak linear and peak rotational acceleration 
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thresholds. Finally, with onset and duration of symptoms following a concussive impact is often 

very unpredictable, the hope is that the results of this study will shed some light on the 

importance of the specific impact event and location within the brain of high strains. The third 

study demonstrated significant differences in strain field between the four impact events. Though 

not correlated to actual symptoms, it may help open the door to possibly relate symptoms to 

specific regions affected for specific impact conditions.  

 While current helmet manufacturers are expected to have their equipment pass 

regulartory standard testing, these tests typically are limited to one type of injury condition 

(Falling) [CSA, HECC, NOCSAE]. The information in this thesis shows that there is a need for 

protocols that require helmets to pass testing designed for several different impact events within 

that particular sport. Furthermore, future helmet design may consider development of liners that 

are better able to manage the specific dynamic response characteristics for the specific impact 

events commonly seen within that particular sport.  
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APPENDIX A 

Examples of concussive injury cases from the four (4) 

specific impact events in this study 
 

Collisions Impact Event 
 

Case #13 
 

Test ID:   [NHL-34] 

Date:   March 27, 2014 + May 27, 2014 

 

Event details 

Mechanism:  Collision 

Striking athlete:  [1.93 m; 10 kg] 

Helmet:  Reebok R7 + Oakley Straight Pro Visor 

Outcome:   

Reported concussion 

3 Previous Concussions 

Recovery time: End of season / Resumed play at start of the following season 

 

Video Analysis 

Impacting surface:  Shoulder 

Impact velocity:  10.17 m/s 

Impact location:  L1 - E 
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Impact orientation:  Rotation: 51 degrees 

Elevation (Impact):NA     

Extra: 

______________________________________________________________________________

______________________________________________________________________________

______________________________________________________________________________

______________________________________________________________________________ 

Velocity calculations  

 

Fig 1 Location of players 3 frames prior to impact 

Frame rate:    25 fps 

Frames:    3 

Reference distance:   length: 15.24 m  

    width: 8.38 m 

Time to impact:   0.12 s 

Distance travelled:   1.22 m 

Velocity:   10.17 m/s 



 

Impact location 

 

 

 

 

 

 

 

 

 

Fig 3 Reference coordinates 

 

Impact location:  L1-E 
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0° 

180° 

Impact orientation 

 

 

Fig 4 Impact orientation 

Impact orientation:   

Rotation: 51 degrees 

Elevation (Head): None 

Elevation (Impact): None  

 

 

Fig 5 Impact elevation 
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Helmeted Fall Impact Event 

Case #3 
 

Test ID:   [NHL54] 

Date:   April 30, 2014 

 

Event details 

Mechanism:  Fall 

Helmet:  Bauer 4500 [VN] 

Outcome:   

Reported concussion 

0 Previous Concussions 

Recovery time: 6 games / 17 days 

 

Video Analysis 

Impacting surface:  Ice 

Impact velocity:  5.2 m/s 

Impact location:  R5 - B 

    

Extra: 

______________________________________________________________________________

______________________________________________________________________________

______________________________________________________________________________

______________________________________________________________________________ 
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Velocity calculations  

 

Fig 1 Location of players 5 frames prior to impact 

 

Frame rate:    25 fps 

Frames:    5 

Reference distance:   length: 2.9 m  

    width: 1.22 m 

Time to impact:   0.2 s 

Distance travelled:   1.04 m 

Velocity:   5.2 m/s 



 

Impact location 

 

 

 

 

 

 

 

 

 

Fig 3 Reference coordinates 

 

Impact location:  R5-B 
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Unhelmeted Fall Impact Event 

Case # 10 
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Punch Injury Impact Event 

Case #14 
 

Test ID:   [MMA-0014] 

Date:   Aug. 30th 2014 

Researcher:  Marshall Kendall 

Event details 

 

Mechanism:  Punch 

Striking athlete:  [1.78 m; 236 lbs] 

Impacted athlete:    [1.86 m; 236 lbs] 

