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Abstract
Traumatic brain injuries (TBIs) are a major health and socioeconomic problem throughout the
world, with an estimated 10 million deaths and instances of hospitalization annually. Numerical
methods such as finite element (FE) methods can be used to study head injuries and optimize the
protection, which can lead to a decrease in the number of injuries. The FE head models were
initially evaluated for biofidelity by comparing with donated corpses experiments. However, there
are some limitations in experiments of corpses, including material degradation after death. One
feasible alternative to evaluating head models with living human tissue is to use reconstruction of
real accidents. However, the process of accident reconstruction entails some uncertainties since it is
not a controlled experiment. Therefore, a deeper understanding of the accident reconstruction
process is needed in order to be able to improve the FE human models. Thus, the aim of this thesis
was to evaluate and further develop more advanced strategies for accident reconstructions involving
head injuries.
A FE head model was used to study head injuries in accidents. Existing bicycle accident data was
used, as were hypothetical accident situations for cyclists and pedestrians. A FE bicycle helmet
model having different designs was developed to study the protective effect.
An objective method was developed based on the Overlap Index (OI) and Location Index (LI) to
facilitate the comparison of FE model responses with injuries visible in medical images. Three
bicycle accident reconstructions were performed and the proposed method evaluated. The method
showed to have potential to be an objective method to compare FE model response with medical
images and could be a step towards improving the evaluation of results from injury reconstructions.
The simulations demonstrated the protective effect of a bicycle helmet. A decrease was seen in the
injurious effect on both the brain tissue and the skull. However, the results also showed that the
brain tissue strain could be further decreased by modifying the helmet design.
Two different numerical pedestrian models were compared to evaluate whether the more timeefficient rigid body model could be used, instead of a FE pedestrian model, to roughly determine the
initial conditions as an accident reconstruction involves some uncertainties. The difference, in terms
of the head impact location, rotation and velocity, attributable to the two models was in the same
range as differences due to uncertainties in some of the initial parameters, such as vehicle impact
velocity.
Keywords
Head injuries; Accident reconstruction; Finite element analysis; Injury prevention; Helmet; Cyclist;
Pedestrian; Epidemiology
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Sammanfattning
Hjärnskador är ett stort hälso- och socialekonomiskt problem i världen. Det uppskattas att 10
miljoner människor drabbas av dödliga hjärnskador eller en hjärnskada som kräver inläggning på
sjukhus varje år. Numeriska metoder, såsom finita element (FE) metoden kan användas för att
studera huvudskador och optimera skyddssystem för att i sin tur minska antalet skador. FEhuvudmodeller har initialt utvärderats mot försök på donerade kroppar. Men det finns
begränsningar med donerade kroppar, som t.ex. att det sker en nedbrytning av död vävnad. För att
utvärdera modellerna mot levande vävnad kan rekonstruktioner av verkliga olyckor användas. Men
olycksrekonstruktionsprocessen innehåller också några osäkerhetsfaktorer. Därför behövs en ökad
förståelse av dessa osäkerheter i olycksrekonstruktionsprocessen för att kunna utveckla dagens
humana FE-modeller. Så syftet med denna avhandling var att utvärdera och utveckla mer
avancerade strategier för olycksrekonstruktioner av huvudskador.
En FE-modell av huvudet användes för att studera huvudskador i olyckor. Existerande olycksdata av
cykelolyckor användes samt hypotetiska olyckssituationer för fotgängare och cyklister. Dessutom
skapades en FE modell av en hjälm med olika design för att studera hjälmens skyddande effekt.
En objektiv metod baserad på ”Overlap Index” (mått på överlapp mellan modellsvar och medicinska
bilder) och ”Location Index” (mått på skillnad i lokaliseringen av skadan) har utvecklats. Metoden
utvärderades för tre cykelolycksrekonstruktioner. Metoden visade på potential att vara en objektiv
metod för att jämföra resultat från FE-modeller med medicinska bilder och kan ses som ett steg
närmare en objektiv utvärdering av skaderekonstruktioner.
Simuleringarna med och utan hjälm visade på en skyddande effekt av hjälmen. Både
påfrestningarna på hjärnvävnaden och skallbenet sjönk när en hjälm inkluderades i simuleringarna.
Men resultaten visade också att påfrestningarna på hjärnvävnaden kan vara ännu mindre med
andra hjälmdesigner.
Två numeriska fotgängarmodeller jämfördes för att undersöka om den mer tidseffektiva
stelkroppsmodellen kunde användas, istället för en FE-modell, för att grovt bestämma
initialvillkoren för den mer tidskrävande och detaljerad FE-modell eftersom en
olycksrekonstruktion innehåller flera osäkerheter. Resultatet visade att skillnaden i huvudets
islagspunkt på fordonet, rotation och islagshastighet mellan modellerna var i samma
storleksordning som andra initiala parametrar, som fordonshastighet.
Nyckelord
Huvudskador; Olycksrekonstruktion; Finita element analys; Skadeprevention; Hjälm; Cyklist;
Fotgängare; Epidemiologi
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Figure. Wrap Around Distance (WAD) and Bonnet Leading Edge (BLE).
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1 Introduction
Traumatic brain injuries (TBIs) are a major health and socioeconomic problem throughout the
world. Worldwide, an estimated 1o million people annually sustain TBI that result in mortality or
hospital admission (Hyder et al., 2007). In the US, TBI is a contributing factor to 30.5% of all
injury-related deaths, while around 1.7 million are treated at emergency departments or admitted to
hospital (Faul et al., 2010). It is estimated that 5.3 million people in the US and 7.8 million people in
Europe live with a disability resulting from TBI (Langlois et al., 2006; Tagliaferri et al., 2006). The
World Health Organization (WHO) expects TBI to be one of the major causes of death and disability
by the year 2020 (Hyder et al., 2007).
Head injuries are caused primarily by road traffic accidents, falls and violence. The distribution of
the three causes differs among different parts of the world (Faul et al., 2010; Hyder et al., 2007;
Tagliaferri et al., 2006). Road traffic accidents are the eighth leading cause of death globally and are
expected to advance to fifth place in 2030 if action is not taken (WHO, 2008, 2013). Vulnerable
road users (pedestrians, cyclists and motorcyclists) represent around 50% of road fatalities with a
higher percentage in the low- to middle-income countries (WHO, 2013). A more steady decrease in
the number of road traffic fatalities has been observed for vehicle occupants when compared to the
vulnerable road users over the last decade (OECD/ITF, 2014). Between 2000 and 2012, there was a
50% decrease in the number of vehicle occupants killed; for pedestrians, the decrease was 34%; 31%
for cyclists and 17% for motorcyclists. In fact, since 2010, there has been an increase in the number
of fatalities among cyclists (OECD/ITF, 2014).
To be able to prevent head injuries by developing and optimizing of protection systems and
prevention strategies, more knowledge about head injuries – in the form of epidemiology,
mechanisms of injury, and injury tolerances – is required. Five different surrogates are used today
to study injury biomechanics: Post Mortem Human Subjects (PMHS), human volunteers, animals,
Anthropometric Test Devices (ATDs) and computational models (Crandall et al., 2011). Each has
advantages and disadvantages.
In the automobile industry today, ATDs (often referred to as dummies) are used in regulatory tests
(Mertz and Irwin, 2015). Because they are used in such tests, there is a requirement of
reproducibility and repeatability, which impedes the biofidelity (Crandall et al., 2011). Automobile
manufacturers are developing increasingly complex safety systems, which place even higher
demands on the methods used to evaluate them. With increased computational power, computer
models are being used more and more frequently to optimize safety systems (Yang and Chou, 2015).
Computer models range from simple lump-mass models to detailed anatomically finite element
(FE) models (Crandall et al., 2011; Yang and Chou, 2015). The FE method is a numerical method
that can be used to solve complex problems. It was first introduced in structural mechanics, but is
used today in a very broad context (Bathe, 1996). The first FE head model was developed during the

1

1970s (Kleiven, 2002; Yang et al., 2006). With the growth in computer technology over the last
couple of decades, more and more detailed models have been developed (e.g. Doorly, 2007;
Giordano and Kleiven, 2014; Kimpara and Iwamoto, 2012; Mao et al., 2013; McAllister et al., 2012;
Takhounts et al., 2008; Willinger and Baumgartner, 2003; Zhang et al., 2004).
The accuracy of the model response is strongly dependent on the quality of the model. An FE model
can be developed to such detail that the effect of an impact can be studied on tissue level, e.g. the
stresses and strain in the skull and brain tissue. The first evaluations of the biofidelity of head
models were made by comparing the model response with PMHS experiments, such as intra-cranial
pressure (Nahum et al., 1977), intra-cerebral acceleration (Trosseille et al., 1992) and brain motion
(Hardy et al., 2007, 2001). The major limitations of PMHS experiments lie in the material
degradation of the tissue after death and the fact that the PMHSs do not display physiological
responses such as muscle activation and pressurized cavities (Crandall 2011). This results in partial
model validation. Alternative surrogates with living tissue are human volunteers and animals.
Animal models are sometimes used to study head injuries (e.g. Gennarelli et al. 1972; Ommaya &
Hirsch 1971), but one major difficulty with animal experiments is the scaling between data from
animals to the human being (Crandall et al., 2011). With human volunteers, the main issue is the
ethical perspective. A volunteer human can be exposed to sub injurious loads only (World Medical
Association, 2013). Using data from real accidents represents a feasible alternative to these
methods.
Therefore, as an alternative or the next step in evaluating the biofidelity of FE models has been to
study real accidents and subsequently reconstruct them, to allow the model response to be
compared with the injuries from real accidents, facilitating development of injury thresholds (e.g.
Deck and Willinger, 2008; Doorly, 2007; Kimpara and Iwamoto, 2012; e.g. Kleiven, 2007). An
example of the process involved in a bicycle accident reconstruction is provided in Figure 1.1. The
accident reconstruction begins with collection of accident data from the scene of the accident and
information about the victims such as anthropometry and injury description (first step from the left
in Figure 1.1). This information can then be used to determine the kinematics of the accident
(second step from the left in Figure 1.1), which in turn can be used to simulate the head impact by
applying the kinematics determined in the previous step and study the injury (third step from the
left in Figure 1.1). Activities that can benefit from accident reconstructions, such as protective
system, are shown at the bottom of Figure 1.1.
Until now, the majority of accident reconstruction studies have attempted to statistically correlate
the results from the simulations with the head injury severity seen in the real accidents and then,
based thereon, to derive injury thresholds, especially for concussions (e.g. Kimpara and Iwamoto,
2012; Kleiven, 2007; Patton et al., 2013; Zhang et al., 2004). Little attention has been paid to the
correlation of both injury severity and injury location.
The number of accident reconstructions involving numerical models is increasing. The optimal
accident data for a reconstruction would be footage from high-speed camera recordings of the event
and detailed information about the victim and the injuries suffered. This is not, however, the reality;
an accident reconstruction is not a controlled experiment. There are uncertainties in the input data,
e.g. the posture of the victim, which could affect the results of the injury prediction. However,
accident reconstructions are the closest we can get to studying injuries with living human tissue and
physiological response. Therefore, these accident reconstructions are vital in order to further
improve the numerical models of the human being.
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Figure 1.1. The process of performing a bicycle accident reconstruction divided into three steps: the accident where information about the accident is collected,
reconstruction of kinematics which is compared to the accident data and injury reconstruction which is compared to medical data. The bottom of the
figure shows how the accident reconstruction process can be implemented.

3
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2 Objectives
Accident reconstructions are a step towards improved numerical models of the human being aimed
at predicting injury. However, there are a number of uncertainties associated with accident
reconstructions. These uncertainties need to be examined in more detail and the process of
performing detailed injury reconstructions as presented in Figure 1.1 needs to be developed further.
Therefore, the aim of this thesis was to evaluate and further develop more advanced strategies for
accident reconstructions involving head injuries.
The specific objectives of the appended papers were as follows:
-

Paper A: To investigate the trend of hospital admitted head injuries in Sweden from 1987 to
2010 and to analyze the change of epidemiology concerning age, external cause, and types
of TBI.

-

Paper B: To introduce a novel image correlation method that can quantify the correlation
between an FE model and medical images and subsequently to apply this method to
reconstructions of head injuries in bicycle accidents.

-

Paper C: To evaluate the protective effect of a helmet in bicycle accident reconstructions
using FE modeling.

-

Paper D: To evaluate various helmet designs in several different loading conditions.

-

Paper E: To evaluate a rigid body pedestrian model and an FE human pedestrian model in
accident situations by comparing them in pedestrian-to-vehicle interaction with the focus
on head kinematics.
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3 The Human Head
The human head includes the skull, brain and scalp. The brain controls the body by receiving,
analyzing and coordinating the information and then sends out signals to the rest of the body. Head
injuries are caused by either contact or inertial loading (Holbourn, 1943; Ommaya and Hirsch,
1971). This chapter describes the anatomy, typical injuries, epidemiology, mechanisms of injury and
different injury criteria.

3.1 Anatomy
The central nervous system consists of the brain and the spinal cord. The human brain consists of
four major parts: brain stem, cerebellum, diencephalon and cerebrum (Figure 3.1a). The cerebrum
is the largest part of the brain and located superior to the diencephalon and cerebellum (Figure
3.1a). The cerebrum consists of two hemispheres that are connected to each other at the corpus
callosum and separated by the falx cerebri. The hemispheres can be divided into four lobes: frontal,
parietal, temporal and occipital (Figure 3.1b). In different lobes and hemispheres different sensory
and motor areas are found. The left hemisphere has functions such as numerical and scientific skills
as well as language while the right hemisphere is more artistic, responsible for functions such as
musical and artistic awareness and also provides space and pattern perception (Tortora and
Derrickson, 2007).
The outer rim of the cerebrum is made of the gray matter called the cerebral cortex, underneath is
the white matter and at the center the deep gray matter is found. The gray matter mainly contains
neuronal cell bodies, dendrites, unmyelinated axons, axon terminals and neuroglias (Tortora and
Derrickson, 2007). The white matter mainly contains myelinated and unmylinated axons (Tortora
and Derrickson, 2007).
The second largest part of the brain after the cerebrum is the cerebellum, which contains almost half
of all the neurons in the brain (Tortora and Derrickson, 2007). The primary function of cerebellum
is to control the muscular movement and also responsible for the regulation of posture and balance.
The diencephalon is located inferior to the cerebrum, which consists of the thalamus, hypothalamus
and epithalamus. The thalamus relays sensory input to the cerebral cortex. The hypothalamus
controls the autonomic nervous system that regulates contraction of smooth and cardiac muscles
and the secretions of many glands. The hypothalamus also produces hormones and regulates a
number of functions of the body such as emotions, hunger and body temperature.
The brain stem is a continuation of the spinal cord and consists of the medulla oblongata, pons and
midbrain. The medulla oblongata relays the sensory input and motor output between the brain and
the spinal cord. Many vital activities are controlled by the medulla oblongata and injuries to the
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medulla can be fatal. The pons connects the left and right hemispheres of the cerebellum. The
midbrain relays sensory input from the spinal cord to the thalamus and motor output from the
cerebral cortex to the pons.

a)

b)

Figure 3.1. The brain anatomy; a) a cross-section of the brain showing the main parts of the brain b) the lobes
of the cerebrum hemisphere. (Modified from Gray (1918))

The brain is covered and protected by the skull bones, the cranial meninges and cerebrospinal fluid
(CSF). There are three meninges covering the brain, from the outer layer to the inner layer: the dura
mater, arachnoid mater and pia mater (Figure 3.2). The skull and the face consist of 22 bones. The
bones have outer layers with a more dense bone called cortical bone and the inner volume is built of
trabecular bone and called diploë (Figure 3.2).
The cranial bones are covered by the scalp. The scalp is built up of four layers; the outer skin layer
(epidermis and dermis) followed by the dense connective tissue, aponeurosis, and loose connective
tissue (Figure 3.2). The thickness of the scalp varies depending on age and location (Hori et al.,
1972; Seery, 2002). Young (1959) found that the thickness varied from 3 mm in children up to 8 mm
in adults. The aponeurosis covers the vertex of the skull and is attached posterior to the occipitalis
muscle and anterior to the frontalis muscle. The aponeurosis is 1-2 mm thick (Seery, 2002). The
loose connective tissue is thought to account for the mobility of the scalp (Drake et al., 2009; Ellis
and Mahadevan, 2014).

Figure 3.2. Cross-section of the coronal plane of the head, showing the different layers of the scalp, skull bone
and the meninges. (Modified from Gray (1918))
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3.2 Injuries
Head injuries involve injuries to the scalp, skull and brain. Scalp and skull injuries are caused by
contact loading. Linear, depressed, hinge and skull base fractures are the major types of skull
fractures.
Brain injuries are caused by either contact loading or inertial loading (Holbourn, 1943; Ommaya
and Hirsch, 1971). Clinically, brain injuries are divided into two groups: focal and diffuse brain
injuries. The focal brain injuries are more localized and visible with standard imaging techniques
such as computer tomography (CT) and magnetic resonance imaging (MRI). Typical focal brain
injuries are epidural hematoma (EDH), subdural hematoma (SDH), subarachnoid hematoma
(SAH), intracerebral hematoma (ICH) and contusion. On the other hand, the diffuse brain injuries
are distributed throughout the brain and are usually not visible with standard imaging techniques.
The diffuse brain injuries are brain edema, concussion and diffuse axonal injury (DAI).
Brain hematomas are accumulated blood resulting from tearing of arteries or veins. In EDH, the
blood vessels in the dura or skull are torn and are bleeding into the epidural space. EDH is often
seen together with skull fracture (Freytag, 1963). They are most frequently found in the temporoparietal region (Smith, 2011). In SDH, the blood is accumulated between the dura and arachnoidal
meninges. Acute SDH (ASDH) is often caused by the rupture of the bridging veins but could also be
secondary to contusions (Smith, 2011). In SAH, the bleeding is accumulated in the subarachnoidal
space. ICH is most often found in the frontal and temporal lobes and superficial ICH are most likely
related to contusions (Smith, 2011).
Contusions represent bruising of the surface of the brain, which are often due to the relative motion
between the brain tissue and the irregular surface of the inner skull (Gean, 1994; Smith, 2011).
Therefore, contusions are often found in the frontal and temporal lobe with an irregular inner skull
surface (Gean, 1994; Smith, 2011). Contusions are most often found only in the gray matter (Smith,
2011) and can grow in size from the initial injury (Brott et al., 1997; Chang et al., 2006; Narayan et
al., 2008).
The diffuse brain injuries range from mild concussion with no loss of consciousness to cerebral
concussion with unconsciousness less than six hours and DAI with often prolonged
unconsciousness. The pathophysiological response is similar with primary damage to the white
matter (Gennarelli et al., 1998). Strich (1956) was the first to clinically discover DAI and referred it
to “diffuse degeneration of white matter”. DAI is commonly divided into three groups with increased
severity (Adams et al., 1989): Grade I with widespread axonal damage in the white matter of the
cerebral hemispheres; Grade II with also focal abnormalities in the corpus callosum; Grade III with
also axonal abnormalities in the rostral brain stem.
There exists no consensus in the definition of concussion, which is also referred to as mild traumatic
brain injury (mTBI). The World Health Organization (WHO) (Carroll et al., 2004) classified mTBI
as “an acute brain injury resulting from mechanical energy to the head from external physical
forces”. The clinical identification of concussion includes according to the WHO group, one or more
of the following criteria: confusion and disorientation, loss of consciousness less than 30 min,
posttraumatic amnesia for less than 24 hours and/or other transient neurological abnormalities;
and a Glasgow Coma Scale (GCS) score of 13-15, 30 minutes or later after injury. GCS is a clinical
scoring system developed in the 1970s to assess eye-opening (scale 1-4), best motor response (scale
1-6) and verbal response (scale 1-5) (Teasdale and Jennett, 1976). A score of less than 8 indicates a
severe brain injury, 9-12 moderate and 13-15 minor.
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Another injury scale used for the whole body is the Abbreviated Injury Scale (AIS), which is a simple
standardized method to classify injury type and severity ranging from 1 (minor) to 6 (unsurvivable)
(AAAM, 2005). The first version was presented in 1971 and has then been updated several times
with the latest version from 2008 (update of 2005 version) (AAAM, 2011). The body is classified
into nine regions: head, face, neck, thorax, abdomen, spine, upper extremities, lower extremities
and unspecified region. Some examples of classification according to AIS version 2005 for head
injuries are presented in Table 3.1.

