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Abstract
Traumatic injuries are the leading cause of death to children between the ages of
one to nineteen years in the United States. The primary source of these traumatic
injuries is motor vehicle traffic, with the head being the primary region of the body to
suffer injury. While the pediatric neck is also prone to injury, it is particularly notable
since it governs head excursion and acceleration, thus influencing head impacts and
injuries. Pediatric fatalities can be prevented through safety improvements to vehicle
compartments and child restraints by way of advanced biofidelic pediatric
anthropomorphic testing devices (ATDs) and a more complete understanding of
pediatric biomechanics. Computer models of the pediatric head and neck provide a
valuable tool to combine results from pediatric postmortem human specimen (PMHS),
radiological, and human volunteer studies to investigate the dynamics of the pediatric
head and neck. The current study produced the first validated computer model of the
pediatric head and neck which were created using the framework of a validated adult
model. Radiology studies were conducted to determine pediatric cervical muscle cross
sectional areas, vertebral anthropometry, and vertebral inertial properties. The results of
these studies were combined with available pediatric PMHS properties to create the six
and ten year old models. The models were validated against pediatric volunteer low
speed frontal impacts and were then used to simulate higher rate and injurious inducing
loading scenarios. The six and ten year old flexion bending stiffnesses were found to be
iv

36% and 45% of the adult bending stiffness, respectively. The pediatric tensile
stiffnesses were found to be 67% and 76% of the adult tensile stiffness. The tensile failure
tolerance of the six year old was between 1490 and 2300 N and of the ten year old
between 2040 and 3170 N. The adult and pediatric Hybrid III ATDs were found to be on
average 2.5 times stiffer in flexion bending than the computer models. Biofidelity
corridors were created with the models to be used to guide future ATD designs.
Overall, the pediatric models provide a general tool that can be used to assess the safety
of children during motor vehicle crashes.
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Introduction
Traumatic injuries are the leading cause of death to children ages one to nineteen

years in the United States. The primary source of these traumatic injuries is motor
vehicle traffic, with the head being the primary region of the body to suffer injury. The
pediatric neck, although not commonly injured, governs head excursion and
acceleration, thus influencing head impacts and injury during motor vehicle crashes.
While seating children in the rear seat of a vehicle in an age-specific restraint has been
shown to decrease the likelihood of injury, additional injuries can be prevented by
design improvements to vehicle passenger compartments and restraint systems.
Anthropomorphic testing devices (ATD) are used to evaluate motor vehicle
safety designs. The head and neck dynamic response of the current pediatric ATD was
established by scaling down adult properties using the size differences between adults
and children. The assessment of pediatric ATD biofidelity is limited by the paucity and
limitations of pediatric head and neck biomechanical research.
Human volunteer studies are limited to non-injurious loading scenarios and by
the difficulty in obtaining informed consent from pediatric subjects. Post-mortem
human specimens (PMHS) studies are limited by the rare availability of pediatric
cadavers and their lack of live-active musculature. Animal surrogate studies are limited
by interspecies differences in functional anatomy and need for scaling relationships
from animal to human responses. Computational models, while limited by the degree
1

to which they may be validated, may provide a valuable method to combine data from
all available pediatric biomechanical studies to produce ATD injury relevant pediatric
biofidelity assessment specifications.
Therefore, the objective of this study is to follow the methodology used to create
a validated adult head and neck computer model to create a head and neck model of a
six and ten year old that will be used to provide frontal impact biofidelity requirements
and tension injury critical values for pediatric ATD.

2

2

Background and Significance

2.1 Pediatric Fatalities
The leading cause of death among children ages one to nineteen years in the
United States (US) is traumatic injury (Table 2.1). Pediatric injuries resulted in over
17,000 fatalities in 2007, which equates to 21 deaths per 100,000 children (CDC 2007).
While heart disease is still the leading cause of death for the entire US population,
unintentional injury is the leading cause of years of potential life lost. In 2007,
unintentional injury resulted in 2.4 million years of potential life lost. Motor vehicle
traffic (MVT) is the leading cause of injuries sustained by children, representing almost
40% of all fatal injuries in the US (Figure 2.1). The National Highway Traffic Safety
Administration (NHTSA) reported that in 2007, there were an average of five children
age 14 years and younger killed and 548 injured daily in motor vehicle crashes in the US
(NHTSA 2007a). While the emotional impact of pediatric injury from MVT in the US
cannot be fully quantified, the economic impact is considerable. The total cost of MVT
fatal injuries to children age nineteen years and younger was estimated to be $34.5
billion in 2004 (CSN 2005). This total includes medical costs, work loss costs, and quality
of life costs.
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Table 2.1: The ten leading causes of death and the number of fatalities in the US for 2007 (CDC 2007). While heart disease
was the leading cause of death for the entire US population, unintentional injury was the leading cause of years of
potential life lost (YPLL) and child deaths.
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Figure 2.1: Distribution of fatal pediatric injuries by cause to children 19 years
and younger in the US for 2007 (CDC 2007). Motor vehicle traffic was the
leading cause of fatal injury.
MVT child injuries are not exclusively a US public health concern, but a global
health concern. While disease, both communicable and non-communicable, is still the
leading cause of child mortality throughout the world (Table 2.2), injuries account for
about 40% of all child deaths (Peden et al. 2008). The major cause of child injury deaths
is road traffic injuries, resulting in approximately 262,000 deaths or 22.3% of all injury
deaths (Figure 2.2). The number of road traffic injuries throughout the world will only
increase as developing nations increase road construction and have increased access to
motor vehicles (Rivara 2009). It has been projected that the number of future traffic
fatalities will increase 66% globally by 2020, with an increase of 92% and 147% in such
developing nations as China and India, respectively (Kopits and Cropper 2003).
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Table 2.2: The fifteen leading causes of pediatric death throughout the world for
2004 (Peden et al. 2008). While disease was the leading cause, injuries account for
about 40% of pediatric deaths.
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Figure 2.2: Distribution of fatal pediatric injuries by cause to children 17 years and
younger throughout the world for 2007 (Peden et al. 2008). Motor vehicle traffic
was a major cause of fatal pediatric injuries.
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2.1.1 Motor Vehicle Traffic (MVT) Injuries
The head and neck of children are regions of the body that are of particular
interest during motor vehicle crashes. The head, either alone or in conjunction with
multiple-system injury, is the most frequently injured body region amongst children
from MVT. The incidence of children sustaining head injury is 8.3 cases per 1,000
crashes, which is seven times the incidence of the next highest body region (Durbin et al.
2001; PCPS 2008). For children ages eight years and younger, head injuries account for
57% of all MVT injuries and 54% of injuries with an Abbreviated Injury Scale (AIS) score
greater than or equal to three (Figure 2.3) (Starnes and Eigen 2002). Pediatric head
injures with an AIS ≥ 3 include: cerebral contusion, Epidural/Subdural/Subarachnoid
bleed, intraventricular hemorrhage, and skull fracture (Pascucci 1988; Adelson and
Kochanek 1998; Nusholtz et al. 2003; Brown et al. 2006).
Injuries to the pediatric cervical spine, although not as common, are debilitating
and often fatal. Of children that sustained cervical injury, the mortality rate was 27%
and the overall incidence of neurological deficits was 66% (Platzer et al. 2007). Forty
percent of neck injuries are associated with head injury (Eleraky 2000). Those injuries
seen with an AIS ≥ 3 include: cervical dislocation or fracture, brain stem laceration, cord
contusion, and atlantoaxial dislocation (Hall and Boydston 1999; Patel et al. 2001;
Viccellio 2001; Brown et al. 2006). While the most common cause of pediatric neck
trauma is MVT, reported to be the cause of up to 61% of these injuries (Patel et al. 2001),
8

pediatric neck injuries still only account for 2% of injuries sustained in a crash (Figure
2.3) (Starnes and Eigen 2002). Notwithstanding the infrequency of these injuries,
understanding the pediatric neck is critical to fully investigate pediatric head injury.
During dynamic injury scenarios, such as motor vehicle crashes, neck biomechanics will
determine head excursion and acceleration thus influencing head injuries.

