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Abstract 

Vulnerable road users (VRUs), such as bicyclists and pedestrians, are the most exposed group in 
traffic accidents and are overrepresented in the statistics on severe and deadly injuries, most 
commonly involving the head. The finite element (FE) method presents the possibility to model 
complex interaction between the human body and vehicle structures in order to better understand 
the injury mechanisms and develop advanced safety systems. While the rapid development of 
computer capacity has allowed for increasingly detailed FE-models of the human body, there is 
always a benefit to reducing the issue under study to focus only on the contributing parts.  

Due to its material properties, the brain is more sensitive to rotational motion than to purely linear, 
resulting in complex injury causation. When studying brain injuries caused by a direct impact to the 
head, as commonly seen in VRU accidents, simulations using an isolated head model would 
significantly increase efficiency compared to using a complete human body model. Also in standards 
used to evaluate protective systems for the head, isolated mechanical head representation are used. 
It is not, however, established the extent to which the boundary conditions of the head - i.e. the neck 
and impacting surface - determine the outcome of brain injuries.  

FE models of both the entire human body and the isolated head were used in this thesis to study the 
effect of the body, as well as active neck muscle tension, on brain injury outcome in hypothetical 
VRU accident scenarios. A detailed pediatric neck model was also developed to enable the study of 
age-specific effects. A detailed vehicle windscreen model was developed to evaluate the necessity of 
accurately capturing the failure deformation of the windscreen in pedestrian head impacts. 

It was shown that the influence of the neck and body on brain injury prediction is greater in longer 
duration impacts, such as pedestrian head-to-windscreen impacts with an average difference of 
21%. In accidents with shorter duration impacts, such as head-to-ground bicycle accidents, the 
average influence was between 3-12%, depending on the helmeted condition. The influence 
observed did not consistently increase or limit the severity, and was dependent on the degree of 
rotation induced by the impact, as well as the mode of deformation induced in the neck and the 
stiffness in the induced deformation. For shorter duration impacts, significant effects of neck and 
body were seen only when small rotations were induced by the head impact. It was also shown that 
the predicted brain injury severity is highly dependent on capturing the large deformations of 
fractured vehicle windscreen, with the greatest effect near the windscreen frame. The developed 
pediatric neck model showed a large effect of age-dependent anatomical changes on inertial head 
loading, making it a promising tool to help increase understanding of the age-dependent effects of 
boundary conditions in VRU accidents. 

Keywords 
Brain injuries; Vulnerable Road Users; windscreen impacts; Finite Element Analysis; pedestrian 
accidents; cycling accidents; pediatric neck  
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Sammanfattning  

Oskyddade trafikanter är den mest sårbara gruppen i trafiken och överrepresenterade i statistiken 
över allvarliga och dödliga skador, vilket oftast involverar huvudskador. Finita element (FE)-
metoden erbjuder möjligheten att modellera komplexa interaktioner mellan människokroppen och 
fordonsstrukturer för att bättre förstå skademekanismerna och kunna utveckla avancerade 
skyddssystem. Den ständigt ökande beräkningskapaciteten hos datorer har också möjliggjort en 
ökad detaljnivå hos FE-modeller av människokroppen, men det kommer alltid vara fördelaktigt att 
reducera det studerade problemet till att bara involvera de delar som bidrar till resultatet.   

På grund av hjärnans materialegenskaper är den känsligare för rotationsrörelser jämfört med rent 
linjära, vilket också leder till en komplicerad skademekanism. Vid studier av hjärnskador orsakade 
av direkta stötar mot huvudet, vanligt bland olyckor hos oskyddade trafikanter, skulle simuleringar 
av en isolerad huvudmodell avsevärt öka effektiviteten jämfört med att simulera hela kroppen. 
Teststandarder som används för att utvärdera skyddssystem för huvudet är också förenklade till 
direkta islag mot isolerade mekaniska huvudmodeller. Det är däremot inte fastställt till vilken grad 
huvudets randvillkor avgör utfallet av en hjärnskada, d.v.s. nacken och den islagna ytan. 

FE-modeller av hela människokroppen samt det isolerade huvudet användes i denna avhandling för 
att studera inverkan av kroppen, så väl som nackmusklernas aktivering, på utfallet av predikterad 
hjärnskada i hypotetiska olyckor med oskyddade trafikanter. En detaljerad modell av en pediatrisk 
nacke utvecklades också för att möjligöra studier av åldersspecifika effekter. Även en detaljerad 
modell av en vindruta utvecklades för att utvärdera behovet av att återge deformationen i en 
sprucken vindruta vid huvudislag från fotgängare. 

Det visades att inverkan av nacken och kroppen på hjärnskadeprediktering är större vid islag med 
lång duration, som huvudislag mot vindruta med en medelskillnad på 21%, jämfört med islag med 
kort duration, som huvudislag mot marken med en medelskillnad mellan 3-12% beroende på hjälm. 
Inverkan var inte konsekvent ökande eller minskande utan beroende av hur mycket rotation som 
inducerats av islagsytan samt den inducerade deformationen av nacken och styvheten i 
deformationsriktningen. Vid islag med kort duration sågs endast stor inverkan av nacken och 
kroppen när relativt lite rotation inducerades av huvudislaget. Det kunde också visas att nivån på 
predikterad hjärnskada är starkt beroende av att korrekt återge de stora deformationerna som 
uppstår i sprucken vindruta, särskilt vid islag nära ramen. Den utvecklade pediatriska nacken visade 
stor inverkan av åldersberoende anatomiska förändringar vid tröghetsbelastning och potential för 
att öka förståelsen av åldersberoende effekter i olyckor med oskyddade trafikanter. 

Nyckelord 

Hjärnskador, oskyddade trafikanter, islag i vindruta, Finita Element Analys, fotgängarolyckor, 
cykelolyckor, pediatrisk nacke 
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1 Introduction 

Today, approximately 1.25 million people are killed each year in road traffic accidents, making this 
the leading cause of death among the population between 15 and 29 years old (World Health 
Organization, 2015), and, as such, a major public health problem. The number of people severely 
injured or killed has, however, been reduced over the decades, due largely to more stringent 
regulations and improved road safety (IRTAD, 2016; World Health Organization, 2015). Reductions 
in fatalities and severe injuries are also attributed to the introduction of safety systems in vehicles, 
such as seatbelts and airbags (Crandall et al., 2001; Cummins et al., 2011; Evans, 1986). The 
majority of these efforts have focused primarily on the vehicle occupants, where the largest 
reduction of fatalities has been seen (IRTAD, 2016). Today, vulnerable road users (VRUs) constitute 
49% of all traffic deaths on a global average (World Health Organization, 2015). The single most 
commonly injured body region in fatal cases is the head, responsible for 64% of pedestrian accident 
fatalities and 72% of bicyclist fatalities (Maki et al., 2003). It is also the most commonly involved 
body region in severe pedestrian accident injuries, accounting for 43% (Zhang et al., 2008).  

Early vehicle protective systems have often been a result of experiments using post mortem human 
subjects (PMHS), which later also helped to improve vehicle safety for VRUs (Crandall et al., 2011). 
Although PMHS are an exact representation of the human anatomy, there are many disadvantages 
such as tissue degradation, availability, large costs and lack of muscle activation. Anthropometric 
test devices, or dummies, are mechanical analogies of humans, often used in regulatory testing, that 
give valuable information about acceleration, forces and displacement. The drawback is that they 
should be a good representation of the human anatomy, but also robust and reproducible, leading to 
reduced biofidelity (human like behavior) and increased complexity and costs. Injury assessment 
also has to be derived from experiments, usually using PMHS. 

Along with the improvement in computational technology, mathematical models have become an 
increasingly valuable component in understanding the biomechanics involved (Yang and Chou, 
2015). Finite element (FE) models, presents a powerful tool that can facilitate the analysis of 
complex external and internal factors in a great diversity, and at the same time accurately represent 
the human body. It is, however, still a computationally expensive method and the level of accuracy is 
partly dependent on the level of detail of the model. There is hence always a desire to reduce the size 
and complexity of the simulated problem, but without severely changing the outcome. Common 
approaches are to use only the head, to use only 50th-percentile male mid-age models and to 
simplify the impacting surfaces (Juntikka et al., 2004; Mordaka et al., 2007; Peng et al., 2012a). 

Simplifications are made not only in computational models - experimental testing also greatly 
benefits from a reduced problem. In regulatory pedestrian testing, such as the European New Car 
Assessment Programme (EuroNCAP), pedestrian protection rating is based on linear impacts of 
dummies representing isolated body regions (EuroNCAP, 2014). This reduced problem has enabled 
robust and implementable methods, leading to initial reference values to reduce forces and 
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acceleration levels in vehicle structures (Crandall et al., 2002). Similar methods have also been 
implemented in helmet testing (European Committee for Standardization EN1078, 2012) limiting 
the peak resultant linear acceleration of a head impact (Cripton et al., 2014), associated with skull 
fractures (Yoganandan and Pintar, 2004). 

A deeper understanding of tissue-level injuries gained from both cadaver experiments and, later, the 
development of detailed computer models have further advanced safety development. The 
understating of the brain’s sensitivity to rotational motion (Gennarelli et al., 1972; Holbourn, 1943) 
has led to new innovations in head protection (Halldin et al., 2001; Hansen et al., 2013; Vanden 
Bosche et al., 2017), but has also presented new challenges in development. Due to the anatomy of 
the head and the low shear modulus of the brain (McElhaney et al., 1976), the rotational kinematics 
as well as the direction of the motion, is extremely important for brain deformation, and hence 
brain injury (Kleiven, 2007, 2006). In traffic accidents, complex impacts occur at high velocities 
(Crandall et al., 2002), and in VRU accidents, the whole human body is engaged and contributes to 
the kinematics of the head. Since the head is attached to the body with much larger mass, the overall 
motion in a VRU accident can be determined by the relative inertia of body regions and joint 
stiffness (Moser et al., 2000; van Hoof et al., 2003; Yang et al., 2000). Head injuries are, however, 
most likely to occur due to a direct impact to the head (Otte, 1999), and the boundary conditions 
determining the kinematics of the head upon impact are mainly the neck and the impacting surface. 

Although the neck is attached to the body, it is a very flexible body part with complex motions 
(Matsushita et al., 1994; Nightingale et al., 1996; Panjabi et al., 1991), two factors that make it 
susceptible to injury (Nightingale et al., 2015), but also controls the kinematics of the head. Early 
rigid body models (van der Horst et al., 1997), and later also detailed FE models (Brolin et al., 2005; 
Östh et al., 2012) have shown the necessity of muscle activation in inertial loading in order to fully 
capture the head motion. Even though these studies were based on volunteer experiments at 
relatively high velocities, they are naturally focused on sub-injurious levels and not head-first 
impacts. In a head-first impact, the neck contributes to the angle of the head at impact and impact 
point on the head due to the motion of the neck prior to the impact, but also to the motion after 
impact (Nightingale et al., 1996). After the publication of Paper C (Alvarez et al., 2013), included in 
this thesis, and at the same time as Paper D (Alvarez et al., 2014), Iwamoto and Nakahira (2014) 
found that muscle activation of the whole body and/or neck could influence head kinematics, but 
results from brain injury measures were more inconclusive. 

Previous work using rigid body models has shown that the neck can severely change the angular 
head kinematics in head-to-head impacts from American football and in jockey fall accidents, in 
some cases changing the direction of angular acceleration (Beusenberg et al., 2001; Forero Rueda, 
2009). Others have seen significant changes in peak resultant angular acceleration when not 
considering the body, in dummy experiments of motorcycle accidents (Chinn et al., 2001; Hering 
and Derler, 2000), and approximately 20% using detailed FE model simulations in one study 
(Ghajari et al., 2013), but less pronounced in another (Feist and Klug, 2016). Simulations of dummy 
models have shown severe changes on angular accelerations, but only after the first 5 ms, where 
minor effects were seen (Klug et al., 2015). In that study, a Hybrid III neck model was, however, 
used which is known to be lacking biofidelity with a very high stiffness (Davidsson et al., 2001). 
Pedestrian accident reconstructions using rigid body models have shown varying large (over 20%) 
and minor (under 10%) effects of neck and body on angular accelerations, depending on the 
accident situation (Munsch et al., 2009). Other studies have found large influence of the body, 
mostly due to the initial impact of the body towards the bonnet (Tinard et al., 2009). There is, 
however, also evidence from rigid body simulations of bicycle accidents showing that the head can 
be regarded as independent from the neck during the time that the kinematics affecting brain injury 
develops (Verschueren, 2009). Some of the differences between the presented studies are the 
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impact angle and impacting surface. The impact angle, together with the impact point on the head, 
will determine the kinematics of both the head and the neck. Since the stiffness of the neck varies 
depending on the direction, this is expected to contribute to the amount of neck influence. The 
impacting surfaces, together with the impact velocity will determine the duration of the acceleration 
induced on the head. Long duration acceleration should provide more time for the neck to affect the 
head kinematics from the initial impact. It is difficult to carry out a detailed comparison between the 
presented studies, but a few observations can be made. In American football simulations 
(Beusenberg et al., 2001), showing large difference in head kinematics, the duration of the impact is 
somewhat longer than in the remaining studies, and the impact direction is more perpendicular to 
the neck. Similar observations can be made in the jockey accident simulations, impacting turf with 
relatively low stiffness (Forero Rueda, 2009). It can also be noted that there seems to be a greater 
effect in the studies using dummy models that have a relatively stiff neck. In the pedestrian accident 
study (Munsch et al., 2009), no specification of the impact conditions is given, nor duration of 
impact, but the difference in influence suggests a similar variation. The duration of impact in the 
bicycle accident study is, however, shorter than in the other studies, and impacts with large neck 
compression were excluded. It is not clear whether the differences observed are also due to different 
modelling approaches, or whether the changed kinematics influence the brain injury outcome. Only 
a small number of previous studies have been found that investigate the influence of the neck on 
brain injury by local tissue metrics, although these studies applied kinematics from rigid body 
simulations (Munsch et al., 2009), or using simplified accident simulations (Tinard et al., 2009), or 
mostly finding large differences between used brain models (Feist and Klug, 2016). 

The human neck also undergoes large anatomical changes during maturation (Bailey, 1952; Luck, 
2012; Ogden, 1984a; Yoganandan et al., 2002), as well as shift in inertia, up to mid-teenage years 
(Burdi et al., 1969), but few studies have been performed on the effect of these changes on head and 
neck kinematics (Kumaresan et al., 2000, 1997) . There is also a lack of available models where the 
most detailed often exclude muscles (Dupuis et al., 2005; Meyer et al., 2008) or represents only one 
age-group (Dong et al., 2015; Shen et al., 2015). Other approaches have been scaling from adult 
models (Mizuno et al., 2005). It would hence be beneficial to use a detailed pediatric FE model, 
capable of capturing anatomical changes, in order to understand the kinematical implications of 
neck maturation. 

The impacting surface in VRU accidents is naturally a variety of objects (Fredriksson et al., 2010; 
Jarrett and Saul, 1998; Otte, 1999). From a modeling perspective, many of these are relatively 
straightforward to model, as they present stiffness far higher than the human skull, which together 
with the coefficient of friction dictates the reaction motion of an impacting object. However, if the 
accident involves a vehicle, a highly probable impact for the head is the windscreen (Fredriksson et 
al., 2010; Otte, 1999; Yao et al., 2008). A vehicle windscreen impact poses more complex challenges 
due to its composite structure, large area-to-thickness ratio, complex fracture behavior and large 
failure deformation. Whereas some models attempt a detailed description of the windscreen 
(Bennison et al., 1999; Thompson and Kilgur, 2010), fully representing the structure, simplified 
versions are often used due to the large computational times needed. A number of different 
approaches of simplification can be found in the literature (Du Bois et al., 2003; Peng et al., 2013; 
Sun and Andrieux, 2005; Timmel et al., 2007), but are evaluated only for acceleration response. To 
the author’s knowledge, only one technique has been presented that shows a good correlation with 
experiments in both acceleration and deformation of the windscreen (Pyttel et al., 2011), as well as 
low increase in calculation cost. There is, however, little known in regards to the possible effect on 
brain injury prediction of simplifications made in windscreen impacts. 
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2 Objectives 

Boundary conditions of the human head in VRU accidents are often complex and unpredictable. The 
synergies between impact angle, velocities, surfaces and neck conditions likely determine their 
contribution to brain injury prediction. A better understating of these contributions could thus 
increase efficiency in safety development, but also help avoid any incorrect conclusions. The aim of 
this thesis is therefore to identify and determine the effect of these boundary conditions in relation 
to brain injuries based on the specific objectives in the appended papers, as follows: 

 
• Paper A: To introduce a novel, continuously scalable pediatric neck model, and 

evaluate the effect of maturation on head and neck kinematics. 
• Paper B: To evaluate the effect of windscreen modelling simplifications on the 

prediction of brain injuries. 
• Paper C: To evaluate the influence of neck muscle activation on pre-impact head 

kinematics in pedestrian type accidents. 
• Paper D: To evaluate the influence of neck muscle activation during pedestrian 

head impacts, on brain injury prediction.  
• Paper E: To evaluate the effect of the neck, as a boundary condition, on brain injury 

prediction of bicycle head-to-ground impacts. 
• Paper F: To evaluate the effect of reducing boundary and impact conditions on the 

prediction of brain injuries in pedestrian accidents. 
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3 Background 

3.1 The Human Cervical Spine 
The human cervical spine constitutes the uppermost part of the human vertebral column, consisting 
of the seven first vertebrae (see Figure 3.1), separated and connected by the five intervertebral discs, 
ligaments and surrounding tissues. The main functions of the cervical spine are to support the head, 
facilitate motion and protect the spinal cord, which is attached to the brain at the brain stem. 