Table 3.1. Examples of head injuries for the different AIS levels (AAAM, 2005).

AIS

Example

1

Minor

Headache
Scalp abrasion
Mild concussion with no LOC

2

Moderate

Tiny contusion, EDH and ICH (cerebrum)
Closed, simple vault fracture
Cerebral concussion with LOC <1 hour

3

Serious

Small contusion (cerebrum)
Base fracture
Severe concussion with LOC 1-6 hour

4

Severe

Large contusion (cerebrum)
Complex vault and base fracture
Mild DAI with LOC 6-24 hours

5

Critical

Major penetrating injury to the skull
Brain stem compression, contusion, infarction
DAI with LOC > 24 hours

6

Unsurvivable

Crush injury
Brain stem laceration, massive destruction, penetrating injury and
transection
LOC – Loss of consciousness

Another classification system is the International Classification of Diseases (ICD), which is a
standard diagnostic tool for epidemiology, health management and clinical purposes (WHO, 2015a).
In Sweden, since 1987 all in-patient care needs to be reported to the National Patient Register
(NPR) handled by the National Board of Health and Welfare (Socialstyrelsen, 2008). The NPR is an
individual based register. The information in NPR is divided into four groups: Patient data,
Geographical data, Administrative data and Medical data. In the Medical data group, main
diagnosis, secondary diagnosis, external cause of the injury or poisoning and procedures are coded.
The diagnoses and external causes are coded according to the ICD using version 9 until 1996 and
version 10 from 1997. The main diagnose is compulsory to report and in 2008 only 1.1% of all cases
in the NPR was missing the main diagnose, where one third was in psychiatry care (Socialstyrelsen,
2008). The head injuries are classified by the code 800-804 and 850-854 for version 9 and code
S00-S09 for version 10, see Table 3.2.
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Table 3.2. Head injuries classified in the International Classification of Diseases (ICD) version 9 and version
10 (Socialstyrelsen, 1987; WHO, 2015b).

ICD Version 9

ICD Version 10

800
801
802
803
804

S00
S01
S02
S03

850
851
852
853
854

Fracture of vault of skull
Fracture of base of skull
Fracture of face bones
Other and unqualified skull fractures
Multiple fractures involving skull or face
with other bones
Concussion
Cerebral laceration and contusion
Subarachnoid subdural and epidural
hemorrhage following injury
Other and unspecified intracranial
hemorrhage following injury
Intracranial injury of other and
unspecified nature

Superficial injury of head
Open wound of head
Fracture of skull and facial bones
Dislocation, sprain and strain of joints and
ligaments of head
S04 Injury of cranial nerves
S05 Injury of eye and orbit
S06 Intracranial injury
S06.0 Concussion
S06.1 Traumatic cerebral edema
S06.2 Diffuse traumatic brain injury
S06.3 Focal traumatic brain injury
S06.4 Epidural hemorrhage
S06.5 Traumatic subdural hemorrhage
S06.6 Traumatic subarachnoid hemorrhage
S06.8 Other specified intracranial injuries
S06.9 Unspecified intracranial injury
S07 Crushing injury of head
S08 Traumatic amputation of part of head
S09 Other and unspecified injuries of head

3.3 Epidemiology
The incidence of head injuries varies depending on country but is also dependent on the inclusion
criteria of the study (Roozenbeek et al., 2013). Many studies are based on hospital admission
records, which could underestimate the incidence of head injuries. Faul et al. (2010) found a
incidence of traumatic brain injuries (TBIs) in the US for emergency department visit of 465 cases
per 100,000 inhabitants, 94 cases per 100,000 inhabitants for hospital admissions and 18 cases per
100,000 inhabitants for deaths. Tagliaferri et al. (2006) reviewed TBIs in Europe and found an
average incidence of 235 cases per 100,000 inhabitants including both hospital visits and deaths. A
recent study by Feigin et al. (2013) attempted to include all TBI in two regions in New Zealand over
one year independent of injury severity and whether the cases were admitted to the hospital or not.
They found an incidence of TBI for all severities of 790 cases per 100,000 inhabitants whereas the
incidence of mTBI accounted for 749 of all the cases. Many of the epidemiological studies have been
performed in high-income countries whereas a higher incidence of head injuries is found in low- to
middle-income countries (Hyder et al., 2007).
Several studies have investigated the trend of the incidence of TBI for different parts of the world.
Kleiven et al. (2003) found a relatively constant rate of hospitalized head injuries for the whole
population in Sweden between 1987 and 2000. For other Nordic countries, a slight increase of the
hospitalized head injury rate was seen in Finland between 1991 and 2005 (Koskinen and Alaranta,
2008); while a decrease was seen in Denmark (Engberg and Teasdale, 2001). In US, Faul et al.
(2010) found an increase in the number of TBI for both emergency visits and hospital admission
between 2002 and 2006.
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The highest incidence of TBI has been found in the youngest or oldest age groups (Andelic et al.,
2008; Faul et al., 2010; Feigin et al., 2013; Kleiven et al., 2003; Roozenbeek et al., 2013). Faul et al.
(2010) found the highest rate of hospitalization and death in the 75+ age group. When including all
possible TBI, Feigin et al. (2013) found a greater than expected proportion of TBI in the population
younger than 35 years, which accounted for 70% of the TBIs. They found highest incidence for mTBI
for males and females aged 0-4 years and for moderate to severe TBI for males 15-34 years and
females 65+ years. Kleiven et al. (2003) and Koskinen & Alaranta (2008) found both a steady
increase of the incidence of head injuries among the older age groups and a decrease or relative
constant level for the younger age groups while Engberg and Teasdale (2001) found a decrease for
all age groups.
A higher rate of TBI has been seen for the male population. Koskinen & Alaranta (2008) found a
ratio between men and women to be around 1.5 over the whole study period while Feigin et al.
(2013) and Kleiven et al. (2003) found a ratio of around 2.
The most common head injury has shown to be concussion. In the hospital admission records a
proportion of concussion has been around 50-90% (Andelic et al., 2008; Kleiven et al., 2003;
Koskinen and Alaranta, 2008). Feigin et al. (2013) found a proportion of mTBI to be 95% when
including not only data from hospital admission records. In studies involving the Nordic countries a
decrease of concussion over the study periods was seen based on hospital admission data (Engberg
and Teasdale, 2001; Kleiven et al., 2003; Koskinen and Alaranta, 2008). As discussed by Borg et al.
(2011), this is most probably influenced by changes in guidelines of admissions of concussions
(Ingebrigtsen et al., 2000; Undén et al., 2013). An increase in the rate of hemorrhages was seen in
the same Nordic studies. In the meantime both Kleiven et al. (2003) and Engberg & Teasdale (2001)
showed a decrease of skull fractures. Andelic et al. (2008) reported that most contusions and
intracranial hemorrhages were found in the population of 55 years and older, cranial fractures in the
population of 20-54 years and one third of the concussions were found in the population of 0-14
years. Engberg & Teasdale (2001) found an increase of the mean age of structural brain injuries with
10 years between 1979 and 1993.
The external causes of TBI have shown to mainly be falls, transportation accidents and violence
(Faul et al., 2010; Feigin et al., 2013; Kleiven et al., 2003; Tagliaferri et al., 2006). Tagliaferri et al.
(2006) found in their review on the incidence of TBI in different European countries that
transportation accidents had highest incidence in the majority of the included studies and only a few
studies reported falls as the leading cause of TBI. In US, Faul et al. (2010) found that falls were the
leading cause of TBI for both emergency visits and hospital admissions but transportation accidents
were the leading cause of fatal TBI. Both in Sweden (1987-2000) (Kleiven et al., 2003) and in
Finland (1991-2005) (Koskinen and Alaranta, 2008) an increase of fall accidents and a decrease in
the incidence of transportation accidents was seen. Roozenbeck et al. (2013) stated in their review
that fall has now surpassed transportation accidents as the leading cause of TBI.
Tagliaferri et al. (2006) found that 74% of the TBI had a hospital stay of 2 days or less. Kleiven et al.
(2003) found an increase of shorter hospital stays over their study period. Also an increased length
of the hospital stay with increased age and injury severity was seen (Kleiven et al., 2003; Koskinen
and Alaranta, 2008).

3.4 Injury Mechanisms
Viano et al. (1989) defined injury mechanism as “a description of the mechanical and physiological
changes that result in anatomical and functional damage”. The injury mechanisms of head injuries
have been studied with animal experiments, PMHS experiments, physical models and FE models.
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The studies until now have suggested that head injuries can be caused by both contact and inertial
loading (Holbourn, 1943; Ommaya and Hirsch, 1971).
The mode of the loading has been widely discussed. Holbourn (1943) was the first to declare that
concussion was induced by rotation. Other studies have strengthened his hypothesis. Hirsch et al.
(1970) found no concussion in their experiments with monkeys when the rotational motion was
decreased and the translational motion was increased. Gennarelli et al. (1972) confirmed the
experiments by Hirsch et al. (1970). Since they found no cerebral concussion in their experiments
performed on monkeys when only applying translational motion while all the monkeys loaded with
head rotation sustained cerebral concussion. In both loading modes the animal sustained visible
lesions in the brain, such as SAH, SDH and contusions. Also experiments showed that bridging vein
rupture and contusion can be caused by rotational motion (Löwenhielm and Wenhielm, 1975;
Löwenhielm, 1974)
Other studies have argued that brain injuries are caused by translational motion. Ono et al. (1980)
concluded in their study that concussion did not correlate with angular acceleration but linear
acceleration. Gennarelli et al. (1971) stated that only focal injuries could be produced by
translational motion. Ommaya (1995) suggested that around 50% of the brain injuries were caused
by rotational motion and the other half was due to skull deformation. Zhang et al. (2004) studied
mTBI with an FE model and suggested that both translational and rotational acceleration could be
essential for injury to occur.
The research until now has shown that not only the type of head motion affect the brain tissue but
also the direction and duration of impact. Gennarelli et al. (1987) found in their experiments that
the axon in the brain was most sensitive to rotation of the head in the coronal plane and least in the
sagittal plane. They hypothesized this difference to be attributed to the geometrical differences of
the skull and brain. This was supported by the FE study by Kleiven (2006). He found the highest
max principal strain in the cortex for the horizontal plane rotation followed by coronal plane
rotation and sagittal plane rotation. However, in the brain stem and corpus callosum, which is
associated with diffuse axonal injury, the highest max principal strain was found for the coronal
rotation. Zhang et al. (2001) also used an FE model to study the influence of impact direction. They
found higher intracranial pressure, shear stress and shear strain in the brain stem and corpus
callosum for a lateral impact compared to a frontal impact.
Margulies and Thibault (1992) concluded from their animal models, physical models and analytical
models that the level of strain in the brain tissue was dependent on the peak change in rotational
velocity, the peak angular acceleration and the mass of the head. They hypothesized that the brain
could sustain higher peak angular acceleration when the change in angular velocity was low.

3.5 Injury Criteria
Both local and global injury criteria are used for evaluating the response of FE models. Local injury
criteria are derived on tissue level whereas global injury criteria are derived from global kinematics,
forces and moments.

3.5.1 Global Injury Criteria
The most commonly used injury criterion today in the industry is the global injury criterion Head
Injury Criterion (HIC) (Versace, 1971). HIC takes into account the resultant linear acceleration and
the duration, see Equation (3.1) where t 1 and t 2 is the initial and final time to maximize HIC either
over a time interval of maximum 15 ms (HIC 15 ) or 36 ms (HIC 36 ). Prasad and Mertz (1985)
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produced risk curves where 3000 was found to be 99% risk of a life threatening injury. In airbag
testing, a threshold of 1000 for HIC 36 and 700 for HIC 15 has been suggested for a 50th percentile
male (Eppinger et al., 1999). The validity of HIC as a brain injury criterion has been debated ever
since HIC was introduced (e.g. Kleiven, 2006; Margulies and Thibault, 1992) because no rotational
component is included and the direction sensitivity is not taken into account.

𝑡𝑡2
1
𝐻𝐻𝐻𝐻𝐻𝐻 = �(𝑡𝑡2 − 𝑡𝑡1 ) �
� 𝑎𝑎(𝑡𝑡)𝑑𝑑𝑑𝑑�
𝑡𝑡2 − 𝑡𝑡1 𝑡𝑡1

2.5

�

(Eq. 3.1)
𝑚𝑚𝑚𝑚𝑚𝑚

Several other different global injury criteria have been suggested but none has established an
acceptance globally in the industry. Some example of other global injury criteria will be given here
but for details the reader is referred to the corresponding reference. Newman (1986) suggested
Generalized Acceleration Model for Brain Injury Thresholds (GAMBIT), which combined rotational
and translational acceleration but no thresholds have been developed and no account is taken for
duration or direction. Further, Newman (2000) proposed Head Impact Power (HIP), which
included all six directions of acceleration normalized with coefficients but the values of the
coefficients were not determined available.
In previous years, Hardy et al. (2001, 2007) pointed out the importance of angular speed in
experiments describing the motion of brain with respect to the overall motion of the skull.
Moreover, Kleiven (2007) evaluated the relationship between head kinematics and injury,
suggesting that angular velocity components better correlated to mTBI than angular
acceleration.Global injury criteria taking only the rotational kinematics into account have also been
presented. Takhounts et al. (2013) presented the Brain Injury Criterion (BrIC), which is calculated
from the angular velocity. Kimpara and Iwamoto (2012) presented two different rotational injury
criteria. First, Power Rotational Head Injury Criterion (PRHIC), which is as a combination of the
rotational component in HIP implemented into the HIC calculation. Secondly, Rotational Injury
Criterion (RIC) that uses the same equation as defined for HIC but the resultant linear acceleration
is replaced by the resultant angular acceleration.
Peak values of linear acceleration, angular acceleration and peak change of angular velocity have
also been suggested as global injury criteria. Mertz et al. (1997) suggested from their dummy
experiments a 5% risk of skull fracture if the peak linear acceleration exceeded 180g and 40% risk if
the peak linear acceleration exceeded 250g. Ommaya and Hirsch (1971) suggested from their animal
experiments 1800 rad/s2 as a threshold for concussion whereas Margulies and Thibault (1992)
proposed a threshold for DAI of 10 krad/s2 and 100 rad/s. Löwenhielm (1974,1975) suggested a
threshold for ASDH and gliding contusions of 4500 rad/s2 or 50 rad/s (ASDH) and 70 rad/s
(gliding contusions).

3.5.2 Local Injury Criteria
Until now, different head injury metrics for different types of injuries have been suggested. They will
be reviewed here below. However, it should be stressed that two recent studies have shown that the
response in different head models to the same loading was different (Baeck, 2013; Ji et al., 2014),
which also will affect the thresholds for local injury criteria.
General Brain Injury
Ward et al. (1980) suggested from their FE simulations that pressure should be used to evaluate
brain injuries. Doorly (2007) suggested that strain rate together with product of strain and strain
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rate could be used when evaluating most types of injuries except contusions. Viano and Lövsund
(1999) found a best correlation with brain injury for product of strain and strain rate from their
experiments of brain and spinal cord impacts. Also King et al. (2003) hypothesized that strain rate
could play a role in brain injury. Willinger and Baumgartner (2003) suggested to use von Mises
stress to predict neurological lesions for the Strausbourg head model.
Concussion and Diffuse Axonal Injury
In experimental tests, strain has been shown to correlate well with DAI (Bain and Meaney, 2000;
Morrison et al., 2003). Bain and Meaney (2000) derived tissue-level thresholds for axonal damage
in the white matter using guinea pigs. They found a correlation between the strain in the optic nerve
and morphological and functional injuries. From the experiments, they suggested a strain threshold
of 0.21. They also stressed that this value was for guinea pigs but there is evidence suggesting that
the mechanical behavior of the central nervous system is similar between the species. However, the
threshold could be strongly dependent on the arrangement of the microstructure of the tissue.
Similar threshold with of 0.20 for the Lagrangian strain was found in the study by Morrison et al.
(2003), who studied the threshold for cell death with in vitro brain cell cultures.
FE studies with different head models have suggested several different local injury metrics for
diffuse brain injury. Zhang et al. (2004) proposed from 24 head impact reconstruction of American
football that the shear stress in the brain stem could be used to predict concussion. Takhounts et al.
(2008) suggested from their comparison with animal experiments that the cumulative strain
damage measure (CDSM) and maximum principal strain should by used for the SIMon FE head
model to predict DAI. Willinger & Baumgartner (2003) proposed von Mises stress as a local injury
metric for the Strausbourg head model with a threshold for moderate DAI of 22 kPa and severe DAI
46 kPa derived from their reconstruction of 64 accidents involving motorcyclist, American football
players and pedestrians. Anderson (2000) also used von Mises stress to correlate DAI between a
computer model and brain slices of sheep brain.
A study of impact of 58 American football players with the KTH Royal Institute of Technology head
model (Kleiven, 2007) showed a statistical correlation between concussion and the following local
injury metrics: first principal strain, strain rate, product of strain rate and strain, von Mises stress,
strain energy density, maximum positive pressure and magnitude of minimum pressure (Kleiven,
2007). Patton (2014) used the same head model but studied concussions in unhelmeted impacts of
Australian football. The suggested thresholds for 50% risk of concussion derived from helmeted and
unhelmeted football concussions for the KTH head model for different regions are presented in
Table 3.3.

15

Table 3.3. Thresholds for 50% probability of concussion derived for the KTH head model for different regions
of the brain and different local injury metrics.
Brain
stem

Cerebellum

Corpus
Callosum

GM

Midbrain

Thalamus

WM

First Principal Strain
(Kleiven, 2007)
(Patton, 2014)

0.14

0.13

0.21

0.26

0.15

0.27

0.15

0.13

0.26

von Mises Stress [kPa]
(Kleiven, 2007)

8.4

(Patton, 2014)

3.51

6.05

2.24

Product of Strain and Strain Rate [s-1]
(Kleiven, 2007)

10.1

(Patton, 2014)

2.76
Strain Rate

2.49
[s-1]

(Kleiven, 2007)

48.5

(Patton, 2014)

25.1

24.0

CSDM 5%
(Patton, 2014)

92.1%

71.7%

CSDM 10%
Kleiven 2007)

47%

(Patton, 2014)

35.8%
Strain Energy Density [kJ/m3]

(Kleiven, 2007)

2.1
Maximum Pressure [kPa]

(Kleiven, 2007)

65.8
Magnitude of Minimum Pressure [kPa]

(Kleiven, 2007)

55.1
GM – gray matter; WM – white matter

Contusion
Several studies have suggested that strain is a better predictor of contusion than stress or
intracranial pressure (Huang et al., 2000; Mao and Yang, 2011; Shreiber et al., 1997). Shreiber et al.
(1997) suggested, from their FE rat model, a threshold of 0.19 for the peak principal logarithmic
strain for contusions induced by vacuum. Mao & Yang (2011) suggested the following thresholds to
predict contusion volume after 24 hours in controlled cortical impacts: 0.265 for maximum
principal strain, 0.281 for maximum shear strain and 1.72E-5 J/mm3 for strain energy density. The
same research group also derived threshold for contusion volumes measured after 7 days and found
a threshold of 0.30 for the maximum principal strain (Mao et al., 2006). Doorly (2007) performed
fall accident reconstructions and found that negative pressure showed significantly higher values in
the contusion volume compared to the rest of the cerebrum in the University College Dublin (UCD)
head model. Also Willinger and Baumgartner (2003) suggested intracranial pressure as a predictor
for contusion.
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Hematoma
In experimental tests, thresholds for strain and stress of bridging vein rupture, that is associated
with subdural hematoma, have been determined (Lee and Haut, 1989; Löwenhielm, 1974; Monson
et al., 2003). Löwenhielm (1974) found a failure stretch of 20-70% depending on the strain rate.
Strain rate sensitivity was not seen in some other studies (Lee and Haut, 1989; Monson et al.,
2003). Monson et al. (2003) found that arteries were stiffer compared to veins. They found a failure
stretch and failure stress of 1.50 MPa and 4.34 MPa for arteries and 1.83 MPa and 2.82 MPa for
veins under dynamic loading.
Doorly (2007) suggested von Mises stress and maximum principal strain as local injury metrics for
subdural and subarachnoid hematomas in the UCD head model. For the Strasbourg head model,
global strain energy in the cerebrospinal fluid has been suggested to evaluate the risk of subdural
hematoma with a threshold of 6500 mJ (Willinger and Baumgartner, 2003). For the KTH head
model, first principal strain was found to have a good visual correlation of location with
intracerebral hematoma in one case (Kleiven, 2007).
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4 Review of Accident Reconstructions of Head Injuries
When searching literature databases on accident reconstruction and head injuries, the results show
that the number of publications has increased over the last decades. Although different methods
have been used, the general goal has been to perform accident reconstructions to better understand
head injury mechanisms as well as to compare the response of the computer models and the injuries
in order to determine injury thresholds. To be able to perform accident reconstructions of head
injuries, different types of information are required as described in Figure 1.1. This chapter will
review the accident reconstruction of head injuries performed until now divided into the three
different steps: accident data, methods to determine the kinematics and injury correlation.