Figure 2.3: Percentage of passenger vehicle occupant AIS 3-6 injuries by injured body
region (Starnes and Eigen 2002). While the head was the leading injured body region,
neck biomechanics determine head excursion and acceleration.

9

2.1.2 Pediatric Head and Neck Anatomy
The pediatric head differs both biomechanically and morphologically from the
adult head. These differences arise from the early development of the central nervous
system and the need to accommodate further growth. At birth, the pediatric head
represents one-fourth of the total body length, whereas the adult head is only oneseventh of the total body length as shown in Figure 2.4 (Burdi et al. 1969). The
proportionally larger head in children results in a relatively higher body center of
gravity. Head growth is especially rapid within the first two years and will then reach
90% of adult volume by age ten (Cheng and Reichert 1998). Growth is accommodated
by unfused bony plates connected through cartilaginous sutures and fontanelles (Figure
2.5) (Agur and Dalley 2005). Bone growth occurs as the connective tissue matrix is
replaced by bony tissue. Fontanelles and sutures begin to close by 3 years but do not
completely fuse until around 20 years when the skull has reached definitive size.
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Figure 2.4: The pediatric head changes in proportion to the overall size of the body
from about one-fourth to one-seventh (Burdi et al. 1969).

Figure 2.5: Pediatric skull anatomy as viewed: (a) laterally and (b) superiorly. The
skull is composed of unfused bony plates connected by cartilaginous sutures and
fontanelles, which accommodate growth. Growth is especially rapid within the first
two years and will reach 90% of adult volume by age ten. Definitive volume and
fusion of the sutures occurs around age 20. (Adapted from Agur and Dalley 2005)
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Pediatric cervical vertebrae differ from adult cervical vertebrae in several aspects.
The pediatric vertebrae have cartilaginous synchondroses junctions, which
accommodate vertebral growth (Sherk 1998; Sponseller and Herzenber 1998; Wolfla
1998). The atlas (C1) and lower cervical vertebrae (C3-C7) have three ossification centers
and three synchondroses (Figure 2.6). The axis (C2) has the same three ossification
centers with an additional two in the dens and additional synchondroses between the
dens and the vertebral body. Ossification and fusion of the synchondroses within the
spine occur at differing ages, including: the atlas between six and nine years, the dens at
12 years, and the bodies and neural arches between 15 and 16 years. Pediatric vertebrae
also differ from adult vertebrae in that the orientation of the articular facets is more
horizontal (less oblique). The facet angle gradually increases with increased age
(Sullivan et al. 1958; Kasai et al. 1996). In addition to vertebral anatomical variations
between children and adults, the intervertebral discs also vary with age (Peacock 1952).
The intervertebral disc of newborns has a large nucleus with loosely embedded annular
fibers resulting in the annulus being less distinguishable from the nucleus. During
maturation, the fibers of the annulus increase in stiffness and density resulting in the
distinction between annulus and nucleus. The nucleus also decreases in size and
proportion.
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Figure 2.6: Pediatric cervical vertebrae anatomy of the (a) first and (b) second vertebra.
To accommodate vertebral growth, ossification centers are connected through
synchondrotic cartilaginous joints which fuse by age 16. Pediatric articular facets are
more horizontal than adults. (Adapted from Sponseller and Herzenber 1998)

2.1.3 MVT Injury Prevention
Preventative measures can be undertaken to mitigate pediatric trauma from
MVT. Two factors are especially noteworthy in regard to pediatric injury prevention:
safety restraint systems and seating position.
The use of passenger restraint systems has been shown to significantly decrease
the risk of injury and death to all motor vehicle occupants (Houston et al. 1996;
Cummings et al. 2003; McGwin Jr et al. 2003; NHTSA 2007b), including children
(Halman et al. 2002; Valent et al. 2002; Elliott et al. 2006; Javouhey et al. 2006; NHTSA
2007a). Specifically, the risk of death is reduced 74% for children one year old and
younger and 59% for children ages two to three years when correctly restrained in a
13

child safety seat (Rice and Anderson 2009). Children ages four to seven years are often
too large for child safety seats but too small for seat belts designed for adults. These
children are advised to be restrained using a belt-positioning booster seat, which
decreases the possibility of injury by 59% when compared with children in seat belts
only (Durbin et al. 2003).
Seating position is second only to restraint systems as a variable in reducing the
risk of MVT pediatric injury and death. Children in the front seat of a motor vehicle
were at a 40% greater risk of injury compared with children in the rear seat (Durbin et al.
2005). The requirement of front seat passenger-side airbags in motor vehicles has
increased the relative safety of the rear seat for children. While airbags have reduced the
risk of fatal injuries to adults, it has been reported that they have increased mortality risk
among children younger than the age of 12 (Graham et al. 1998; Glass et al. 2000).
Another study reported that the risk of death was reduced 31-35% among children
seated in the rear of motor vehicles without passenger-side airbags compared to a 46%
reduction for those equipped with passenger-side airbags (Braver et al. 1998).

2.1.4 MVT Injury Intervention
The effectiveness of restraint systems and seating location in reducing the risk of
pediatric MVT injury, reported through statistical analysis of crash victim databases,
points to the possibility that future pediatric death and injury can be prevented through
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additional interventions. The principle strategies of intervention are through a
combination of the three E’s: Education, Enforcement, and Engineering.
Studies into the factors for nonuse of restraint systems and the choice of seating
of children have resulted in the creation of educational and enforcement intervention
campaigns (Decina et al. 2009). Educational campaigns, such as National SAFE KIDS
(Mickalide 1995) and National Child Passenger Safety Week (CDC 2004), exist to directly
teach parents how to securely restrain children in the rear seat. Educational materials
have also been made available to pediatricians and health care professionals to further
inform parents (Bull and Sheese 2000; Committee on Injury and Poison 2002).
Enforcement campaigns have been reported to be effective (Williams and Lund 1986;
Houston and Richardson 2005; Winston et al. 2007), including the national “Click It or
Ticket” campaign, which combines education—through earned and paid media—with
an intense, short duration enforcement period (Solomon et al. 2002; Reinfurt 2004).
Currently, all 50 states and the District of Columbia have child restraint laws (IIHS
2010). These laws, however, vary by state in their coverage—age and size of children
requiring restraints, restraint type, and seating location—and enforcement. Only 27
states currently require belt-positioning booster seats for children until age 8. Also, only
16 states require children be restrained in the rear seat. Improvements in education and
enforcement programs to increase pediatric MVT safety are limited by their indirect
application and the burden on individuals to follow the given direction.
15

Engineering advancements to motor vehicle restraint systems and passenger
compartments provide a direct means to further reduce pediatric MVT injuries.
Anthropomorphic testing devices (ATD) are the principle tool to test the safety
effectiveness of engineering advancements and include a range of pediatric ages. Child
ATD are specified in the Federal Motor Vehicle Safety Standards (FMVSS), which all
motor vehicles and child restraint systems must comply (FMVSS 2010a). While
beneficial, child ATDs were developed with limited human pediatric biomechanical
data.