Outcome:   

KO 

 

Video Analysis 

 

Impacting surface:  Right fist 

Impact velocity:  8.1 m/s 

Impact location:  L1 – F (tip of chin) 

Impact orientation:  Rotation: 20 degrees  

Elevation (Impact): None    

Extra: 

______________________________________________________________________________

______________________________________________________________________________

______________________________________________________________________________ 

Velocity calculations  
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Fig 1 velocity of 7.1 m/s distance of fist to head was then divided by the time for the fist to hit 

head (defined by the number of frames (4 frames = 0.08 s)). 

 

Frame rate:    30 fps 

Frames:    2 

Reference distance:   length: 180 cm 

Time to impact:   0.0666s 

Distance travelled:   0.5394 

Velocity:   8.1 m/s 

Impact location 



 

 

 

 

 

 

 

 

 

 

 

Fig 3 Reference coordinates 

 

Impact location:  L1-F (turn head to 290 degrees)
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F (turn head to 290 degrees) 
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0° 

180° 

 

 

 

Impact orientation:   

Rotation: 290 degrees 

   Elevation (Head): None 

   Elevation (Impact): None 

  

Fig 5 Impact orientation 
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APPENDIX B 

Unbiased neckform comparison to Hybrid III neckform 
 

 

 

Table 1. Mean and standard deviation peak linear acceleration of a Hybrid III headform 

Impact Site Axis Hybrid III Unbiased Unbiased 50 

FPE15 R 292.9 (11.2) 343.9 (20.2) 343.9 (31.0) 

 X -291.3 (11.4) -341.1 (19.9) -341.2 (27.0) 

 Y -11.6 (1.7) -4.5 (14.8) -1.6 (28.8) 

 Z -12.1 (41.5) -17.9 (56.2) 14.7 (55.0) 

FBPA R 299.7 (62.7) 345.1 (20.8) 344.1 (8.0) 

 X -59.5 (15.2) -61.3 (5.6) -60.9 (3.4) 

 Y 293.9 (60.9) 340.0 (20.3) 338.7 (7.8) 

 Z -17.5 (3.4) -13.9 (0.8) -15.1 (1.0) 

SCG R 336.0 (5.4) 336.5 (2.1) 346.8 (9.1) 

 X -13.4 (1.2) -13.7 (3.3) -20.5 (5.2) 

 Y 335.5 (5.3) 335.1 (3.1) 345.0 (10.2) 

 Z -27.9 (0.2) 35.2 (10.5) 35.7 (10.8) 

RBNA R 233.7 (6.8)1 239.4 (1.7) 245.5 (3.5)1 

 X 51.6 (1.9) 51.9 (5.1) 53.1 (7.3) 

 Y 228.1 (7.0) 233.6 (0.9) 239.4 (2.3) 

 Z -22.6 (1.4) -22.1 (1.6) -22.2 (1.2) 

RNA R 218.7 (0.9) 239.7 (5.6) 215.0 (6.6) 

 X 191.0 (2.9) 209.6 (2.6) 185.9 (20.1) 

 Y 106.3 (3.3) 116.8 (6.8) 109.4 (13.0) 

 Z -38.2 (0.6) -35.7 (1.7) -30.4 (5.1) 

1 Significantly different at p < 0.05 

 

Table 1. Mean and standard deviation peak angular acceleration of a Hybrid III headform 

Impact Site Hybrid III Unbiased Unbiased 50 

FPE15 20.6 (0.5) 20.3 (1.0) 20.0 (1.0) 

FBPA 31.9 (8.0) 33.1 (2.6) 33.2 (1.5) 

SCG 28.5 (0.3)2 26.3 (0.8)2,3 27.7 (0.5)3 

RBNA 28.8 (0.5) 29.3 (0.3) 29.5 (1.3) 

RNA 19.3 (0.5) 18.7 (0.9) 18.7 (1.1) 

2 & 3 Significantly different at p < 0.05 

 