4.1 Accident Data
The accident reconstructions of head injuries performed until now have used accident data collected
at different hospitals (Doorly, 2007; Post et al., 2015; Verschueren, 2009) or from accident
databases (Bourdet et al., 2014; Franklyn et al., 2005; Longhitano et al., 2005; Peng et al., 2014).
Examples of accident databases are the American database CIREN (Crash Injury Research)
(Longhitano et al., 2005) and the German database GIDAS (German-In-Depth investigation
Accident Study) (Otte et al., 2003).
GIDAS is one of the most commonly used databases for accident reconstructions. The database
consists of traffic accident cases collected in the area around Dresden and Hannover in Germany
(Otte et al., 2003). The collection takes place 12 hour/day with a shift of working hours every week,
starting either from 00:00 or 06:00. The investigation team goes out to the accident scene directly
after the accident occurred and the team consists of two technicians, a doctor, and a coordinator.
Around 2000 accidents are collected annually and 500 to 3000 pieces of information is collected
per accident. All types of vehicle accidents are collected and around 30% are accidents involving
collisions with pedestrians, bicycles and animals (Otte et al., 2003).

4.2 Determination of Head Kinematics in Accident
Reconstructions
Several methods have been used to determine the kinematics in accident reconstruction of head
injuries. Below follows a review of different methods that have been used as well as the sensitivity
and advantages/disadvantages of the methods.
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4.2.1 Rigid Body Simulations
Rigid body simulations have been used in many different accident reconstructions concerning
pedestrians (Hardy et al., 2008; Peng et al., 2013; Yao et al., 2006), cyclists (Bourdet et al., 2014;
Verschueren, 2009), race car drivers (Begeman and Melvin, 2002), equestrians (Forero Rueda,
2009), sport impacts (Fréchède and McIntosh, 2009; Newman et al., 1999) and falls (Doorly, 2007;
O’Riordain et al., 2003; Post et al., 2015).
The advantages with rigid body simulations are that they are time efficient and that the posture is
easy to reposition. The disadvantages are the limitation in the contact characteristics, not capable to
predict failure on tissue level and not being able to accurately model deformation of bodies
(Crandall et al., 2011).
Rigid Body Models
MAthematical Dynamic MOdel (MADYMO) software (TASS, 2012) is one of the most commonly
used dynamic rigid body software which can combine both multi body and FE techniques. However,
in previous accident reconstructions mainly the multi body component has been used. A multi body
system consists of a system of rigid bodies, which is defined by the bodies, the kinematic joints and
the initial conditions. The rigid bodies are defined by mass, location of center of gravity (CG),
moments of inertia and products of inertia. The shape of the bodies can also be defined as ellipsoids,
planes or cylinders, which are used when handling the contacts between different bodies. The
contact force is determined by the damping force, friction force and the elastic force (TASS, 2012).
The elastic force can be determined by a user-defined force-penetration curve.
Various MADYMO pedestrian models have been developed with different numbers of rigid bodies
and ellipsoids (Mizuno, 2003; van Hoof et al., 2003; Yao et al., 2006). The TNO model is commonly
used in traffic accident simulations (e.g. Hardy et al., 2008; Peng et al., 2012a) but have also been
used in non-traffic situations (e.g. O’Riordain et al., 2003; Post et al., 2015). The version 7.4 of the
TNO model consists of 52 rigid bodies and 64 ellipsoids together with 2 planes representing the
geometry of the model (TNO, 2012). The model is available in different sizes and the anthropometry
is based on data from anthropometric databases (Figure 4.1).

Figure 4.1. The TNO pedestrian models, from left to right: 3 years old, 6 years old, 5th percentile female, 50th
percentile male and 95th percentile male.
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The model has been compared with experiments on component level and in full scale pedestrian
vehicle impacts. The contact characteristics of the different body segments have been taken from the
published literature and optimized by comparing impactor tests to corridors of experimental tests
for the lower extremities, pelvis, abdomen, thorax and shoulder. Further details can be found in the
study by van Hoof et al. (2003). The whole body kinematics has been compared to pedestrianvehicle experiments of Post Mortem Human Subject (PMHS). Van Hoof et al. (2003) performed
comparison with eighteen PMHS-vehicle experiments with a vehicle velocity between 25 and 40
km/h. They found that an average ratio between the head impact location in the simulations and
experiments were 94.8% (minimum 84.5% and maximum 99.8%) for the x-coordinate and 94.6%
(minimum 85.5 and maximum 99.5%) for the z-coordinate. The head impact velocity was only
evaluated for three experiments and the peak value had a ratio of 80.0% (minimum 75.8% and
maximum 88.0%). The ratio of peak acceleration and timing of peak varied for different body
segments and experiments between 27.8-76.5% for the peak value and 0-91.5% for the timing of
peak value. Elliott et al. (2012a) also evaluated the TNO model against pedestrian-vehicle
experiments with both PMHS and dummies. They found in two impacts against a mid-sized sedan
that the TNO model had shorter wrap-around distance (WAD) compared to the experiments.
However, for impacts against a small city car the WAD from the simulations was close to the
experiments. They also found that the time when the head impacted the vehicle had an error
between -15% to 11% and between -23% and 36% for head impact velocity relative to the PMHS
experiments.
Simulations of Accident Situations
O’Riordain et al. (2003) reconstructed five different falls with the TNO model and compared the
simulation output to the injuries documented for the victims. They found that the output in terms of
velocities, accelerations and forces were more sensitive to the head contact characteristics than the
initial velocity (varying ±0.1 m/s and ±0.1 rad/s). In one of the cases, the peak linear acceleration
was decreased by more than 50% when the head contact characteristics was changed from the
defaults force-penetration curve to PMHS impact experimental data presented by Yoganandan et al.
(1995). Fréchède & McIntosh (2007) also found the head contact characteristics to give a significant
difference in kinematics when reconstructing impacts in unhelmeted Australian football. Their
sensitivity study also included other parameters such as change of impact location, which was
shown to influence the peak angular acceleration. The impact velocity influenced mostly the injury
criteria HIC and HIP. The friction coefficient, orientation of the impact and the neck stiffness had
no significant influence on the evaluated variables.
Doorly (2007) reconstructed falls by using the TNO model to determine the acceleration and then
studied the head impacts using an FE head model. She correlated the kinematics with the
descriptions given from the eyewitnesses and evidence from the scene of accident. She also
evaluated the sensitivity to velocities, rotation and orientation of joints in the fall accidents. The
sensitivity study showed that especially in the fall just in one plane without twisting still good
agreement was seen even if a parameter was changed up to 50%. The largest variation in velocity,
acceleration and impact force was found when a higher falling height than standing was
reconstructed, which gave the victim more time for voluntary motions that was not modeled.
Reconstructions of fall by fainting have some degrees of uncertainties but it does not evolve as many
parameters as when reconstructing e.g. a pedestrian, bicycle or vehicle accidents which involve
interaction with other objects and also voluntary motion of the victim. Many studies concerning the
influence of different parameters in pedestrian accident reconstructions have been presented. Below
follows a summary of different parameters that have an influence on the kinematics in pedestrian
accident reconstructions using rigid body models.
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Pedestrian velocity:
- Affects upper body rotation so that an increased pedestrian velocity gives a more anterior
head impact location (J. R. Elliott et al., 2012b).
- Soni et al. (2013a) found in an analysis of variance (ANOVA) of 40 MADYMO simulations
that the head impact location on the windshield both in the width and length direction was
affected by the pedestrian velocity rather than the position of the struck leg (the leg closest
to the vehicle at impact).
Pedestrian rotation relative to the vehicle:
- Coley et al. (2001) showed a variation of the head impact velocity between 10.6 and 13.7 m/s
when altering the rotation of the pedestrian ±30 degrees with maximum impact velocity
occurring when the pedestrian was facing towards the vehicle.
Pedestrian stance:
- Several studies (J. R. Elliott et al., 2012b; Kendall et al., 2006; Meissner et al., 2004; Peng
et al., 2012b; Simms and Wood, 2006) have shown that the pedestrian stance is important
for upper body rotation. These studies concluded that the struck leg backward stance
resulted in a more anterior head impact and struck leg forward resulted in a more posterior
head impact.
Vehicle Geometry:
- Vehicle type has shown to have a large influence on the pedestrian kinematics (Mottola et
al., 2013; Peng et al., 2012b). The bonnet leading edge (BLE) height relative to the CG of the
pedestrian has shown to affect the kinematics of the pedestrian (Kerrigan et al., 2007).
- Elliott et al. (2012) altered the vehicle front height ±5 cm and the largest difference was
seen in displacement in the vehicle’s width direction (-41%) followed by head impact
velocity (14%), displacement in the vehicle’s length direction (11%) and least in head
rotation (1%).
- Liu et al. (2002) found that BLE height was the most dominating factor for the head velocity
and the effect of bumper center height and protrusion distance of the bumper was small.
Vehicle velocity:
- Several studies have shown an increased WAD with increased vehicle velocity (Mottola et
al., 2013; Peng et al., 2012b).
- Also a less influence of other parameters was seen when the vehicle velocity was increased
(J. R. Elliott et al., 2012b; Mottola et al., 2013).
Vehicle braking and vehicle pitching:
- Konosu (2002) found that braking had little effect while pitching had more influence as this
gave a change in the relationship between pedestrian CG and bonnet leading edge (BLE)
height. Pitching gave an increased WAD.
Vehicle stiffness:
- Elliott et al. (2012) showed that an increase or decrease of the BLE stiffness of 50% gave
small difference in WAD and head rotation (1-2%).
- Other studies with MADYMO (Coley et al., 2001; Liu et al., 2002; Yao et al., 2007) have
found that the stiffness has little effect on head kinematics before head impact but large
influence on global injury criteria.
- Coley et al. (2001) found a small variation in head impact velocity between 12.1-12.4 m/s
when altering the front-end stiffness ±10%, ±20% and ±40%.
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Within the European project APROSYS (Advanced Protective System), ten pedestrian accident
reconstructions were performed, where the kinematics of the pedestrian was determined by
MADYMO simulations (Hardy et al., 2008). The vehicle model was modeled with ellipsoids and the
force-penetration curve was taken from EuroNCAP tests (see Section 5.2) of the actual vehicle
model or a similar vehicle model. The results from the accident reconstructions were evaluated by
comparing the impact locations in the simulations with the dents documented on the vehicle from
the accident. The agreement of head impact location varied between 0.01-0.3 m. Peng et al. (2013)
also performed pedestrian accident reconstructions with MADYMO but in their case they took the
vehicle stiffness from generalized force-penetration curves developed by Martinez et al. (2007).
They stated that the comparison between the WAD, throwing distance and injuries was used to
correlate the results of the reconstruction with the real accident. A similar approach was used for
bicycle accident reconstructions performed by Bourdet et al. (2014). Within their study they also
performed a comparison between two different MADYMO models for one accident. The resultant
velocity was similar (6.8 and 6.9 m/s) but the velocity components had a large difference with an
impact angle of 14° and 42°, respectively.
Bourdet et al. (2012) evaluated the influence of different input parameters in single bicycle
accidents (skidding or hitting a curb). The linear velocity of the cyclist had a large influence on the
head impact velocity (maximum 95%) and to some extent the impact location on the head
(maximum 31%). The angular velocity of the bicycle/cyclist complex showed to be important for the
impact location on the head (maximum 74%). In the skidding accidents, bicycle roll showed to be
important for the head impact velocity in the normal direction (maximum 62%) and the impact
location on the head (maximum 51%); while in the situations hitting a curb an influence of all
parameters except the head impact velocity in the tangential direction was seen. In the hitting curb
situations, the vertical hip positions influenced the resultant and head impact velocity in the normal
direction as well as the head impact location.

4.2.2 Finite Element Simulations
The finite element (FE) method is a numerical method used to solve complex problems that are
difficult to solve analytically. The problem is divided into small elements and a solution is
determined for every element. The usage of FE models has increased with increased computational
power (Yang and Chou, 2015). FE models can be modeled in such detail so that the deformation on
tissue level can be studied. Numerous of different material models are available for defining the
properties of the different tissues.
The contacts are handled differently compared to the MADYMO software as described above. In the
FE software LS Dyna, the contact is often penalty-based. The user defines the contact surfaces; a
master surface and a slave surface. For every time step different algorithms search for penetration
between the master and slave surfaces. If a penetration is found a force that is proportional to the
penetration depth and material stiffness is applied to resist the penetration (Hallquist, 2006).
Several models of the human body have been developed both on component level, e.g. head, neck
and lower extremities, and on full body level. Few studies until now have used FE models to
determine the head kinematics in accident reconstructions of head injuries. The limited numbers of
studies are affected by the fact that FE simulation requires more computational time compared to
rigid body simulations as well as the fact that for the moment the rigid body models are easier to
reposition. The advantages with FE models are that they have the potential to model physiological
response such as muscle activation and predict injury on tissue level (Crandall et al., 2011).
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Finite Element Models
One of the full body models on the market is the THUMS model (Total Human Model for Safety)
developed by Toyota Motor Corporation (TMC) in cooperation with Toyota Central R&D Labs
(Figure 4.2). The model is available in different versions (1-4) with increased level of details in
newer versions. The model is available both as a sitting occupant model and a standing pedestrian
model. Three different human sizes are available: 6 years old child, 5th percentile female and 50th
percentile male (Fressmann et al., 2007). Version 2 and 3 is improved versions of version 1. Version
4 is built from other CT and MRI scans and the internal organs are modeled with further details.
The THUMS model version 1 has been compared with experiments on both component and full
body level (Iwamoto et al., 2000a, 2000b; Maeno and Hasegawa, 2001; Oshita et al., 2002; Tamura
et al., 2006; Yasuki and Yamamae, 2010).

Figure 4.2. The THUMS pedestrian model version 1.4.

One of the head models on the market is the one developed at KTH Royal Institute of Technology
(Kleiven, 2002, 2007). The model consists of all the main components of the head: scalp; skull;
brain; meninges; cerebrospinal fluid (CSF); eleven pairs of the largest parasagittal bridging veins; a
simplified neck including an extension of the brain stem into the spinal cord. More detailed
information about the head model can be found in Kleiven (2007).
The model has been compared with experiments on localized brain motion by Hardy et al. (2001,
2007) and Kleiven & Hardy (2002), intra-cerebral acceleration and pressure for long duration (40
ms) by Trosseille et al. (1992), and intra-cranial pressure for short duration (8 ms) by Nahum et al.
(1977). In the relative motion experiments an average difference of magnitude was between 25.3%
and 62.1% for the different brain motions directions (frontal, occipital and lateral) (Kleiven, 2006).
The intracranial pressure for short duration impulses had a difference in maximum pressure
between 0.3% and 9.7% for the different locations (Kleiven, 2006). The intracranial pressure for
longer duration showed less good correlation with a difference in magnitude of the pressure
between 32.3% and 183.5% but the intracranial acceleration in the same experiments showed a
difference in magnitude between 0.6% and 15% (Kleiven, 2006). The difference could be partly
explained by the introducing of air in the experiments (Trosseille et al., 1992)
Simulations of Accident Situations
Dokko et al. (2003) presented a study where they used a full body FE model of a pedestrian
developed by Honda to determine the head kinematics in two pedestrian accident reconstructions.
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They used a two dimensional vehicle geometry made up of mild steel. One difficulty with FE
reconstructions of pedestrian accidents is the availability of the correct vehicle models. The vehicle
type has shown to be important for the kinematics of the pedestrian (Mottola et al., 2013; Watanabe
et al., 2012). Various methods of modeling the vehicle in a vehicle to pedestrian accident
reconstruction have been used such as in-house models, vehicle models from databases or
simplified models. Autoliv, University of Virginia, and Honda have worked with simplified vehicle
models (buck models) that were modeled with either only engineering materials and simplified
surfaces or rigid surfaces attached to springs (Asanuma et al., 2014; Pipkorn et al., 2012; Suzuki et
al., 2011; Takahashi et al., 2011; Untaroiu et al., 2010). Suzuki et al. (2011) compared the buck
model built of only engineering materials with a detailed FE model of the same vehicle and found
some difference between the trajectories with maximum difference in vertical displacement for the
head (69 mm) and maximum difference in x-displacement for the pelvis (41 mm). Some
improvements of the model were done by Pipkorn et al. (2012). Asanuma et al. (2014) evaluated the
buck model with rigid surfaces and found a good match for the trajectory of the head, spine and less
good match for the pelvis when evaluated the response by the biofidelity ranking parameter
developed by Rhule et al. (2002).
Other studies have evaluated the influence of different parameters in pedestrian accident situations
with FE models. Below follows a summary of the influence of different parameters on the pedestrian
kinematics in pedestrian-vehicle collisions found in FE studies.
Pedestrian velocity:
- Tamura and Duma (2011) found that the pedestrian velocity had little effect on injury
severity but affected the upper body rotation when the pedestrian was hit by a SUV (sport
utility vehicle). An increase in pedestrian velocity gave a more anterior head impact location
and a larger displacement in the vehicle’s width direction.
Pedestrian rotation relative to the vehicle:
- Tamura et al. (2008) found a large influence on maximum head velocity and cumulative
strain damage measure (CSDM) when the THUMS model was rotated ±30° and ±60°
around the inferior-superior axis in a lateral impact situation. The head velocity was lowest
when the pedestrian models was oriented 60 degrees away from the vehicle, around 7 m/s,
and highest when oriented 60 degrees towards the vehicle, around 10 m/s. Similar results
were found in the European project ASPECSS (Assessment methods for integrated
pedestrian safety systems) (Mottola et al., 2013).
Pedestrian stance:
- Alvarez et al. (2013) and Mottola et al. (2013) showed that the struck leg stance was
important for the rotation of the upper body. The struck leg backward stance resulted in a
more anterior head impact while the struck leg forward stance resulted in a more posterior
head impact. An increased in WAD has been seen for the struck leg forward stance where
the difference was significant for all vehicle types except MPV (multi-purpose vehicle)
(Mottola et al., 2013).
Vehicle geometry:
- A difference in head kinematics was seen between different vehicle types. Han et al. (2012)
found, in their THUMS simulations, that the head impact velocity was higher for both
pedestrian sizes (177 respectively 165 cm) for the mid-sized sedan compared to the three
other vehicle types (minicar, one-box vehicle and SUV).
- Several studies have also shown a larger WAD for impact near the corner of the vehicle
compared to the center (Mottola et al., 2013; Okamoto et al., 2003; Watanabe et al., 2012).
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Vehicle velocity:
- Both the studies of Watanabe et al. (2012) and Han et al. (2012) concluded that the vehicle
velocity was the primary factor for severe injuries.
- An increase in WAD was seen when the vehicle velocity was increased (Mottola et al., 2013;
Watanabe et al., 2012).
Vehicle braking and pitching:
- Untaroiu et al. (2010) altered both the braking (1.0g) and pitching (1 degree), which gave an
increased WAD and decreased head impact velocity (6.9-8.6%). The differences were larger
for a mid-sized sedan compared to a large sedan (WAD increased with 52 and 28 mm,
respectively).
- Meanwhile Kawabe et al. (2012) applied only braking (0.79g), which gave a decrease of
WAD in 20 km/h (around 10 cm) and 40 km/h (less than 5 cm).
- Mottola et al. (2013) found that braking in combination with pitching gave mostly increased
WAD except in low velocities for the 50th percentile male.
Vehicle stiffness:
- Asanuma et al. (2014) found a similar head trajectory with a maximum difference in vertical
and horizontal displacement around 0.1 m for a variation of vehicle stiffness.
Pedestrian size:
- Watanabe et al. (2012) showed an increased WAD with increased pedestrian height.
Muscle activation:
- Alvarez et al. (2013) investigated the influence of neck muscle activation on head kinematics
and found a small difference in head rotation (2-27° rotation around the three axis). The
difference in resultant head impact velocity was less than 2% for vehicle velocity 40 km/h
and 6% for 20 km/h.