 

Figure 3.1. The cervical spine (Gray, 1918) 

3.1.1 Anatomy 
The cervical vertebrae can anatomically be divided into the first vertebra (C1), or atlas, the second 
vertebra (C2), or axis, and the remaining third to seventh cervical vertebrae (C3-C7). The vertebrae 
have a dense outer shell, the cortical bone, and a more porous inner structure, the trabecular bone. 
The third to seventh cervical vertebrae have the same basic anatomy, with some variations in size. 
These vertebrae consist of a roughly cylindrical to ellipsoid body (viewed in the transverse plane), to 
which the transverse process and pedicle are attached on each side (see Figure 3.2). The transverse 
process and pedicle form a hole, called the foramen transversarium, for passage of the blood vessels 
and nerves. Posteriorly, these connect to the articular pillars. The posterior and anterior surfaces of 
this structure are flat and have an angle relative the body in the anterior-posterior direction, called 
facets. Further posteriorly, long and narrow structures, the lamina, fuse together with an angle to 
form the spinous proses and enclose the spinal canal. 
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Figure 3.2. Drawing of the third to seventh cervical vertebra in top view (left image) and side view (right 
image). Drawings are adapted from Gray (1918). 

 

The axis (C2) has a similar anatomy as C3-C7 in the inferior and posterior region, but has a body 
that transitions superiorly and forms a rounded process called the dens (see left image in Figure 
3.3). Laterally and below the dens are flat, oval surfaces to each side, known as articular surfaces. 
Behind these are the transverse processes. The atlas (C1) does not have a body like the other 
vertebra, but instead a narrow anterior arch that connects the lateral masses, or articular surfaces 
(see right image in Figure 3.3). The inferior articular surface is flat and matches the shape of the 
articular surfaces of the axis. The superior articular surface is concave and matches the shape of the 
skull base. The transverse processes are attached laterally from the lateral masses. Posteriorly from 
the lateral masses, the vertebra resembles the lower vertebrae, but has a more arched shape, and a 
small posterior tubercle. 

 

Figure 3.3. Drawing of the second cervical vertebra in top posterior view (left image) and first cervical vertebra 
in top view (right image). Drawings are adapted from Gray (1918). 

 

The second to seventh vertebrae are connected to each other through the intervertebral discs – 
structures measuring about 4 mm in thickness (Gilad and Nissan, 1986) covering the inferior and 
superior part of two adjacent vertebral bodies (see Figure 3.4). The intervertebral disc is a 
fibrocartilaginous tissue with a homogenous center, or nucleus pulposus, consisting of loosely 
embedded collagen and proteoglycans and around 80% water (Iatridis et al., 1996). Surrounding the 
nucleus pulposus is the annulus fibrosus which consists of 15-25 lamina of a fibrous collagen matrix 
embedded in a gel of proteoglycans, water and proteins. The fibers are orientated with alternating 
angles of approximately  ±30° to the transverse plane of the disk (Galante, 1967; Marchand and 
Ahmed, 1990).  There is no intervertebral disc between the axis and atlas, instead, the atlas sits with 
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the inferior articular surfaces on the superior articular surfaces of the axis. Between the lateral 
masses of the atlas, the dens of the axis is located and confined anteriorly by the atlas vertebral arch 
and posteriorly by the transverse ligament of the atlas.  

 

Figure 3.4. Drawing of intervertebral disc between two vertebrae in side view (left image) and top view (right 
image) (OpenStaxCollege, 2017). 

  

Ligaments are thin fibrous tissues attached at the body and processes of the vertebrae, connecting 
adjacent vertebrae and limiting relative motion. Ligaments enclose the articular surfaces of two 
adjacent vertebrae, separated by articular cartilage and fluid. For a detailed description of all 
cervical ligaments and attachment points, the reader is referred to (Gray, 1918; McElhaney and 
Myers, 1993) or other anatomical handbooks. 

Cervical muscles 
Along the cervical spine run the cervical muscles which have the same basic physiology as the rest of 
the skeletal muscles. Each muscle consists of fascicles - bundles of individual muscle fibers, 
surrounded by a thin layer of connective tissue called perimysium. The muscle fibers are long, 
multinuclear cells consisting largely of myofibrils and are surrounded by a layer of connective tissue 
called endomysium, see Figure 3.5. Myofibrils run along the length of the muscle fibers and are 
comprised of two long and overlapping protein chains, actin and myosin filaments. These attach to 
each other with cross-bridges, building up the contractile part of the muscle called the sarcomeres 
(Seeley et al., 2004). Surrounding the entire muscle is a connective tissue called the epimysium, see 
Figure 3.5. The muscles attach to the bone through the fibrous tendons, which consist largely of 
collagen fibers and transfer the forces from the muscle fibers to the bones.  
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Figure 3.5. Structure of the skeletal muscle. Figure adapted from (Wikimedia Commons, 2005). 

 

The cervical muscles can roughly be divided into deep or superficial muscles. The deeper muscles 
are generally smaller and run over one or a few vertebrae, attaching on the anatomical landmarks of 
the vertebrae and skull base and are responsible mainly for fine movements and stabilization due to 
their short moment arm (see left image in Figure 3.6). The more superficial muscles are generally 
larger and span larger numbers of vertebrae. These muscles have a larger moment arm and are 
hence responsible for a larger proportion of neck strength. The attachments are both on the 
vertebrae and skull base, but also on the upper body, such as the clavicle, sternum and scapula (see 
right image in Figure 3.6).  

 

Figure 3.6. Example of deep neck muscles (left image) in anterior view and superficial neck muscles (right 
image) in lateral view (Gray, 1918). 
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3.1.2 Pediatric growth 
The cervical spine undergoes both overall structural growth, as well as morphological changes 
during maturation. At birth, the cervical vertebrae are divided into a number of bony regions, or 
ossification centers, connected with hyaline cartilage, forming junctions called synchondroses that 
allow overall vertebral growth (Bailey, 1952; O’Rahilly et al., 1983; Ogden, 1984a).  

The third to seventh cervical vertebrae initially consist of one primary ossification center at the 
location of the vertebral body, and one at each vertebral arch (or neural arch) (see left image in 
Figure 3.7). The junctions between the ossification center of the vertebral body and the neural 
arches are called the neurocentral synchrondroses. The posterior junction between the neural 
arches is called the posterior synchrondosis, which eventually forms the spinous process. The atlas 
has similar ossification centers (see right image in Figure 3.7), although the center at the location of 
anterior arch often appears between six months and two years from birth (Bailey, 1952). The axis is 
composed of four primary ossification centers consisting of the two neural arches, the centrum of 
the body and one associated with the dens (See middle image in Figure 3.7). The dens initially 
consists of two ossification centers, but has normally fused before birth (Ogden, 1984b). 

 

Figure 3.7. Drawing of un-ossified pediatric cervical vertebrae and their primary ossification centers of C3-C7 
(left image), C2 (top and front view, middle image) and C1 (right image). 

 

The synchrondroses fuse gradually to finally ossify the entire vertebra, but at different ages for 
different regions. The posterior synchrondroses of the third to seventh vertebrae have typically 
fused by two to three years of age (Bailey, 1952), whereas the closure of the neurocentral 
synchrondroses is normally between ages three to six years (Bailey, 1952; Rajwani et al., 2002). The 
anterior portion of the transverse processes is not present at birth and closes to form the foramen 
transversarium at six years of age (Bailey, 1952). The posterior synchondrosis of the atlas normally 
fuses by three to five years of age  and the neurocentral synchrondroses by six to seven years of age 
(Bailey, 1952; Ogden, 1984a). Also for the atlas, the foramen transversarium are initially open and 
close at six years of age (Ogden, 1984a). The posterior synchondrosis of the axis have fused by two 
to three years of age and the neurocentral synchrondroses by three to six years of age (Bailey, 1952; 
Ogden, 1984b). The synchrondosis between the centers of the dens and the vertebral body fuse by 
three to six years of age (Bailey, 1952; Ogden, 1984b). The foramen transversarium of the axis first 
close around nine to ten years of age (Ogden, 1984b). A secondary ossification center normally 
appears at the superior end of the dens between three to six years of age and fuse with the dens at 
twelve years of age (Bailey, 1952). 
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The vertebrae also undergo a secondary ossification process that changes their morphology. The 
superior articular facet of the atlas is initially flat, and around ten years of age attains the more 
curved surface found in adults (Hallgren et al., 2011). The shape of the third to seventh vertebral 
bodies in the sagittal plane is initially oval-shaped up to three years of age (Swischuk et al., 1993). 
They can also be wedge shaped, with a more narrow anterior part, up to seven years of age (Bailey, 
1952; Swischuk et al., 1993), whereafter they attain their more rectangular adult shape. Around 
puberty, the third to seventh vertebrae also develop the uncinated processes which are flat 
structures elevated along the anterolateral sides of the vertebral body (Hayashi and Yabuki, 1985). 
The articular surfaces of the second to seventh vertebrae, or facets, have a variation in angle by level 
and also transition from more a horizontal angle at birth, to more vertical angles, with the largest 
changes occurring by approximately 10 years of age (Kasai et al., 1996). 

Initially, at about one year, the intervertebral discs have a relatively larger nucleus pulposus and 
more loosely embedded annulus fibers with no clear distinction between the nucleus and annulus. 
From three years of age the distinction between the regions become more clear, but still with a large 
nucleus. Around six years of age, the density and stiffness of the annulus fibers increase, as does the 
distinction between the nucleus and annulus. The nucleus continues to shrink during adolescence 
and adulthood and the annulus continues to develop (Oda et al., 1988; Peacock, 1952; Smith, 1932; 
Taylor, 1975). 

3.2 Muscle Activation 
The contraction of all skeletal muscles is produced by an electro-chemical process, where a changed 
shape of the overlapping actin and myosin filaments in the muscle fibers causes a relative sliding 
and shortening of the sarcomere unit. The contraction is initiated by an electrical impulse sent from 
the central nervous system. Although the mechanism for muscle contraction initiation, caused by 
perturbation of the body, is not fully established, experimental studies have used electromyography 
(EMG) to measure the reaction time. This is defined as the time between acceleration onset and 
force generation onset and has been reported between 60-112 ms (Aoki et al., 2001; Brault et al., 
2000; Foust et al., 1973; Hernández et al., 2006; Kumar et al., 2003, 2002; Magnusson et al., 1999; 
Ono et al., 1997; Siegmund et al., 2003; Szabo and Welcher, 1996; Wittek et al., 2001). Muscle 
contraction can also be initiated by external noise or perceived danger (Brown et al., 1991; Gogan, 
1970; Valls-Solé et al., 1999; Yeomans et al., 2002), resulting in a range of possible reactions (Soni 
et al., 2013).  

The strength or maximum force generation possible in an individual muscle depends on the amount 
of fibers available in the muscle. The area perpendicular to the fiber direction at the muscles 
thickest part is defined as the physiological cross-sectional area (PCSA) and is proportional to the 
maximum force generation. The force generation is also dependent on the relative length of the 
muscle, since it is directly coupled to the amount of overlap between the actin and myosin (Gordon 
et al., 1966). If the overlap is small, there are few cross-bridges available, and if the overlap is too 
large, the actin overlaps and blocks further cross-bridges from forming. The force generation also 
depends on the relative shortening velocity of the muscle. If the muscle is lengthening during 
contraction (eccentric), the force generation is maximal. The force generation decreases slightly to 
isometric contraction (no change in muscle length) and further during concentric contraction 
(muscle shortening) according to a rectangular hyperbola (Hill, 1938). The optimal force generation 
length of the muscle depends on the sarcomere length, which varies between muscles, but is 
generally slightly longer than the resting length of the muscle (Best, 1993; Langenderfer et al., 2004; 
van der Horst, 2002). 

12 

 



 

Total neck muscle force generation has been measured experimentally by constraining the head and 
performing a maximal voluntary contraction (MVC) in different directions, as summarized in Table 
3.1.  

Table 3.1. Mean values and standard deviation (in parenthesis) of MVC in the literature. 
Reference [Unit] # Subjects Extension Flexion Lateral flexion 

(Left/right) 
(Ang et al., 2005) [Nm] 60 52 (11.4)  29 (5.1)  - 
(Chiu et al., 2002) [N] 17 96.17 (48.38) 90.61 (35.86)  63.66 (25.79) / 

68.91 (30.20) 
(Kumar et al., 2001) [N] 21 100 (28) 72 (18)  76 (26) / 76 (23)  
(Valkeinen et al., 2002) [N] 29 278 (50)  151 (47)  - 
 

Based on the theories of Hill (1970, 1938), the first material model of active muscle tissue was 
described as an elastic spring in parallel to a contractile element and is still widely used today. The 
contractile element generates force dependent on the velocity of deformation, relative length and 
level of activation (0-100%). The model often also includes a viscous damper parallel to the spring 
and contractile element. 

3.3 Head Injury Biomechanics 
The human head consists of the hard outer skull bone, containing the brain. The skull bone is 
constructed as a sandwich with a porous bone center, the diploë, covered with a thinner outer shell 
of compact bone, the cortical bone. Covering the skull bone is the scalp, built up of four layers of soft 
tissue. The brain comprises five major parts: the brain stem, cerebellum, corpus callosum, 
diencephalon and cerebrum (see left image in Figure 3.8). The cerebrum consists of two 
hemispheres, covering diencephalon and cerebellum, separated by the falx cerebri and connected at 
the corpus callosum. The outer rim of the cerebrum, the cerebral cortex, and the center of the brain 
consist of gray matter, containing mostly neural cell bodies. Under the cerebral cortex is the white 
matter, consisting mostly of axons forming tracts to connect the different parts of the central 
nervous systems (CNS). The brain stem is the continuation of the spinal cord and connects the brain 
with the entire CNS of the body. Adhering to the inner surface of the skull bone is the dura mater, 
consisting mostly of connective tissue (see right image in Figure 3.8). Underneath the dura and 
separated by the narrow subdural space is the thin fibrous arachnoid. Covering and attached to the 
outer surface of the brain is the thin and delicate pia mater. Between the arachnoid and pia mater is 
a relatively large gap, the subarachnoid space, which is filled with cerebrospinal fluid (CSF). 
Bridging the gap are a large number of veins, which connect the brain surface and the dura mater. 
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Figure 3.8. Sagittal cross-section of the brain (left image) and coronal cross-section showing membranes (right 
image). Figures adapted from (Gray, 1918). 

 

Injuries to the scalp or skull are caused by contact forces. When exerted to external forces, the skull 
bone deforms and fractures if the stresses become too high. Due to its constituents, the human brain 
behaves like a soft gel material. It is nearly incompressible and has a bulk modulus around five 
orders of magnitude larger than the shear modulus (McElhaney et al., 1976; Stalnaker, 1969). Hence 
the deformation tends to be mostly in shear and can be substantial. 

Since the skull is much stiffer than the brain, a relative motion can occur between the dura mater 
and the brain surface. This can cause a tearing of the veins bridging the subdural space and is 
thought to be the most common mechanism of subdural hematoma (SDH) (Gennarelli and 
Thibault, 1982; Gurdjian and Webster, 1948; Vance, 1950), referring to an accumulation of blood in 
the subdural space. SDH occurs in approximately 30% of severe head injuries with a mortality rate 
of over 50% (Thomas A. Gennarelli et al., 1982).  

Blood can also be accumulated inside the dura through tearing of the veins in the dura, creating an 
epidural space and forming an epidural hematoma (EDH). This hematoma is less frequent in head 
trauma (Cooper, 1982) and is mostly associated with skull fractures (Freytag, 1963). 

Due to the irregular surface of the inside of the skull bone, relative motion between the brain and 
skull can also lead to bruising, or lesion, of the brain surface, a contusion (Gurdjian and Gurdjian, 
1976). Contusions are generally found at the site of direct impact to the head, coup contusions, but 
is often found more severe on the opposite side of the impact, contrecoup contusions (Courville, 
1942; Ommaya et al., 1971). Contusions are also related to bleeding within the brain, intracerebral 
hematoma (ICH) (Smith, 2011) and in the subarachnoid space, subarachnoid hematoma (SAH) 
(Gurdjian and Webster, 1948), but can also be caused by penetrating wounds due to skull fracture, 
like most hematoma.  

Injuries that can be localized through lesions or bleedings are categorized as focal injuries. The 
distortion of the brain can, however, also cause injuries with only symptoms but no visible marks, 
categorized as diffuse brain injuries. The least severe diffuse brain injury is a concussion with or 
without loss of consciousness, which is also the most common head injury, representing 50-90% of 
hospital admissions due to head injuries (Andelic et al., 2008; Kleiven et al., 2003; Koskinen and 
Alaranta, 2008), but with a relatively good recovery rate. An immediate and prolonged loss of 
consciousness is, however, associated with a diffuse axonal injury (DAI). DAI was first quantified by 
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Strich (1956) as a “diffuse degeneration of white matter”  and can be seen on a microscopic level as 
swelling of the axons in the white matter (Gennarelli et al., 1998). 