2.1.5 Anthropomorphic Testing Device (ATD)
The Hybrid III family of ATDs was developed under the direction of the Society
of Automotive Engineers (SAE) Hybrid III Dummy Family Task Group with original
funding through a grant from the Centers for Disease Control in 1987 (Mertz et al. 1989;
Irwin and Mertz 1997). The task group elected to design the family of ATDs by scaling
the Hybrid III 50th percentile male ATD. Scale factors, λ, for size and weight were
calculated from the ratio of the pediatric to adult characteristic dimension based on
anthropometry data compiled from measurements of children throughout the US
(Snyder et al. 1977; Weber and Lehman 1985; Schneider et al. 1986). The neck length
scale factor, λz, was determined from the ratio of pediatric to adult overall erect seated
height. The neck mass scale factor, λm, was determined from the ratio of pediatric to
adult total body mass. The neck depth and breadth scale factors, λx and λy, were
16

assumed to be equal and were calculated to maintain a mass density ratio, λρ, of one by
Equation 2.1.
𝜆𝜆𝜌𝜌 =

𝜆𝜆𝑚𝑚
=1
𝜆𝜆𝑥𝑥 𝜆𝜆𝑦𝑦 𝜆𝜆𝑧𝑧

Equation 2.1

The neck biomechanical impact response requirements for the child ATD were
developed by scaling the response corridors from the mid-sized adult male (Mertz and
Patrick 1971; Mertz et al. 1972). The bending moment was scaled based on the theory
that neck muscles provide the resistive moment to neck bending. Muscle resistive
moment was the product of the stress, area, and moment arm of the muscle. Assuming
that muscle tissue yields at the same stress level regardless of age and that the muscle
area and moment arm all lie in the transverse plane, the moment scale factor, λM, was
calculated from Equation 2.2.
𝜆𝜆𝑀𝑀 = 𝜆𝜆𝑥𝑥 3

Equation 2.2

The degree of angular head rotation was scaled based on the elongation of the neck
muscles during bending. Assuming the elongation of the muscle depends on the amount
of head rotation and the distance of the muscle attachment to the neutral axis of the
neck, the angle scale factor, λθ, was calculated from Equation 2.3.
𝜆𝜆𝜃𝜃 =

𝜆𝜆𝑧𝑧
𝜆𝜆𝑥𝑥

Equation 2.3

The principle reason for developing the size, weight, and biomechanical impact
response corridors for the pediatric ATD neck using erect seating height and overall
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mass was due to lack of direct pediatric neck anthropomorphic measurements and
biomechanical bending studies.
To analyze the results obtained from the Hybrid III family of ATD and their
implication on pediatric safety, injury assessment reference values were developed for
use with the pediatric ATD (Melvin 1995; Mertz et al. 1997; Eppinger et al. 1999; Mertz et
al. 2003). Critical tension and extension intercept values were developed based on
paired three-year-old ATD and piglet studies subjected to out-of-position airbag
deployments (Mertz et al. 1982; Prasad and Daniel 1984). Neck injuries sustained to the
piglets were correlated with loads recorded using the child dummies. Piglets were
chosen based on their anatomical and developmental similarities with humans. Forces
were scaled to other pediatric ages and to adults according to the cross-sectional area of
the neck and the failure stress of the ligaments according to Equation 2.4.
𝜆𝜆𝐹𝐹 = 𝜆𝜆𝑐𝑐 2 𝜆𝜆𝑡𝑡

Equation 2.4

Where λc is the neck circumference scale factor, representing the cross-sectional area
scale factor, and λt is the ligamentous failure stress scale factor from the failure strength
of the calcaneal tendon (Yamada 1970). Moments were scaled in a similar manner
according to the cross-sectional area of the neck and failure stress of the ligaments with
the addition of a moment arm length scale factor according to Equation 2.5.
𝜆𝜆𝑀𝑀𝑀𝑀 = 𝜆𝜆𝑐𝑐 3 𝜆𝜆𝑡𝑡
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Equation 2.5

Neck injury assessment reference values were scaled based on neck circumference and
failure strength of calcaneal tendon due to the lack of neck tolerance or muscle
anthropometry studies.

2.1.6 ATD Biofidelity
A complete understanding of child ATD head and neck biofidelity and injury
criteria is limited by the paucity of relevant pediatric research. Common approaches for
assessing adult human biomechanics can be adapted for the study pediatric
biomechanics, including: human volunteers, post-mortem human specimens (PMHS),
animal surrogates, and computer models. These approaches each have inherent
limitations and are further limited when applied to the pediatric population.
During human volunteer biomechanics testing, volunteers are instrumented with
sensors and subjected to impact forces. Volunteer testing is limited to loading scenarios
that will not cause injury and by the sensors that can be used. The use of pediatric
volunteers is additionally limited by the subjects’ ability to provide informed consent for
the experiments they will participate in. To date, only a single volunteer study has been
published in which pediatric volunteers were subjected to a loading scenario
comparable to motor vehicle crashes. This study was conducted on adults and a range
of pediatric aged volunteers subjected to 3g frontal impacts (Arbogast et al. 2009). The
primary limitation of applying the results from this study to ATD development is the
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difficulty in extrapolating the low severity loading results to higher, injury inducing
severities.
PMHS have been the chief surrogate for human biomechanical research. Not
only can PMHS be subjected to high impact forces experienced during motor vehicle
crashes but also autopsies and high resolution imaging studies can be conducted
following testing to determine the injuries sustained. PMHS are limited in that they lack
the contribution of active musculature and that they cannot show signs of minor injury
such as pain or loss of consciousness. The use of pediatric PMHS has been specifically
limited by the rare availability of pediatric cadavers. A handful of pediatric PMHS
studies have been conducted. Three studies have performed restrained frontal impact
tests comparing intact pediatric PMHS to ATDs (Kallieris et al. 1976; Wismans et al.
1979; Dejeammes et al. 1984). These studies found the ATD to be stiffer and experience
smaller head excursion than the PMHS but conclude that using their results to
determine ATD performance criteria and injury values would be speculative. Four
PMHS studies have specifically studied the biomechanical behavior of the pediatric
cervical spine to direct loading (Duncan 1874; McGowan et al. 1993; Ouyang 2005; Luck
et al. 2008). These studies reported cervical stiffness and failure loads and are extremely
valuable for understanding the pediatric neck. However, they lack the contribution of
active musculature needed for use in designing pediatric ATDs.
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Due to the limited availability of pediatric PMHS to study the biomechanics of
the pediatric cervical spine, several studies have been conducted using animal
surrogates. These studies have used ovine, caprine, porcine, and primate surrogates
based on dimensional, anatomical, and developmental similarities with humans.
Pediatric cervical spine injures due to airbags were conducted on porcine surrogates and
provide the basis for the current pediatric ATD critical injury assessment values
(Aldman et al. 1974; Mertz et al. 1982; Prasad and Daniel 1984). The osteoligamentous
cervical spine response to various types of direct loading has been studied using animal
surrogates (Pintar et al. 2000; Ching et al. 2001; Hilker and Yoganandan 2002; Nuckley et
al. 2005; Clarke et al. 2007; Nuckley et al. 2007). Two studies using primates investigated
the effectiveness of child restraints during frontal impact and compared the results with
ATD results (Backaitis et al. 1975; Schreck and Patrick 1975). Animal surrogate studies
provide valuable insights into the biomechanical response of the cervical spine but are
limited by interspecies differences between the animal surrogate and human pediatric
cervical spines.
In view of the limitations of human volunteer, PMHS, and animal surrogate
testing, computational modeling of the pediatric head and neck offers a potential
valuable method to provide biofidelity requirements and injury assessment reference
values for the child ATDs. Experimentally validated models developed using accurate
geometric and material properties can be used to simulate numerous loading conditions
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to investigate injury potential. While numerous models of the adult 50th percentile male
have been created (see subsequent Section 2.2), only a handful of pediatric models exist.
Five models were developed by scaling adult models or adult properties and then
validating them using scaled adult biofidelity corridors (de Lange et al. 2001; Liu and
Yang 2002; Mizuno et al. 2005; Dupuis et al. 2006; Meyer et al. 2009). Another study,
specifically examining the lower cervical spine (Kumaresan et al. 2000), indicated that
modeling the pediatric cervical spine while paying attention to anatomical
developmental changes had a larger effect on the response of the model compared to a
model developed purely on scaling. Therefore, further studies into pediatric geometric
and material properties are needed in order to create biofidelic pediatric computer
models.