4.2.3 Dummies
Post et al. (2013; 2015) used a Hybrid III dummy head and neck attached to a monorail to
determine the kinematics for the head in fall accident reconstructions. The initial velocity of the
dummy was determined by MADYMO simulations. The orientation of the Hybrid III head was
determined by the location of the scalp swelling, which was assumed to indicate the head impact
point. They also compared the dummy impacts with the MADYMO simulations of the same
accidents and found large difference in magnitudes of kinematics between the methods (the ratio of
peak values of resultant angular and linear acceleration between the MADYMO and dummy method
was 0.28-1.43).
Franklyn et al. (2005) performed full crash tests using two vehicle models and dummy models to
determine the head kinematics in car accident reconstructions. Before the full scale tests were
performed, the accidents were analyzed using rigid body simulations and FE simulations. The
results of the reconstruction were compared with the vehicle damages found in the accident and the
injuries sustained by the victims.
Newman et al. (1999, 2000, 2005) reconstructed American football impacts with Hybrid III
dummies. They performed the reconstruction with two dummy models, one stationary and one with
the relative velocity determined from the video-analysis. They tested the accuracy of the method by
comparing two staged impact scenarios and found that the error was less than 17% for the linear
head acceleration and up to 25% for the peak angular acceleration (Newman et al., 2005).

26

The dummy models have human anthropometry and have roughly the human anatomy but they are
developed with the requirements of being robust which is likely to affect the biofidelity (Crandall et
al., 2011).

4.2.4 Post Mortem Human Subjects
Few accident reconstructions have been performed with PMHS most probably due to the high cost
and the availability of PMHS (Crandall et al., 2011). However, the PMHS is humanlike with the
same anthropometry and anatomy but they do not give physiological response (Crandall et al.,
2011).
Serre et al. (2006) performed both MADYMO simulations and full scale tests with PMHS for one
pedestrian accident and one bicycle accident. They a similar WAD (maximum 4 cm difference)
found for the two methods but a large difference in throwing distance for the pedestrian accident (5
m) and smaller difference for throwing distance for the bicycle accident (1 m).

4.2.5 Video Recordings
Several research groups have used video recordings to determine the head kinematics in different
accident situations (Kleiven, 2007; McIntosh et al., 2000; Newman et al., 1999). The quality of the
output from the video recordings is strongly influenced by the quality of the film and the number
and position of the cameras. McIntosh et al. (2000) evaluated the accuracy of the video analysis
method and found that the error could be up to 22% but could be limited to less than 10% if the
projection angle error was kept under 20°. Newman et al. (2005) also evaluated the accuracy of the
kinematics determined from video recordings and found an error up to 11% of the relative velocity.
Video recordings could also be a help to determine the posture of the victim just before the
accidents, which could influence the impact kinematics. Guo et al. (2006) tried to reconstruct an
pedestrian accident and estimated the vehicle velocity from surveillance cameras. One limitation
with surveillance cameras is the low number of frames per second.

4.2.6 Analytical Methods
Analytical methods are not so widely used to determine the kinematics of the head in accident
reconstructions but have been used e.g. to determine the velocity of the vehicle in pedestrian
accident situations (e.g. Simms et al., 2004).

4.2.7 Instrumentations
Instrumentations of protective system, such as helmets and mouthguards, have been used to collect
head kinematics in sport impacts. One of the instrumentations is the HIT system (Rowson et al.,
2011), where HIT stands for Helmet Impact Telemetry. The HIT system is a nine accelerometer
array that is mounted to the helmet and together with a computational algorithm the linear and
angular acceleration can be determined. Numerous of impacts have been collected from American
football and ice hockey games (Greenwald et al., 2009; Lindley et al., 2012). However, the validity of
the system has been questioned(Allison et al., 2011; Beckwith et al., 2012; Jadischke et al., 2013). An
in-house comparison between the HIT system and the Hybrid III dummy head showed better
correlation for linear acceleration than angular acceleration. The coefficient of determination from
the linear regression was 0.903 for linear acceleration and 0.528 for angular acceleration (Beckwith
et al., 2012). Jadischke et al. (2013) evaluated the system in American football helmets by
comparing the data from the HIT system and the accelerometer of the Hybrid III head in linear
impactor tests. They found that 50% of the impacts had an absolute error of over 15% and the rootmean-square error was 59.1% for peak linear acceleration.
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Another instrumentation used to measure head kinematics is a mouthguard instrumented by an
accelerometer that measures the acceleration in six degrees of freedom (Camarillo et al., 2013). The
in-house evaluation against the accelerations in the anthropometric test device found normalized
root-mean-square errors of 9.9 ± 4.4% for linear acceleration, 9.7 ± 7.0% for angular acceleration
and 10.4 ± 9.9% for angular velocity.

4.3 Injury Prediction
Mainly two methods have been used for injury reconstruction of head injuries with FE models, the
boundary prescribed motion method and the initial velocity method (Figure 4.3). With the
boundary prescribed motion method, the kinematics is applied to the head by applying the velocity
or acceleration over time on the head’s CG. With this method the contact is not treated explicitly,
instead it is determined in the simulations where the kinematics is taken from. With the initial
velocity method the contact is calculated in the injury reconstruction simulation.

Figure 4.3. The two methods used for reconstructing head injuries with FE models: boundary prescribed
motion method (left) and initial velocity method (right). In the boundary described motion
method a linear and angular acceleration is applied on the head’s CG. In the initial velocity
method the linear and angular velocity just before impact is applied to the head model and the
head interacts with the impacting surface.

Baeck (2013) performed a pilot study to compare the two different methods of reconstructing head
injuries. She evaluated the methods with one bicycle accident by applying accelerations to the KTH
head model’s CG. The accelerations were obtained from MADYMO simulations either including the
whole body or only the head. She also used the head orientation from the MADYMO simulation just
before impact and applied the initial velocity on the FE head. The peak value of the first principal
strain was found to vary between 0.31 and 0.52 with the highest peak value found in the initial
velocity methods and lowest in the boundary prescribed method with acceleration from the full body
simulations.
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4.3.1 Injury Severity
Head injury severity in accident reconstructions has been evaluated with both global and local
injury criteria. For example in the APROSYS project both global injury criteria from the MADYMO
simulations for the whole body and with local injury criteria using an FE head model were
determined (Baumgartner et al., 2007; Hardy et al., 2008; Mordaka et al., 2007). Some of the
accidents were evaluated with both the KTH head model and the Strasbourg head model. In both
the FE studies the peak values of first principal strain for the KTH model and pressure, von Mises
stress or global strain energy for the Strasbourg head model was used to evaluate the injury severity
and compared with the documented injuries. Baumgartner et al. (2007) concluded that the
Strasbourg model was better in predicting non-injury cases than predicting the injury cases. In the
study by Mordaka et al. (2007) an agreement with head injury severity was seen but the strain
values were lower compared to the injury severity in one case, which could be due to an additional
impact to the ground after the pedestrian hit the vehicle.
The reconstructions by Newman et al. (1999, 2000, 2005) of American football impacts have been
used to suggest thresholds for concussions for different head models by performing both injured
and non-injured impacts (Deck and Willinger, 2008; Kimpara and Iwamoto, 2012; Kleiven, 2007;
Zhang et al., 2004). Different number of cases has been reconstructed in the above mentioned
studies (between 24 and 58 cases).
The sensitivity of the local injury metrics on the input data has only been studied to some extent.
Mordaka et al. (2007) altered the impact velocity ±50% in a pedestrian accident reconstruction and
found that the peak first principal strain in the brain varied between 0.05 and 0.32 for the three
impact velocities. Alvarez et al. (2014) used the same head model and evaluated how different
impact directions, impact velocity and impact point due to muscle activation and different postures
would affect the peak strain in the brain. The study showed that there was a large difference in peak
values of the strain in the brain tissue when the struck leg was either backward resulting in a more
anterior head impact (peak strain 0.31) or forward resulting in a more posterior head impact (peak
strain 0.61) supporting the hypothesis that the brain is sensitive to both impact location and
direction (Gennarelli et al., 1987; Kleiven, 2006).

4.3.2 Injury Location
Most of the previous studies have attempted to derive probability values for certain injuries, with a
major focus on concussion. Little attention has been put into correlating the injury location. Three
different methods to evaluate injury location have to the authors knowledge previously been
presented. Doorly (2007) and Post et al. (2013; 2015) evaluated injury locations for fall accidents
with the University College Dublin (UCD) head model. They compared the response of the head
model with CT scans by testing if there existed significant difference between the mechanical
response parameters in elements that corresponded to the injury found in the medical images and
the rest of the elements of the cerebrum (Doorly, 2007; Post, 2013; Post et al., 2015). Doorly (2007)
evaluated the response in the UCD FE head model for nine different injury metrics. She evaluated
the location of peak values, average values and performed t-tests for the mean peak value between
the injured volume and 52 selected elements in the rest of the cerebrum. No significant difference
between peak value and injury location was found but for some injury metrics a considerably higher
average value was found within the injured volume. Strain rate and product of strain and strain rate
showed significant difference between elements in the injured region and the 52 selected elements
for most injuries and therefore suggested as a suitable parameter for general brain injury.
Post et al. (2013; 2015) evaluated head injuries in twenty fall accidents using UCD head model by
scaling the head model according to the dimensions of the subject’s head. They used similar
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methods as described by Doorly (2007) but evaluated if there existed any significant difference
between the injured volume and the rest of the cerebrum regarding the peak values for five different
injury metrics and the average value of maximum principal strain and von Mises stress. For the
peak values a significantly higher value was found in the cerebrum not including the injured volume
for a majority of the cases. For the average maximum principal strain and von Mises stress
significant higher values for the majority of cases were also found in the volume outside the injured
volume.
Also visual comparison between medical data, either CT scans or brain tissue slices, with the
response of an FE head model has been performed. Dokko et al. (2003) investigated the capability
of predicting the injury location using the Wayne State University Head Injury Model (WSUHIM) in
two fatal pedestrian accident reconstructions. They compared the first principal strain with
histologically stained brain tissue slices indicating DAI and concluded that the model was capable of
predicting the occurrence of DAI, but not of predicting all locations of DAI.
Anderson (1999) also used stained brain tissue to indicate DAI in sheep and compared that to the
von Mises stress in an FE model of a sheep. Some similarity was found when comparing the areas
with highest von Mises stress in the model with the area of injuries in the animal model. A trend,
but not a significant one, was seen with the increasing area of injury at the area with high stress.
The KTH head model has also been used in accident reconstructions where the response of the
model has been compared to CT scans (Baeck, 2013; Fahlstedt et al., 2012; Kleiven, 2007; von Holst
and Li, 2013). Kleiven (2007) performed a reconstruction of one motocross accident and found the
location of the intracerebral hematomas (ICH) from medical images to visually correspond well with
the pattern of maximum principal strain in the FE model. On the contrary, the pattern of
intracranial pressure did not agree well with the locations of injury. Fahlstedt et al. (2012)
reconstructed one bicycle accident and the highest strain level was found in the area of injury
documented from the medical images. When the head initial velocity and head impact direction
were altered in this case some difference in the location of highest strain were seen when examining
the strain pattern visually.
Mao and Yang (2011) performed controlled cortical impacts using a rat FE model and evaluated the
response compared with experiments. They found spatial similarity by visual comparison for
maximum principal strain, maximum shear strain and strain energy density. The threshold was
then determined by finding the minimal total residual contusion volume and minimal percentage of
error in the contusion volume.
The method presented by Doorly (2007), Post et al. (2015) and Mao & Yang (2011) took the
cumulative effect of the brain tissue response into account while the other methods only evaluated
the injury location for one specific time when the maximum value occurred.
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5 Countermeasure
There are several protective systems and prevention strategies on the market for head injuries. This
chapter will focus on head protection in bicycle accidents, namely bicycle helmets, and pedestrian
accidents, and how these systems are evaluated.

5.1 Bicycle Helmets
The design of bicycle helmets has evolved during the last century from minimal leather helmets to
today’s helmets. A typical certified helmet today has an energy absorbing liner, most commonly
consisting of expanded polystyrene (EPS), covered by a hard shell and fixed with a chin strap and
sometimes also a head retention system (Figure 5.1). However, there are also alternative helmet
designs on the market or under development, which will be reviewed in more detail in section 5.1.4.

a)

b)

Figure 5.1. a) Two different typical helmets b) To the left a cross-section of a helmet showing the EPS liner
and the outer hard shell and to the right the helmet from behind, showing the head retention
system.

5.1.1 Bicycle Helmet Use
The helmet use is fluctuating between different countries and age groups. Some countries, such as
Australia and New Zealand, have mandatory helmet use for all ages and a relative high rate of
helmet use, above 75% (Bambach et al., 2013; Povey et al., 1999). While some countries, e.g.
Sweden, have mandatory helmet use for only children (OECD/ITF, 2014). In Sweden the average
helmet use in all age groups is 37% while for children (6-15 years) it is 66% (Larsson, 2015). Klein et
al. (2005) evaluated the helmet use in different European countries for young adolescents (11-15
years old) and found a large variation between the countries, with e.g. 39% in Norway and 2% in the
Slovak Republic. An increasing trend of helmet use has been seen during the last decade (Larsson,
2015; Richard et al., 2013).
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There exists a debate on the helmet legislation (Fyhri et al., 2012; Macpherson and Spinks, 2008;
Robinson, 2007). The arguments from the ones that are against helmet legislations are that less
people will be cycling since they feel it is dangerous to cycle; a decrease in the number of cyclists will
lead to less awareness of other road users and the ones that cycle with a helmet will be exposed to
greater risk (Fyhri et al., 2012; Robinson, 2007).

5.1.2 Bicycle Helmet Test Standards
A helmet needs to pass a standardization test to be certified. The first standardization test for
bicycle helmets was introduced in 1970 (British Standard 4544:1970) (Hynd et al., 2009).
Nowadays, there are different standards in the world for certifying bicycle helmets. Most of these
have requirements on the construction, impact, retention systems, coverage and vision. A
comprehensive summary of different standards and the different requirements can be found in
Hynd et al. (2009).
The helmet is tested for one to three different impact surfaces depending on the standard. The
European standard (EN1078 for adults and children and EN1080 for young children) includes two
impact surfaces, a flat and a kerbstone (EN1078, 2012), while other standards also include either a
hemisphere surface or a cylindrical surface.
In the European standard, a helmet placed on a dummy head is dropped at a velocity of 5.42 m/s
and 4.57 m/s for the flat and kerbstone surface, respectively. To pass the impact test, the resultant
peak linear acceleration of the head should not exceed 250g. The American standard (CPSC) (CPSC,
1998) has a pass criterion of 300g but the impact velocity is higher, 4.8 m/s and 6.2 m/s. The
Australian/New Zealand standard (AS/NZS 2063) (AS/NZS 2063:2008, 2008) has a pass criterion
of a peak value of 250g but also the acceleration should not exceed 200g for more than 3 ms and
150g for more than 6 ms.
However, criticisms around the current standard tests have been raised mainly due to the fact that
no oblique impacts are included and only linear acceleration is measured (Aare and Halldin, 2003;
Halldin and Kleiven, 2013; Hynd et al., 2009; J.A. Newman, 2015; McIntosh et al., 2011). Several
alternative designs for helmet test methods have been suggested. One suggested design is to drop
the experimental head and helmet against an angled surface (Deck et al., 2012). Another design is
that the experimental head and helmet is dropped against a moving plate (Halldin et al., 2001; Mills
and Gilchrist, 2008a; Pang et al., 2011). In these tests the Hybrid III dummy head is either free
(Deck et al., 2012; Halldin et al., 2001; Mills and Gilchrist, 2008a) or attached to the Hybrid III
neck which is mounted to a vertical rail (Pang et al. 2011). The influence of the neck on the helmet
performance and other challenges such as biofidelity, instrumentation, impact situations and pass
criteria need to be further addressed before implementing a new test standard (Halldin and Kleiven,
2013; McIntosh et al., 2011).

5.1.3 The Protective Effect of Bicycle Helmets
Many studies have evaluated the protective effect of bicycle helmets with different study designs, all
with their own advantages and disadvantages. Many population-based cohort studies as well as
case-control studies have been conducted to evaluate the performance of the bicycle helmet (e.g.
Amoros et al., 2012; Attewell et al., 2001; Bambach et al., 2013; Thompson et al., 1999). A Cochrane
review including five case-control studies found that the helmet could reduce the risk of head and
brain injuries by 63% to 88% for all ages. Amoros et al. (2012) also found a reduced risk of head
injuries when wearing a helmet and further concluded that the reduction of head injury risk was
greater for more severe injuries. There are some limitations of the epidemiological studies that have
been discussed in several publications (Bambach et al., 2013; Curnow, 2007; Elvik, 2011). A concern
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in case-control studies has been the choice of the control group. Bambach et al. (2013) evaluated the
protective effect of helmets with two different control groups, either individuals admitted to the
hospital and not admitted to the hospital with no or minor head injury (Control 1), or person
admitted to the hospital without head injury (Control 2). A similar result was found for both groups
but slightly smaller odds ratio for Control 2. There are also confounding factors that could affect the
results when comparing the cyclists wearing or not wearing a helmet. Bambach et al. (2013) found
in their study that unhelmeted cyclists displayed more risk behavior such as being more likely to
disobey a traffic control and more likely to have a blood alcohol concentration over 0.05 while
helmeted cyclists were more likely to cycle in zones with higher vehicle speed.
In addition to the epidemiological studies, experimental studies have been performed with and
without a helmet. McIntosh et al. (2013) evaluated two different types of helmets using a drop test
with a moving plate that gave an oblique impact (Pang et al., 2011). They found a reduction of HIC,
peak linear acceleration, angular acceleration and the impact force in tests with a helmet. Another
drop test study by Cripton et al. (2014) performed radial impacts both with and without a bicycle
helmet. In average the peak linear acceleration in the helmeted cases was 4.2 times smaller
compared to the unhelmeted cases. Mizuno et al. (2014) performed experimental tests of Japanese
child bicycle helmets against different vehicle surfaces and found a reduction of HIC for the
helmeted case for impacts against the hood, roof header and A-pillar. However, a higher HIC was
found for impacts to the windshield for the helmeted cases, which they concluded to be due to the
fact that in the helmeted cases the head was subjected to a longer impact period until the glass
broke. A limitation with all the experimental studies is the difficulty to represent real accidents.
McNally and Whitehead (2013a, 2013b) evaluated the difference between wearing and not wearing a
helmet by performing accident scenario simulations using the rigid body program MADYMO. In one
of their studies (McNally and Whitehead, 2013a), they evaluated the protective effect of the helmet
in both in single accidents and accidents involving a vehicle where the cycling velocity varied
between 2 and 14 m/s. The comparison was done by evaluating HIC in relation to AIS severity. They
concluded that the helmet reduced the risk of AIS3+ by an average of 40% and eliminated all AIS≤2
head injuries. In another study by the same group (McNally and Whitehead, 2013b), they evaluated
bicycle accidents involving children and concluded that the fatality risk was significantly reduced by
helmet use. Ito et al. (2014) used an finite element (FE) head model to evaluate a helmet in one
impact against the A-pillar. They found that skull fracture was eliminated and the strain level in the
brain tissue was also decreased in the helmeted case.
Despite the results presented above a rather aggressive discussion about the protective effect of
bicycle helmets has been conducted (Curnow, 2005, 2007; Elvik 2011; Robinson, 2006, 2007)
where most of the critic has been on the epidemiological studies. Curnow (2003, 2007) argued that
there is no evidence in the epidemiological studies that the helmets protect the victims from brain
injuries. Since the brain is more sensitive to rotational kinematics than linear kinematics
(Gennarelli et al., 1972; Holbourn, 1943), which was not discussed in the epidemiological studies.