Due to the combination of high bulk modulus and low shear modulus, rotational motion induces 
more deformation in the brain than linear motion, and hence contributes more to diffuse brain 
injuries, as first proposed by (Holbourn, 1943). This effect was shown in experiments with monkeys, 
where tolerance for concussion was increased with decreasing rotational motion, but with 
maintained linear motion (Hirsch and Ommaya, 1970). Similar experiments also showed that pure 
translational motion did not induce concussion, but when adding rotational motion concussion was 
sustained for all translational acceleration levels (Gennarelli et al., 1972). In both the pure 
translational loading and when combined with rotational loading, lesions were sustained, but the 
incidence and severity were higher when rotation was added. However, it has also been suggested, 
based on both animal experiments and numerical studies, that the combination of rotational and 
translational motion of the head is responsible for the severity of the brain deformation (Ommaya, 
1995; Zhang et al., 2004). Further, it has also been shown that the severity of brain injury is also 
dependent on the direction of loading. Experiments with monkeys showed the most severe axonal 
damage from loading in the coronal plane and the least in the sagittal plane (Gennarelli et al., 1987). 
This was explained by the internal structure and geometry of the head, with the significantly stiffer 
falx, limiting brain motion in certain directions. Similar conclusions have also been made using 
numerical methods, showing the highest strains in the corpus callosum, associated with DAI, for 
coronal rotation (Kleiven, 2006), and from lateral impacts compared to frontal (Zhang et al., 2001). 

Tissue level experiments have been used in order to correlate local material deformations to brain 
injuries. Cadaveric experiments have found ultimate strain values for bridging veins around 1.5 and 
no sensitivity to strain rate (Lee and Haut, 1989). Similar values were found by (Monson et al., 
2003), with an ultimate strain of 1.5 at 4.34 MPa axial stress for arteries, but 1.83 at 2.82 MPa for 
veins, also showing a stiffer response of arteries. Experiments on guinea pig brain tissue have shown 
threshold values for principal strain correlating with axonal injuries (Bain and Meaney, 2000). For 
white matter damage, they concluded that a strain of 0.34 minimized the false positives, 0.14 the 
false negatives with an optimal value at 0.21. A similar threshold was also found from experiments 
on isolated squid giant axon (Galbraith et al., 1993), showing an irreversible injury at 20% strain. In 
vitro experiments of rat brain tissue have also correlated Lagrangian strain of 0.20 with cell damage 
and a dependency on strain rate (Morrison et al., 2003).  

By reconstructing real world accidents using numerical models, correlations have also been made 
between shear stress in the brain stem and concussion (Zhang et al., 2004), or von Mises stress and 
DAI (Willinger and Baumgartner, 2003). Numerical reconstructions of animal experiments have 
also shown correlation between DAI and von Mises stress (Anderson et al., 1999), maximum 
principal strain as well as cumulative strain damage measure (CSDM) (Takhounts et al., 2008). 
Kleiven (2007) used a numerical human head model and found statistical correlations between 
concussion and strain, strain rate, product of strain and strain rate, CSDM, strain energy density, 
maximum pressure, magnitude of minimum pressure, as well as von Mises effective stress, when 
examining specific regions of the brain for each metric. 

Strain has also been suggested as a predictor of contusions by numerical reconstructions of rat 
experiments (Shreiber et al., 1997), with a threshold at 0.19 for peak principal logarithmic strain. A 
similar approach found the best correlation for maximum principal strain, maximum shear strain 
and strain energy density for thresholds at 0.265 0.281 and 1.72E-5 J/mm3 respectively (Mao and 
Yang, 2011). Numerical accident reconstructions have also shown a correlation between von Mises 
stress and contusions (Willinger and Baumgartner, 2003). Willinger and Baumgartner (2003) also 
suggested that the strain energy in the CSF could be used to indicate a 50% risk of SDH, with a 
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threshold of 5.4 J. First principal strain has also been found as a good predictor of location of SDH 
in a detailed accident reconstruction (Kleiven, 2007). 

It should be noted that the response of different numerical models has been shown to differ from 
the same loading (Baeck, 2013; Ji et al., 2014), which is why the threshold values could be model-
specific.     

Efforts have also been made to correlate head injuries to the kinematics of the head. One of the 
earliest (and still most commonly used) is the Head Injury Criterion (HIC) (Versace, 1971). The 
resultant linear acceleration a(t) is integrated over an interval of 15 ms (HIC15) or 36 ms (HIC36) 
between times t1 and t2 that results in the highest HIC value, according to:   

 
HIC = 𝑚𝑚𝑚𝑚𝑚𝑚 �

1
𝑡𝑡2 − 𝑡𝑡1

� 𝑚𝑚(𝑡𝑡)𝑑𝑑𝑡𝑡
𝑡𝑡2

𝑡𝑡1
 �
2.5

(𝑡𝑡2 − 𝑡𝑡1) (3.1) 

The criteria was originally derived from skull fracture experiments (Eppinger et al., 1999), which 
also shows good agreement with HIC (Prasad and Mertz, 1985; Yoganandan and Pintar, 2004).  The 
validity and implementation of thresholds to brain injuries has, however, been questioned since it 
does not include any rotational or directional component (Deck and Willinger, 2008; Kleiven, 
2006). The generalized acceleration model for brain injury thresholds (GAMBIT) proposed by 
Newman (1986), considers a combination of instantaneous linear and angular acceleration, but also 
lacks durational and directional consideration. To consider the direction and duration also, the 
Head Impact Power (HIP) evaluates the mechanical power with a coefficient for both linear and 
angular acceleration components (Newman et al., 2000). Although some improvement could be 
seen compared to previous assessments, the values of the coefficients were not given. Takhounts et 
al. (2013) proposed an injury criteria based on angular velocity given by calculating the root sum 
squared value of the peak angular velocity components, normalized by estimated critical values - the 
Brain Injury Criterion (BrIC). The critical values were, however, given by comparing assessed 
maximum angular velocities from brain injury accidents with the CSDM value from numerical 
reconstructions, corresponding to 50% probability of severe injury. The critical CSDM value was 
given by numerical reconstruction of animal DAI experiments using scaled kinematical input 
amplitudes (Takhounts et al., 2003), and can hence be considered model-dependent. Modifications 
to HIC have also been presented by replacing the resultant acceleration with either calculation of the 
rotational components of HIP, forming the Power Rotational Head Injury Criterion (PRHIC) 
(Kimpara et al., 2011), or with the resultant angular acceleration, forming the Rotational Injury 
Criterion (RIC) (Kimpara and Iwamoto, 2012). 

3.4 Vulnerable Road User Accidents 
The common denominator for vulnerable road users (VRUs) is their comparably low level of 
protection compared to vehicle occupants. Consequently, the severity of injuries in VRU accidents is 
often high, reflected by the high percentage of  fatalities represented by VRUs (World Health 
Organization, 2015). In this thesis, the focus is on non-motorized VRUs, or pedestrians and 
bicyclists, due to the similarities in accident patterns for these two groups of VRUs. 

Due to the non-constrained nature of VRUs, direct impacts from the vehicle surface to the head are 
the most common source of fatal and severe injuries (Fredriksson et al., 2010; Fredriksson and 
Rosén, 2012; Maki et al., 2003; Otte, 1999; Zhang et al., 2008). The source of head injury on a 
vehicle is dependent on a combination of parameters, but research using numerical simulations, 
experiments and accident data has led to an increased understanding of the relationship between 
these factors.  
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The speed of the vehicle translates the impact point rearward along the length of the vehicle, or 
wrap-around distance (WAD) (Mottola et al., 2013; Peng et al., 2012b; Watanabe et al., 2012). 
However, this is also dependent on the relative size of the impacted road user, with increasing WAD 
for increasing pedestrian size (Mottola et al., 2013; Watanabe et al., 2012), or lowered vehicle front 
(Elliott et al., 2012a; Liu et al., 2002; Niederer and Schlumpf, 1984). Hence, if the profile of the 
front end of the vehicle bonnet, or bonnet leading edge (BLE), is below the center of gravity of the 
road user, the road user will travel further along the vehicle surface than if the BLE is higher than 
the road user’s center of gravity (Kerrigan et al., 2007; Roudsari et al., 2005). This can also be seen 
when lowering the height of the BLE by pitching due to braking (Konosu, 2002; Untaroiu et al., 
2010). The relationship has also been seen to affect the head impact velocity (Elliott et al., 2012a; 
Liu et al., 2002). The general geometry of the vehicle surface will also influence the head impacting 
surface, e.g. length and height of bonnet, angle of windscreen etc. (Han et al., 2012; Okamoto et al., 
2003; Peng et al., 2012b; Roudsari et al., 2005). The impact point can also change laterally on the 
vehicle, based on the initial velocity of the pedestrian before impact, but also decreases with 
increasing vehicle velocity (Elliott et al., 2012b). Due to the relatively higher center of gravity of 
bicyclists, the impact point is usually higher on the vehicle compared to pedestrians (Fredriksson 
and Rosén, 2012; Maki et al., 2003). 

The rotation of the head has also been shown to be influenced by the pedestrian velocity, increasing 
with increased pedestrian velocity (Elliott et al., 2012b). It has also been found that the initial 
pedestrian leg position has a large influence on the upper body rotation. If the pedestrian is struck 
laterally, with the leg on the impacted side lagging, or the struck leg backward (SLB), and the 
opposite side leading, the body rotates forward (positive in the inferior-superior axis) leading to an 
anterior head impact, and conversely with the struck leg forward (SLF) (Elliott et al., 2012b; 
Meissner et al., 2004; Peng et al., 2012b; Simms and Wood, 2006). The degree of rotation is, 
however, also decreased by increased vehicle speed (Elliott et al., 2012b; Mottola et al., 2013). It has 
also been seen that the SLF stance increases the WAD compared to SLB (Mottola et al., 2013). The 
stiffness of the vehicle has however been shown to have a very small influence on impact position or 
head orientation (Asanuma et al., 2014; Elliott et al., 2012b; Liu et al., 2002), as well as head impact 
velocity (Coley et al., 2001).  

For bicyclists, single accidents have also been shown to represent a large portion of total accidents, 
with 77% in a study on data from Sweden (Rizzi et al., 2013). In a study based on French data, 
severe head injuries was divided with 43% from single accidents and 46% from interaction with a 
motor vehicle (Amoros et al., 2012). 

Several studies have highlighted velocity as an important factor for the severity of a head injury 
(Fredriksson et al., 2007; Han et al., 2012; Liu et al., 2002; Watanabe et al., 2012; Yao et al., 2007), 
which is also reflected in accident data (Cuerden et al., 2007; Jarrett and Saul, 1998; Otte, 1999; 
Otte et al., 2012; Rosén et al., 2011; Zhang et al., 2008). The severity has also been found to 
correlate with the stiffness of the impacted object (Cavallero et al., 1983; Liu et al., 2002; Meissner 
et al., 2004; Mizuno and Kajzer, 2000; Yao et al., 2007), which has also been seen in accident data 
(Mizuno and Kajzer, 2000; Yao et al., 2007). This becomes especially evident in windscreen impacts 
where severe head injuries are related to impacts close to the windscreen frame (Maki et al., 2003; 
Mizuno and Kajzer, 2000; Otte et al., 2012; Yao et al., 2008). For impact near the center of the 
windscreen, increased vehicle velocity has also been found less significant for severe injuries in a 
recent study (Li et al., 2017). Further, using CSDM the initial body orientation relative to the vehicle 
has also been seen to affect predicted brain injuries (Tamura et al., 2008), although simultaneously 
with changed head impact velocities. 
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To evaluate the pedestrian injury risk of vehicles, the New Car Assessment Program (EuroNCAP) 
uses a set of subsystem impactor tests (EuroNCAP, 2014), initially developed by the European 
Enhanced Vehicle-Safety Committee (EEVC, 2002). Impactors representing the lower leg, upper leg 
and head are propelled with linear velocity against areas corresponding to accident data (EEVC, 
2002). The head representation consists of a semispherical aluminum form covered with a rubber 
material in an adult representation with a mass of 4.8 kg, and a child with a mass of 2.5 kg. The 
child head form is impacted at a shorter WAD than the adult and with a lower impact angle 
measured from the horizontal plane. Linear acceleration from the center of gravity (CG) of the head 
form is used to calculate the HIC and used to rate the impacted area on five levels. A few studies 
have investigated these reduced impact systems using full-body dummy experiments and seen 
different head impact velocities, but also difference in rotational components (Ishikawa et al., 2003; 
Okamoto and Kikuchi, 2006). In a numerical study, limitations were found in the symmetry and 
inertia of the head form, as well as the lack of body, affecting the angular accelerations (Tinard et al., 
2009). The largest effect of body was however seen as an increase in rotation acceleration due to 
initial torso impact.  

Although there is some debate surrounding the protectiveness of helmets, most evidence supports 
the great benefits of helmet use (Cripton et al., 2014; Fahlstedt et al., 2016), especially for skull 
fractures (Wasserman and Buccini, 1990) as the peak linear acceleration is drastically reduced 
(Cripton et al., 2014) and is accepted as a good measure of skull fracture (Yoganandan and Pintar, 
2004). The European Committee for Standardization implements a helmet test standard where a 
dummy head is dropped vertically at 5.42 m/s onto a flat surface and at 4.47 m/s onto a curbstone 
surface (European Committee for Standardization EN1078, 2012). The test is a simple pass-fail set 
by measured peak resultant linear acceleration. The test has, however, been criticized as it lacks 
oblique impact scenarios more commonly observed in real world accidents that can induce 
rotational motion to the head (Aare and Halldin, 2003; Halldin and Kleiven, 2013; Hynd et al., 
2009; McIntosh et al., 2011). There are also uncertainties concerning the influence of the neck and 
body on the rating of helmets in a new test method (Halldin and Kleiven, 2013; McIntosh et al., 
2011). 

3.5 Finite Element Modelling 
Continuum mechanics is the study of forces acting on solid material, producing deformations and 
internal stresses. Non-linear continuum mechanics is particularly applicable for biological tissues 
due to their inherently large deformations and often non-linear stress-strain relationship 
(Holzapfel, 2000). For complex problems, analytical solutions can be hard, or, indeed, impossible to 
find. The Finite Element (FE) method divides large domains into smaller ones using simple 
geometry, allowing the problem to be solved more easily. This section provides a brief overview of 
the dynamic FE method. 

A general three-dimensional body can be approximated as an assembly of discrete finite elements 
interconnected with nodal points, as in Figure 3.9. 
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Figure 3.9. General three-dimensional body and an 8-node three-dimensional finite element. 

The displacement in the local coordinate system x, y, z can be written as 

 𝒖𝒖(𝑚𝑚)(𝑚𝑚, 𝑦𝑦, 𝑧𝑧) = 𝑵𝑵(𝑚𝑚)(𝑚𝑚, 𝑦𝑦, 𝑧𝑧)𝑼𝑼�  (3.2) 

where N(m) is the displacement interpolation matrix for element m and Û is the vector of the three 
global displacement components at all nodal points. The element strains are given by 

 𝝐𝝐(x, y, z) = ∂𝒖𝒖(𝑚𝑚)(𝑚𝑚, 𝑦𝑦, 𝑧𝑧) = ∂𝑵𝑵(𝑚𝑚)(𝑚𝑚, 𝑦𝑦, 𝑧𝑧)𝑼𝑼� = 𝑩𝑩(𝑚𝑚)(𝑚𝑚, 𝑦𝑦, 𝑧𝑧)𝑼𝑼�  (3.3) 

and the stresses by 

 𝝈𝝈(𝑚𝑚) = 𝑪𝑪(𝑚𝑚)𝝐𝝐(𝑚𝑚) + 𝝈𝝈𝐼𝐼(𝑚𝑚) (3.4) 

where C(m) is the elasticity matrix of element m and σI(m) are the given element initial stresses.  

The principal of virtual work states that for a body to be in equilibrium it is necessary that for any 
compatible virtual displacement, the total internal virtual work be equal to the total external virtual 
work. By including the moment of inertia and by approximating the element velocities and 
accelerations in the same way as the element displacement in equation (3.2), the principal of virtual 
displacement leads to the equilibrium equations as 

 𝑴𝑴�̈�𝑼 + 𝑲𝑲𝑼𝑼 = 𝑭𝑭   (3.5) 

where M is the mass matrix given by 

 𝑴𝑴 = �� 𝝆𝝆(𝑚𝑚)𝑵𝑵(𝑚𝑚)𝑇𝑇𝑵𝑵(𝑚𝑚)𝑑𝑑𝑽𝑽(𝑚𝑚)
 

𝑉𝑉(𝑚𝑚)
𝑚𝑚

 (3.6) 

where V(m) is the volume and ρ(m) is the density of element m. K is the stiffness matrix given by 

 𝑲𝑲 = �� 𝑩𝑩(𝑚𝑚)𝑇𝑇𝑪𝑪(𝑚𝑚)𝑩𝑩(𝑚𝑚)𝑑𝑑𝑽𝑽(𝑚𝑚)
 

𝑉𝑉(𝑚𝑚)
𝑚𝑚

 (3.7) 

and F is the load vector given by 
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 𝑭𝑭 = �� 𝑵𝑵(𝑚𝑚)𝑇𝑇[𝒇𝒇𝐵𝐵(𝑚𝑚) − 𝝆𝝆(𝑚𝑚)𝑵𝑵(𝑚𝑚)�̈�𝑼
 

𝑉𝑉(𝑚𝑚)
𝑚𝑚

]𝑑𝑑𝑽𝑽(𝑚𝑚)

+ �� 𝑵𝑵𝑆𝑆(𝑚𝑚)𝑇𝑇𝒇𝒇𝑆𝑆(𝑚𝑚)
 

𝑆𝑆1(𝑚𝑚),…𝑠𝑠𝑞𝑞
(𝑚𝑚)

𝑚𝑚

𝑑𝑑𝑺𝑺(𝑚𝑚)

+ �� 𝑩𝑩(𝑚𝑚)𝑇𝑇𝝈𝝈𝐼𝐼(𝑚𝑚)
 

𝑉𝑉(𝑚𝑚)
𝑚𝑚

𝑑𝑑𝑽𝑽(𝑚𝑚) 

(3.8) 

where f B(m) is the body forces for element m and f S(m) is the surface forces for element m.  