2.2 Head and Neck Computational Modeling
Computational models can be used to investigate and better understand head
and neck kinematics and injury potential during traumatic loading scenarios such as
MVT. Computational models have advantages over other biomechanical testing
methods in that they can study innumerable loading scenarios, investigate injury onset,
examine structural component load sharing, and can be tailor designed and developed
to investigate specific biomechanical concerns. Accuracy of computational model results
is limited by the parameters—geometric and mechanical—upon which they are
founded. Because of this, validation is critical to assess model biofidelity. Validation is
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the correlation of model responses to experimentally obtained result corridors, either
PMHS or volunteer.
Numerous models of the head and neck have been described and published in
the literature with reviews of many of these models being presented elsewhere
(Yoganandan et al. 1987; de Jager 1993; Yoganandan et al. 1996a; Panjabi 1998;
Manoogian et al. 2005). These models can be categorized as either multibody or finite
element.
Multibody computer models of the head and neck are composed of rigid bodies
connected via joints, usually consisting of springs and dampers. One of the simplest
multibody models of the head and neck is the two-pivot model, which represents the
head and torso as rigid bodies connected through a joint that represents all cervical
components (Frisch and Cooper 1978; Bowman et al. 1984; Bosio and Bowman 1986;
Seemann et al. 1986; Wismans et al. 1986; Tien and Huston 1987; Wittek and Kajzer
1998). More complex multibody models represent the head, cervical vertebrae, and
torso as rigid bodies each connected with joints which represent the intervertebral discs,
cervical ligaments, and facet joints (Pontius and Liu 1976; Belytschko et al. 1978; Huston
et al. 1978; Williams and Belytschko 1983; Merrill et al. 1984; Deng and Goldsmith 1987;
de Jager et al. 1994; Camacho et al. 1999; Huang 1999; Linder 2000; Van Ee et al. 2000b;
Chancey et al. 2003; Brelin-Fornari et al. 2005; van Lopik and Acar 2007a). Multibody
models have several advantages over finite element models in that they are
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computationally efficient, easily scaled and modified, created by incorporating PMHS
motion segment results as joint properties, and more directly comparable to other
biomechanical models such as ATD.
Finite element computer models of the head and neck are composed of finite
element vertebrae and head connected through modeled intervertebral disks, cervical
ligaments, and facet joints (Kleinberger 1993; Dauvilliers et al. 1994; de Jager et al. 1996;
van der Horst et al. 1997; Yang et al. 1998; Halldin et al. 2000; Jost and Nurick 2000;
Wittek et al. 2001; Lee et al. 2004; Meyer et al. 2004a; Stemper et al. 2004; Tropiano et al.
2004; Brolin et al. 2005; Golinski and Gentle 2005; Panzer 2006; Teo et al. 2007;
Hedenstierna and Halldin 2008). Finite element models have an advantage over
multibody models in that they model the many components of the cervical spine and
individual soft tissue injuries can be investigated. However, while vertebrae and head
are modeled using finite elements that could be assigned mechanical properties,
essentially all finite element models assign them rigid body properties to decrease
computational time requirements.

2.2.1 Muscle Path and Wrapping
Computational models of the head and neck must include biofidelic cervical
musculature which constitutes a significant structural component of the neck. Modeling
cervical musculature requires accurate muscle attachments and pathways to estimate
realistic loads and loading lines of action. Current computational muscle models,
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however, are limited by the lack of quantitative muscle geometry. The majority of
models obtain their muscle geometry from anatomical text books which only give
qualitative descriptions of geometry.
Two refined sources of quantitative muscle data are detailed cadaveric cervical
dissections and magnetic resonance imaging (MRI). A recent cadaveric cervical
dissection study (Knaub and Myers 1998; Chancey et al. 2003) reported detailed
insertion, origin, volume, and length data from six 50th percentile adult male subjects
that has been used in several neck models (van der Horst 2002; Chancey et al. 2003;
Brelin-Fornari et al. 2005; Brolin et al. 2005). Models that rely on cadaveric derived
geometry generally use muscles that act directly from insertion to origin, not along the
curved muscle paths seen in human necks. Models that rely on MRI derived muscle
geometry are able to replicate curved muscle path (Vasavada et al. 2008) but are limited
by the difficulty in accurately determining muscle attachment locations from MRI. To
date, no study has been conducted to evaluate muscle modeling techniques using data
derived from both cadaveric dissections and magnetic resonance imaging (MRI).
One challenge of modeling the head and neck is modeling the interactions
between the musculature and osteoligamentous spine. Cervical muscles wrap around
each other and the cervical vertebrae during head extension and flexion bending.
Several computer models have avoided this problem by either excluding neck muscles
or lumping muscle stiffness into the osteoligamentous joints (Belytschko et al. 1978;
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Frisch and Cooper 1978; Huston et al. 1978; Bowman et al. 1984; Bosio and Bowman
1986; Seemann et al. 1986; Wismans et al. 1986; Tien and Huston 1987; Kleinberger 1993;
Dauvilliers et al. 1994; Huang 1999). These models are limited since excluding muscles
neglects an important cervical structural component while lumping the muscle
properties into the intervertebral joints ignores the effect of loading line of action on the
vertebrae and head.
Several head and neck models have modeled neck muscles as single-segment
one-dimensional elements (Merrill et al. 1984; de Jager et al. 1996; Van Ee et al. 2000b;
Chancey et al. 2003; Teo et al. 2007). These single segment muscles are only able to
interact at their connected endpoints. If a muscle spans several cervical vertebrae, the
muscle lacks the ability to interact with those spanned vertebra. If the head is loaded in
such a manner that results in large neck bending (extension or flexion) the muscle will
pass through the underlying osteoligamentous spine resulting in non-anatomical muscle
loading line of action. To solve this problem, methods to model muscle wrapping have
been incorporated into the models. The viable methods can be classified in one of two
categories: multi-segmented muscles and sliding contact interaction. Other methods of
muscle wrapping have been used—using shell, solid, or seatbelt element muscles—but
lacked the ability to accurately model active contractile muscle properties (Jost and
Nurick 2000; Meyer et al. 2004a; Golinski and Gentle 2005; Hedenstierna and Halldin
2008).
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The first method for modeling muscle wrapping is multi-segment muscles
(Pontius and Liu 1976; Deng and Goldsmith 1987; Luo and Goldsmith 1991; Wittek and
Kajzer 1998; Halldin et al. 2000; Wittek et al. 2001; Lee et al. 2004; Brolin et al. 2005;
Panzer 2006). This method divides the muscle into discrete segments. The
intersegmental nodes are then rigidly attached to adjacent vertebra. The rigid
attachment maintains a fixed distance between the osteoligamentous spine and the
muscular spine.
The second method for modeling muscle wrapping is through a sliding contact
interaction. Several researchers have used MADYMO (TNO, Delft, Netherlands) (van
der Horst et al. 1997; Linder 2000; van der Horst 2002; Stemper et al. 2004; Brelin-Fornari
et al. 2005), SIMM (MusculoGraphics, Inc, Santa Rosa, CA) (Vasavada et al. 1998;
Kruidhof and Pandy 2006), or other programs (Williams and Belytschko 1983; van Lopik
and Acar 2007a). Recently, LS-DYNA (LSTC, Livermore, CA) released a new contact
interaction called *CONTACT_GUIDED_CABLE that can be used as a sliding contact to
model muscular wrapping. This contact interaction guides one-dimensional muscle
elements through a series of nodes that are rigidly attached to adjacent vertebra. A
sliding friction and contact stiffness can be defined.
Head and neck computational models have used the aforementioned methods—
single segment, multi-segment, or sliding contact interaction—to model cervical muscles
and muscle path. However, no study has been reported that compares these methods
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and their effects on head kinematics, neck load, model stability and computational
runtime during bending and tension.