5.1.4 Different Helmet Designs
Some studies have evaluated alternative helmet designs in an attempt to optimize the helmet (e.g.
Asiminei et al., 2009; Forero Rueda and Gilchrist, 2012; Hansen et al., 2013; Mills and Gilchrist,
2006; Teng et al., 2015). Mills and Gilchrist (2006) found when using FE simulations that the
protective effect could be increased with a liner with decreased density and increased thickness. A
research group at the KU Leuven has evaluated an anisotropic foam for the liner (Asiminei et al.,
2009). They performed an FE study of helmet performance when changing the liner to anisotropic
foam and showed a reduction of the linear acceleration up to 69% (Asiminei et al., 2009). Another
group have also tried to increase the effectiveness of the helmet by modifying the liner to a
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honeycomb material (Hansen et al., 2013). They tested the helmet both experimentally and with FE
simulations. The results showed a reduction of 14% for linear acceleration, 34% for angular
acceleration and between 22-32% for the neck loading of the Hybrid III neck. The Strasbourg FE
head model was also used to evaluate the effect on brain tissue and a 39% reduction for the von
Mises stress was seen. Teng et al. (2015) performed FE simulations according to the EN1087
standard and compared a helmet with a semispherical cone liner to a traditional liner. They found
that the modified liner was able to decrease the level of peak resultant linear acceleration up to 24%.
Besides the above mentioned efforts on improving the helmet liner, other innovative designs of
helmets have been developed. One example is the MIPS (Multi-directional Impact Protection
System) helmet that introduces a low friction layer between the inner surface of the liner and the
scalp (MIPSHelmet, 2014). The helmet’s design attempts to reduce the rotational violence to the
head. Another design with the same purpose is the SuperSkin helmet (PhillipsHelmets, 2013) that
has a skin layer that can move outside the outer shell of the helmet. A third example is the 6D
helmet, which has two layers of EPS separated by dampers that make it possible for the liners to
move relative each other (6D) (6D Helmet, 2015).

5.2 Pedestrian Safety
Pedestrians are one of the most vulnerable road user groups, accounting for 22% of all fatal road
user victims (WHO, 2013). Since 1997, the vehicle design for pedestrian safety is rated by
EuroNCAP (New Car Assessment Program) through subsystem impactor tests (EuroNCAP, 2015).
Four system tests are performed (Figure 5.2): adult headform against the bonnet or windscreen
base, child headform against the bonnet, upper legform against the bonnet leading edge (BLE) and
the legform against the bumper.
The headforms are semispherical made of aluminum and covered by rubber material. The adult
headform has a mass of 4.8 kg and is propelled against the vehicle in 40 km/h with an impact angle
of 65° measured from the ground (Euro-NCAP, 2014). The child headform with a mass of 2.5 kg is
subjected to a similar impact condition, but with different impact angle of 50° measured from the
ground (Euro-NCAP, 2014). The adult headform is impacted to different locations on the vehicle but
the area is limited to wrap around distance (WAD) of 1700-2100 mm and the child headform area is
limited to WAD of 1000-1500 mm (Euro-NCAP, 2014). The linear acceleration is measured at the
center of gravity (CG) of the headform from which the HIC value is calculated.
Until November 2012 the rating of pedestrian safety had three levels (green, yellow and red)
(EuroNCAP, 2011) and after November 2012 the rating is divided into five levels (green, yellow,
orange, brown and red) (Euro-NCAP, 2014). The limits for the different levels for the head impactor
are for green HIC 15 <650, yellow 650≤ HIC 15 <1000, orange 1000≤ HIC 15 <1350, brown 1350≤
HIC 15 <17000 and red HIC 15 > 1700 (Euro-NCAP, 2014). Ohlin et al. (2014) evaluated the vehicle
with different performance in the EuroNCAP tests and found that high performing cars reduced the
proportion of MAIS2+ and MAIS3+ for both cyclists and pedestrian but slightly more for
pedestrians. MAIS is the maximum AIS in a patient with multiple injuries (AAAM, 2005).
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Figure 5.2. The four sub impact test in the EuroNCAP – Pedestrian Testing Protocol.

Head injuries have shown to be strongly influenced by the stiffness of the vehicle surface and the
available space for deformation underneath the surface. Fredriksson et al. (2007) concluded in their
FE study that a clearance between the hood and the underlying rigid parts of 60 mm at 20 km/h and
80 mm at 30 km/h could reduce the severity of brain and skull injuries. Both deployable hoods and
airbags have been introduced as a safety countermeasure in pedestrian safety (Simms et al., 2015).
Also primary countermeasures such as warning systems and auto-braking to reduce the speed at
impact have been introduced in newer vehicle models (Simms et al., 2015).
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6 Methods
In this section the methods used within this thesis are described. Section 6.1 explains the methods
used for Paper A. The computational models used in the remaining papers (B-E) are described in
section 6.2. The accident data used in Paper B and Paper C is described in 6.3. The details of the
image correlation method in Paper B are presented in section 6.4. The study of the protective effect
of bicycle helmets is described in section 6.5. The model comparison of the rigid body and finite
element (FE) models is described in section 6.6.

6.1 Epidemiology of Head Injuries in Sweden
The data from the National Patient Register (NPR) has been used to investigate the trend of head
injuries in Sweden. The data used in this study was limited to main diagnoses of head injuries
(ICD9: 800-804; 850-854 and ICD10: S02-S06) of the in-patient care between 1987 and 2010. A
patient was only included on the initial admission. Patients without clinical signs of neurological
deficiency were observed without performing computerized tomography while those with clinical
signs of neurological deficiency were always investigated with computerized tomography.
The influence of age on the head injuries was also evaluated by stratifying the population into
different age groups. The external causes of the head injuries were evaluated by the ICD code from
NPR (ICD9: E800-E999 and ICD1o:V00-Y99) and divided into five accident groups: fall,
transportation, violence, other and unspecified external causes. The length of hospital stay was also
evaluated based on the data from NPR.
The annual incidence was calculated between 1987 and 2010 by using the mean population for each
year. The population in Sweden increased from 8.4 million in 1987 to 9.3 million in 2010.

6.2 Computer Models
A FE head model was used in Paper B-E (section 6.2.1). Two pedestrian models (section 6.2.2) were
used in Paper E together with two vehicle models (section 6.2.4). In Paper C and D computer
models of helmets were used (section 6.2.3).

6.2.1 FE head model
The FE head model developed at KTH Royal Institute of Technology (Kleiven, 2007) has been used
in this thesis (see section 4.2.2). The model has been modified on two aspects, the material
properties of the skull bone and the scalp model. The skull bone was modeled with an isotropic
constitutive model with plasticity to take into account the possible loss of load-bearing capacity at
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high contact loading. The cortical bone was limited to a yield stress of 80 MPa according to
experiments performed by McElhaney et al. (1970) and the trabecular bone to 32 MPa according to
experiments by Melvin et al. (1970) and Robbins & Wood (1969).
The scalp was modeled using four solid eight-node elements throughout the entire thickness (Figure
6.1). All four layers were modeled with a hyperelastic material model (MAT_OGDEN_RUBBER in
LS Dyna). Hyperelasticity is path-independent and fully reversible. The stress is derived from strain
energy function. It can be shown that the stored strain energy for a hyperelastic material, which is
isotropic with respect to the initial unstressed configuration, can be written as a function of the
principal strain invariants (λ 1 , λ 2, λ 3 ) of the right Cauchy-Green deformation tensor, i.e. W=W(λ 1 ,
λ 2, λ 3 ) (Ogden, 1984).
To model the material as an unconstrained material a hydrostatic work term is included in the
strain energy function, which is a function of the relative volume J and the bulk modulus K (Ogden,
1984). The strain energy function is presented in Equation 6.1, where α i and µ i are Ogden constants.
In the form presented in Equation 6.1, the volumetric effects have been eliminated from the
principal strain invariants (λ 1 , λ 2, λ 3 ). The stress tensor corresponding to the strain energy density is
derived according to Equation 6.2, where S ij is the second Piola-Kirchhoff stress and E ij is Green’s
strain tensor. In addition, rate effects are taken into account through linear viscoelasticity by a
convolution integral of the form presented in Equation 6.3. The stress presented in Equation 6.3 is
added to the stress tensor determined form the strain energy function (Equation 6.1). The stress
relaxation function G ijkl was represented by two prony series given by Equation 6.4, where G i
represents the shear relaxation moduli, and β i are the decay constants.
3
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(Eq. 6.3)

(Eq. 6.4)

A first order Ogden hyperelastic constitutive model and corresponding parameters was fitted using
spectrum approximation as described by Puso and Weiss (1998) to include the non-linear elasticity
described by Krouskop et al. (1998) for the three layers below dermis. To obtain the material
constants, the iterative least-square algorithm of Levenberg-Marquardt (MathWorks, 1994) was
used. The fitting of the data is presented in Figure 6.2. For epidermis and dermis, material constants
from Crichton et al. (2011) were used. All the material constants are presented in (Table 6.1).
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Table 6.1. The material properties for the different layers of the scalp.

Density

[kg/m3]

Poisson's ratio
µ 1 [Pa]
α1

Scalp (dermis)

Scalp (adipose tissue)

1133

1133

≈0.5

≈0.5

129800

3992

24.23

8.8216

G 1 [kPa]

1348

G 2 [kPa]

1572

β 1 (1/s)

3.0303

β 2 (1/s)

0.404

µ i -shear modulus; α i – Ogden exponent; G i – shear relaxation modulus; β i – decay constant;

Figure 6.1. The KTH head model with the different layers of the scalp.
Constraints between the galea aponeurotica and the skull bone were modeled at the height of the
eyebrows at the front (Figure 6.1) and at the superior nuchal line at the rear, which represent the
insertions of the galea aponeurotica (Drake et al. 2009). The modified scalp model more accurately
reflects the anatomical details and constitutive properties.
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Figure 6.2. Curve fitting of the first order Ogden material model for the three layers underneath the dermis.

6.2.2 Full Body Model
For the pedestrian accident simulations in Paper E, two different types of full body models were
used, FE and rigid body models. The FE pedestrian model representing a 50th percentile male was
the THUMS model (version 1.4) developed by Toyota (Toyota Motor Corportation, 2006). But the
head and neck were replaced with the more detailed models developed at KTH Royal Institute of
Technology (Alvarez et al., 2013; Hedenstierna and Halldin, 2008; Kleiven, 2007). The rigid body
pedestrian model was the MADYMO 50th percentile model developed by TNO (version 7.4.2) (TNO,
2012). A comparison of both the TNO and THUMS models with the corridors developed from
vehicle-PMHS (Post Mortem Human Subjects) experiments by Kerrigan et al. (2005) presented in
Figure 6.3 from Paper E.

Figure 6.3.Comparison of the head and pelvis trajectories in the xz-plane for the THUMS pedestrian model
(black solid line with open circles) and TNO pedestrian model (gray solid line with closed circles)
with the corridors (gray area) derived from PMHS tests by Kerrigan et al. (2005). The lines
between the curves indicate a time interval of 20 ms.
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6.2.3 Helmet Models
Three different helmet designs were developed with in this thesis, named Baseline, Helmet 1 and
Helmet 2. All three helmets had the same geometry, where Helmet 1 and Helmet 2 were
modifications of the Baseline helmet.
The Baseline helmet’s liner of expanded polystyrene (EPS) was constructed from CAD surface of a
helmet available on the market and meshed with four-node tetrahedral elements using HyperMesh
(version 11). The outer surface of the helmet was covered with three-node triangular shell elements
(Belytschko-Tsay) with a thickness of 0.5 mm. The head retention system was modeled with eightnode hexahedral elements and four-node quadrilateral shell elements. The helmet model consisted
of 45,192 tetrahedral elements for the liner, 4,723 triangle shell elements for the outer shell, and 62
shell elements for the head retention system together with 12 hexahedral elements.
The EPS liner was modeled with a honeycomb material model (MAT_126 in LS Dyna (LSTC, 2014)).
The uniaxial stress-strain curve was derived from experimental tests of the physical helmet’s EPS
liner. The shear stress-strain curve was scaled data of in-house experimental tests of another EPS
liner having a lower density. The shear stress was scaled with the same ratio as for the uniaxial
stress for the two different EPS liners. The material curves are presented in Figure 6.4. The outer
shell of the helmet was modeled with an elastic material model (MAT_001 in LS Dyna). The head
retention system was modeled with the same elastic material for the shell elements and low density
foam (MAT_057) for the solid elements.
The liner material properties of Helmet 1 were adjusted to a liner with lower density by reducing the
material properties by 25%. The material curves and the material constants are presented in Figure
6.4 and Table 6.2 for both models.
The difference between Helmet 2 and the Baseline helmet was that Helmet 2 had an extra sliding
layer between the scalp and helmet. This sliding layer was modeled with shell elements (0.8 mm
thickness) and an elastic material model (density 1160 kg/m3, Young’s modulus 1.6 GPa and
Poisson’s ratio 0.45). The sliding layer was attached with four springs to the liner. The friction
coefficient between the liner and the sliding layer was set to 0.2. A friction coefficient of 0.5 was
used between the scalp and the sliding layer as well as between the liner and scalp. The same friction
coefficient was used for the Baseline helmet and Helmet 1. In all three helmet designs, the friction
coefficient between the helmet and the impacting surface was set to 0.5.

Figure 6.4. The material curves for the liner, Baseline Helmet (black solid line) and Helmet 1 (gray solid
lines).
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Table 6.2. The material constants for the Baseline Helmet, Helmet 1 and Helmet 2.
ρ [kg/m3]

E [MPa]

υ [-]

σ p [MPa]

εd

Baseline Helmet/
Helmet 2

86

≈24

0.05

0.71

0.72

Helmet 1

65

≈15

0.05

0.53

0.90

ρ – Density; E - Young’s modulus; υ - Poisson’s ratio; σ p – uniaxial stress at plateau; ε d – uniaxial strain at densification

The Baseline helmet was compared with four experimental tests performed using the KTH helmet
test rig (Aare and Halldin, 2003). The ratio of the peak value between the FE simulations and
experimental tests had an average of 92% and the ratio of timing of the peak value had an average of
82%. More details about the comparison between the experimental tests and simulations can be
found in Appendix 1.

6.2.4 Vehicle Model
The FE vehicle model used in the pedestrian accident simulations was a modified model of the
GeoMetro model from the database provided by the National Crash Analysis Center (NCAC 2013)
(Figure 6.5). The components behind the B-pillar were removed and the boundaries were
constrained in all directions except in the driving direction. Mass was added to the floor to
compensate for the removed parts. The wheels were constrained in y- and z-directions to resemble
the contact with the ground. The windshield was modified with a finer mesh and other material
models. More information about the windshield model can be found in Paper E.
The rigid body vehicle model was developed from the centerline geometry of the FE model by
thirteen ellipsoids (Figure 6.5). The contact stiffness was taken from the APROSYS (Advanced
Protection System) project (Martinez et al., 2007) and the medium stiff (yellow) curve was used for
all segments. The unloading curve was set to 10% of the force-penetration curve and hysteresis
model 1 was used with values of hysteresis taken from Soni et al. (2013). For both the rigid body
simulations and FE simulations a friction coefficient between the vehicle and pedestrian model was
set to 0.3.

a)

b)

Figure 6.5. The vehicle models a) THUMS b) MADYMO

6.3 Bicycle Accident Reconstructions
The bicycle accident data used in this thesis was collected by a research group at the KU Leuven in
Belgium (Depreitere et al., 2004). They selected nineteen of the eighty-six collected accidents based
on the availability of information about the accident that could be used in the accident
reconstruction process with the multibody software MADYMO (Verschueren, 2009). Ten of the
reconstructions were single accidents where only three cases had both medical images available and
an indication of impact location on the head by scalp swelling. These three cases were therefore used
in this study to perform image correlation analysis on. None of the three cyclists wore a helmet.
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The impact location was assumed to be close to the swelling of the scalp and the initial impact
velocity just before impact was taken from the MADYMO simulations performed by Vershueren
(2009). In all three cases, the head impact was against concrete ground. Therefore, the ground was
modeled with a rigid surface with a friction coefficient of 0.5 between the ground and scalp.

6.3.1 Case 4
The first accident (Case 4) involved a 68-year-old male. He was riding downhill and lost his balance
when he encountered an irregularity on the road. He was thrown over the handlebar and hit the
ground. The velocity of the cyclist was estimated to be 20 km/h. The victim was diagnosed with a
hemorrhagic contusion at the right temporal lobe (burst lobe), acute subdural hematoma (ASDH)
(diffuse and scattered, in addition to a small strip next to the contusion), a swelling of the scalp at
the left parietal area (Figure 6.6), a small bleeding at the site of the swelling (subarachnoid blood)
and a left temporal skull fracture.

b)

a)

Figure 6.6. Injury reconstruction for Case 4; a) The swelling of the scalp b) the initial impact position and
velocity in the FE simulations.

6.3.2 Case 15
The second accident (Case 15) involved a 65-year-old male (162 cm and 63 kg). He ran over some
loose pieces on the ground, which caused the accident. The riding velocity prior to impact was
estimated to be 25 km/h. The head hit the ground first in the frontal region where there was also a
swelling of the scalp (Figure 6.7). The victim was diagnosed with a fracture of the skull base and left
frontal skull bone, almost midline, together with a large frontal hemorrhagic contusion and an ICH
at the right frontal lobe due to contusion. He also suffered a subarachnoid hematoma (SAH) in the
right parietal area, ASDH (right frontal basal) and DAI.

b)
a)
Figure 6.7. Injury reconstruction for Case 15; a)The swelling of the scalp b) the initial impact position and
velocity.
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6.3.3 Case 58
The third case (Case 58) involved a 61-year-old female. She had an estimated velocity of 6 km/h
when she lost her balance at the time her bicycle touched another person riding next to her. She
sustained a left temporal parietal skull fracture, a hemorrhagic right temporal parietal contusion
and ICH at the right temporal lobe. She also suffered swelling of the scalp at the left parietal area
(Figure 6.8).

b)
a)
Figure 6.8. Injury reconstruction for Case 58; a) The swelling of the scalp b) the initial impact position and
velocity.

6.3.4 Sensitivity Study
The input data from the kinematical reconstruction can have some level of uncertainties. Therefore,
for all three bicycle accident reconstructions a sensitivity study of the impact velocity and the impact
direction was performed. The impact velocity was varied ±20% and ±40% for the resultant impact
velocity or only for either the horizontal components or the vertical component. The impact
direction was varied ±10° and ±20° around the head’s inferior-superior axis, lateral axis and
anterior-posterior axis.

6.4 Image Correlation Method
A novel image correlation method was introduced in Paper B to evaluate the results of the bicycle
accident reconstructions. The method compares the injuries seen in the medical images with the
results from the FE simulation and has two indices, Overlap Index (OI) and Location Index (LI). OI
is defined in Equation 6.5, where a 12 is the number of pixels that indicate injury in the medical
images and high strain in the FE images for the same position, a 1 is the total number of white pixels
in the medical images and a 2 is the total number of white pixels in the FE images. LI is defined in
Equation 6.6, where b 1 is the distance between the center of mass of the regions of high values in the
medical image and the FE image and b 2 is the maximum length of the section as described in Figure
6.9 (Step 6). OI is defined the same way as the Kappa Index, often used in image segmentation.
Figure 6.9 describes the process of generating the OI and LI, which is divided into six steps.

OI =
LI =

2a12
a1 + a 2

b2 − b1
b2
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(Eq. 6.5)

(Eq. 6.6)

In Step 1, the sections that correspond to the medical images are defined for the FE head model and
the images of these sections for the time interval specified are generated. For the three bicycle
accident reconstructions the time between 0 and 20 ms with an interval of 1 ms in between the
images were analyzed. For Case 4 and Case 15 four sections were chosen and for Case 58 two
sections. These were the sections indicating injury in the medical images.
In Step 2, all other parts except the brain were removed from the images. For the FE images this was
done in Matlab (version 2013a) and for the medical images in Adobe Photoshop CS6.
In Step 3, both the medical images and FE images were converted to binary with the Matlab
command im2bw. The remaining white areas in the medical images corresponding to bones or
small bleedings were manually removed. In the FE images, twenty different tones of gray were
presented for the different local injury metrics. The local injury metrics evaluated in this study was
primarily Green-Lagrange first principal strain with a maximum level of 0.6 for the gray scale. Other
previously suggested injury metrics were also evaluated; first principal strain rate (maximum value:
200 s-1); strain energy density (5000 J/m3); von Mises stress (250 kPa); positive pressure (300
kPa); and negative pressure (-300 kPa).
In Step 4, the white areas for the different time steps within the same section was summed together
to take into account the cumulative effect of the injury metric.
In Step 5, the cut-off value was determined between black and white. Since no a priori threshold for
severe head injuries was available for the head model, the cut-off level between black and white in
the FE images was chosen so that the ratio between the number of white pixels in the FE
simulations and medical images was closest to one.
In Step 6, OI and LI were calculated and provided a quantitative measurement between the
agreement between the FE simulations and medical images.
In addition to the two indices also the peak values of the metrics were analyzed. The peak value was
generated for all elements in the brain, as well as for the elements within the volume covered by the
medical images between the most superior location and for the most inferior location indicating
brain injury.
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Figure 6.9. The process of comparing medical images with results from the FE simulation with the novel
image correlation method presented in Paper B.
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6.5 The Protective Effect of Bicycle Helmets
The performance of a helmet in different impact situations was evaluated by comparing the
mechanical response of the head with and without a helmet. This was evaluated by comparing both
the kinematics (resultant linear acceleration, resultant angular acceleration and resultant angular
velocity) as well as the first principal strain in the brain tissue and von Mises stress in the skull of
the FE head model.
The impact situations evaluated were firstly the three bicycle accident reconstructions presented in
section 6.3. These accidents were also simulated with a 40% increase of the resultant head impact
velocity for the helmeted cases to illustrate a possible increased riding velocity of the helmet users.
Secondly, a set of hypothetical impact situations were evaluated for four different impact locations
on the helmet crown, front, rear and side (Figure 6.10). For all the four helmet impact locations four
different impact velocities were applied for each impact giving sixteen impact situations in total. The
resultant impact velocity was 6.4 m/s for all four impact velocities with three oblique impacts and
one radial impact (Table 6.3). In addition, five different impact locations on the side of the helmet
were evaluated where the helmet was rotated between -45° and +15° around the head’s inferiorsuperior axis (Figure 6.11). The same impact velocity was used for these additional cases (v x = 4.5
m/s and v z = -4.5 m/s).