Equation (3.5) can be solved by explicit time integration, with for example the central difference 
method (equation (3.9)-(3.11)). 

 �̈�𝑼𝑛𝑛 = 𝑴𝑴−𝟏𝟏(𝑭𝑭 − 𝑲𝑲𝑼𝑼)  (3.9) 

 �̇�𝑼𝑛𝑛+1/2 = �̇�𝑼𝑛𝑛−1/2 + �̈�𝑼𝑛𝑛Δt𝑛𝑛  (3.10) 

 𝑼𝑼𝑛𝑛+1 = 𝑼𝑼𝑛𝑛 + �̇�𝑼𝑛𝑛+1/2Δt𝑛𝑛+1/2 (3.11) 

where Δtn is the time step at time n and 

 
Δt𝑛𝑛+1/2 =

Δ𝑡𝑡𝑛𝑛 + Δ𝑡𝑡𝑛𝑛+1

2
  (3.12) 

The time step used depends on the size of the elements and the material properties. The smallest 
time step is computed based on an estimate of the highest eigenvalue of each element in order to 
maintain a stable solution. 

For large deformations, or finite strains, Fij describes the deformation gradient as 

 𝐹𝐹𝑖𝑖𝑖𝑖 =
𝑑𝑑𝑚𝑚𝑖𝑖
𝑑𝑑𝑋𝑋𝑖𝑖

 (3.13) 

where xi is the deformed coordinate and Xj is the reference coordinate. A strain tensor commonly 
used for large deformations is the Green-St. Venant, or Green-Lagrangian strain tensor (Hallquist, 
2006) given by 

 𝐸𝐸𝑖𝑖𝑖𝑖 =
1
2

(𝐹𝐹𝑘𝑘𝑖𝑖𝐹𝐹𝑙𝑙𝑖𝑖 − 𝐼𝐼𝑖𝑖𝑖𝑖) (3.14) 

where Iij is the identity matrix. 

The most common method for treating contacts in explicit dynamic FE simulations is the penalty 
method. A search algorithm determines if nodes between two predefined surfaces are intersecting, 
see Figure 3.10. 
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Figure 3.10. Schematic figure of two mesh surfaces in contact. 

If a node is found to penetrate, an interface force is applied between the contact point and the 
penetrating node. The magnitude of the force fs on the node is proportional to the amount of 
penetration l as 

 𝑓𝑓𝑠𝑠 = −𝑙𝑙𝑘𝑘𝑖𝑖𝑛𝑛𝑖𝑖 (3.15) 

where ni is the normal vector of the master segment i and ki is the stiffness factor, scaling the 
magnitude of the contact force. 

Finite elements can have a number of different configurations, of which the most common in 
biomechanical applications is the eight-node hexahedral solid element. The number of calculations 
to perform is, however, dependent on the number of nodes, and degrees of freedom, in an FE mesh. 
The accuracy of an element also depends on how even the sides are since the calculations assume a 
uniform shape. Therefore, shell elements are often used for thin-walled structures. In shell 
elements, plate theory is incorporated into the stiffness calculation and is dependent on a scalar 
value of the thickness. The surface of a shell element is usually considered as the mid-surface of the 
modeled structure with half of the thickness on each side of the surface. 

3.6 Vehicle Windscreen 
The front glass window, or windscreen, of modern vehicles is made of a composite of two glass 
layers and polyvinyl butyral (PVB) interlayer (Fix, 1936), as shown in Figure 3.11. The reasoning 
behind this composite structure is to avoid injuries caused by fractured glass, which is instead held 
in place by adhering to the PVB layer. 

 

Figure 3.11. Cross-section and thickness of glass and PVB plies of a common vehicle windscreen. 

 

Glass is a linear elastic material with a relatively high Young’s modulus of 70 GPa (Galuppi and 
Royer-Carfagni, 2012; Ing et al., 2011; Larcher et al., 2012; Pyttel et al., 2011; Timmel et al., 2007) 
and a brittle fracture at a strain of 0.1 to 0.12% (Larcher et al., 2011; Timmel et al., 2007). PVB, on 
the other hand, is non-linear hyperplastic material with an initial Young’s modulus in the order of 
300 MPa, and a rapid decrease in stiffness after 2% strain (Hooper et al., 2011), as shown in Figure 
3.12. The PVB can also deform up to 200% before failure (Hooper et al., 2011; Larcher et al., 2012). 

Master surface 
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0.76 mm 
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Figure 3.12. Stress strain relationship for PVB at strain rate 60 s-1 (Hooper et al., 2011). 

 

The composite structure and combination of material properties results in a complex failure 
behavior, quantified by Larcher et al. (2012). As a response to deformation of the windscreen by a 
force perpendicular to the surface, the windscreen response is initially linear elastic, corresponding 
to the stiffness of the two glass sheets. Failure first occurs in the glass sheet exerted to stretch due to 
bending of the laminate, resulting in a large drop in force followed by a smaller increase until the 
failure of the second glass ply. The response thereafter becomes more non-linear and with lower 
stiffness, as most of the load is carried by the PVB layer.  

The structure and complex behavior of laminated vehicle windscreens present difficulties in 
implementation in full scale pedestrian accident simulations. The most direct approach is to model 
each layer with three-dimensional solid elements, which also allows for implementation of complex 
failure models for the glass (Bennison et al., 1999; Chen et al., 2016; Thompson and Kilgur, 2010; 
Wei and Dharani, 2006; Zhang et al., 2013). However, in order to maintain a reasonable element 
quality, the sides of the finite elements need to be in the same order as the thickness of the layers. 
Hence the time step is limited by the thickness and the degrees of freedom quickly increase due to 
the number of elements needed. Approaches of simplification have been to model the PVB with 
solids and the glass with shell elements (Sun and Andrieux, 2005), or all layers using shell elements 
(Larcher et al., 2012).  

Timmel et al. (2007) introduced a simplified modelling approach to be used in impact simulations, 
consisting of two coinciding shell element layers with equal thicknesses. The approach states that 
one of the element layers represents the combination of the two glass layers before fracture, and the 
other combined properties of fractured and non-fractured glass as well as the PVB, which is why the 
material properties of the laminate are smeared on the two element layers. The thickness before 
fracture is adjusted in order to maintain the bending stiffness of the three-layer laminate by 
introducing the equivalent thickness tE 

 
𝑡𝑡𝐸𝐸 = �𝑡𝑡𝐺𝐺3 + 3𝑡𝑡𝐺𝐺(𝑡𝑡𝐺𝐺 + 𝑡𝑡𝑃𝑃𝑉𝑉𝐵𝐵)2 +

𝐸𝐸𝑃𝑃𝑉𝑉𝑃𝑃
2𝐸𝐸𝐺𝐺

𝑡𝑡𝑃𝑃𝑉𝑉𝐵𝐵3 ,
3

 (3.16) 

where: 
 tg = Total thickness of glass 
 tPVB = Thickness of PVB 
 EG = Young’s modulus of glass 
 EPVB = Young’s modulus of PVB 
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To maintain the correct total mass of the laminate, the equivalent density ρE is given by: 

 
𝜌𝜌𝐸𝐸 =

𝜌𝜌𝐺𝐺𝑡𝑡𝐺𝐺 + 1
2𝜌𝜌𝑃𝑃𝑉𝑉𝐵𝐵𝑡𝑡𝑃𝑃𝑉𝑉𝐵𝐵
𝑡𝑡𝐸𝐸

. (3.17) 

The Young’s modulus after failure is assumed to be a combination of intact glass on the compressive 
side and the PVB, while the glass on the tensile side is assumed to have lost all its stiffness. The 
center of gravity is hence shifted according to the parallel axis theorem and the combined Young’s 
modulus after failure is given by:   

 𝐸𝐸𝐼𝐼𝐼𝐼 =
1
𝑡𝑡𝐺𝐺3

[𝐸𝐸𝐺𝐺(𝑡𝑡𝐺𝐺3 + 3𝑡𝑡𝐺𝐺𝑡𝑡𝑃𝑃𝑉𝑉𝐵𝐵2 ) + 𝐸𝐸𝑃𝑃𝑉𝑉𝐵𝐵(𝑡𝑡𝑃𝑃𝑉𝑉𝐵𝐵3 + 3𝑡𝑡𝑃𝑃𝑉𝑉𝐵𝐵𝑡𝑡𝐺𝐺2)]. (3.18) 

The shell element layer with the stiffness after failure EII is hence maintained intact. To maintain 
the correct bending stiffness before failure, the Young’s modulus of the second element layer is 
given by: 

 𝐸𝐸𝐺𝐺,𝑚𝑚𝑚𝑚𝑚𝑚 = 2𝐸𝐸𝐺𝐺 − 𝐸𝐸𝐼𝐼𝐼𝐼 . (3.19) 

This element layer also exhibits brittle failure and is eroded upon met failure criteria. The model 
was later implemented for EuroNCAP head form impacts by Peng et al. (2013) using linear elastic 
material properties for both glass and PVB, with glass failure controlled by plastic strain. 

In order to capture the duration of the initial force increase before failure, Pyttel et al. (2011) 
introduced a phenomenological non-local failure model for the glass layer in laminated 
windscreens. It was introduced since fracture based on a local failure criterion would predict failure 
in the contact zone directly after impact, contrary to experimental observations showing that 
fracture initiation is delayed several ms, after which the entire windshield fails.  The approach is 
based on the assumption that a critical strain energy value, within a finite circular region, has to be 
exceeded in order for fracture to be initiated. The center of the finite region is the first element to 
reach failure stress σc and the strain energy within the region is calculated for each element at each 
time step. If the calculated strain energy exceeds the critical strain energy, a damage criterion is 
activated for every element in the whole windscreen. The critical energy Ec and radius Rc was 
determined by calculating the strain energy from two simulated impact tests of different velocities 
and failure at two different times points. The strain energy was calculated using several critical radii 
for both impacts and plotted as function of time; a common critical energy was found for only one 
critical radius. 

3.7 Human Finite Element Models 
Finite element models of the human body facilitate the modeling of anatomical details and studies 
on both behavior of external loading, as well as internal response and deformations. There are 
several models developed that differ in approach, depending in part on the intended purpose of the 
model. 

A neck model, developed at KTH Royal Institute of Technology, describes the anatomy of each 
individual vertebra, as shown in Figure 3.13. The vertebral bodies have an elliptical mesh topology 
and a continuous mesh for the intervertebral discs. The discs are modeled with a nucleus pulposus 
and annulus fibrosus as a combination of solid and shell elements to represent the fibers. 
Surrounding ligaments are modeled as 1-dimneisonal spring elements with two exceptions in the 
atlantoaxial region. Where the dens of the axis is constrained by the atlas and two pairs of 
ligaments, shell elements are instead used in order to implement contact interaction. The trabecular 
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bone is modeled with eight node hexahedral solid elements and the cortical bone with shell 
elements, sharing nodes with the outer surface of the solid elements. Additional shell elements 
describe the articular facet surfaces. The surrounding neck muscles are modeled with 1-dimensional 
spring elements. The spring elements are divided into a number of springs in series and given a 
curvature between insertion points in order to better represent the anatomy of the muscles. The 
intermediate nodes are constrained to follow the motion of the closest vertebrae in order to follow 
the motion of the spine.  

 

Figure 3.13. KTH neck model, from left to right; ligamentous spine, soft tissues, complete spine with muscles. 

The model has been evaluated against vertebral segments bending, torsion and tensile experiments 
as well as dynamic ligamentous spine experiments in compression, showing good agreement in 
response (Brolin and Halldin, 2004; Halldin, 1998; Halldin et al., 2000). The neck model has also 
been evaluated against volunteer sled impact experiments, showing a good agreement of head 
motion in frontal, rear and lateral impacts when using the model’s muscle activation (Brolin et al., 
2005; Hedenstierna and Halldin, 2008). 

A head model has also been developed at KTH Royal Institute of Technology that includes all main 
components of the head, including skull bone, scalp, brain matter, membranes, CSF and eleven 
pairs of the largest parasagittal bridging veins (Kleiven, 2002). Evaluation has been performed 
against experiments on localized brain motion (Kleiven and Hardy, 2002), intracranial pressure and 
relative skull-brain motion in frontal, occipital and lateral motion direction (Kleiven, 2006) showing 
good agreement. In a long duration pressure experiment, the agreement was less good, but was 
explained by the introduction of air in the experiments.  

The head and neck models are based on different sources of medical images to generate the meshes. 
To attach the head to the neck, part of the skull base in the head model is rigid, and constrained to 
the rigid skull base of the neck model. 

One of a few commercially available full-body models is the Total Human Model for Safety 
(THUMS, Toyota Central R&D Labs., Inc.) Version 1.4 (Oshita et al., 2002) developed by Toyota 
Motor Corporation in cooperation with Toyota Central R&D Labs. The model is a representation of 
a standing 50th percentile male and describes the skeleton with most individual bones, soft tissues 
and surrounding flesh. Muscles are modeled with 1-dimensional spring elements and ligaments are 
modeled with both spring and shell elements. The internal organs are relatively simplified and 
represent overall size, density and material stiffness. The neck model is slightly less detailed than 
the KTH model and the brain lacks anatomical details. Evaluations have been made against 
experiments on both the component level and against full-body dynamic impact experiments 
(Iwamoto et al., 2000a, 2000b; Kuwahara et al., 2007; Maeno and Hasegawa, 2001; Oshita et al., 
2002; Yasuki and Yamamae, 2010).  
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4 Methods 

This chapter describes the methods used in this thesis. The model and method used in paper A is 
described in sections 4.1 and 4.6. Section 4.2 describes the full-body model used in papers C-F and 
section 4.3 the neck muscle activation used in papers C-E. The windscreen models used in paper B 
and paper F is described in section 4.4, and the vehicle models used in papers C, D and F are 
described in section 4.5. The methodologies of the parametric studies in papers B-F are described in 
sections 4.7 and 4.8. 

4.1 Pediatric FE Neck Model 
The mesh of the FE model used in Paper A was based on a single computer tomography (CT) scan of 
a three-year-old provided by the Hospices Civils de Lyon (HCL, France) and segmented by 
Ifsttar/UBCL, under a legal agreement allowing the communication of anonymized imaging 
datasets to help build human models for safety. The closed surfaces of the segmented CT scan were 
meshed using the multi-block approach within ANSYS ICEM 15.0 (ANSYS, Canonsburg, PA, USA), 
allowing the generation of a hexahedral solid element mesh for each of the individual vertebrae, 
representing the cancellous bone. On the outer surface of the solid mesh, quadrilateral shell 
elements were added to represent the compact bone, and additional shell elements were added at 
the facet joints to represent the cartilage. Elements of the vertebrae corresponding to growth areas 
were isolated to enable the use of hyaline (or growth) cartilage material properties. A cylindrical 
topology of the vertebrae mesh (in superior-inferior direction) was enforced to allow a continuous 
mesh between the vertebrae and intervertebral discs (see Figure 4.1). The cylindrical mesh allowed 
for a representation of the annulus fibrosus as three shell element layers in an elliptical shape, 
embedded in the solid elements of the annulus ground substance, surrounding the inner nucleus 
pulposus (Figure 4.1).  

                                                                           

Figure 4.1. Pediatric FE neck model. 
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All ligaments, except the vertical cruciate and the transverse ligament were modeled with discrete 
spring elements. The two exempted ligaments were modeled with shell elements due to their contact 
interaction with the dens. The neck muscles were also modeled with discrete spring elements, and 
split into multiple springs in series to accommodate for the curvature of the spine during bending by 
constraining the intermediate nodes to the closest vertebral body. The model also included 
surrounding flesh represented by solid tetrahedral elements with a narrow space adapted for the 
ligamentous spine and with a tied contact allowing for relative sliding between the vertebrae and 
flesh.  

The majority of the material properties for the ligamentous spine was adopted from the adult KTH 
model (see section 3.7) and scaled to appropriate age using regression curves developed by 
Yoganandan et al. (2000). The ligaments, however, were scaled from more recent data on adult 
subjects (Mattucci et al., 2013; Mattucci and Cronin, 2015), and the nucleus pulposus was modeled 
using a nearly incompressible neo-Hookean rubber, instead of an incompressible linear elastic fluid. 
The neck model was attached to a full-body model developed within the European Commission 
founded PIPER project (www.piper-project.org), described in more detail in Beillas et al. (2016).  

The pediatric ligamentous spine model was evaluated in quasi-static bending and tension by means 
of comparison to whole ligamentous spine PMHS experiments, as shown in Appendix 1. Pediatric 
FE model Evaluation The results show that the model response was well within the range of the 
bending experiments, with the stiffest response in tension up to 5 mm displacement. 

4.2 Adult Full-body Model 
The full-body model used in papers C-F is a combination of the THUMS and the head and neck 
models developed at KTH Royal Institute of Technology (section 3.7), referred to as THUMS-KTH. 
The neck model was positioned by overlapping the T1 vertebrae of the THUMS and the KTH 
models, which were rigidly constrained. The head was attached to the neck with a rigid constraint at 
the skull base and surrounding ligaments, as described in section 3.7. To adapt for the difference in 
anatomy of the two model sources, the surrounding muscles were remodeled in order to attach at 
correct anatomical landmarks on the THUMS model (Gray, 1918) using the same approach 
previously described (Brolin et al., 2005).   