2.2.2 Gravitational Effects
Gravity causes the head to fall forward unless cervical muscles are activated to
stabilize it and maintain an upright neutral posture. Many head and neck models
reported in the literature do not include gravity in their simulations in place of
determining a stabilizing muscle activation scheme. They justify this decision on the
basis that the magnitude of gravity is small compared to the loading magnitude or the
gravity effects are negligible (van der Horst 2002; Brolin et al. 2005; Panzer 2006). Still
others fail to report if gravity was included in their simulations (Deng and Goldsmith
1987; Lee et al. 2004; Meyer et al. 2004a; Stemper et al. 2004; Golinski and Gentle 2005).
A select few studies reported determining gravitational stabilization muscle activation
schemes that were initiated before simulation loading (Deng and Fu 2002; Chancey et al.
2003; Brelin-Fornari et al. 2005). In particular, the study conducted by Chancey et al.
reported stabilizing relaxed and tensed muscle activation states, representing unaware
or aware subjects. Activation levels for each of the 22 cervical muscle pairs were
optimized to minimize muscle fatigue and maximize muscle force, respectively. To
date, no published study has statistically quantified the significance of modeling gravity
during frontal impact nor has there been a study to develop gravitational stabilization
states for pediatric models of the head and neck.
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2.2.3 Frontal Impact
Computer models of the head and neck have principally relied upon frontal
impact simulations as means of validation. Results of these simulations are compared
against frontal impact volunteer experiments performed at the Navy Biodynamics
Laboratory (NBDL) (Ewing and Thomas 1972; Wismans et al. 1986; Thunnissen et al.
1995). The experiments at the NBDL were conducted on US Army male volunteers
seated in an automotive driving posture and strapped to a rigid seat attached to a HYGE
accelerator sled (Kittanning, PA) as shown in Figure 2.7. Volunteers were young,
healthy males chosen based on seating height. Accelerometers and visual markers were
attached to the volunteers to quantify the head and first thoracic vertebra (T1) kinematic
flexion response. Displacements were reported based on a coordinates system located
on the anterior-superior midsagittal corner of the T1 vertebral body. Peak frontal sled
accelerations varied from 3g to 15g with the 15g test being the most severe and the most
widely used to validate computer models. The comparison of model results to
volunteer corridors is typically limited to qualitative analysis or simply finding the
percentage of the result that lay within the corridor. Only a handful of models have
conducted sensitivity analysis on the effects of model parameters on output results and
are limited typically to only muscle activation, reflex time, or muscle modeling
parameters (de Jager et al. 1994; Wittek et al. 2001; Deng and Fu 2002; Lee et al. 2004;
Brelin-Fornari et al. 2005; Brolin et al. 2005; Panzer 2006). To date, no study has
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quantitatively assessed the sensitivity of all model input parameters on their effect on
model behavior during frontal impact.

Figure 2.7: Frontal impact volunteer experiments performed at the NBDL on healthy
adult males have been used to validate head and neck computer model biofidelity.
Pictured is a pre-impact and resultant response (Ewing and Thomas 1972)
Until recently, no human volunteer data was available to validate computer
models of the pediatric head and neck. In 2009, the Children’s Hospital of Philadelphia
(CHOP) reported the first such study on a range of pediatric and adult volunteers in
low-speed frontal sled tests (Arbogast et al. 2009). The volunteers in these tests were
healthy males with 20 pediatric subjects between the ages of six and fourteen years and
10 adult subjects. Volunteers were seated in a low back padded seat and restrained with
an automotive three-point belt system all attached to a custom pneumatically actuated
and controlled sled. The magnitude of the applied acceleration pulse was referenced to
the accelerations experienced during an amusement park bumper car ride. Markers
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were attached to the volunteers to track head and spine displacements. Surface
electromyography (EMG) sensors were attached to the volunteers to monitor muscle
activity but the data has, to date, not been analyzed. While these tests were low severity
3g accelerations, they provide the first and only volunteer data to validate pediatric
computational models.
The Hybrid III ATD head and neck is calibrated before use in a frontal impact
loading scenario to assess biofidelity (FMVSS 2010c). The ATD head and neck are
attached to the end of a 1.84 m long, 29.6 kg pendulum that is dropped such that a
specified velocity achieved. The pendulum impacts a block of aluminum honeycomb
that results in a deceleration that is also specified. The resultant head rotation and
upper neck load cell moment are recorded and must conform to specification.
Computational models of the ATD head and neck have simulated the flexion pendulum
test to compare results and validate against the ATD (Doherty and Paver 1988; Yang and
Le 1992; Marzougui et al. 1997; Medri et al. 2004). Models of the pediatric head and neck
have also used the flexion pendulum test to validate against scaled flexion corridors (de
Lange et al. 2001; Mizuno et al. 2005; Dupuis et al. 2006). The flexion pendulum test
could be simulated using a validated pediatric head and neck model to create biofidelic
ATD specification corridors.
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2.2.4 Tensile Loading
Tensile loading of the neck can occur through head inertial loading or impact. Of
particular concern are airbag induced tensile loads. While beneficial, airbags can cause
injury or death, especially to out-of-position occupants (Blacksin 1993; Traynelis and
Gold 1993; Kleinberger and Summers 1997; Sato et al. 2002; Claytor et al. 2004). Testing
of the adult male PMHS osteoligamentous cervical spines has revealed the tensile
stiffness and strength (Yoganandan et al. 1996b; Van Ee 2000; Dibb et al. 2009).
However, computational models which incorporated the muscular contribution were
required to evaluate the overall adult tensile neck strength (Van Ee et al. 2000b; Chancey
et al. 2003). In a likewise manner, while pediatric osteoligamentous tensile stiffness and
strength have recently been tested (Luck et al. 2008), computational modeling of the
pediatric head and neck will be required to evaluate the overall pediatric neck tensile
stiffness and strength.
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3

Specific Aims and Hypotheses
The overall objective of the current study was to create biofidelic head and neck

computer models of a six year old, ten year old, and the 50th percentile adult male.
These models were used for two primary purposes. The first was to compare pediatric
to adult head and neck biomechanics. The second purpose was to create ATD response
corridors.
The adult model was based on a previously developed hybrid finite element,
multi-body model. Several improvements were implemented and included new
intervertebral joint modeling techniques and stiffnesses, new muscle properties, and
muscle wrapping during bending.
The pediatric six and ten year old models were created using the same basic
framework as the adult model while incorporating pediatric biomechanical properties.
Geometrical, inertial, and osteoligamentous stiffness properties were obtained from
PMHS and radiological studies.
The adult and pediatric models were validated against the available human
response corridors. Adult model validations were against PMHS osteoligamentous
tensile, compressive, and bending corridors in addition to low and high speed frontal
impact corridors. Pediatric model validations were against low speed frontal impact
corridors, currently the only available pediatric validation. Model biofidelity were
assessed through a quantitative comparison against the corridors.
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Next, the adult and pediatric models were used to simulate various modes of
head and neck loading, including: gravitation, low and high speed frontal impact, and
axial tension. The differences between the six year old, ten year old, and adult were
compared as well as the effect of modeling parameters and methods.
Finally, pediatric kinematic and kinetic corridors were created for higher loading
rates. These corridors will be useful for future ATD neck design and analysis.