Figure 6.10. The initial impact positions for the hypothetical impact situations performed with four different
impact velocities all having the same resultant velocity of 6.4 m/s.

Figure 6.11. The sensitivity study of the side impact where the initial head orientation was varied between
-45° and +15° with an oblique impact velocity (v x = 4.5 m/s and v z = -4.5 m/s).
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Table 6.3 . The four impact velocities used for the hypothetical impact situations.
Impact Direction

V x [m/s]

V y [m/s]

Impact Angle
[degrees]

V z [m/s]

1

-4.5

0

-4.5

45

2

4.5

0

-4.5

45

3

0

-4.5

-4.5

45

4

0

0

-6.4

90

The accident reconstructions were performed both with and without the Baseline helmet. The
hypothetical impact situations were tested without a helmet and the three different helmet designs
(Baseline helmet, Helmet 1 and Helmet 2, presented in Section 6.2.3). The difference between not
wearing a helmet and wearing a helmet with different helmet designs was evaluated for significance
(significance level 0.05) with either paired t-test for normal distributed data or Wilcoxon matched
pairs signed rank test for not normal distributed data. If the data was normal distributed was
checked with the Shapiro-Wilk test. The statistical analysis were performed in IBM SPSS Statistics
19 (Armork, NY, US).
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6.6 Pedestrian Accident Simulations
A pedestrian accident can occur in many different ways. Fourteen different accident situations were
used to compare the THUMS and TNO pedestrian models. These accident scenarios were chosen to
resemble some of the most common accident situations where the pedestrian is hit laterally with a
vehicle velocity 50 km/h or below and the pedestrian is moving at the time of impact (Carter, 2006;
Chidester and Isenberg, 2001; Kam et al., 2005; Lindman et al., 2011; Nie et al., 2014; Otte, 1999).
Therefore, the following factors were varied; vehicle velocity (30, 40, 50 km/h), pedestrian velocity
(0, 5, 10 km/h), pedestrian orientation relative to the vehicle (15˚ away, 0˚, 15˚ towards) and the leg
posture with either the struck leg forward (SLF) or struck leg backward (SLB). All fourteen accident
scenarios are summarized in Figure 6.12.

Posture
SLB
SLB
SLB
SLB
SLB
SLB
SLB
SLF
SLF
SLF
SLF
SLF
SLF
SLF

Pedestrian
Orientation
Relative to
Vehicle [˚]

Pedestrian
Velocity
[km/h]

Vehicle
Velocity
[km/h]
30
40
40
40
40
40
50
30
40
40
40
40
40
50

5
0
5
5
5
10
5
5
0
5
5
5
10
5

0
0
0
-15
15
0
0
0
0
0
-15
15
0
0

Figure 6.12. The pedestrian accident scenarios simulated for both the MADYMO and THUMS pedestrian
model (SLB – struck leg backward and SLF – struck leg forward).

The trajectories of the head and pelvis, head impact velocity and head rotation were extracted for
both models and a comparison was made between the response from MADYMO and THUMS. The
analysis was performed between initial contact between the vehicle and pedestrian model until
initial head impact, which was defined as when the force between the head and vehicle became
larger than zero.
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7 Results
The epidemiology study (Paper A) is presented in section 7.1. The results of image correlation and
sensitivity study for the bicycle accident reconstructions (Paper B) are presented in section 7.2-7.3.
The evaluation of the protective effect of bicycle helmets (Paper C and D) is presented in section 7.4.
The difference between the two pedestrian model is shown in section 7.5.

7.1 Epidemiology of Hospitalized Head Injuries in Sweden
The incidence of head injuries treated as in-patient care in Sweden has decreased between 1987 and
2010, from 230 to 156 cases per 100,000 inhabitants (Figure 7.1). A decrease of incidence of head
injuries due to transportation accident was seen while the incidence of head injuries caused by falls
has been fluctuating between 113 and 138 cases per 100,000 inhabitants until 2006 and then
between 2007 and 2010 the level has been constant with just above 100 cases per 100,000
inhabitants.
The male population had a higher incidence of head injuries compared to the female population.
Overall the ratio between males and females were 1.7 but the male population had almost five times
higher risk of sustaining head injuries due to violence, with the highest ratio in the end of the study
period. The ratio among the male and female population of fall and transportation accident was
relatively constant over the whole study period, ranging between 1.4-1.5 for fall accidents and
between 1.4-1.7 for transportation accidents.

Figure 7.1. The incidence of head injuries in Sweden from 1987 to 2010 and the distribution of external causes
for both genders.
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The largest decrease of head injuries were seen for concussion, which had a maximum incidence of
183 concussions per 100,000 inhabitants in 1994 and a minimum of 90 concussions per 100,000
inhabitants in 2010. Meanwhile, the incidence of skull fracture decreased between 1987-1994 (from
39 to 28 fractures per 100,000 inhabitants) and thereafter been fluctuating between 22 and 27 cases
per 100,000 inhabitants.
From 1997, an increase of the intracranial injuries excluding concussion was seen. The increase was
mainly seen for the traumatic subdural hemorrhage and traumatic subarachnoid hemorrhage
(Figure 7.2). Over the whole study period (1987-2010) 71% of the head injuries were concussion,
16% for other intracranial injuries and 13% for skull fractures. Within the ICD code version 10
(1997-2010) the most common intracranial injury excluding the concussion cases was traumatic
subdural hemorrhage (47%) followed by focal brain injury (12%), diffuse brain injury (11%),
traumatic subarachnoid hemorrhage (9%) while 9% was other intracranial injuries.

Figure 7.2. Incidence of intracranial injuries in Sweden from 1997 to 2010.

When stratifying the head injuries into different age groups a clear difference was seen. In Figure
7.3 the male population is only shown however similar trend but lower incidence was found for the
female population (Paper A). In the children and young adults (0-24 years) a large decrease of head
injuries was seen. In the adult group (25-64 years) a decrease was seen but not as steep as for the
children and young adults. The incidence of the youngest elderly (65-74 years) had a relatively
constant level over the study period with slightly higher incidence in the middle of the study period.
In the population aged 75-84 years a slight increase was seen for the male population but a
relatively constant incidence was seen for the female population. In the oldest age group (85+
years), a large increase of the incidence of head injuries was seen both for the male and female

52

population, from an incidence of around 450 head injuries per 100,000 inhabitants in 1987 up to
800 and 600 head injuries per 100,000 inhabitants for the male population and female population,
respectively.

Figure 7.3. The incidence of head injuries for the male population stratified by different age groups in Sweden
from 1987 to 2010.

In 1987, the highest incidence of head injuries among the male population was seen in the
population aged 5-24 years and 85+ years; while in 2010 the age group of 85+ had twice as high
incidence as the second highest group, 74-84 years. For the females, the oldest age group (85+) had
the highest incidence over the whole study period but the gap between the age group with second
highest incidence increased.
The proportion of short hospital stays (one day) increased over the study period from 54% in 1987
to 61% in 2010. In contrast, the proportion of longer hospital stays (6-14 days) was reduced from
30% in 1987 to 22% in 2010. The proportion of hospital stays 2 days or more than 15 days was the
relatively constant over the whole twenty four years study period, accounting for 5% and 10%,
respectively.

7.2 Comparison between FE Simulations and Medical Images
The comparison between the different cases is presented case by case below. More information is
also found in Appendix A2.
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7.2.1 Case 4
The Overlap Index (OI) for Case 4 varied between 0.01-0.19 for the different injury metrics and
between 0.31-0.88 for Location Index (LI) (Table 7.1). The highest OI and LI were found for first
principal strain. The comparison between the two-color FE images for first principal GreenLagrange strain and medical images is presented in Figure 7.4 and for the other local injury metrics
in Appendix A2.
In Case 4, the peak value of the different local injury metrics was not found in the volume of the
sections. However, only a few (1-30) of the elements outside this volume had a higher peak value.
The largest number of elements exceeding the peak value outside the injury volume was for the
positive pressure. These elements were all located close to the impact location. The sagittal and
coronal views of the distribution of the different metrics are presented in Appendix A2.
Table 7.1. The average OI and LI for all sections included in the case for the different injury metrics.
OI
Case 4

LI

Case 15

Case 58

Case 15

Case 58

0.19

0.01

0.04

0.88

0.62

0.39

Strain Rate [s-1]

0.07

0.03

0

0.74

0.69

0.53

Strain Energy Density [J/m3]

0.12

0.01

0.12

0.62

0.50

0.84

von Mises stress [kPa]

0.01

0.01

0

0.63

0.50

0.61

Positive Pressure [kPa]

0.01

0.07

0

0.31

0.56

0.21

Negative Pressure [kPa]

0.13

0

0.12

0.82

0.36

0.84

1st Principal

Strain

Case 4

7.2.2 Case 15
The OI in Case 15 varied between 0-0.07 for the different local injury metrics and between 0.360.69 for LI (Table 7.1). The highest OI was found for positive pressure and LI for strain rate. The
comparison between the two-color FE images for first principal Green-Lagrange strain and medical
images is presented in Figure 7.4 and for the other metrics in Appendix A2.
For Case 15, the peak values for strain energy density, von Mises stress and negative pressure were
found inside the volume covered by the sections. For strain rate, the majority of elements with
higher strain rate outside the section volume were located close to the most superior part of the
brain. For the positive pressure, the elements containing the peak values were located close to the
location of impact, which can be seen in the sagittal and coronal views (Appendix A2).

7.2.3 Case 58
The OI in Case 58 varied between 0-0.13 for the different injury metrics and between 0.21-0.84 for
LI (Table 7.1). The highest OI and LI were found in both strain energy density and negative
pressure. The comparison between the two-color FE images for first principal Green-Lagrange
strain and medical images is presented in Figure 7.4 and for the other metrics in Appendix A2.
For Case 58, only strain rate had the peak value within the volume of the sections covering the
injury, while strain, strain energy density, stress and negative pressure had less than 20 elements
with higher values outside the injury volume. All the elements that had a value higher than the peak
value for the section volume for positive pressure were located close to the impact location. The
sagittal and coronal views of the distribution at peak value for the different local injury metrics are
presented in Appendix A2.
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a)

b)

c)
Figure 7.4. Comparison of the FE-simulations (strain) and medical images for a) Case 4 b) Case 15 c) Case58.
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7.3 Influence of Impact Velocity and Impact Direction in Bicycle
Accident Reconstructions
When varying the impact direction and impact velocity for the three bicycle accident
reconstructions, the peak first principal strain varied between 0.23-0.52 for Case 4, 0.45-0.88 for
Case 15 and 0.21-0.40 for Case 58. For the impact velocity in Case 4 and Case 15, the largest
variation of peak strain was found for the resultant velocity and for Case 58 was the vertical velocity
(Figure 7.5).
When varying the impact direction a different variation of the results was also seen for the three
cases. For Case 15 and Case 58 the rotation around the x-axis had a largest influence. For Case 4 the
largest influence was seen for the y-rotation.

Figure 7.5. The variation of the peak first principal strain when altering either the impact velocity or the
impact direction for the three bicycle accident reconstructions.

A change in the impact velocity and impact direction also altered the OI, LI and the ratio between
white pixels in the FE images and medical images generating different cut-off levels for the different
simulations. The baseline simulation for the three cases gave among the highest average OI and LI.
The average OI varied between 0.04-0.21 and average LI between 0.44-0.93 for Case 4. In Case 15
the variation was between 0-0.02 for OI and 0.48-0.66 for LI. In Case 58 the variation was between
0-0.13 for OI and 0.25-0.90 for LI. OI, LI, ratio of white pixels and cut-off level are presented for all
simulations in Appendix A3.
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7.4 The Protective Effect of Helmets and the Influence of Helmet
Design
In the three accident reconstructions, both a reduction of the peak strain in the brain tissue as well
as a reduction of the peak stress in the skull bone were seen when a helmet was included. The peak
strain was reduced by up to 43% and the peak stress was reduced from plasticity level of 80 MPa to
less than 20 MPa when the helmet was included (Table 7.2). A comparison of the strain pattern for
the brain tissue and the stress of the cortical bone for Case 4 are shown in Figure 7.7, where the
location of maximum strain and stress are the same for the helmeted and unhelmeted cases but with
lower magnitudes for the helmeted case. The peak stress was located at the impact point. The peak
values of the kinematics were also substantially reduced (Table 7.2). However, the duration of the
impact was longer for the impacts including a helmet (Figure 7.6).

Table 7.2. The comparison between the kinematics and effect on the brain tissue and skull between the
unhelmeted and helmeted simulations for the three accident reconstructions.
Case4

Case 15

Case 58

Helmet

No
Helmet

Helmet

No
Helmet

Helmet

No
Helmet

Peak Resultant Linear Acceleration
[g]

138

408

128

494

116

398

HIC 15

537

3953

443

4913

399

3366

Peak Resultant Angular Acceleration
[krad/s2]

7.3

29.2

12.7

55.7

7.3

24.0

20.7

30.4

46.8

70.7

16.2

21.0

0.24

0.42

0.48

0.72

0.20

0.30

16

80

15

80

13

80

Peak Resultant
[rad/s]

Angular

Velocity

Peak Strain in the Brain Tissue [-]
Peak Stress in the Cortical Bone
[MPa]

An increase of the head impact velocity with 40% in all three cases, to account for a possible higher
riding velocity of a cyclist wearing a helmet, still resulted in lower peak strain in the brain tissue
compared to the unhelmeted cases; 0.33 for Case 4, 0.64 for Case 15 and 0.27 for Case 58. The stress
in the cortical skull bone increased compared to the helmeted case with the original velocity but in
all three cases the peak stress was below 30 MPa.
In the hypothetical impact situations, as presented in Figure 6.10 and Table 6.3, significantly lower
peak values were found for all output parameters for the Baseline helmet compared to the
unhelmeted cases (Table 7.3). Also large differences were seen when comparing either Helmet 1 or
Helmet 2 with the Baseline helmet. When comparing the two different altered helmet designs
(Helmet 1 and Helmet 2) lower peak values were seen for the angular velocity and peak brain tissue
strain for Helmet 2. But a lower mean difference was seen for Helmet 1 compared to Helmet 2 for
the peak stress in the cortical bone.
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Figure 7.6. The resultant linear acceleration, resultant angular acceleration and resultant angular
velocity as a function of time for the unhelmeted and helmeted simulations in Case 4.

For all impact points the strictly vertical impact gave highest linear acceleration. The peak linear
acceleration was reduced between 49-85% when wearing a helmet. The angular acceleration was
reduced between 27-87%. The individual values of the sixteen different impact situations for the
peak linear acceleration, peak angular acceleration, peak angular velocity and peak brain strain are
presented in Paper D.

a)

b)

Figure 7.7. The effect on the head with and without a helmet for Case 4 as predicted from the FE
simulations. a) First principal strain in the brain tissue b) Von Mises stress in the skull.
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Table 7.3. The comparison between the unhelmeted and different helmet designs for the sixteen hypothetical
impact situations. The mean difference (d� ) is calculated by taking the mean of the difference
calculated in the order presented on the first row of the table, e.g. No Helmet minus Baseline
Helmet.
No HelmetBaseline

Peak Linear
Acceleration [g]*

𝑑𝑑̅

BaselineHelmet 1

p-value

322

<0.001

Peak Angular
Acceleration [krad/s2]

15.6

Peak Angular Velocity
[rad/s]
Peak Strain in the
Brain Tissue [-]
Peak Stress in the
Cortical Bone [MPa]*

𝑑𝑑̅

BaselineHelmet 2

p-value

16.9

<0.001

<0.001

1.0

9.27

<0.001

0.09
#

𝑑𝑑̅

Helmet 1Helmet 2

p-value

12.7

<0.01

<0.001

1.4

0.81

<0.01

<0.001

0.01

#

<0.001

𝑑𝑑̅

p-value

-4.1

0.30

0.03

0.41

0.46

5.82

<0.001

5.01

<0.01

0.02

0.07

<0.01

0.06

<0.01

-1.1

0.02

-3.3

2.3

<0.01

* Indicates that the test of significance was performed with Wilcoxon matched pairs signed rank test.
# Not calculated since the cortical bone had reached the level of plasticity (80 MPa).

The variation of the side impact point on the helmet or head showed a large variation in peak strain
for the different impact locations (Figure 7.8). The ratio between the highest and lowest peak strain
was between 2.2 and 3.2 for the different helmet designs. For the three different helmet designs, the
maximum peak occurred in the +15° impact closely followed by the 0° impact. While for the
unhelmeted cases the order was opposite with highest peak value found for the 0° impact.

Figure 7.8. The peak first principal strain for the five different impact points on the side of the helmet with an
oblique impact direction (v x =4.5 ms/s and v z =4.5 m/s).
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7.5 Difference between TNO and THUMS Pedestrian Models
One of the simulations (struck leg forward for vehicle velocity of 40 km/h and pedestrian velocity of
5 km/h) is presented in more details and shown in Figure 7.9 and Figure 7.10. The kinematics and
trajectories of the models were similar for the different impact velocities, pedestrian velocities and
pedestrian orientations but with different timing and impact locations.

a)

b)
Figure 7.9. Comparison between the results from the THUMS and TNO simulations with vehicle velocity 40
km/h, pedestrian velocity 5 km/h and struck leg forward. a) Head and pelvis trajectory. The circles
and the lines in between the curves of the two models indicate a time interval of every 20 ms.; b)
head rotation.

The initial contact between the pedestrian models and the vehicles was between the bumper and the
knee. Thereafter, the legs were wrapped around the bumper and bonnet leading edge (BLE), before
the pelvis subsequently impacted the BLE and bonnet. Next, the upper body began to rotate towards
the bonnet and a difference between the models appeared. For the THUMS model, the arm flexed so
that the subsequent impact occurred between the elbow and windshield followed by thorax and
bonnet contact before the head finally impacted the windshield. For the TNO model, the arm did not
flex; the subsequent contact with the vehicle occurred when the shoulder/arm impacted the
windshield followed by thorax and bonnet contact before the head finally impacted the windshield.
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The head trajectory started to divergence around 40 ms in the xy-plane and 60 ms in the xz-plane,
when the pelvis impacted the BLE/bonnet and the upper body started to rotate towards the vehicle.
The head rotated away from the vehicle until 60 ms for the TNO model and 80 ms for the THUMS
model, whereupon the head started to rotate towards the vehicle.
In all accident scenarios, the TNO model had a larger wrap around distance (WAD) compared to the
THUMS model but the displacement in the width direction of the vehicle was larger for the THUMS
model. The difference in head impact location of the head’s center of gravity (CG) on the vehicle
varied between -2 and 12.6 cm (TNO minus THUMS) in the global x-direction, -0.8 and 5.4 cm in
the global y-direction and 3.2 and 6.2 cm in the global z-direction. The difference in rotation around
the head’s inferior-superior axis at the time of impact varied up to 35° between the two models and
the head impact velocity varied up to 2.2 m/s. More details can be found in Appendix 4.
Both models showed an increase in WAD with increased vehicle velocity while little effect was seen
when the pedestrian velocity or the initial pedestrian orientation was altered. For both models, a
larger vehicle velocity caused less y-displacement; on the contrary, an increase in pedestrian
velocity resulted in larger y-displacement. The maximum, minimum and mean value of the
influence of the displacement, rotation and impact velocity for the different parameters as well as
the difference between the two models are presented in Table 7.4.