The full-body model was compared against PMHS vehicle impact experiments, which is described in 
more detail in Appendix 2. Evaluation of Adult Full-body FE Model The comparison shows good 
agreement in head impact time and head angular velocities. The trajectory of the body gave an 
impact slightly further down on the windscreen than the PMHS, in the order of 100 mm.  

4.3 Muscle Activation Modelling 
The muscle activation approach used in papers C-E was based on two different assumptions. The 
first was based on a possible reaction to an external stimuli, perceived as danger (Gogan, 1970), 
termed startled activation, with a high level activation. This activation was created by applying 
different activation levels, distributed among the muscles (see Appendix 3. Neck Muscle Activation 
Schemes) and iteratively attempting to increase the activation levels to contract the neck, but retain 
the head in relatively stable final position with little head rotation (Yeomans et al., 2002), as shown 
in Figure 4.2. The second activation approach, used in Paper D, was based on an assumption that 
the neck would tense in an attempt to move the head in the direction opposite to the head motion 
towards the impacting surface, termed ‘evasive’, also shown in Appendix 3. Neck Muscle Activation 
Schemes 
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4.4 Windscreen Models 
Two baseline mesh geometries were created to implement the two modelling approaches described 
in section 3.6. A flat circular mesh with quadrilateral shell elements generated in LS-PrePost with 
dimensions according to Pyttel et al. (2011) and a vehicle windscreen with geometry from a common 
passenger car (Mordaka et al., 2007), also meshed with quadrilateral shell elements. Both meshes 
had the approximate element size of 20 mm. Two different adaptations to the meshes were made for 
the two modelling approaches. 

4.4.1 Smeared model 
To implement the smeared model, the nodes of the mesh were simply duplicated to create two 
coinciding meshes with a tied contact between them. The eroding mesh used element deletion based 
on failure by plastic strain with a yield stress of 50 MPa and plastic strain limit of 0.1% strain (Peng 
et al., 2013). The smeared material properties, presented in Table 4.1, were derived using equations 
(3.16)-(3.19), thickness from Pyttel et al. (2011) and linear elastic material properties from Peng et 
al. (2013).  

Table 4.1. Material properties of glass, PVB and calculated smeared parameters. 
  Glass PVB Smeared parameters 
ρ 2500 kg/m3 1100 kg/m3 tE 3.5 mm  
E 74 GPa 2.6 GPa ρE 1426.9 kg/m3 
ν 0.227 0.435 EII 16.5 GPa 
σy 50 Mpa -- EG,mod 131.6 Gpa 
ϵfail 0.001 -- -- -- 

 

4.4.2 Non-local failure model 
The non-local failure model was implemented by representing each layer in the windscreen with an 
individual shell element layer using thickness from Pyttel et al. (2011). The Baseline mesh layer was 
hence duplicated and offset with a distance equal to half the thickness of the PVB layer, plus half the 
thickness of the respective glass layer and tied with a penalty based contact. The failure approach 
described in section 3.6 was implemented for the two glass layers. In LS-Dyna, the failure is 
initiated by a principal stress failure criterion. When the principal stress in an element reaches the 
critical value σy, the corresponding element is flagged as the center of impact. Thereafter, the 

z 

x y 

Figure 4.2. Head CG displacement during startle activation. 
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internal energy inside the region Rc around the center of impact is tested against the product of the 
given critical energy Ec and a so-called area factor, defined as equation (4.1) 

 𝐴𝐴𝐴𝐴𝐴𝐴𝑚𝑚 𝐹𝐹𝑚𝑚𝐹𝐹𝑡𝑡𝐹𝐹𝐴𝐴 =
𝑡𝑡𝐹𝐹𝑡𝑡𝑚𝑚𝑙𝑙 𝑚𝑚𝐴𝐴𝐴𝐴𝑚𝑚 𝐹𝐹𝑓𝑓 𝑠𝑠ℎ𝐴𝐴𝑙𝑙𝑙𝑙 𝐴𝐴𝑙𝑙𝐴𝐴𝑚𝑚𝐴𝐴𝑛𝑛𝑡𝑡𝑠𝑠 𝑓𝑓𝐹𝐹𝑓𝑓𝑛𝑛𝑑𝑑 𝑖𝑖𝑛𝑛𝑠𝑠𝑖𝑖𝑑𝑑𝐴𝐴 𝐹𝐹𝑖𝑖𝐴𝐴𝐹𝐹𝑙𝑙𝐴𝐴

2𝜋𝜋 × 𝑅𝑅𝑐𝑐2
 (4.1) 

If this product is exceeded, all elements in the glass layers are allowed to be deleted if they exceed σy 
(LSTC, 2002). The glass was modeled with linear elastic material properties and critical values σy, 
Rc and Ec shown in Table 4.2.  

Table 4.2. Material properties from Pyttel et al. (2011) used in the non-local failure model.  

 Glass PVB 
ρ 2500 kg/m3 1100 kg/m3 
E 70 GPa -- 
ν 0.25 0.495 
σy 60 Mpa -- 
Ec 22.3 kNmm -- 
Rc 210 mm -- 

 

The PVB was modeled with a non-linear simplified rubber material using a stress strain curve from 
Hooper et al. (2011), shown in Figure 3.12. 

The two modeling approaches were evaluated in terms of acceleration and deformation response by 
comparison with EuroNCAP impact experiments on both flat circular and full windscreens, 
presented in Appendix 4. Windscreen Model Evaluation The evaluation showed that the non-local 
failure model was able to capture both accelerations and deformations with a maximum error of 
18% in acceleration and less in deformation. The smeared model, however, gave errors in the range 
of 40% to 300% in the cases when the windscreen fractured. 

4.5 Vehicle models 
The vehicle model used in Paper C and Paper D was a detailed front of a large passenger vehicle 
containing all main structural parts, including the engine block and suspension (see left image in 
Figure 4.3). A validated FE model of a EuroNCAP upper leg impactor (Frank et al., 2003) was used 
to compare simulation and experimental force response of impacts of the vehicle, (right image in 
Figure 4.3).  

 
Figure 4.3. Detailed vehicle FE model (left) and force response from EuroNCAP upper leg impactor test (right). 
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In Paper D, a generalized head impact hood was also introduced in order to homogenize the 
stiffness response among impact locations. A multi layered, solid hexagonal, 90 mm thick 
rectangular plate, covering the size of the vehicle hood was positioned with the same angle and 
rigidly constrained to the vehicle by the bottom face nodes. With a 20-mm offset, a layer of 1 mm 
shell elements covering the plate was also constrained to the vehicle by the corner nodes. The solid 
elements were modeled with a crushable foam material, using the stress-strain relationship shown 
in Figure 4.4, and the shell elements with linear, ideal plastic material with a stiffness of 70 GPa and 
a yield stress of 0.1 GPa. Using a validated EuroNCAP impactor FE model (Juntikka et al., 2004), 
the force-displacement response of the generalized hood was compared to adult head form, 11 m/s, 
hood impact experiments from 9 vehicles (Martinez et al., 2007), also shown in Figure 4.4.  

  

Figure 4.4. Stress-strain relationship for crushable foam material used in generalized hood (left plot) and  
force-deflection response from EuroNCAP head impactor test (right plot). 

 

In Paper F, the vehicle model used was the generalized buck developed by Pipkorn et al. (2012) and 
Takahashi et al., (2014), with a center geometry representing an average small family car (Carter, 
2006) and with average stiffness, as in the European APROSYS project (Martinez et al., 2006). The 
windscreen of the buck model was replaced with the non-local failure windscreen model described 
in section 4.4.2. 

4.6 Effect of Neck Maturation on Head Kinematics 
To evaluate the effect on head and neck kinematics of anatomical changes associated with growth, 
the pediatric FE model (section 4.1) was scaled to ages 1.5, 3, 6, 10, 14 and 18 (adult) and exerted to 
a T1 acceleration pulse in frontal, rear and lateral direction. In the rear direction, an additional 
simulation was also performed with a head support to simulate a rearward facing child. The pulse 
was adapted from PMHS sled experiments replicating whiplash-type impacts at 2.6 m/s (Stemper et 
al., 2004a, 2003). 

The model was scaled using a non-linear Kriging interpolation approach (Jolivet et al., 2015; 
Trochu, 1993) within the PIPER tool (PIPER software framework, www.piper-project.org). A set of 
control points used to drive the scaling was developed to account for changes in vertebral body 
sagittal diameter, height, spinal cord canal diameter, neck length and facet angles. A comparison 
between the scaled model dimensions and literature data is shown in Figure 4.5. The scaled models 
were isolated to include only the head, neck and surrounding soft tissue with all nodes at the level of 
the T1 vertebra and below constrained to it.  
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Figure 4.5. Vertebral dimension from literature (Kasai et al., 1996; Levick et al., 2001) compared to PIPER 
model scaled to ages 1.5, 3, 6, 10, 14 and 18. 

 

To isolate the effect of material properties, the ages 18 months and 10 years were also simulated 
with adult material properties, and the 18-month-old with growth cartilage to identify possible 
additional effects. To evaluate the effect of homogenous geometrical scaling, the 18-month-old was 
scaled to adult cervical length and vice versa. This also required a rigid skull to implement the 
correct head inertia.  

4.7 Bicycle Accident Simulations 
The FE models described in section 3.7 and section 4.2 were used to simulate single bicycle 
accidents with head first impact against a rigid ground with resultant linear velocity of 6.5 m/s. To 
capture a range of possible accidents, two basic accident scenarios were used as initial positions: a 
fall to the side of the bicycle, and a fall over the handlebars.  

For the fall to the side, the baseline position of the head relative to the ground was with the head’s 
inferior-superior axis parallel to the ground plane, as well as with the head’s posterior-anterior axis. 
From baseline position, the model was rotated around the heads anterior-posterior axis by -30° and 
-60°, lateral axis by 20° and 40°, and inferior-superior axis by ±30°, then combined to generate the 
different impact scenarios. By convention, the heads anterior-posterior, lateral and inferior-superior 
axes are the local x-, y-, and z- axis respectively. The impact scenarios are named after the local axis 
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of rotation, sign and magnitude, separated with underscore, e.g. Xm30_Y20. The sign is indicated 
only with m for negative values. 

For the fall over the handlebars, the baseline position of the head relative to the ground was with the 
heads inferior-superior axis parallel to the ground plane, but with the posterior-anterior axis of the 
head in the opposite direction of the ground normal vector (facing the ground). From this position, 
the model was rotated around the heads anterior-posterior axis by 30° and 45°, lateral axis by 30°, 
45° and 60°, and inferior-superior axis by -30° and -60°.  

A total of 12 simulations were generated for each initial position. In the side falls, the resultant 
velocity was applied to the model in global negative y-axis directing with a -45° angle to the global 
xy-plane, and in the fall over the handle bars, in the global x-axis direction with a -45° angle to the 
global xy-plane (See Figure 4.6). 

Side fall Fall over the handlebar 

 

Xm30 
Xm30_Y20 
Xm30_Y20_Z30 
Xm30_Z30 
Xm30_Xm30 
 

Xm60 
Xm60_Y20 
Xm60_Y20_Z30 
Xm60_Y40 
Xm60_Y40_Z30 
Xm60_Z30 
Xm60_Zm30 
 

 

Y30 
Y30_X30 
Y30_X45 
Y30_Zm30 
Y45 
Y45_X30 
 

Y45_X45 
Y45_Zm30 
Y60 
Y60_X30 
Y60_X45 
Y60_Zm30 
 

Figure 4.6. The two different bicycle accident scenarios simulated and variation in rotation around the head 
local axes. Left image shows fall to the side, the right image the fall over the handlebars. 

 

All impacts were simulated either un-helmeted or with the models of two different helmet designs, 
road (Fahlstedt et al., 2016) and skate (see Figure 4.7), applied to both the full-body model and the 
isolated head model. The coefficient of friction between the ground and helmet/scalp, as well as 
between the helmet and scalp, was set to 0.5.  

 

Figure 4.7. Head-only and full-body impact situations with and without helmet. From left to right, second and 
fifth image shows road helmet, third and sixth show skate helmet. 

 

Additionally, the full-body model with road helmet was simulated in all impacts with the head and 
neck positioned with the startle activation, as described in section 4.3. The position of the head and 
neck after 120 ms of activation was used, and the impacts simulated with either passive or activated 
muscles. Since the full-body model lacks solid element muscles and flesh surrounding the cervical 
spine, only the first 15 ms of the simulations were analyzed in order to avoid unrealistic chin-to-
spine contact. 
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4.8 Pedestrian Accident Simulations 
This thesis employed three approaches to simulate pedestrian head impact accidents. In Paper B, a 
head-only impact approach with only linear velocity was adopted. In Paper C and Paper D, a set of 
arbitrary full-body pedestrian-to-vehicle impacts were simulated using the model’s original posture. 
In Paper F, a more standardized pedestrian position was used, as well as head-only simulations 
based on the full-body simulations. 

4.8.1 Full-body Simulations 
In Paper C and D, the THUMS-KTH model described in section 4.2 was positioned with the lateral 
axis of the body parallel to the traveling direction of the vehicle model described in section 4.5 (side 
impact, see Figure 4.8). The pedestrian posture was either struck leg back (SLB) or struck leg 
forward (SLF) position, aiming at the centerline of the vehicle. In the German-In-Depth 
investigation Accident Study (GIDAS) database, 70% of pedestrian accidents were estimated to have 
occurred at 40 km/h or less (Otte, 1999), which is why the full-body model was impacted at 20 and 
40 km/h.  

                                  

Figure 4.8. Posture and position of the THUMS-KTH model relative to the moving vehicle model. Left image 
shows the SLB posture and the right image shows the SLF posture. 

 

In Paper C, the muscle activation startle, presented in section 4.3, was used to position the head and 
neck before impact. The THUMS-KTH model was impacted by the vehicle after 120 ms of 
activation, at which time the head and neck was considered stabilized (low motion). In all 
simulation configurations, the muscle activation was either maintained constant during the impact, 
or made passive by saving the head-neck position at 120 ms and simulating the impact with only 
passive muscle properties.  

In Paper D, the same leg postures, positions and velocities were used, but the head and neck were in 
their original model position. The neck muscles were either tensed with the startle and evasive 
activations described in section 4.3, at approximately 1 ms before head impact in all configurations, 
or remained passive. In the 40 km/h impact, the startle activation was also implemented as 
described for Paper C above. In all simulations in Paper D, a contact was defined between the 
detailed vehicle model and all body parts of the pedestrian model except the head that had a contact 
defined with the generalized hood described in section 4.5. 
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In Paper F, the THUMS-KTH model was impacted against the generalized buck model (Pipkorn et 
al., 2012) at 30, 40 and 45 or 50 km/h. The THUMS-KTH model was positioned in two standard 
gaits (30% and 80%) according to Untaroiu et al. (2009) and impacted with SLB (30% gait) and SLF 
(80% gait), shown in Figure 4.9. The pedestrian was either stationary or given an initial velocity of 5 
km/h. In the 30 and 40 km/h and 30% gait, the buck model was rotated 4 degrees to simulate 
pitching due to breaking. 

                                        

Figure 4.9. THUMS-KTH model in 30% gait in left image and 80% gait in right image, positioned in front of 
vehicle buck model. 

 

4.8.2 Head-Only Simulations 
In Paper B, the KTH head model, described in section 4.2, was impacted against the windscreen 
models described in section 4.4 at a velocity of 40 and 60 km/h. The impacts were in the heads 
anterior-posterior direction, aimed at the center of the windscreen, or close to the A-pillar, with an 
angle between the head’s anterior-posterior axis and the windscreen as shown in Figure 4.10. The 
head was also impacted laterally, by rotating the head 90 degrees around the inferior-superior axis. 

Figure 4.10. Impact positions (left image) and angle of impact velocity (right image) of the KTH 
head model relative to the vehicle windscreen model. 
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In Paper F, the position and velocity components of the KTH head model were extracted at 1 ms 
before head impacts from the full-body simulations. The isolated KTH head model was impacted 
towards the moving vehicle with all velocity components, as well as with the angular components 
removed. 
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5 Results 

The results are presented in the same order as the appended papers in this thesis. The effect of neck 
maturation on kinematics (Paper A) is presented in section 5.1. The results from head-only 
windscreen impacts with linear velocity (Paper B) are presented in section 5.2. The effect of neck 
muscle activation in pedestrian accidents is presented in section 5.3 (Paper C and Paper D). In 
section 5.4, the effect of body and neck muscle activation in bicycle accidents is presented (Paper E) 
and in section 5.5, the effect of body and head initial angular velocity components is presented 
(Paper F). 