The following hypotheses were tested during this study:


Segmented muscles that follow the curvature of the neck during bending will
decrease head kinematics during computational modeling of frontal impact
within the LS-DYNA platform as compared to single segment muscles.



Modeling muscles that follow the curvature of the neck using segmented
muscles with sliding contact interactions will not change the tolerance of the
neck during computational modeling of tensile loading while using multisegmented muscles with rigidly attached intersegmental nodes will decrease the
neck tolerance.



Under frontal impact loading, the model muscle properties will have the greatest
significant effect on head and neck dynamics as compared to head mass, neck
length, osteoligamentous bending stiffness, or osteoligamentous tension stiffness.



The sagittal bending stiffness of a computational model of the six year old
pediatric head and neck based on pediatric biomechanical studies and validated
by volunteer studies will lie within the Irwin and Mertz scaled neck flexion
corridor.
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The sagittal bending stiffness of a computational model of the six year old
pediatric head and neck based on pediatric biomechanical studies and validated
by volunteer studies will be less stiff than the Hybrid III six year old ATD neck.



The ratio of the pediatric to adult neck critical tension loads will be greater than
the failure strength scale factor determined from neck circumference and age
adjusted calcaneal tendon failure strength.
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4

Head and Neck Model Description
The adult 50th percentile male and pediatric six and ten year old computational

head and neck models developed and used in the current study were hybrid multibody
and finite element models. Previous models (Camacho 1998; Van Ee 2000; Chancey
2005) provided the foundation for the current models. The osteoligamentous cervical

spine was modeled with rigid body vertebrae connected by six degree of freedom
non-linear viscoelastic beam intervertebral joints. A viscoelastic finite element head
was implemented for head impact studies but was modeled as a rigid body when
impact did not occur. Cervical musculature was modeled using Hill-type discrete
beams. Modeling and analysis were performed using the general-purpose multiphysics
simulations software LS-DYNA (LSTC, Livermore, CA). The following chapter

details the head and neck model development.
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4.1 Adult
The adult head and neck model of described below represents the 50th percentile
adult male. The model consisted of 5604 nodes, 5023 shell elements, and 3371 beam
elements. Many improvements were made to the model from prior versions. Head and
vertebrae inertial properties were updated and muscle inertial properties were added.
All intervertebral joint stiffnesses were updated and non-sagittal degrees of freedom—
lateral lateral shear, lateral bending and axial bending—were added. The upper cervical
spine (O-C2) was modeled as a single joint. Muscle stiffnesses were updated and
include both strain and strain rate dependence for both passive and active portions.
Finally, muscle wrapping was implemented to account for the interactions between
individual muscles and vertebrae during bending.

4.1.1 Head and Vertebrae
The finite element head model was developed from material and inertial
properties reported in the literature. Head inertial properties of mass and moments of
inertia (MOI) are presented in Table 4.1 (McConville et al. 1980; Prasad et al. 1988).
Contours of the skull outer surface were developed from Visible Human computed
tomography (CT) images (Spitzer et al. 1996; Camacho 1998). The skull was assigned a
uniform thickness of 3.3 mm (McElhaney et al. 1976). The skull material was modeled as
viscoelastic (McElhaney et al. 1970; Chancey 2005) using a Prony series fit for the shear
moduli (Equation 4.1) and bulk moduli (Equation 4.2).
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𝑁𝑁

𝑔𝑔(𝑡𝑡) = � 𝐺𝐺𝑚𝑚 𝑒𝑒 −𝛽𝛽𝑚𝑚 𝑡𝑡 = 2.29 × 109 + 4.42 × 109 𝑒𝑒 −1591.1𝑡𝑡
𝑚𝑚 =1
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𝑘𝑘(𝑡𝑡) = � 𝐾𝐾𝑚𝑚 𝑒𝑒 −𝛽𝛽𝑚𝑚 𝑡𝑡 = 3.3 × 109 + 3.16 × 1011 𝑒𝑒 −8000𝑡𝑡 + 5 × 109 𝑒𝑒 −100𝑡𝑡

Equation 4.1
Equation 4.2

𝑚𝑚 =1

The head center of gravity (CG), occipital condyle (OC) joint, and nasion were located
relative to the external auditory meatus (EAM) and are shown in Figure 4.1. The head
CG was located 0.867 cm anterior and 3.157 cm superior to the EAM (Beier et al. 1980).
The OC joint was located 1.70 cm posterior and 3.31 cm inferior to the EAM (Chancey et
al. 2007). The nasion was located 7.97 cm anterior and 3.88 cm superior to the EAM
(Chancey et al. 2007). The cranial contents (1.59 kg of the 4.553 kg head mass) were
lumped as a point mass connected to the head CG by a parallel 87.4 kN/m spring and
745.7 Ns/m dashpot (Alem 1974).

Table 4.1: Head and vertebral inertial properties of the 50th percentile male. The
origin of the model global coordinate system was centered at the C7 center of gravity
and all other coordinates are reported relative to it.
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Figure 4.1: Schematic of the adult model with the locations of the head and vertebrae
centers of gravity (CG), intervertebral joint centers of rotation (COR), and external
auditory meatus (EAM).
The vertebrae were modeled as rigid bodies. The lower cervical vertebrae (C3 to
C7) and T1 were modeled as separate rigid bodies, while the upper cervical vertebrae
(C1 and C2) were modeled as a single body since the upper cervical spine functionally
acts as a single joint (Nightingale et al. 1998; Nightingale et al. 2002). Vertebral inertial
properties were developed from Visible Human CT images (Spitzer et al. 1996). Each
vertebra was rendered using Avizo (VSG, Burlington, MA) and LS-PrePost (LSTC,
Livermore, CA) with shell and solid elements representing the cortical and trabecular
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bone, respectively. Bone was assigned a density of 2.0 g/cm3 (Keaveny et al. 2003).
Cortical bone was assigned a thickness of 0.591 mm (Panjabi et al. 2001a) and a porosity
of 13.8% (Carter et al. 1981). Trabecular bone was assigned a porosity of 87.2% (Galante
et al. 1970). Resultant vertebrae mass and moment of inertia are presented in Table 4.1
and Figure 4.1 along with CG locations reported by Camacho (1998).