Table 7.4. The maximum, minimum and mean difference for the head impact velocity, head rotation and
head displacement when changing the vehicle velocity (30-50 km/h with an increment of 10
km/h), pedestrian rotation relative to the vehicle (-15°-15° with an increment of 15°), pedestrian
velocity (0-10 km/h with an increment of 5 km/h), struck leg (forward or backward) and the
paired difference between the TNO and THUMS model.
Head
Impact
Velocity
[m/s]

X-rot.
[˚]

Y-rot.
[˚]

Z-rot.
[˚]

X-disp.
[cm]

Y-disp.
[cm]

Z-disp.
[cm]

max

1.9

10

4

17

9.9

6.1

2.2

min

1.0

1

1

1

4.8

2.4

0.1

mean

1.5

7

3

7

6.5

4.1

1.5

max

0.9

13

20

11

3.0

0.6

0.6

min

0.3

1

12

1

1.1

0.1

0.0

mean

0.5

6

15

5

2.1

0.4

0.4

max

0.5

6

20

4

1.5

17.8

1.7

min

0.1

1

2

0

0.8

17.2

0.0

mean

0.3

4

8

3

1.1

13.2

0.6

max

1.5

25

9

40

6.3

59.0

2.8

min

0.5

0

3

10

0.3

10.6

0.1

mean

1.0

10

6

21

3.5

27.8

1.6

max

2.2

11

19

35

12.6

5.4

6.3

min

0.1

0

0

1

0.2

0.8

3.3

mean

1.0

4

7

15

7.9

3.4

5.1

Change in:

Vehicle
Velocity (10
km/h)
Ped Z-rotation
(15˚)

Ped Velocity
(5 km/h)

Struck leg

TNO/
THUMS

61

Figure 7.10. The kinematics of the TNO and THUMS pedestrian model when the pedestrian is moving with a
velocity of 5 km/h, a stance with the struck leg backward and the vehicle velocity is 40 km/h.
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8 Discussion
The research to understand and prevent head injuries is performed in a broad range of research
disciplines (Meaney et al., 2014). This thesis focuses on the use of numerical models and accident
reconstructions as a tool to understand and prevent head injuries. Traumatic brain injuries (TBIs)
have been referred to as a ‘silent epidemic’, since society is largely unaware of the magnitude of the
problem (Langlois and Sattin, 2005). Head injuries are not only a problem directly after the
accident; many victims suffer long term disability as a result (Langlois et al., 2006; Tagliaferri et al.,
2006). There are also growing concerns about the potential delay of neuropsychiatric consequences
of TBI (Coughlin et al., 2015).
While accident reconstructions are a great challenge, they are essential for the improvement of
numerical models which, until now, have been evaluated against Post Mortem Human Subjects
(PMHS) experiments and a small number of accidents. As Figure 1.1 shows, the accident
reconstruction process can be divided into three steps; collection of accident data, reconstruction of
kinematics and injury reconstructions. The output of each step is strongly influenced by the quality
of the preceding steps, which is why it is critical to ensure a high quality of the material used in all
steps. The best option would be if the accident were recorded by several high-speed cameras and
supplemented by detailed medical data. Unfortunately, this is seldom the reality and methods to
cope with and minimize the uncertainties need to be developed. The uncertainties of accident data is
one of the biggest limitations of accident reconstructions. However, the accident reconstructions are
also the way which injuries in living humans can be studied.
The number of publications of accident reconstructions of head injuries has increased over the last
few decades, but one question that could be raised is what is required in order for these to be
classified as accident reconstructions? To date, the term ‘reconstruction’ has been used in a broad
sense and the same for ‘validation’. The reconstructions presented in this thesis focus on performing
detailed injury reconstructions focusing on the response at tissue level not only the kinematics.
Guidelines setting out the requirements for accident reconstructions, as well as for the validation of
models, should be discussed and implemented to help to improve the numerical human models.
The accident data forms the starting point for accident reconstructions. The quality of accident data
predetermines the quality of the subsequent accident reconstruction. This thesis used accident data
from the KU Leuven database of bicycle accidents. This data is based on information taken from
medical records, police reports, details provided by victims and eyewitnesses. Only cases including
medical images and an indication of impact location by scalp swelling were included. The
assumption that the impact location coincides with the point of maximum scalp swelling has been
used in other studies (Doorly, 2007; Post, 2013). However, this method has some limitations; while
the probability that the scalp swelling indicates the impact location is high, the area of the scalp
swelling could be large, making it more difficult to pinpoint the exact impact location. Furthermore,
the scalp swelling could be due to bleeding close to skull fractures. The importance of the impact
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location was studied in this thesis for a side impact and a large variety of peak brain tissue strain
(0.30-0.78) was observed in Paper D, which suggests that the impact location is important for the
outcome of the injury reconstruction. Alvarez et al. (2014) also showed that a small difference in
impact location on the head (11° in head rotation around the inferior-superior axis) could result in
relatively large differences in peak strain of the brain tissue (0.3 compared to 0.5).
The impact location can vary significantly due to different initial conditions in the reconstructions of
the kinematics. In a bicycle accident, there are a large number of input variables that can influence
the kinematics immediately before impact. Bourdet et al. (2012) showed in their MADYMO
simulations that the input variables influenced the impact location and impact velocity to different
degrees and the magnitude of this difference was also affected by the accident situation. The
kinematics in the bicycle accident reconstructions presented in this thesis was based on previous
MADYMO simulations (Verschueren, 2009) and evaluated against the accident data from police
reports, and accounts provided by victims and eyewitnesses. The evaluation of the kinematical
reconstruction against the accident data can be performed with the aid of various parameters, e.g.
impact location on the vehicle, impact location on the body and throwing distance of the human
body (Hardy et al., 2008; Peng et al., 2013; Yao et al., 2008). The question in this context is what is
an acceptable result? For example, in their pedestrian accident reconstructions, Hardy et al. (2008)
had a variation of 0.01-0.3 m between the documented impact location on the vehicle and impact
location in the simulation. When comparing the MADYMO rigid body model developed by TNO and
the FE model developed by Toyota (THUMS), the maximum difference was 13 cm in head
displacement at the time of head impact (Paper E). Meanwhile, the maximum difference in head
rotation at the time of head impact was 35˚ and 2.2 m/s for the head impact velocity. While a degree
of difference may be acceptable since it is difficult to determine the precise impact location, even a
small change in impact location in pedestrian accident reconstructions could result in large
differences in injury prediction due to significant differences in car stiffness, e.g. areas close to the
A-pillar, (Alvarez et al., 2013).
The purpose of evaluating the difference between the two numerical pedestrian models in Paper E
was to investigate whether the more time-efficient TNO model could be used to roughly determine
the initial conditions for the more detailed - and less time-efficient - THUMS model. The benefits
with this method would be a decrease in the time required to reconstruct the kinematics and
perform the injury reconstructions with an FE full body model. Until now, most injury
reconstructions have been performed using head models only (e.g. Baumgartner et al., 2007;
Mordaka et al., 2007). Little is known about how the boundary conditions of the rest of the body
affect the injury prediction. The results from the comparison suggest that the TNO model can be
used to set the initial conditions for the THUMS model in pedestrian accident reconstructions since
uncertainties in input parameters were in the same range as the differences attributable to different
models. However, the method should be further evaluated using real accident cases.
The biofidelity of the rigid body models and FE models should also be further evaluated. For
example, the results of the comparison of the two pedestrian models used in this thesis with
experimental data showed that the TNO model was within the corridors of three PMHS experiments
developed by Kerrigan et al. (2005) for head trajectory, whereas the THUMS model was slightly
outside the corridors in terms of head trajectory immediately prior to impact (Paper E). For the
pelvis, the THUMS model showed better results compared to the TNO model. However, less sliding
over the bonnet compared with the PMHS experiments was seen for both models. This could be
influenced by slight differences in vehicle geometry between the simulations and the experiments
(Figure 6.3), and the deformation of the vehicle. However, other studies involving either the TNO or
the THUMS models have also shown less sliding and larger displacement in the vertical direction
compared with the experimental data (J. R. Elliott et al., 2012a; Yasuki and Yamamae, 2010).
Therefore, further evaluation of the pedestrian models should be carried out and the comparison
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should also be extended to include other planes, as well as to comparing the impact velocity and
rotations of the various components. However, more experimental data would be required for such
studies. It would also be beneficial to evaluate the kinematics of other parts of the body, since they
are often also used when evaluating the impact location on the vehicle in the simulations. Moreover,
guidelines on the requirements for acceptable models should be discussed and implemented to help
create better models.
To decrease the inherent uncertainties, it would be preferable if the kinematics were measured
directly in the accident e.g. by using accelerometers. However, the methods used today, e.g. helmets
or mouthguards mounted with accelerometers (Camarillo et al., 2013; Rowson et al., 2011), also
involve some uncertainties (Allison et al., 2011; Jadischke et al., 2013). Thus, further validation of
the systems and evaluations of the boundary conditions are required.
The uncertainties involved in the reconstructions of the kinematics are among the largest
limitations in the output of the injury reconstructions. The three bicycle accident reconstructions
performed showed that the peak strain in the brain tissue could vary up to 50% when altering the
head orientation up to 20° and impact velocity up to 40% (Paper B). The uncertainties also affected
the location of areas with highest strain. An example is presented in Figure 8.1 showing large
difference in strain pattern. Until now, there has been little focus on correlation with the location of
injury. Instead, the focus has been on correlating the injury severity. The work presented within this
thesis presents a novel image correlation method capable of comparing the response from the FE
model with injuries visible on medical images, including two indices: Overlap Index (OI) and
Location Index (LI) (Paper B).

a)

b)
Figure 8.1. The difference in location of areas with high strain for Case 4 for two simulations. Both
simulations had a cut-off value of 0.24. Red indicates injury and cyan indicates high strain;
a) -20° rotation around the anterior-posterior axis b) -20% of the resultant velocity.

Previous methods used in an attempt to compare the FE response with medical data have
performed visual comparison, by location or by volume (Dokko et al., 2003; Doorly, 2007; Kleiven,
2007; Mao and Yang, 2011). Doorly (2007) and Post et al. (2015) examined whether there were
significant differences in the peak or mean values between the elements defined as injured volume
and the rest of the cerebrum. Mao & Yang (2011) evaluated the response by volume. The benefits of
the proposed method using OI and LI are that both the location and the area/volume of the injury

65

are taken into account in the model response. Also, a difference in shape between the injury
area/volume and the pattern of FE injury metric would be reflected in the OI.
The correlation method presented in this thesis has some limitations. First, the head model
geometry used was generic. However, the images of the FE sections were scaled to fit the medical
images; some difference in geometry remained regardless. This should be improved in the future by
using patient-specific models (Ho et al., 2009). The difference in geometry will also affect the
highest possible values of the indices. Furthermore, a two-dimensional comparison only was
performed due to limitations relating to the quality of the medical images. Thus, while the suggested
method using OI and LI has some limitations and could be further improved, it could represent an
important step towards more objective correlation of head injuries in FE accident reconstructions.
In the past, several different local injury metrics have been proposed for various types of head
injury, as outlined in section 3.5.2. The three different bicycle accidents were evaluated against six
different injury metrics and the highest OI and LI were seen for different local injury metrics in the
three cases. Since the study was limited to three accident cases, it was not possible to draw any
general conclusions. The peak values for all local injury metrics and the three cases were all higher
than the concussive thresholds proposed by Kleiven (2007) and Patton (2014) for the model.
However, the maximum principal strain for Case 58 was close to that found for 50% probability of
concussion. In the study by Kleiven (2007), a maximum principle strain value of 0.26 for gray tissue
for 50% probability of concussion was found, while in the current study the maximum strain value
was 0.30 for case 58 in which the victim suffered more severe brain injuries. A strain level of 0.26 is
similar to the suggested threshold for DAI and contusions in experiments (Bain and Meaney, 2000;
Shreiber et al., 1997). More recent studies with the KTH head model have shown that the axonal
strain, which might be a better predictor of concussion and DAI, is significantly lower than the
principal strain (Giordano and Kleiven, 2014; Giordano et al., 2014).
All local injury metrics showed poor correlation in terms of OI and LI for Case 15, and a change of
impact velocity or impact direction resulted in small changes in OI and LI. The documented injuries
were in the frontal region close to the anterior cranial fossa, and could have been caused by the
sliding against the irregular surface of the skull bone, which might not be modeled in sufficient
detail. The largest areas of high strain were located more posterior compared to the injuries (Figure
7.4). However, this also highlights the importance of injury prediction with both severity and
location to make the FE models more biofidelic.
Accident reconstructions and numerical methods can also be used to evaluate and improve
protective systems as a complement to other methods, such as epidemiological and experimental
studies. There is some debate surrounding the protective effect of bicycle helmets (Curnow,
2003,2007; Elvik, 2011). Curnow (2003,2007) expressed a concern that the helmets could increase
the rotational motion and stated that the previous epidemiological studies failed to evaluate the
effect of the helmets on rotationally induced head injuries. The results presented in this thesis
showed a reduction of the peak strain in the brain tissue for three accident reconstruction
simulations and twenty-one hypothetical impact situations (Paper C and Paper D). A reduction of
the stress in the skull bone, which is associated with skull fracture, and the kinematics (peak
resultant linear acceleration, angular acceleration and angular velocity) were also observed. These
results support the previous studies based on epidemiological data or experimental data, which
found that bicycle helmets protect against head injuries (Amoros et al., 2012; Attewell et al., 2001;
Cripton et al., 2014; McIntosh et al., 2013; Thompson et al., 1999). However, a large variation in the
reduction of peak strain (2-61% for the Baseline helmet) was seen (Paper C and Paper D), which
suggests that more still needs to be done to improve the helmet’s protective effect for different
impact situations.
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The variation in the protective effect for the different helmet designs was minor for both the stress
of the skull (minimum ratio between the alternative helmet design and the baseline helmet of 78%)
and linear acceleration (minimum ratio between the alternative helmet design and the baseline
helmet of 74%). This is not surprising given the fact that bicycle helmets today are evaluated only for
linear acceleration (AS/NZS 2063:2008, 2008; CPSC, 1998; EN1078, 2012). A larger variation in
results between the different helmet designs and impact situations was found for angular
acceleration (minimum ratio between the alternative helmet design and the baseline helmet of
45%), angular velocity (minimum ratio between the alternative helmet design and the baseline
helmet of 44%) and peak principle strain of the brain tissue (minimum ratio between the alternative
helmet design and the baseline helmet of 27%). This implies that more can be done to improve the
helmet design and provide greater protection for the brain.
All accident simulations in this thesis were performed using the initial velocity method, where the
contact is treated in the FE simulations. When this method is used, the contact interface between
the head model and the impacting surface is important. The response is dependent on the friction
coefficient and the properties of the impacting surfaces. Experimental tests have found a large range
of friction coefficients for human skin, depending on various parameters, e.g. age, anatomical region
and skin hydration (Derler and Gerhardt, 2011). In this thesis the friction coefficient between the
scalp-helmet and scalp-ground was set to 0.5. This is in the lower region of the friction coefficients
for different materials found by Derler & Gerhardt (2011).
For the interaction between the helmet and scalp a large range of friction coefficients between 0.21.2 has been used in previous FE simulations (Aare and Halldin, 2003; COST 327, 2001; Ghajari et
al., 2013; Mills and Gilchrist, 2008b, 2006; Mills et al., 2009). A recent publication by Ebrahimi et
al. (2015) performed experiments to determine the friction coefficient between the surfaces of
various different headforms and an MC helmet. They found a friction coefficient of 0.2 for bare
metal surface, 0.8 for rubber and 0.7 for a silicon rubber with similar properties of the human skin.
The friction coefficient is likely to influence the rotational motion and the resulting strain in the
brain tissue. However, when the helmet model was compared against experimental tests, the best
correlation of peak values and time of peak values was found for a friction coefficient value of 0.5
(Table A3 in Appendix 1).
The model of the scalp could also be critical to obtaining a realistic loading. Various approaches to
modeling the scalp have been presented for different FE head models (Asgharpour et al., 2013;
Doorly, 2007; Kleiven, 2007; Mao et al., 2013). However, little attention has been afforded to
evaluating the influence of the impact response, partly due to the paucity of experimental data,
which is required for the development of an appropriate model. In this thesis, efforts have been
taken to improve the scalp model to more realistically reflect its geometry and mecahnical
properties (Paper B).
However, there not only uncertainties with the initial velocity method also with the boundary
prescribed motion method. Both O’Riordain (2003) and Fréchède & McIntosh (2007) showed in
their MADYMO simulations that the force-penetration curve had a large influence on the
kinematics. Post et al. (2014) found, when comparing impacts in MADYMO simulations and dummy
(Hybrid III), a large difference between the linear acceleration (ratio of peak between MADYMO
and dummy was 50-111%) and angular acceleration (ratio of peak between MADYMO and dummy
was 28-143%).
The numerical simulations in this thesis have been discussed as a tool to evaluate the risk of head
injuries and the influence of protective systems. However, the results could also be used as an
educational tool, e.g. to increase helmet use by visualizing the difference in the event of an accident
between wearing and not wearing a helmet (Figure 8.2).
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The numerical simulations presented in this thesis focused on bicycle and pedestrian accidents,
whereas the epidemiological study of head injuries in Sweden showed a high proportion of fall
accidents (Paper A). However, the methods and results presented, such as the image correlation
method and the parameter study, could also be applied to fall accidents.
The aim of this thesis was to evaluate and further develop more advanced strategies for accident
reconstructions of head injuries. A strategy on how the injury correlation can be evaluated by
location was presented. Two pedestrian models were compared and evaluated as to whether they
can be used in conjunction to make the reconstruction of kinematics more time-effective. The
sensitivity of the FE model on different loading conditions was also evaluated both for peak values
and injury location.

Figure 8.2. FE accident reconstructions can also be used as educational tool, e.g. visualizing the difference in
the event of accident between wearing and not wearing a helmet.
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9 Future work
The work within this thesis has revealed several points that need to be further investigated in order
to improve the FE models of the human being by injury reconstructions. Some of these issues are
summarized below:
-

The accident data determines the quality of the accident reconstructions. Therefore, efforts
should be put into collecting accident data encompassing detailed information about both
the accident and the injuries sustained. This would provide highly accurate accident
reconstructions, in turn laying the foundations for the evaluation of FE models. The use of
data from surveillance cameras and recorded head impacts e.g. in sport games, should be
evaluated further, since this data can provide more valuable information about the initial
conditions. It is also important to collect data for accidents with varying degrees of injury
severity, as well as non-injured cases.

-

The head model used in this thesis, like most of the available head models, is a model
representing the anthropometry and mechanical properties of a male aged between 20-40
years. Previous studies have shown significant differences in the brain and skull properties
for different age groups such as young children and the elderly (Fjell and Walhovd, 2010).
Anatomical differences are also seen between the different age groups, e.g. cerebral atrophy
in the elderly population (Sigurdsson et al., 2012; Taki et al., 2004). These parameters could
influence both the injury mechanisms and the injury thresholds (Kleiven and Holst, 2002).
Therefore, to improve the accident reconstruction process, age-specific models should also
be used.

-

The impacts involving the helmets presented here include only impacts against a hard
surface, as in a single bicycle accident on asphalt or concrete. The number of single bicycle
accidents has shown to be much higher compared to bicycle accidents involving a vehicle in
Sweden and France (Amoros et al., 2012; Rizzi et al., 2013). On the other hand, there is a
higher percentage of severe head injuries in accidents involving vehicles (Amoros et al.,
2012). Therefore, more should be done to understand head impacts involving vehicle
surfaces also.

-

One parameter that requires further evaluation, not only in accident reconstructions but
also in the work to improve standardization tests, is the influence of the rest of the body on
head kinematics and injury predictions. The FE studies of head injuries in this thesis were
performed using a head model including most anatomical details, as well as a simplified
model of the neck with the upper part of the spinal cord. Previous studies have evaluated
the rest of the body in different impact situations (Beusenberg et al., 2001; COST 327, 2001;
Forero Rueda, 2009; Ghajari et al., 2011; Verschueren, 2009). The conclusions from the
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previous studies are that the body affects the head angular acceleration amplitudes by a few
percentage up to 40%, depending on the impact direction as well as the impact material,
which alters the duration of the impact pulse. This suggests that the body is important for
some impact conditions and that this could affect the injury prediction.
-

The numerical models should be further evaluated in terms of kinematics and for different
accident situations since the kinematics is important for the injury prediction. To date, the
focus has been on pedestrian accident situations but other accident situations ought also to
be further evaluated since the numerical models are also used in other accident situations.