5.1 Effect of Neck Maturation on Head and Neck Kinematics 
The peak rotation of the head relative to the first thoracic vertebra for all loading directions and 
model variations is shown in Figure 5.1. There is a clear increase in head rotation with age in the 
three directions with a total change of 28 degrees in the frontal impact, 24 degrees in the side 
impact and 13 degrees in the rear impact with no head support. In the side and rear impact, a slight 
decrease in rotation is seen between the 14- and 18-year-old. The use of adult material properties in 
the two ages, 18 months and 10-year old, shows small effect on head rotation, as well as the growth 
cartilage in the 18-month-old. The homogeneous scaling of the 18-year-old to the 18-month-old 
gave an average of 34 degrees larger head rotation compared to the 18-month-old model scaled 
using Kriging, in all directions. The inverse scaling, from 18-months to 18-year-old, instead gave an 
average decrease of 33 degrees in all directions. The rear impact with the head support exhibits no 
clear trend and the head rotations are much lower overall. 
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Figure 5.1. Peak head rotation (left image) and peak strain in the discs for all models used in all impact 
directions and conditions. * Adult material property. † Including growth cartilage. 181.5: 18-year-
old homogeneously scaled from 18-month-old. 1.518: 18-month-old homogeneously scaled from 
18-year-old. 

 

The maximum peak strain in the discs at each level of the cervical spine is also shown in Figure 5.1. 
In the frontal impact, the strains are in general lower than in the rear impact, but no clear trend 
attributable to age can be seen at any vertebral level. In the side impacts, there is a clear decrease in 
strain with age at all vertebral levels. In the rear impacts with no head support there is a clear trend 
of decreasing strain with age at the upper four cervical levels, except for a small deviation for the 14-
year-old at C4-C5 and C5-C6 levels. The homogeneously scaled model shows large deviations from 
the Kriging scaled counterpart in almost all levels and directions. 

5.2 Effect of Windscreen Impacts on Head Injury Prediction 
In Figure 5.2 and Figure 5.3, the maximum 1st principal Green-Lagrange strain in the brain is shown 
for all head impacts. The strain levels are relatively similar in peak magnitude for both windscreen 
models for the impacts towards the center of the windscreen (Figure 5.2), with a difference between 
0.02-0.12. The maximum peak, however, occurs about 15 ms later with the non-local failure model 
compared to the smeared model. With the non-local failure model, the difference in peak strain 
between 40 and 60 km/h is approximately 0.02 in both impact directions. The lateral impacts result 
in higher strain than the frontal impact of approximately 0.2. 
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Figure 5.2. Maximum 1st principal Green-Lagrange strain in the brain as function of time from linear head-only 
impacts towards center of vehicle windscreen, comparing non-local failure and smeared model. 

 

In the impact closer to the frame of the windscreen (Figure 5.3), the peak strain is higher with the 
smeared model than non-local failure model for the frontal impacts, with a difference of 0.05 and 
0.11. For the lateral impacts, the strain is higher for the non-local failure model with a difference of 
0.13 and 0.31. The peak strain occurs about 15 ms later for the non-local failure model in the frontal 
impacts and about 6 ms later in the lateral impacts. With the non-local failure model, the difference 
in peak strain between 40 and 60 km/h is approximately 0.06 in the frontal impacts and 0.47 in the 
lateral impacts. In the 40 km/h impacts, the lateral impacts results in 0.42 higher strain than the 
frontal impact. In the 60 km/h impacts the lateral impact is 0.83 higher than the frontal. 
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Figure 5.3. Maximum 1st principal Green-Lagrange strain in the brain as function of time from linear head-only 
impacts towards edge of vehicle windscreen, comparing non-local failure and smeared model. 

 

5.3 Influence of Muscle Activation in Pedestrian Accidents 
The neck muscle activation had a relatively small influence on the motion of the head, with 
maximum difference in head rotation of approximately 20 degrees. This resulted in relatively 
similar head impact situations for all simulated accidents shown in Figure 5.4. The resultant linear 
head impact speed was also very similar between the passive and active simulations with the largest 
difference being 6%, or 0.5 m/s. For the 40km/h vehicle velocities, the head impacts occurred close 
to the lower end of the windscreen frame and at the center of the vehicle hood for 20km/h vehicle 
velocities.  
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Figure 5.4. Head impact orientation at time of head impact for all simulations of pedestrian accidents against a 
detailed vehicle FE model. Top row showing impacts in 40km/h and bottom row impacts in 20 
km/h.  

 

The peak resultant angular acceleration of the head CG, shown in Figure 5.5, increased with muscle 
activation by 26% in the SLB posture in 40 km/h, but no change was seen in the SLF posture. At 20 
km/h, the muscle activation decreased peak resultant angular acceleration by 13% in the SLB 
posture, but increased it by 29% in the SLF posture. 

 

Figure 5.5. Peak resultant angular acceleration of head CG for all simulations of pedestrian accidents against a 
detailed vehicle FE model and generalized hood. 

 

For the pedestrian simulations using a generalized hood (Paper D), the peak maximum 1st principal 
Green-Lagrange strain in the brain occurred approximately 10 ms after head impact (Figure 5.6). 
Since the activation schemes (startle and evasive) were applied 1 ms before head impact, the curves 
overlap before head impact.  
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Figure 5.6. Maximum 1st principal Green-Lagrange strain in the brain as function of time from all simulations 
with head impact against a generalized hood. Vertical dashed red line indicates time of head 
impact. 

 

The muscle activations showed, in general, minor effect on the peak strain values and both increase 
and decrease between 1 and 22% (Figure 5.7). The two vehicle velocities showed more pronounced 
effects, but significantly smaller in the SLB posture compared to the SLF posture. Posture also 
showed a greater effect with 30% lower strain in SLF compared to SLB for the 20km/h accident and 
96% higher strain in SLF compared to SLB in the 40 km/h accident. 

 

Figure 5.7. Peak Maximum 1st principal Green-Lagrange strain in the brain from all simulations with head 
impact against a generalized hood. 
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5.4 Effect of Body and Muscle Activation on Brain Injuries in 
Bicycle Accidents 

The bicycle accident scenarios simulated as a fall to the side of the bicycle showed similar shape of 
curves and peak values between the head-only and full-body simulations for both head kinematics 
and maximum 1st principal Green-Lagrange strain in the brain. A representative example is shown 
in Figure 5.8 (top row), with a ratio between head-only and full-body close to 1.  

In the falls over the handlebar, the resultant linear acceleration and resultant angular acceleration 
curves show similar shapes and peak values. The resultant angular velocity does, however, deviate 
after the peak value, where the curve plateaus for the head-only simulation, but decreases for the 
full-body simulation. This can be seen for a representative example in Figure 5.8 (bottom row), with 
a relatively large ratio between head-only and full-body. The difference is due mainly to a difference 
in angular velocity about the head’s lateral axis. The difference was also reflected in slightly larger 
differences in the first principal strain. For the fall to the side, the angular velocity plateaued for 
both full-body and head-only after peak value. 

 

Figure 5.8. Example of kinematics from head CG and strain in the brain of two representative bicycle impact 
scenarios. The top row shows a fall to the side (Xm60), the bottom row a fall over the handlebars 
(Y45_Zm30). 

 

In general, the ratio between head-only and full-body of the peak values for all analyzed metrics was 
relatively close to one for all 24 impacts, with a mean ratio of 1.04 (SD 0.11) for the 1st principal 
Green-Lagrange strain. For the impacts with no helmet and with the road helmet, the mean value 
was 0.98-1.07, but slightly higher for the skate helmet (1.09-1.18). The ratio between head-only and 
full-body for all 24 impact situations and helmet condition is shown in Figure 5.9. In two of the falls 
to the side, the ratio is significantly lower than the other simulations in the no helmet condition, and 
higher in the skate helmet condition. The average magnitude of difference in strain from the full-
body simulation was 7% with no helmet, 3% with road helmet and 12% with skate helmet. 

Xm60 

Y45_zm30 
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Figure 5.9. Ratio between head-only and full-body of peak maximum 1st principal Green-Lagrange strain in the 

brain for all bicycle impact scenarios, comparing helmeted condition.  

 

The ratio of peak resultant linear acceleration between head-only and full-body (Figure 5.10) was 
close to one in the majority of cases, with a mean of 1.06 (SD 0.04) and a ratio larger than one in all 
but one case (Y_30_X30 no helmet). 

 

Figure 5.10. Ratio between head-only and full-body of peak resultant linear acceleration for all bicycle impact 
scenarios, comparing helmeted condition. 

0,00

0,20

0,40

0,60

0,80

1,00

1,20

1,40

1,60
Xm

30

Xm
30

_Y
20

Xm
30

_Y
20

_Z
30

Xm
30

_Z
30

Xm
30

_Z
m

30

Xm
60

Xm
60

_Y
20

Xm
60

_Y
20

_Z
30

Xm
60

_Y
40

Xm
60

_Y
40

_Z
30

Xm
60

_Z
30

Xm
60

_Z
m

30 Y3
0

Y3
0_

X3
0

Y3
0_

X4
5

Y3
0_

Zm
30 Y4

5

Y4
5_

X3
0

Y4
5_

X4
5

Y4
5_

Zm
30 Y6

0

Y6
0_

X3
0

Y6
0_

X4
5

Y6
0_

Zm
30

R
at

io
 b

et
w

ee
n 

he
ad

-o
nl

y 
an

d 
fu

ll-
bo

dy
 o

f p
ea

k 
1st

 
pr

in
ci

pa
l s

tr
ai

n 

No helmet Road helmet Skate helmet

Fall to the side Fall over handlebars 

0,00

0,20

0,40

0,60

0,80

1,00

1,20

1,40

Xm
30

Xm
30

_Y
20

Xm
30

_Y
20

_Z
30

Xm
30

_Z
30

Xm
30

_Z
m

30

Xm
60

Xm
60

_Y
20

Xm
60

_Y
20

_Z
30

Xm
60

_Y
40

Xm
60

_Y
40

_Z
30

Xm
60

_Z
30

Xm
60

_Z
m

30 Y3
0

Y3
0_

X3
0

Y3
0_

X4
5

Y3
0_

Zm
30 Y4

5

Y4
5_

X3
0

Y4
5_

X4
5

Y4
5_

Zm
30 Y6

0

Y6
0_

X3
0

Y6
0_

X4
5

Y6
0_

Zm
30

R
at

io
 b

et
w

ee
n 

he
ad

-o
nl

y 
an

d 
fu

ll-
bo

dy
 o

f r
es

ul
ta

nt
 

lin
ea

r a
cc

el
er

at
io

n 

No helmet Road helmet Skate helmet

Fall to the side Fall over handlebars 

42 

 



 

The ratio between head-only and full-body for the peak resultant angular velocity (Figure 5.11) 
showed a relatively good agreement with the first principal strain, especially in the cases with large 
deviations from one. The absolute values did, however, differ somewhat, as did the relative 
magnitude (ranking) in some cases. 

 

Figure 5.11. Ratio between head-only and full-body of peak resultant angular velocity for all bicycle impact 
scenarios, comparing helmeted condition. 

 

The inclusion of muscle activation before head impact in the road helmet condition showed the 
largest differences in ratio of peak first principal strain between head-only and full-body in the falls 
over the handle bar and is shown in Figure 5.12. for all impact situations. 
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Figure 5.12. Ratio between head-only and full-body of peak maximum 1st principal Green-Lagrange strain in 
the brain for road helmeted bicycle impact scenarios, comparing neck muscle activation condition. 

 

As for the impacts with passive muscles, similar observations can be made for the ratio between 
head-only and full-body for the peak resultant angular velocity, shown in Figure 5.13.   

 

Figure 5.13. Ratio between head-only and full-body of peak resultant angular velocity for road helmeted bicycle 
impact scenarios, comparing neck muscle activation condition.  
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5.5 Effect of Body and Angular Velocity on Brain Injury Prediction 
in Pedestrian Accidents 

In the simulated pedestrian accidents with the pedestrian in 80% gait, the head-only impacts 
predicted higher 1st principal Green-Lagrange strain in the brain compared to full-body in all vehicle 
velocities, exempted only by 30 km/h with no pedestrian velocity (Figure 5.14). This was also seen 
with the pedestrian in 30% gait for the 40 km/h vehicle velocity. The increase from full-body is also 
consequently higher when using only linear velocity components for these cases, ranging from 30% 
to 110% increase. 

In the remaining cases, there is instead a decrease in strain when impacting with only the head. The 
smallest difference of 1% is seen between full-body and head-only (with only linear velocities) in the 
30% gait, 45 km/h vehicle velocity and 0 km/h pedestrian velocity. The largest difference of 138% is 
seen between the full-body and head-only (with only linear velocities) in the 80% gait, 30 km/h 
vehicle velocity and 0 km/h pedestrian velocity. 

The average magnitude of difference in strain from the full-body simulation was 21% with all 
velocity components and 52% with only linear velocity. 

 

Figure 5.14. Peak 1st principal Green-Lagrange strain in the brain from all pedestrian impacts against vehicle 
buck model. First row in x-axis indicates pedestrian velocity, second row vehicle velocity and third 
row pedestrian posture. 

 

The time between head contact with the windscreen and peak in 1st principal Green-Lagrange strain 
in the brain was between 15 and 25 ms in the majority of cases (Figure 5.15). Only the two cases in 
30 km/h and 30% gait was lower, at around 12 ms. In the 80% gait cases, there is an increase in 
time difference with increased vehicle velocity. 
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Figure 5.15. Time between first head-to-windscreen contact and peak 1st principal Green-Lagrange strain in the 
brain for all pedestrian impacts against vehicle buck model. 

 

The impact point of the head for the 30 km/h vehicle speeds is relatively close to the windscreen 
frame, and increases in distance with increased vehicle velocity, as shown in Figure 5.16. The only 
exception is between 40 and 45 km/h in the 30% gait. The impact points were higher in the 80% 
gait than the 30% gait for all velocities. 

 

Figure 5.16. Head impact locations on vehicle windscreen for all pedestrian impacts against vehicle buck 
model. Black lines link the simulations using same gait and pedestrian velocity for visualization. 
G: Gait, V: Vehicle velocity, P: Pedestrian velocity. 
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6 Discussion 

Traumatic brain injuries (TBIs) are a major health issue, leading to millions of deaths and 
disabilities every year (Faul et al., 2010; Hyder et al., 2007; Langlois et al., 2006; Pedersen et al., 
2015; Tagliaferri et al., 2006), causing society not only great physical and emotional suffering, but 
also economic damage, with estimates of $48.3 billion  annually in the US (Reilly, 2007) and €33 
billion in Europe (Olesen et al., 2012). Understanding injury causation and development of 
preventive strategies is hence of great concern to both industry and governments. The focus of this 
thesis has been to better understand the role of the two most important boundary conditions for the 
head in determining the outcome of TBI in VRU accidents; the neck and the impacting surface. 

In the development of safety systems, efficiency is important for a fast progression to mitigate 
injuries. The evolution of computational power has enabled modeling of the entire human body at a 
great level of detail (Crandall et al., 2011), but the increased level of detail has also somewhat 
decreased the efficiency gain. Hence, when studying injury causation to a specific body region, a 
reasonable approach is to isolate the region of interest and the external force causing the trauma, 
such as, for example, the head impacted against a vehicle surface (Juntikka et al., 2004; Mordaka et 
al., 2007; Peng et al., 2012a). In VRU accidents, the kinematical interaction in the body determines 
the condition of the head impact. It has previously been shown that rigid body models are capable of 
capturing these interactions in dynamic events such as pedestrian and bicycle accidents (Carter and 
Neal-Sturgess, 2009; Moser et al., 2000, 1999; Mukherjee et al., 2006; van Hoof et al., 2003; 
Verschueren, 2009; Yang et al., 2000). Rigid body models are also much faster to solve than FE 
models. The complex motion of the cervical spine has been modeled extensively with rigid body 
models (Dibb et al., 2013; Stemper et al., 2004b; van der Horst et al., 1997; van der Horst, 2002). 
However, in such models the relative motion between body segments are defined by relative 
displacements and not by the physical interaction between them. When the body is involved in 
complex motions, such as in VRU accidents, the direction of deformation and relative displacements 
are hard to determine in advance. This is especially evident in the cervical spine, where the motion 
of the neck is determined by the specific anatomy of the vertebrae and their physical interaction 
(Bogduk and Mercer, 2000). The interaction between them is also determined by the anatomy and 
material properties of the soft tissues. Consequently, small variations can be difficult to determine 
with rigid body models.  