4.1.2 Intervertebral Joints
The head and vertebrae of the model were connected through intervertebral
joints which represent intervertebral discs, ligaments, and facets. Joints were modeled
using six degree of freedom non-linear viscoelastic beams. The six joints of the lower
cervical spine, between the C2 to T1 vertebrae, connect the superior vertebra to the next
inferior vertebra at the spinal segment’s center of rotation (COR). The upper cervical
spine consists of one joint connecting the Occiput (O) of the skull to a lumped C1-C2
vertebra at the O-C2 COR. Spinal segment COR were derived from literature (Dvorak et
al. 1991; Van Mameren et al. 1992; Chancey et al. 2007) and are presented in Table 4.2
and Figure 4.1.
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Table 4.2: Intervertebral joint centers of rotation coordinates of the adult 50th
percentile male relative to the global coordinate system centered at the C7 CG.

The intervertebral joints were defined using six parallel springs and dampers
acting about each of the six local joint degrees of freedom. Spring nonlinear loaddisplacements were derived from PMHS testing and were modeled using an exponential
function (Equation 4.3) and linearly extrapolated beyond the defined region.
𝐿𝐿𝑖𝑖 = 𝐴𝐴�𝑒𝑒 𝐵𝐵𝐵𝐵 𝑖𝑖 − 1�

𝑖𝑖 = 𝑥𝑥, 𝑦𝑦, 𝑜𝑜𝑜𝑜 𝑧𝑧

Equation 4.3

In this form, Li is the force or moment, di is the displacement, and A and B are model
constants (Simon et al. 1984; Fung 1993). Model constants were derived for the upper
cervical spine (O-C2) and a motion segment of the lower cervical spine (C5-C6) which
was scaled to the other lower cervical motion segments relative to disc cross-sectional
area (Deng and Goldsmith 1987; de Jager et al. 1994; Camacho 1998). Anterior and
posterior shear, Fx, were derived from Shea et al. 1991. Lateral shear, Fy, was derived
from Liu et al. 1982. Compression and tension, Fz, were derived from Shea et al. 1991
and Dibb et al. 2009, respectively. Lateral bending, Mx, was derived from Yoganandan
et al. 2007. Flexion and extension, My, were derived from Nightingale et al. 2007. Axial
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rotation, Mz, was derived from the following sources: Goel et al. 1988; Panjabi et al. 1988;
Chang et al. 1992; Panjabi et al. 2001b; Yoganandan et al. 2008. The nonlinear spring
force-displacement curves are plotted in Appendix A.
Intervertebral joint viscoelasticity was modeled by applying a separate forcedisplacement unloading curve and a parallel dashpot. The unloading curve was also
modeled using the exponential function (Equation 4.3) and defined to result in 17% and
37% strain energy loss for the upper and lower cervical spinal segments, respectively
(Dibb et al. 2009). Dashpot damping was defined to critically damp spinal segment free
vibration.

4.1.3 Cervical Muscles
Cervical musculature, comprised of numerous skeletal muscles, control
movement and provide stability. During injury, muscles also protect the
osteoligamentous spine by providing an additional loading path in tension and bending
modes of loading. The head and neck model includes 22 cervical muscles (Appendix A,
Tables A.1-4). Unlike many other skeletal muscles, neck muscles often have broad
and/or multiple connection points. To account for these attachments, most muscles were
represented using more than one muscle strand resulting in 81 muscle strands within
the model. The insertion, origin, and length of each muscle strand were measured from
dissections of six human PMHS (Knaub and Myers 1998). Muscle attachment locations
during dissections were located with respect to a local coordinate system at each cervical
vertebra body (Chancey et al. 2003). The force generated by each muscle was calculated
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from the product of the muscle physiological cross sectional area (PCSA) and stress (σ)
in Equation 4.4.
𝐹𝐹 = 𝑃𝑃𝑃𝑃𝑃𝑃𝑃𝑃 × 𝜎𝜎

Equation 4.4

The PCSA of each muscle was measured from MRI scans of six 50th percentile male
subjects (Knaub and Myers 1998) and calculated by multiplying the muscle volume (V)
by the cosine of the pennation angle (θ), which is the angle formed by the individual
muscle fibers with the line of action of the muscle, and dividing by the muscle length (L)
in Equation 4.5.
𝑃𝑃𝑃𝑃𝑃𝑃𝑃𝑃 =

𝑉𝑉 × 𝑐𝑐𝑐𝑐𝑐𝑐 𝜃𝜃
𝐿𝐿

Equation 4.5

Neck muscles were found to be fusiform with pennation angles less than three degrees,
thus the pennation angle were not included in the calculation of PCSA. Muscles were
assigned the reported mammalian muscle density of 1.06 g/cm3 (Lieber 2002).
Skeletal muscles are unique compared to other biological tissues in that their
material properties depend on their level of neural activation. The classic method to
model muscle is to use a Hill-type lumped parameter model (Hill 1938). This model
consists of a contractile element, which varies with activation level, in parallel with a
passive element. The total muscle stress is the sum of the passive and active stress
(Equation 4.6) and demonstrated in Figure 4.2.

𝜎𝜎 = 𝜎𝜎𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 + 𝜎𝜎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎
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Equation 4.6

Figure 4.2: Muscle stress is the summation of both the passive and active muscle stress
with the latter being dependent on neural activation.
4.1.3.1

Passive element
The passive element of a Hill-type muscle model represents the muscle with no

electrical stimulation. In the past, muscle models were primarily developed by
researchers studying joint movement coordination—such as gait-analysis—and were
principally interested in muscle shortening properties. Since passive muscle properties
were not relevant for muscle shortening, these studied did not include passive muscle
stating that passive properties could “effectively be ignored” or “lumped with joint
properties” (Winters 1990). The lack of studies investigating the passive muscle
properties has caused many head and neck models to use the reported stress-strain
properties of a PMHS Sternocleidomastoid (Yamada 1970). In traumatic injury, muscle
lengthening is the primary mechanism and has been shown that postmortem muscle is
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significantly less stiff than passive live muscle (Van Ee et al. 2000a). More recently, a
limited number of studies have been conducted on muscle passive properties (Myers et
al. 1995; Hawkins and Bey 1997; Davis et al. 2003). One study found that passive muscle
stiffness was strain rate dependent (Myers et al. 1995). For the current study, the passive
properties of muscle were modeled using a nonlinear viscoelastic beam to duplicate the
strain rate dependent passive stiffness (Figure 4.3).

Figure 4.3: Muscle passive element stress-strain behavior included strain rate
dependence and is plotted against results from Myers et al. 1995.
4.1.3.2

Active element
The active contractile element of a Hill-type muscle model simulates the

mechanical behavior of muscle due to electrical stimulation. The stiffness of the
contractile element is dependent on the percent neural activation with time, maximum
isometric stress, strain, and strain rate (Equation 4.7).
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𝜎𝜎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 = 𝐴𝐴(𝑡𝑡) × 𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 × 𝑓𝑓𝑙𝑙 (𝜀𝜀) × 𝑓𝑓𝑣𝑣 (𝜀𝜀̇)

Equation 4.7

The percent neural activation, A, varies from zero with no neural activation to one with
100% neural activation. The maximum isometric stress, σmax, ranges in value in the
human model literature from 0.2 to 1.0 MPa. The current head and neck model uses the
recommended maximum isometric stress of 0.50 MPa (Winters and Stark 1988).
The general shape of the normalized deformation function, fl(ε), is shown in
Figure 4.4 and is defined by Equation 4.8.
𝑓𝑓𝑙𝑙 (𝜖𝜖) = 𝑒𝑒

𝜀𝜀 −𝜀𝜀 2
−� 0 �
𝑆𝑆𝑘𝑘

Equation 4.8

Where Sk is a shape factor of 0.4 and ε 0 is the peak force strain of 5% (Winters 1995).