-

The initial velocity method has the potential to use a detailed impact surface but then also
questions regarding the importance of e.g. the scalp need to be further evaluated. This
together with more experimental data for friction coefficient, which also can influence the
injury prediction, should be further evaluated.
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10 Conclusions
The thesis has covered a broad spectrum of questions concerning accident reconstructions with
injury predictions using finite element (FE) methods. This thesis has suggested improvements of the
accident reconstruction process which can lead to improved FE models and a better understanding
of the head injury mechanisms. Also, the accident reconstructions have been performed to show
how they can be used to evaluate and highlight limitations and possible improvements of protective
systems and the tests standards. In addition, this thesis showed the development of head injury
epidemiology over time, which can help in understanding the most demanding needs of accident
reconstructions. The conclusions of the thesis and the appended papers are summarized in the
following points.
-

A novel image correlation method was introduced that can compare the response of FE
models with the location of injuries visible on medical images. The method leads to a more
objective of the correlation between an injury visible in medical images and output from FE
models. The method has the potential to improve the process of injury reconstructions,
which can improve the biofidelity of FE models.

-

A difference of up to 13 cm in head impact location was seen between the rigid body
pedestrian model developed by TNO and the FE pedestrian model developed by Toyota.
This was in the same range as the difference seen when altering the vehicle and pedestrian
velocities. This suggests that the more time efficient TNO pedestrian model could be used to
determine the initial conditions for the THUMS pedestrian model, which can be use din
subsequent and more detailed injury reconstructions, depending on the quality of the
accident data as well as the head impact location on the vehicle.

-

A protective effect of bicycle helmets was shown based on FE simulations and data from real
accidents. The helmet showed a protective effect of both the skull in form of reduced stress
and the brain tissue in form of reduced peak strain. The accident situations showed no
increase of rotational motion when the helmet was included.

-

The results showed that altered helmet designs could give even more protective effect for
both the skull and brain. However, the potential of improving the protection against brain
injuries with altered helmet design is not reflected in today’s helmet standardization tests
with radial impacts and evaluation of linear acceleration.

-

The helmet’s protective effect was influenced by impact location and direction, which shows
the potential for improvement of today’s helmets for different directions but also highlights
the difficulties when evaluating the helmets.
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-

A decrease in the incidence of hospitalized head injuries in Sweden was observed between
1987 and 2010 in Sweden. A decrease was seen in concussion and injuries in the younger
population. However, more severe intracranial injuries, especially subdural and
subarachnoid hematoma, increased, as did head injuries among the oldest population. This
highlights the importance of the development of more age-specific FE models.
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Appendix 1. Helmet Model Evaluation
In thesis a bicycle helmet was developed based on an existing helmet on the market. This helmet
model was evaluated against four experimental tests done in the KTH helmet test rig (Aare and
Halldin, 2003). Four impact situations were tested (three oblique and one radial impact), illustrated
in Figure A1.

Figure A1. The impact situations for the helmet model evaluation. From left to right back, lateral pitched and
radial impact.

In the experiments the helmet was positioned on a Hybrid III dummy head and the linear
acceleration, angular acceleration and the angular velocity was measured from the center of gravity
(CG) of the Hybrid III dummy head. The FE model of the Hybrid III head was built of an inner
aluminum form which was modeled with hexahedral elements and a rigid material. The aluminum
form was covered rubber which was meshed with hexahedral elements modeled with a viscoelastic
material model. The material properties are presented in Table A1. The friction coefficient between
the helmet and ground as well as between the helmet and head was set to 0.5.

Table A1. Material constants for the Hybrid IIII head model.
Density
[kg/m3]
Aluminum
skull
Scalp
rubber

435

Young’s
modulus
[GPa]

Poisson’s
ratio

205

0.31

1222

Elastic
bulk
modulus
[GPa]

Shorttime
shear
modulus
[MPa]

Infinite
shear
modulus
[MPa]

Decay
constant
[1/s]

2.17

1.55

0.657

4.94

The ratio of peak value (Equation A1) between the four different tests together with the ratio of
timing of peak value is presented in Table A2. In Figure A2 the accelerations and velocities as a
function of time are presented for both the simulations and experimental tests.

𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 − 𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆
𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅 = �1 − �
�� ∙ 100%
𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸𝐸

I

(Eq. A1)

Table A2. The ratio of peak value and ratio of timing of peak value between the simulations and experimental
tests.
Ratio of peak value
Back
Lateral
Pitched
Radial
Average

Lin. acc.

Ang.acc.

85%

Ratio of timing of peak value
Ang. vel.

Lin. acc.

Ang.acc.

Ang. vel.

98%

83%

80%

79%

94%

96%

94%

98%

96%

85%

94%

86%

94%

54%

61%

90%

94%
92%

-

-

99%

93%

90%

83%

-

78%

79%

84%

Figure A2. The comparison of the kinematical response of the helmet test between the experiment (gray lines)
and the simulation (black lines) for the four different impact situations: back (first column),
lateral (second column), pitched (third column) and radial (fourth column).

II

The helmet liner was modeled with measured compression data for the expanded polystyrene liner
but no shear data was available for the current liner. Therefore, a shear stress-strain curve from a
liner with lower density was used but scaled with the factor that differed in the compression stress
in the both liners. The sensitivity to scale factor for the shear stress was evaluated by altering the
scale by factor ±50%. The sensitivity to friction coefficient (±0.2), choice of material model
(MAT_CRUSHABLE_ FOAM) and head retention system was also evaluated. These parameters
were evaluated for the four different impact situations tested in the test rig (Figure A1).
None of the simulation series with altered parameters resulted in a higher ratio of peak value while
the alternative material model caused a slight higher ratio of timing of peak value (Table A3).

Table A3. The average ratio of peak value and ratio of timing of peak value between the simulations and
experimental tests when the material properties and the interaction with the helmet were altered
for the baseline helmet.
Ratio of peak value

Ratio of timing of peak value

Baseline helmet

92%

80%

Friction coefficient 0.3

73%

73%

Friction coefficient 0.7

89%

79%

-50% increase of scale factor
for shear stress curve
+50% increase of scale factor
for shear stress curve
Other material model
(MAT_CRUSHABLE_FOAM)
No head retention system

83%

78%

90%

80%

88%

82%

91%

80%

III

Appendix 2. Image Correlation - Different Injury Metrics
The comparison between the medical images and the FE simulations for the three bicycle accident
reconstructions and all six injury metrics are presented. The peak values for both the elements
within the whole brain and also within the section volume, covering the volume between the most
superior and most inferior medical image indicating injury, is presented in Table A4.
Table A4. The maximum value of the different local injury metrics for the elements within the volume section
and the whole brain.
Peak Value for the Elements
in the Volume of the
Sections
Case 4

Case 15

Case 58

0.42

0.72

0.30

188

204

419

188

10690

3759

4124

10690

3783

16

85.5

7.7

18

85.5

13

Positive Pressure [kPa]

303

298

241

341

486

317

Negative Pressure [kPa]

-376

-460

-365

-377

-460

-365

1st

Principal Strain

Strain Rate
Strain
[J/m3]

[s-1]

Energy

Density

Von Mises stress [kPa]

Case 15

Case 58

0.40

0.67

0.28

178

257

4058

Peak Value for the Elements
in the Brain
Case 4

Case 4
In Case 4 the highest average Overlap Index (OI) was found for first principal strain (0.19) and the
same for Location Index (LI) (0.88) (Table A5). The visualization of the comparison for Case 4 is
shown in Figure A6. The ratio between the white pixels in the FE images and the medical images
varied between 0.66-1.29 for the different injury metrics (Table A5). The distribution of the different
local injury metrics at the time of peak value is presented in Figure A3 for the sagittal and coronal
plane.

Case 15
In Case 15 the highest average OI was found for positive pressure (0.07) but strain rate for LI (0.69)
(Table A6). The visualization of the comparison for Case 15 is shown in Figure A7. The ratio between
the white pixels in the FE images and the medical images varied between 0.98-1.64 for the different
injury metrics (Table A6). The distribution of the different local injury metrics at the time of peak
value is presented in Figure A4 for the sagittal and coronal plane.

Case 58
In Case 58 the highest average OI was found for strain energy density (0.12).Both strain energy
density and negative pressure had highest LI of 0.84 (Table A7). The visualization of the comparison
for Case 58 is shown in Figure A8. The ratio between the white pixels in the FE images and the
medical images varied between 0.65-1.01 for the different injury metrics (Table A7). The
distribution of the different local injury metrics at the time of peak value is presented in Figure A5
for the sagittal and coronal plane.

IV

Figure A3. Case 4, the pattern for the different metrics for the sagittal and coronal plane. The coronal plane is
seen from the front.

Figure A4. Case 15, the pattern for the different metrics for the sagittal and coronal view. The coronal view is
seen from the front.

Figure A5. Case 58, the pattern for the different metrics for the sagittal and coronal view. The
coronal view is seen from the front.

V

Table A5. Case 4, Overlap Index (OI), Location Index (LI) and Ratio of white pixels in FE and
medical images. The used cut-off metric is in parenthesis.
OI
Section 1
Strain (0.27)
Strain Rate (80 s-1)
Strain Energy Density (1250

J/m3)

Stress (137.5 kPa)
Positive Pressure (135kPa)
Negative Pressure (-120 kPa)

Section
2

Section
3

Section
4

Average

0.01

0.35

0.27

0.13

0.19

0.02

0.05

0.16

0.06

0.07

0

0.13

0.26

0.10

0.12

0.04

0

0

0

0.01

0

0

0.01

0.02

0.01

0.20

0.26

0.03

0.01

0.13

LI
Section 1
Strain (0.27)
Strain Rate (80 s-1)
Strain Energy Density (1250

J/m3)

Stress (137.5 kPa)
Positive Pressure (135kPa)
Negative Pressure (-120 kPa)

Section
2

Section
3

Section
4

Average

0.90

0.99

0.88

0.75

0.88

0.58

0.72

0.93

0.74

0.74

0

0.80

0.89

0.78

0.62

0.63

0.59

0.66

0.65

0.63

0

0.34

0.46

0.46

0.31

0.86

0.93

0.73

0.77

0.82

Ratio of white pixels in FE and medical image
Section 1
Strain (0.27)
Strain Rate (80 s-1)
Strain Energy Density (1250

J/m3)

Stress (137.5 kPa)
Positive Pressure (135kPa)
Negative Pressure (-120 kPa)

VI

Section
2

Section
3

Section
4

Average

0.03

1.22

1.51

1.63

1.10

1.70

1.61

1.03

0.70

1.26

0

1.29

1.69

2.16

1.29

1.60

1.70

0.21

0.41

0.98

0

0.10

0.62

2.68

0.85

0.64

0.70

0.94

0.34

0.66

Table A6. Case 15, Overlap Index (OI), Location Index (LI) and Ratio of white pixels in FE and medical
images. The used cut-off metric is in parenthesis.
OI
Section 1

Section 2

Section 3

Section 4

0.02

0.02

0.01

0

0.01

0.08

0.00

0.03

0

0.03

0.05

0

0

0

0.01

0.01

0.01

0.02

0.00

0.01

Positive Pressure (165 kPa)

0

0

0.07

0.22

0.07

Negative Pressure (-75 kPa)

0

0

0

0

0

Strain (0.39)
Strain Rate (130 s-1)
Strain Energy Density (3750

J/m3)

Stress (175 kPa)

Average

LI
Section 1

Section 2

Section 3

Section 4

0.75

0.65

0.62

0.48

0.62

0.79

0.72

0.70

0.57

0.69

Strain Energy Density (3750 J/m3)

0.76

0.62

0.61

0

0.50

Stress (175 kPa)

0.47

0.40

0.55

0.56

0.50

Positive Pressure (165 kPa)

0.57

0

0.80

0.87

0.56

Negative Pressure (-75 kPa)

0.34

0.30

0.43

0.39

0.36

Strain (0.39)
Strain Rate (130

s-1)

Average

Ratio of white pixels in FE and medical image
Section 1

Section 2

Section 3

Section 4

Strain (0.39)

2.35

3.22

0.71

0.26

1.64

Strain Rate (130 s-1)

2.47

2.16

0.66

0.18

1.37

Strain Energy Density (3750 J/m3)

1.82

2.43

0.47

0

1.18

Stress (175 kPa)

1.60

2.63

0.47

0.25

1.24

Positive Pressure (165 kPa)

0.00

0

0.87

2.09

0.74

Negative Pressure (-75 kPa)

2.15

0.15

0.88

0.75

0.98

VII

Average

Table A7. Case 58, Overlap Index (OI), Location Index (LI) and Ratio of white pixels in FE and medical
images. The used cut-off metric is in parenthesis.
OI
Section 1
Strain (0.21)

Section 2

Average

0

0.04

0.02

0

0

0

0.05

0.18

0.12

Stress (175 kPa)

0

0

0

Positive Pressure (135kPa)

0

0

0

0.05

0.19

0.12

Strain Rate (80

s-1)

Strain Energy Density (750

J/m3)

Negative Pressure (-45 kPa)

LI
Section 2

Section 1
0

Strain (0.21)

0.79

Average
0.39

0.43

0.64

0.53

0.78

0.89

0.84

Stress (175 kPa)

0.62

0.61

0.61

Positive Pressure (135kPa)

0.12

0.29

0.21

Negative Pressure (-45 kPa)

0.79

0.89

0.84

Strain Rate (80 s-1)
Strain Energy Density (750

J/m3)

Ratio of white pixels in FE and medical image
Section 1
Section 2
Average
0

1.32

0.66

1.23

0.08

0.65

1.45

0.58

1.01

1.15

0.65

0.90

Positive Pressure (135kPa)

0.28

1.62

0.95

Negative Pressure (-45 kPa)

1.42

0.57

1.00

Strain (0.21)
Strain Rate (80

s-1)

Strain Energy Density (750

J/m3)

Stress (175 kPa)
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Figure A6. Case 4, the overlap and the center of mass of the medical and FE images for all sections and
metrics.

IX

Figure A7. Case 15, the overlap and the center of mass of the medical and FE images for all sections and
metrics.

X

Figure A8. Case 58, the overlap and the center of mass of the medical and FE images for all sections and
metrics.

XI

Appendix 3. Sensitivity Study of Bicycle Accident
Reconstructions
As accident reconstructions most often have some uncertainties it is difficult to have total control of
the kinematics just before impact. Therefore, a sensitivity study of the impact velocity and impact
direction was performed for the three bicycle accident reconstructions. The impact velocity
(resultant, horizontal or vertical velocity) was altered by ±20% and ±40%. The impact direction was
altered by rotating the head mode with ±10˚ and ±20˚ around the head’s x-axis (posterior-anterior),
y-axis (right-left) and z-axis (inferior-superior).
The change in the impact velocity and impact direction altered the OI, LI and the ratio between
white pixels in the FE images and medical images generating different cut-off levels for the different
simulations. The differences are shown in Table A8.

XII

Case4

Case 15

Case 58

Table A8. The variation of OI, LI, ratio of white pixels in the FE model and the medical images and the cut-off level for all three cases.

+40% V v

+20% V v

-20% V v

-40% V v

+40% V h

+20% V h

-20% V h

-40% V h

+40% V res

+20% V res

-20% V res

-40% V res

Baseline

0.16

0.12

0.17

0.20

0.19

0.13

0.21

0.16

0.12

0.15

0.19

0.16

0.08

0.19

0.69

0.90

0.85

0.87

0.89

0.93

0.69

0.91

0.84

0.80

0.67

0.89

0.86

0.59

0.88

0.59

0.59

1.06

0.63

0.93

1.15

1.01

0.53

1.31

1.06

1.29

0.75

0.97

0.96

0.40

1.10

0.30

0.30

0.27

0.24

0.33

0.30

0.24

0.21

0.30

0.27

0.27

0.27

0.33

0.30

0.24

0.21

0.27

0.00

0.01

0.00

0.01

0.01

0.01

0.01

0.00

0.01

0.01

0.01

0.01

0.02

0.02

0.01

0.01

0.02

0.01

0.61

0.48

0.63

0.61

0.66

0.62

0.62

0.62

0.61

0.62

0.63

0.62

0.62

0.63

0.64

0.62

0.61

0.62

0.62

1.35

1.08

1.61

0.96

1.07

1.10

1.20

0.97

1.34

1.12

1.54

1.59

1.15

1.13

1.30

1.56

1.30

1.18

1.69

1.64

0.33

0.36

0.42

0.39

0.45

0.42

0.39

0.39

0.42

0.39

0.33

0.39

0.45

0.45

0.33

0.27

0.48

0.45

0.33

0.24

0.39

0.00

0.10

0.11

0.00

0.00

0.00

0.00

0.12

0.13

0

0

0.06

0.07

0.11

0.08

0.00

0.00

0.11

0.01

0.00

0.00

0.02

0.29

0.29

0.45

0.88

0.35

0.28

0.27

0.25

0.47

0.90

0.25

0.36

0.43

0.45

0.46

0.45

0.52

0.48

0.45

0.42

0.37

0.36

0.39

0.21

0.14

0.16

0.49

1.34

0.81

0.52

0.20

0.14

0.27

1.30

0.48

0.46

0.03

0.68

0.47

0.51

0.85

1.35

0.49

0.34

0.96

0.44

0.66

0.15

0.27

0.18

0.15

0.30

0.24

0.18

0.18

0.24

0.27

0.18

0.15

0.27

0.24

0.18

0.15

0.21

0.21

0.21

0.24

0.24

0.24

0.18

0.15

0.21

Cut-off

-20˚ Xrot
0.15
0.61

1.04

0.15

0.00

0.62

0.96

0.42

0.00

0.44

1.46

Ratio

-10˚ Xrot
0.09
0.44

1.42

0.21

0.01

0.62

1.18

0.39

0.06

0.54

LI

+10˚ Xrot
0.04

0.84

1.01

0.33

0.01

0.62

1.36

0.39

0.00

OI

+20˚ Xrot
0.16

0.88

0.73

0.36

0.01

0.62

1.17

0.39

Cut-off

-20˚ Yrot
0.18

0.87

0.67

0.21

0.01

0.62

1.51

Ratio

-10˚ Yrot
0.14

0.87

0.61

0.24

0.01

0.63

LI

+10˚ Yrot

0.12

0.62

0.51

0.21

0.01

OI

+20˚ Yrot

0.12

0.62

0.77

0.15

Cut-off

-20˚ Zrot

0.10

0.85

0.25

Ratio

-10˚ Zrot

0.13

0.58

LI

+10˚ Zrot

0.04

OI

+20˚ Zrot
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Appendix 4. Comparison of the TNO and THUMS Models
A comparison between the MADYMO and THUMS pedestrian model was performed for fourteen
different accident situations. The difference in head impact location, head rotation and head impact
velocity between the two models and the fourteen different accident situations is presented in Table
A9.

Table A9. The difference between the MADYMO and THUMS model.
Differences (MADYMO-THUMS) in:
Head impact location [cm]

Head
impact
velocit
y [m/s]

Head rotation [˚]

x

y

z

x

y

z

Res.

SLF 30 km/h 5 km/h

8.9

2.5

5.5

-8

-8

-4

-2.0

SLF 40 km/h 0 km/h

7.4

2.9

6.1

-3

-10

27

-1.3

SLF 40 km/h 5 km/h

7.4

2.5

5.7

-2

-13

17

-1.3

SLF 40 km/h 5 km/h away

8.2

3.0

5.5

0

0

35

-1.0

SLF 40 km/h 5 km/h towards

-0.2

4.4

4.0

8

-12

-6

0.7

SLF 40 km/h 10 km/h

6.0

2.6

5.9

-3

-13

8

-0.5

SLF 50 km/h 5 km/h

1.3

3.4

6.1

-4

-19

23

0.6

SLB 30 km/h 5 km/h

12.6

-3.1

4.1

11

-4

35

-0.8

SLB 40 km/h 0 km/h

10.2

-3.9

3.6

1

-1

1

0.1

SLB 40 km/h 5 km/h

10.6

-3.8

3.9

5

2

-4

0.6

SLB 40 km/h 5 km/h away

8.7

-0.8

3.3

-1

5

12

0.3

SLB 40 km/h 5 km/h towards

10.0

-5.4

5.7

4

-2

-14

1.6

SLB 40 km/h 10 km/h

11.4

-3.6

5.7

1

3

-10

0.3

SLB 50 km/h 5 km/h

8.2

-5.2

6.3

-11

-5

-8

2.2
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