In head-first impacts, the cervical spine experiences a complex combination of loading modes 
(Nightingale et al., 1997, 2015). Due to the laxity of the cervical spine, however, there is latency 
between the peak in head force and neck force, where the neck buckles due to the force from the 
head at one end, and the torso at the other end. Many studies have found that the presence of the 
body decreases the peak linear acceleration, compared to head-only conditions (Beusenberg et al., 
2001; Ghajari et al., 2013; Hering and Derler, 2000), which was also seen in Paper E. However, 
Verschueren (2009) found in experimental PMHS experiments that skull fracture occurred within 
the first 1-2 ms after initial contact, arguing that it would be insufficient time to build up force in the 
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neck joint, as there would be no relative motion between the head and neck. The influence of neck 
and body on brain injury prediction has shown deviating results in previous studies. There is, 
however, evidence that there is a high interaction between the impact conditions. In studies with 
relatively long durations, such as American football (Beusenberg et al., 2001) or jockey accidents on 
turf (Forero Rueda, 2009), high-level influence has been seen on the head kinematical response. In 
this thesis, relatively large influence (21% on average) was also seen in windscreen impacts with 
peak strain values relatively long after head impact (around 15 ms in Paper F). The impacts could 
also be seen to have in common a large component acting perpendicular to the neck axis, hence 
inducing bending of the neck. In the bicycle accident study (Paper E), the effect of the body was in 
general smaller (3-12%), as also seen in previous work with a rigid body model (Verschueren, 2009). 
The impacts were also shorter, with peak strain occurring around 5 ms after head impact, as well as 
inducing more compression of the neck, and lowest effect was seen in the impacts with highest 
angles. One explanation for this could be that for impacts resulting in more neck compression than 
bending, the neck initially contributes less to rotational motion of the head. However, in Paper E, 
two cases with falls to the side of the bicycle, relatively large effects were observed (Figure 5.9). In 
this falling direction, the neck is also exposed to relatively more bending than for falls over the 
handle bar, where the neck is more aligned with the impact direction. In these two cases, a 
relationship between the head CG and contact forces could be observed that generated lower 
rotation of the head than the other cases, and when including the neck, rotation was induced after 
head impact. In a study on motorcycle accidents, with falls similar to the side falls in Paper E, larger 
effect of the body was seen in general (Ghajari et al., 2013). This could, however, be explained by the 
combination of the helmet design and the stiffer neck model used. In Paper E, more pronounced 
effects were generally seen for the skate helmet condition than for road or unhelmeted, and the 
skate helmet also had a lower density liner, usually also seen in motorcycle helmets (Ghajari et al., 
2011).  Part of the larger effect could hence be explained by a slightly longer duration of the impact. 
Larger effect of the body was also seen in Paper E when implementing neck muscle tension, which 
would also increase the stiffness of the neck, especially in bending. This could also explain the 
relatively large effect seen on angular acceleration when using a stiff dummy neck  (Hering and 
Derler, 2000; Klug et al., 2015). Hence, for short duration impacts, or impacts against hard 
surfaces, there seems to be a close relationship between the contact forces acting on the head from 
the ground and the center of gravity, which may induce more or less rotation. The relationship is 
however complicated by the reaction of the neck, potentially generating more or less rotation, 
increasing with stiffness. The reaction of the neck is also dependent on the deformation mode 
induced by the entire accident event. Additionally, a changed helmet design would not only increase 
the duration, but also change the relationship between forces, and could explain the different effect 
observed depending on helmeted condition (Paper E). 

From the windscreen impacts in Paper F, the peak strain is observed relatively long after head 
impact (Figure 5.15). The relationship between the contact forces, head and neck can be examined 
similarly as for the bicycle accidents. However, due to the large deformation of the windscreen and 
the composite structure, the head interacts significantly differently from with a stiff structure. Due 
to the long contact, and delayed strain peak, the neck has more time to influence the motion of the 
head. Further, the vehicle is also moving, and the entire body interacts with the vehicle bonnet, 
pulling on the neck with additional force (Kerrigan et al., 2009; Okamoto and Kikuchi, 2006). 
Although the velocity of the head impact is determined by the neck, attached to the body, if the neck 
is suddenly removed, so is the load from the neck, induced by the impact between the body and 
vehicle. In the impact close to the windscreen frame, in Paper F, the head is compressed longer into 
the windscreen when simulating with head-only, compared to full-body. Hence, the body and neck 
limits the displacement of the head. Due to the difference in angle between the bonnet and 
windscreen, the body is also pulling the neck downward at the thoracic end, at the same time as the 
reaction forces from the windscreen presses upwards on the head, creating a sudden rotation of the 
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head away from the windscreen. When simulating head-only, there are only reaction forces from the 
windscreen, and due to the proximity of the windscreen frame, the forces acting on the head are 
larger near the frame when the PVB is stretched, resulting in a rotation instead towards the 
windscreen. In the cases without frame contact (Figure 5.14: 30% gait and 45 km/h vehicle velocity), 
the rotation induced in the head-only simulation is relatively small, resulting in lower strain in the 
brain than in the full-body counterpart. However, when simulating without angular velocity, the 
induced rotation is larger and the strain in the brain is almost equal to the full-body simulation 
(slightly higher). The motion is, however, more similar to the head-only simulation with angular 
velocity, but due to the lack of initial angular velocity, a larger rotational motion towards the 
windscreen is induced and the similarity in strain magnitude is somewhat coincidental. For the 
impact close to the windscreen frame and with a slight frame contact (Figure 5.14: 80% gait, 30 
km/h vehicle velocity and 0 km/h pedestrian velocity) similar observations can be made. However, 
additionally, due to the larger deformation into the windscreen in the head-only simulations, the 
contact with the frame is increased. When using all velocity components, this contact is relatively 
small, and induces only a small rotation towards the vehicle compared to the rotation away from the 
vehicle induced with the full-body, and, hence, lower strains in the brain. Where rotation velocity is 
not used, the contact with the frame is much more severe, inducing large rotational motion, 
especially in the coronal plane, and also showing significantly increased strain. In the impacts 
higher up on the windscreen, the upper body impacts the windscreen frame, limiting the amount of 
deformation into the windscreen, but also generating less force downward at the thoracic end of the 
cervical spine, and hence inducing less rotation. The more pronounced effect seen when not 
including the angular velocities in these cases could possibly be explained by a higher sensitivity to 
induced velocity changes due to the lack of initial velocities. It was also found in both Paper B and 
Paper E that impacts close to the center of the windscreen did not show any increase in severity with 
increased impact velocity, contrary to the general finding (Cuerden et al., 2007; Jarrett and Saul, 
1998; Otte, 1999; Otte et al., 2012; Zhang et al., 2008). A similar finding was, however, also found in 
accident data, showing that the impact speed was not a significant factor for severe head injuries 
caused by head impacts to the central region of the windscreen (Li et al., 2017). Impacts close to the 
windscreen frame did, however, in general, give higher predicted injury severity, which is also 
evident in the accident data (Maki et al., 2003; Mizuno and Kajzer, 2000; Otte et al., 2012; Yao et 
al., 2008). In the simulations resulting in a severe head impact with the frame, the impact condition 
arguably more resembles the bicycle accidents in Paper E. The deformation of the windscreen is 
relatively small and the head impacts severely into the frame in all simulated conditions. 
Consequentially, a larger part of the head loading originates from the contact forces with the frame 
and the time for the neck to affect is shorter, since the time to peak strain is shorter. The level of 
influence seems more sensitive, with both small and large increase and decrease seen. Similarly, as 
in Paper E, this is likely due to the relationship between impact point, head center of gravity and 
stiffness of the neck in the resulting mode of deformation.  

The EuroNCAP pedestrian head impactor test has previously been evaluated, showing differences in 
head impact velocity compared to full-body dummy experiments (Ishikawa et al., 2003; Okamoto 
and Kikuchi, 2006). Tinard et al., (2009) showed large differences between the EuroNCAP impactor 
inertia and FE model head, but also influence on angular accelerations of the body explained by 
shoulder interaction. The results from Paper F showed that the lack of angular velocity components, 
in most cases, increases the predicted brain injury severity. However, due to the complex 
interactions, it can also result in severely changed kinematics, and hence both higher and lower 
severity injury. There is however a slightly higher level of consistency and influence in the longer 
windscreen impact compared to the shorter duration bicycle impact. Hence, for pedestrian 
windscreen impacts, consideration to the neck could be argued to be necessary. For the bicycle 
impacts, there seems to be a majority of relatively small effects of the body. However, since there are 
a few cases that stand out, it seems duration alone is not sufficient to explain the degree of influence 
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of the neck. In both a helmet test standard and pedestrian protection, simple and robust testing 
systems are desired. There have been suggestions to include the effect of the neck and body, both by 
adding a dummy neck and by adding inertia (Feist and Klug, 2016; Ghajari et al., 2013). The 
difficulty with such methods is to replicate the variation of effect seen in various studies. A 
mechanical neck would have to be much more biofidelic than the current models available in order 
to capture the complex neck motions. It is, however, difficult to increase the biofidelity and still 
maintain robustness and cost efficiency. The method of added inertia would have to be dependent 
on impact condition and, hence, very difficult to design. Another perhaps more simple approach 
would be to use scale factors on relevant measured metrics on current head-only test methods, 
based on possible range of influence, in order to ensure the worst-case scenario is tested. However, 
more work would be needed to cover more possible impacts situations. 

Muscle activation has previously been shown to highly influence the kinematics of the cervical spine 
in inertial loading, both using rigid body models and detailed FE models (Brolin et al., 2005; van 
der Horst et al., 1997; Östh et al., 2012). The results in this thesis (Paper C), however, indicate that 
the kinematics experienced in a pedestrian accident are much less sensitive to neck muscle 
activation. An explanation for this could be the combination of high velocities and loading, but also 
the relatively unconstrained condition of the neck. In previous studies showing the influence of 
muscle activation, the first thoracic vertebra has been constrained (Brolin et al., 2005; van der 
Horst et al., 1997) or the entire thoracic region, in belted occupant condition (Östh et al., 2012). In 
the pedestrian accident scenario, the upper body is freer to move, hence the added forces from the 
muscle activation are also used to move the insertion points of the muscles in the upper body. A 
recent study has also shown that the contribution of the muscle activity increases if the entire body 
is tetanized instead of only the neck (Iwamoto and Nakahira, 2014). The duration of the acceleration 
and magnitude is also slightly larger, which is why the inertial forces from the head would also be 
larger. There are, however, many limitations in the implementation of muscle activation, where, for 
example, there is a lack of knowledge on the activation tactics of muscles in general, and especially 
in pedestrian accidents, since experimental measurements are almost impossible. In this thesis, 
however, the results are used mainly as an indication of the degree of magnitude to which the 
muscle activation could contribute. A finding from Paper C was that, due to the complex surface of a 
vehicle, with a combination of a large range of stiffness, even small alterations due to muscle 
activation could have a relatively large effect on head angular acceleration. There are, however, 
many other parameters that influence the impact condition of the head to a larger degree, such as 
posture and vehicle velocity, also shown in previous publications (Elliott et al., 2012b; Meissner et 
al., 2004; Mottola et al., 2013; Peng et al., 2012b; Simms and Wood, 2006; Watanabe et al., 2012). 
It was also shown in the follow up study (Paper D) that the muscle activation had, in general, a very 
small influence on the brain injury prediction during the duration of the head impact. Although the 
duration of the impact was relatively long, with peak strain in the brain found after approximately 
10 ms, later findings showed that impacts to a windscreen can give peak strains significantly later, 
up to 25 ms (Paper B and Paper F). Combined with the finding that the muscle activation gave a 
22% differences in strain in one of the simulated scenarios in Paper D, this indicates that the effect 
of muscle activation cannot be entirely ignored, especially in windscreen impacts, and may need 
further investigation. 

The complex contribution of the neck in head impact situations is believed to originate partly from 
the combination of soft tissue and bone interaction. These interactions can be difficult to foresee but 
need to be defined in a rigid body model. In Paper A, it was shown that altered angles of the facet 
joints in the cervical spine due to pediatric maturation has a large contribution on both head and 
local vertebrae kinematics, also in agreement with previous findings (Kumaresan et al., 2000, 1997). 
Although the study in Paper A was limited to inertial loading, as a necessary first step in the model 
development, it is likely that the age-related changes could also affect the contribution of the neck in 
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head first impact. The results from the study suggests that, for younger ages, and more horizontal 
facet joints, more shearing than rotation is induced by the head loading when interactions between 
the facets are induced, as shown in the higher strains seen in the disks but lower head rotations. 
Further studies on head-first impact would, however, be necessary to understand the effect of age 
on the contribution of the neck as a boundary condition in head-first impacts. 

A physical test method for brain injury assessment should correctly capture the kinematics involved 
in producing the brain injury. In this thesis, the importance of boundary conditions has been 
highlighted by using FE modeling and localized brain deformation. However, in a physical test, only 
the kinematics of a dummy head can be measured, hence a coupling is needed between the 
deformation of the brain and global kinematics. Although many attempts have been made to 
understand this correlation (Deck and Willinger, 2008; Kimpara et al., 2011; Kimpara and Iwamoto, 
2012; Kleiven, 2007; Newman, 1986; Newman et al., 2000; Takhounts et al., 2013; Versace, 1971), 
there is still no consensus as to what the main mechanisms are. More work is therefore needed in 
order to establish a test method to accurately assess the risk of brain injuries. 

A trend seen in the field of injury biomechanics is the increasing level of detail in whole body models  
(Gayzik et al., 2012, 2011; Shigeta et al., 2009) as a consequence of computational capacity 
development. This has allowed for a more detailed description of the anatomy and capability of 
injury prediction on the tissue level. As the injury predication of the various tissues is the goal of 
detailed FE human body models, model evaluation (or validation) is often performed on both the 
material level and against injury of isolated anatomical entities. The evaluation of neck models 
could be said to differ slightly from other body regions. Since the neck is constituted by a large 
number of joints with a large range of motion (ROM), the injury mechanisms and dynamic motions 
are closely linked. Hence, evaluation is performed both on small sections of the spine, or functional 
units, composed of only two or three of the vertebrae and surrounding tissues, but also on the entire 
neck. It could be said that the evaluation has naturally been focused on the kinematics of the neck as 
a system of joints. Other joints in the body are arguably not as critical when injured as, unlike the 
spine, they do not contain parts of the CNS, and the lower parts of the spine do not have the same 
ROM as the cervical part (Panjabi, 1992). Hence, models of the whole body have arguably 
progressed more in the description of individual soft tissues, compared to individual joints and the 
body as a kinematical joint system. Rigid body models have, however, shown that the overall 
behavior can be described with relatively simple joint descriptions. The availability of experimental 
data for detailed dynamic joint validations is less common, and most comparisons have been 
relatively coarse, also for modern FE models (Dokko et al., 2003; Iwamoto and Nakahira, 2014; 
Maeno and Hasegawa, 2001; Watanabe et al., 2012; Yasuki and Yamamae, 2010). It is hence less 
clear if there has been an equally large increase in the capability for capturing the overall kinematics 
of detailed FE models. In this thesis, the focus has been on the contribution of the boundary 
conditions for the head, where the neck is in direct contact with the head and, hence, a detailed 
description of the kinematical behavior of the neck is crucial. However, for the purposes of studying 
brain injuries, a detailed description of the internal organs is likely not necessary, in the same way 
as a detailed description of the brain is not necessary for studies on injuries to the internal organs. 
Therefore, to further increase the efficiency and confidence of human body FE models used in VRU 
accident simulations, a more hierarchical approach could be used. Starting from the body seen as a 
kinematical joint system, where bone tissues are articulated through soft tissues, the confidence and 
omnidirectionality of the different joints could be improved by more detailed dynamic joint 
evaluation. A full-body model could hence be capable of capturing kinematics with relatively simple 
descriptions of the tissues not directly involved, an approach that has been used to a certain degree 
in a recent pedestrian FE model (Untaroiu et al., 2017, 2015). More detailed experimental data is, 
however, needed to validate the kinematic response, but could increase the gain of computational 
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power development on the understanding of injury mechanisms, efficiency in safety system 
development and ultimately help to save more lives. 
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7 Future Work 

The results of this thesis have provided some insights on the effect of boundary conditions on brain 
injury prediction, but also highlights some aspects that would need further investigation to further 
understanding. 

The adult neck model used in this thesis was modeled with discrete spring elements. The same 
ligamentous spine model has also been developed with a solid elements model (Hedenstierna, 
2008), but the discrete elements model was selected due to the large efficiency gain. One of the 
major limitations with this model is the lack of muscle mass and surrounding tissue. Although it is 
uncertain how the lack of mass would affect the conclusions made, in Paper E, the lack of 
surrounding tissues led to unrealistic contact between the chin and vertebrae. Therefore, the 
simulations in that study were truncated at 15 ms to exclude this contact. It is believed that larger 
strains than from the initial impact are not to be expected, and hence the truncations do not affect 
the conclusions made. However, the model could be improved by adding surrounding tissue, as for 
the developed pediatric cervical spine model (Paper A), modeled with separate surrounding soft 
tissue and discrete muscle elements. 

Further, the adult neck model has been extensively evaluated against both PMHS and volunteer 
experimental data. However, experimental data for the complex type of head-first impact seen in 
VRU accidents are less common. To increase the confidence in the model and the conclusions 
drawn, further evaluation against more detailed vertebral level motion would be required, such as 
PMHS sled experiments using x-ray imaging (Deng et al., 2000; White et al., 2009), but preferably 
also with head-first impact, in conditions similar to VRU accidents.  

The results of this thesis have shown a relatively small effect of neck muscle activation on both 
whole-body kinematics in VRU accidents and brain injury prediction. The method of muscle 
activation used in this thesis is, however, relatively simplified. Further research on possible 
recruitment strategies could potentially lead to different results. The muscle activation was also 
implemented only on the cervical muscles, and the contribution of added muscle tonus is likely 
larger if the entire body is included, as shown recently (Iwamoto and Nakahira, 2014). Muscle 
activation was further implemented only in the VRU accidents with a relatively short duration, and 
it is likely that the effect would increase with longer duration impacts, as seen in the vehicle 
windscreen impacts. This should therefore be explored in future studies. 

The contribution of the neck and body on brain injuries has not been conclusive in previous work. 
In this thesis, evidence suggests that there is no simple answer and that, instead, the contribution is 
highly dependent on the impact situation with a large number of parameters that are also 
interdependent. The results, however, suggest that there is a relationship between the forces acting 
on the head (from the impact surface and the neck) that depends on the duration of the impact and 
the mode of deformation induced in the neck. The combination of these forces in relation to the 
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head CG dictates the resulting motion of the head and the brain injury severity. Based on these 
findings, further studies should attempt to idealize the parameters involved to determine their exact 
relationship, if possible. If these relationships can be determined, it could be possible to better 
determine the degree of influence in specific impact situations.  

An increased understating of how the parameters involved in a head-first impact could also improve 
the relevance of test methods used for safety. More work is needed to fully understand the 
relationships but could lead to adaptive scaling factors depending on impact situation, or measured 
impact metrics. However, to be fully relevant, more work is needed to understand the coupling 
between the kinematics experienced by the head, measurable in test methods, and the deformations 
in the brain responsible for the injuries.  

The results of this thesis suggest that initial, pre-impact, angular velocity can have a large influence 
on the predicted brain injury in head-only impact. This has significant implications for the 
EuroNCAP test method, but further work is needed in order to determine if the effect is 
consequently an increase in severity, as seen in Paper F, or if the finding is merely coincidental.  

Thus far, the pediatric model developed in this thesis has been used only in inertial loading studies. 
However, studies in head-first impact scenarios are currently underway and should be further 
expanded. It would also be desirable to enhance the evaluation with future experimental studies, 
preferably also with head first impact situations. 
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8 Conclusions 

The studies in this thesis focused on the VRUs pedestrians and bicyclists and attempted to cover a 
variety of impact scenarios to better understand the importance of different boundary conditions to 
the head in brain injury prediction. A general conclusion was that the importance of capturing the 
deformation of impacted surface, as well as the deformation of the neck, is dependent on the time 
between head contact and peak strain, and hence the stiffness of the impacted surface. The 
importance of the neck and body was however also dependent on the degree of rotation induced by 
the head impact forces and the laxity of the neck in the induced mode of deformation. Hence, the 
least influence is seen for impacts inducing large rotational motion of the head and resulting 
deformation of the neck with low stiffness. 

It could be concluded that in bicycle accidents involving impact on hard surfaces, the influence of 
the neck and body on predicted brain injury is sensitive to the relationship between boundary forces 
and head CG. Due to the short duration between the impact and peak strain in the brain, the neck 
seems to influence the outcome to a relatively larger extent only if the mode of deformation induced 
in the neck results in reaction forces quickly enough, that contribute to added or reduced rotational 
motion. This was also in line with the finding of increased effects seen when adding muscle tonus, 
leading to increased neck stiffness. In general, the effect was also largest for the softest helmet liner 
material, which could be due to longer duration impact. The different helmet conditions, however, 
also alter the relationship between the boundary forces and head CG, both in positions and 
magnitude, as seen in the inconsistency of effect depending on helmeted condition. 

Further, it could be concluded that the effect is generally greater for longer duration impacts seen in 
pedestrian windscreen impacts. It was, however, also concluded that for pedestrian windscreen 
impacts, the level of influence of the neck and body is also affected by the impact point on the 
windscreen. Due to the large deformations of the windscreen, the effect of the body and neck was 
the largest for impacts close to the windscreen frame while the upper body does not impact the 
windscreen area. It could further be concluded that the severity of head injury in windscreen 
impacts is highly dependent on the composite structure of vehicle windscreens, with higher severity 
closer to the windscreen frame due to the limited deformation on the boundary of the windscreen. 
The importance of capturing the complex failure of vehicle windscreen was highlighted as impacting 
speed did not automatically lead to the prediction of higher severity brain injuries. 

It was also shown that the introduction of muscle activation in only the neck has a minor effect on 
the kinematics of a pedestrian accident, as well as on the outcome of brain injury prediction in head-
to-bonnet impacts. It was, however, shown that even small changes in head impact point due to 
neck muscle tonus could severely alter induced head kinematics due to the complex structure of the 
underlying bonnet structure and variations in stiffness.  
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A pediatric model was also developed in this thesis and showed that anatomical changes due to 
maturation can have a considerable effect on head and neck kinematics in inertial loadings. The 
largest effect was seen due to changes in facet joint angles, resulting in greater translational motion 
than rotation between the vertebrae. The model has large potential to be used in determining the 
possible age-dependent effects of neck and body in head-first impacts. 
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10 Appendix 1. Pediatric FE model Evaluation 

The PIPER model was compared to PMHS experiments of specimens at ages ranging from 2 to 12 
years exerted to quasi-static to step-and-hold moments in pure flexion and extension at three levels 
(0.8, 1.6 and 2.4 Nm), measuring the resulting angle at the T1 and C2 vertebrae (Ouyang et al., 
2005), shown in the two plots on the left side of Figure 10.1. The model was also compared to pure 
axial displacement applied at the head CG at a rate of 5 mm/s until 10% decrease of tensile load 
(Ouyang et al., 2005) (top right plot in Figure 10.1), as well as tensile fixed-fixed condition and 50 
N/s (scaled to age) until 10% of estimated failure load (Luck et al., 2008) (bottom right plot in 
Figure 10.1). 

 

Figure 10.1. Comparison between PIPER model and PMHS response to bending (left plots) and tensions (right 
plots). 

 

The two left plots in Figure 10.1 show that the model falls within the range of response of the 
experimental data, but no clear trend of increased stiffness is seen in the PMHS with increasing age. 
The top right plot shows that the model response in tension matches the experiments until about 2.5 
mm of displacement and 200 N of load. For larger loading the model deviates from the experiments, 
becoming slightly stiffer, while the experiments exhibit some softening. The PMHS specimens were, 
however, tested until failure which was not implemented in the current model and likely explains 
the deviation. Also in these experiments, no clear trend as function of age can be seen, whereas a 
slight decrease in stiffness is seen in the model with decreasing age. The bottom right plot shows 
that the 6-year-old PIPER model responds to the tensile experiment with stiffness slightly higher 
than the 14-year-old PMHS. However, the experiments also show that the response of the 9-year-old 
PMHS is closer to the 22-month-old than the 14-year-old and, when comparing to the Ouyang et al. 
(2005) data set, it can be suggested that the difference in stiffness is not purely age-related. It is 

Ouyang et al. 2005  
Ouyang et al. 2005 

Ouyang et al. 2005 
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notable that the response of the 14-year-old specimen from Luck et al. (2008) corresponds to the 
response of the 3-, 6-, 4-, 7.5- and 12-year-old specimens from Ouyang et al. (2005), none of which 
show any clear trend as function of age. An explanation for the stiffer response in tension than 
bending could be the assumption of a nearly incompressible nucleus pulposus, which would 
contribute to the stiffness more in tension than bending, where the disc is in both compression and 
tension. 
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11 Appendix 2. Evaluation of Adult Full-body FE Model 

The THUMS-KTH model was scaled and positioned according to three PMHSs used in whole body 
vehicle impacts at 40 km/h (Forman et al., 2015a, 2015b), impacted against a simplified vehicle 
buck (Pipkorn et al., 2014; Takahashi et al., 2014). The subjects were impacted laterally, positioned 
in a mid-gait stance with the struck leg back and hands tied together in front of the body. Table 11.1 
shows a comparison between the PMHSs and scaled models dimensions. A comparison between the 
positioned angles and distances is shown in Table 11.2. 

Table 11.1. Difference between anatomical measurements made on the PMHS and scaled THUMS-KTH model. 

Metric PMHS vs Model diff [mm] 
 V2370 V2371 V2374 
Stature 18 8 21 
Trochanter Height 2 26.2 57.6 
Iliocristal Height 0 26 56 
Tibial Height 7.8 28.9 71.7 
Ankle Height  0.5 -1.4 5.1 
Shoulder (Acromial) Height 1 57 56 
Top‐of‐Head to Trochanterion -1.7 17.3 -1.7 
Head Height 0 0 0 
Shoulder‐to‐Elbow 2 0 3 
Elbow‐to‐Stylion 0 0 0 
Weight -4.5 Kg -0.2 Kg 0.2 Kg 
 

Table 11.2. Difference between initial position of the PMHS and positioned THUMS-KTH model. 

Metric Axis Side PMHS vs Model diff [Deg] 
   V2370 V2371 V2374 
Tibia 
 

Sagittal Right 7.5  7.63 14.0 
Left 5.9 12.4 2.5 

Frontal Right -2 -2.2 3.4 
Left -11.1 -5.0 -2.5 

Femur 
 

Sagittal Right -0.3 0.2 -6.7 
Left 0.6 -0.9 1.0 

Frontal Right 0.1 1.0 6.5 
Left 0.6 -1.8 -1.6 

Humerus Frontal Right -13.7 -23.9 -65.5 
Left -19.7 -21.0 -66.6 

   PMHS vs Model diff [mm] 
Heel-to-heel distance Sagittal  -14 55 -13 

Frontal  5 -129 -11 
Knee-to-knee width Frontal  -4 -47 -24 
Elbow-to-elbow width Frontal  -26 173 9 
 

The original THUMS-KTH model used in Paper C and Paper D was modified in Paper F. Major 
changes were the material property of the flesh and skin, adapted from the THUMS V.4.02 (Shigeta 
et al., 2009) and constraints between thoracic spine vertebrae and surrounding soft tissues, 
replaced with a tied contact. 

The difference in head impact time between the models and PMHSs is shown in Table 11.3, showing 
a good agreement with a maximum difference of 6 ms. 
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Table 11.3. Head impact time of the three PMHS (Forman et al., 2015b) and THUMS-KTH models. 

 Head impact time [ms] 
Cadaver Forman et al. Original model Modified Model 
V2370 135 134 139 
V2371 138 141 144 
V2374 141 138 141 

 
The trajectory of the head, T1, T8 and pelvis is shown in Figure 11.1, showing that the models have a 
steeper curve than the PMHSs, resulting in a head impact lower on the windscreen in the order of 
100 mm for the modified model. 
 

 

Figure 11.1. Trajectory of head, T1, T8 and pelvis for the three PMHS (Forman et al., 2015a), comparing 
modified and original THUMS-KTH model. 

 

Figure 11.2-Figure 11.4 show the angular x-, y- and z- velocities for the head, T1, T8 and pelvis 
respectively. As can be seen, the head angular velocities for the modified model compare better than 
the original model, and shows velocities similar to the PMHSs at head impact. The effect of the 
modifications is less pronounced for the T1 and pelvis velocities, although in general showing 
slightly less noisy response, especially for the pelvis, and velocities in the same order of magnitude 
as the PMHSs. 

132 mm 

134 mm 

101 mm 
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Figure 11.2. Head Angular x-, y-, and z- velocity (from left to right), comparing THUMS-KTH to each PMHS 
(row). Time of head impact is indicated with vertical black line. 
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Figure 11.3. T1 Angular x-, y-, and z- velocity (from left to right), comparing THUMS-KTH to each PMHS (row). 
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Figure 11.4. Pelvis Angular x-, y-, and z- velocity (from left to right), comparing THUMS-KTH to each PMHS 
(row). 
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12 Appendix 3. Neck Muscle Activation Schemes 

The activation levels for each muscle used in the startled and evasive activation approaches are 
stated in Table 12.1 and Table 12.2. PID is the part id number of the muscle used in LS-DYNA. 

Table 12.1. Activation levels for each muscle for startle tonus. 

Muscle PID* Activation level [0-1] 
SCOM 40101/40102 0.7 

Longus Colli 40201/2 1 
40200 1 

R.C.A.Ma (Longus Capitis) 40311/2 1 
40321/2 1 

R.C.A.Mi, R.C.L 40401/2 1 
Scalene Anterior 40511/2 1 
Scalene Medius 40521/2 1 
Scalene Posterior 40531/2 1 
Rectus Capitis Minor 40610 0 
Oblique Capitis Inferior/Superior 
Rectus Capitis Major 40621/2 0 

Part of Semispinalis Capitis 40711/2 0 
Part of Semispinalis Capitis 40700 0 
Semispinalis Cervis 40721/2 0 
Iliocostalis Cervicis 40811/2 1 
Longissimus Capitis 40821/2 0.7 
Longissimus Cervis 40831/2 0.7 
Splenius Capitis 40911/2 0 
Splenius Cervicis 40921/2 0.7 
Levator Scapulae 41001/2 0.5 
Trapezius 41101/2 0.3 
Interspinous 41200 0 
Hyoid upper 41300 1 
Omohyoid 

41400 1 Sternohyoid 
Sternothyroid 
*Ending in a 1 corresponds to the left side of the neck; 2 right side; 0 to the center. 
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Table 12.2. Activation levels of each muscle for the evasive tonus. Each simulated accident was given a specific 
activation scheme. 

Muscle PID* Activation level [0-1] 
20 km/h 40 km/h 

  SLB SLF SLB SLF 

SCOM 40101 0.5 0 0.5 0 
40102 0 0.5 0 0.5 

Longus Colli 
40201 1 0 1 0 
40202 0 1 0 1 
40200 0 1 0 0 

R.C.A.Ma (Longus Capitis) 

40311 1 0 1 0 
40312 0 1 0 1 
40321 1 0 1 0 
40322 0 1 0 1 

R.C.A.Mi, R.C.L 40401 1 0 1 0 
40402 0 1 0 1 

Scalene Anterior 40511 1 0 1 0 
40512 0 1 0 1 

Scalene Medius 40521 1 0 1 0 
40522 0 1 0 1 

Scalene Posterior 40531 1 0 1 0 
40532 0 1 0 1 

Rectus Capitis Minor 40610 0 0 0 0 
Oblique Capitis 
Inferior/Superior 
Rectus Capitis Major 

40621 0 0 0 0 

40622 0 0 0 0 

Part of Semispinalis Capitis 40711 0 0 0 0 
40712 0 0 0 0 

Part of Semispinalis Capitis 40700 0 0 0 0 

Semispinalis Cervis 40721 0 0 0 0 
40722 0 0 0 0 

Iliocostalis Cervicis 40811 1 0 1 0 
40812 0 1 0 1 

Longissimus Capitis 40821 0 0 0 0 
40822 0 0 0 0 

Longissimus Cervis 40831 0 0 0 0 
40832 0 0 0 0 

Splenius Capitis 40911 0 0 0 0 
40912 0 0 0 0 

Splenius Cervicis 40921 0 0 0 0 
40922 0 0 0 0 

Levator Scapulae 41001 0.2 0 0.2 0 
41002 0 0.2 0 0.2 

Trapezius 41101 0.2 0 0.2 0 
41102 0 0.2 0 0.2 

Interspinous 41200 0 0 0 0 
Hyoid upper 41300 1 1 1 1 
Omohyoid 

41400 1 1 1 1 Sternohyoid 
Sternothyroid 
*Ending in a 1 corresponds to the left side of the neck, a 2 right side and a 0 to the center. 
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13 Appendix 4. Windscreen Model Evaluation 

In order to evaluate the response of the two windscreen modelling approaches, the two mesh 
geometries were used to simulate head form impact experiments (Pyttel et al., 2011). A validated 
model of the 4.8 kg NCAP impactor (Juntikka et al., 2004) was impacted at one velocity against the 
vehicle windscreen model, and scaled two three weights and impacted at three velocities against the 
circular model (Table 13.1). 

Table 13.1. Velocity and impactor weights of simulated experiments (Pyttel et al., 2011) 

Impactor Weight 
Circular Plate 

Impact Velocity 
Windscreen Impact Velocity 
Outside Inside 

3.5 kg 5 m/s   
4.8 kg 10 m/s 10 m/s 10 m/s 
6.3 kg 12 m/s   

 

Figure 13.1 shows the comparison between the experimental and simulated circular plate impacts, 
with resultant acceleration of the impactor (left side plots) and deformation at the center of the 
windscreen (right side plots). For the lowest velocity and weight of impactor (top row in Figure 
13.1), the flat circular plate did not fracture, predicted by both modelling approaches, as well as 
showing similar acceleration and deformations as the experiment. For the higher velocities, the 
glass fails in both cases, and with the non-local failure model, both deformation and acceleration 
response agrees well with the experiments, with an error in peak acceleration of 6% for the 4.8 kg 
impactor and 14% for the 6.3 kg impactor. There is also a slow increase in acceleration after the 
initial peak with similar magnitude as in the experiments, but with oscillations in the model not 
seen in the experiments. The explanation for these oscillations is the elements deletion of the glass 
layers. As the contact force on the impactor abruptly drops when the glass fractures, the rubber 
material covering the impactor starts to oscillate with the same frequency and could be visually 
observed. It was, however, assumed to have negligible effect on head injury prediction. The smeared 
model, however, over-predicted the acceleration response with 40% for the 4.8 kg impactor and 
200% for the 6.3 kg impactor and severely under-predicts the deformation in both cases. The small 
deformation also causes the impactor to be recoiled away from the windscreen shortly after impact, 
as seen in the sudden drop to zero acceleration. 
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Figure 13.1. Comparison between the experimental (Pyttel et al., 2011) and simulated circular plate impacts, 
with each weight and velocity of impactor on each row. Resultant acceleration of the impactor (left 
side plots) and deformation at center of the plate (right side plots). 

4.8 kg 10 m/s 

6.3 kg 12 m/s 

3.5 kg 5 m/s 
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Figure 13.2 shows the acceleration response from the full windscreen impacts (inside and outside 
impacts), comparing the experiments and two modeling approaches. In the outside impact, the non-
local failure model shows similar response as the experiment, with duration of peak and secondary 
slow increase, although the initial peak is under-predicted by approximately 18%. The smeared 
model also shows similar initial peak acceleration, but an additional and larger peak appears about 
10 ms later, which is not seen in the experiments, after dropping to zero. In the impact from the 
inside, the peak acceleration is over predicted by 70% with the non-local failure model but shows 
similar duration and secondary slow increase. The smeared model, however, over predicts the 
acceleration by approximately 300% and has about three times longer duration than the 
experiment. 

 

Figure 13.2. Acceleration response of 4.8 kg impactor at 10 m/s propelled towards the outside of the 
windscreen (left plot) and the inside of the windscreen (right plot). Comparing experimental 
response (Pyttel et al., 2011) and the two model approaches. 
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