Figure 4.4: Muscle active element normalized stress-strain behavior.
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The general shape of the normalized velocity of deformation function, 𝑓𝑓𝑣𝑣 (𝜀𝜀̇), is

shown in Figure 4.5 and is defined by Equation 4.9.
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⎪� 1 + 𝜀𝜀̇𝑛𝑛 �
𝑓𝑓𝑣𝑣 (𝜀𝜀̇𝑛𝑛 ) = 1 − 𝜀𝜀̇𝑛𝑛 ⁄𝑓𝑓𝑓𝑓𝑠𝑠ℎ
⎨ 1 + 𝜀𝜀̇ × 𝑓𝑓𝑓𝑓 ⁄𝑓𝑓𝑓𝑓
𝑛𝑛
𝑚𝑚𝑚𝑚
𝑠𝑠ℎ𝑙𝑙
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−
𝜀𝜀̇
𝑓𝑓𝑓𝑓
𝑙𝑙
⎩
𝑛𝑛
𝑠𝑠ℎ

𝑣𝑣𝑛𝑛 ≤ −1

−1 ≤ 𝑣𝑣𝑛𝑛 ≤ 0

Equation 4.9

𝑣𝑣𝑛𝑛 > 0

Where fvml, fvsh, and fvshl are shape factors and 𝜀𝜀̇𝑛𝑛 is the normalized strain rate. The

maximum relative force factor, fvml, was 1.5 (Zajac 1989). The force-velocity shortening

shape factor, fvsh, was 0.3 (Winters 1995). The force-velocity lengthening shape factor,
fvshl, was derived to maintain a constant slope through zero velocity. The strain rate was
normalized by the muscle maximum shortening strain rate, 𝜀𝜀̇max, of 5 s-1 (Winters 1990;

Winters 1995).

Figure 4.5: Muscle active element normalized stress-normalized strain rate behavior.
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The percent neural activation time history, A(t), was modeled by two dynamic
systems (Winters and Stark 1985; Winters and Stark 1988). The first system was
neuromuscular excitation, N, which is the dynamics of the neurocontroller input signal
and the motorneuronal system. The second dynamic system was activation state, A,
which is the dynamics of the troponin binding with calcium which initiates the
contractile machinery. Both dynamics systems were described by first-order dynamics
equations (Equations 4.10 and 4.11, respectively).
𝜏𝜏𝑛𝑛
𝜏𝜏𝑎𝑎

𝜕𝜕𝜕𝜕
+ 𝑁𝑁 = 𝑈𝑈
𝜕𝜕𝜕𝜕
𝜕𝜕𝜕𝜕
+ 𝐴𝐴 = 𝑁𝑁
𝜕𝜕𝜕𝜕

Equation 4.10
Equation 4.11

Where U is the neural step input and τn and τa are time constants. The neural excitation
time constant, τn, in the current model was 30ms (Winters and Stark 1988). The
activation state time constant, τa, was 15ms for activation and 40ms for deactivation
(Winters 1995). Figure 4.6 demonstrates the two dynamic systems with a neural step
input.
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Figure 4.6: Muscle activation dynamics was governed by two first-order systems.
4.1.3.3

Muscle Wrapping
Three muscle models were created to model muscle wrapping and study the

effect of wrapping on head kinematics and neck loads. All three muscle models
modeled the same 22 cervical muscles, mechanical characteristics, and origin and
insertion locations. The three muscle models were single-segment, multi-segment, and
sliding contact.
The first muscle model used single-segment muscles. Each muscle was modeled
as a single-segment one-dimensional element which was not able to simulate muscle
wrapping. The only interactions between the muscle and the osteoligamentous spine
were at the origin and insertion.
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The second muscle model used multi-segment muscles where each muscle was
divided into segments. The number of one-dimensional element segments used for a
single muscle depended on the number of vertebrae the muscle spanned. For every
vertebra spanned, the muscle was segmented and the intersegmental node rigidly
attached to the spanned vertebra. The intersegmental nodes of a muscle lay on the
insertion to origin vector and located vertically at the same height as the spanned
vertebral CGs.
The third muscle model used a sliding contact interaction between the muscles
and the vertebrae. The contact interaction was implemented in LS-DYNA using the
*CONTACT_GUIDED_CABLE definition. Each muscle was divided into twelve
segments of equal length. A series of guiding nodes, the number dependent on the
number of vertebrae spanned, were rigidly attached to each spanned vertebra. The
guiding nodes for each muscle were located along the insertion to origin vector at the
same height as the spanned vertebral CGs. The contact guided cable interaction required
that the segmented muscle be guided through the series of guiding nodes. The default
contact interaction was specified with a frictionless contact interaction.
Cervical muscles wrapping in the actual human neck is likely a combination of
single segment and sliding contact interactions. However, as will be shown in the
results, the sliding contact muscles resulted in the most biofidelic model response.
Therefore, unless explicitly stated otherwise in the methods sections of the subsequent
chapters, the models were implemented with sliding contact muscles.
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4.1.4 Validation
The osteoligamentous portion of the adult model was validated in pure bending,
tension-bending, and compression impact. In bending, the model was validated against
whole spine flexion-extension bending PMHS moment-angle corridors (Wheeldon et al.
2006). In tension-bending, the model was validated against whole cervical spine end
condition and loading line of action tension PMHS corridors of axial displacement and
head rotation and translation (Dibb et al. 2009). In compression, the model was
validated against vertex and near-vertex impact PMHS corridors of resultant neck load,
head load, and head acceleration (Nightingale et al. 1997). Validation results are
presented in Appendix B.
The adult head and neck model was compared against volunteer frontal flexion
response corridors at two impact accelerations. The first acceleration was 3g frontal
impact tests conducted at CHOP (Arbogast et al. 2009) and results are presented in
Chapter 7. The second acceleration was 15g frontal impacts tests conducted at NBDL
(Ewing et al. 1969; Thunnissen et al. 1995) and results are presented in Chapter 8. These
simulations do not constitute a true validation since muscle activations were not
reported and have to be investigated with the model.
Model validation was both quantified and qualified. Correlation analysis was
uses to quantify validation and is explained in Appendix H. The resulting score
between zero and one was qualified using the ISO-TR9790 biofidelity rating scale, also
explained in Appendix H.
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4.1.5 Sensitivity Analysis
Head and neck model results depend on each input parameter. The significance
of each model parameter of the current study was analyzed through sensitivity analysis.
Each parameter was varied plus and minus one standard deviation as reported in the
literature. Scale factors were used to vary each parameter and are presented in Table
4.3. Head CG location was varied relative to the OC joint. Intervertebral joint stiffness
for the UCS and LCS were varied jointly. The 22 muscle insertions, origins, and PCSAs
were varied by their respective standard deviations. Muscle attachment locations were
varied jointly in each of the three degrees of freedom, with the same percentage of their
standard deviation in the same direction. Latin hypercube sampling was used to select
the value of the variables and 50 simulations were run per variable (Iman et al. 1981a;
Iman et al. 1981b). With 31 model variables, a total of 1550 simulations were run with
additional simulations when boundary conditions were included.
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Table 4.3: Adult head and neck model sensitivity analysis parameter scale factors.
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4.2 Pediatric
The pediatric head and neck models of the current study represent an average six
and ten year old and were created upon the same framework as the adult model.
Pediatric clinical radiology imaging studies were conducted to find vertebral inertial,
vertebral anthropometry, and cervical musculature cross sectional area properties and
were combined with available pediatric PMHS properties to create the models. The
following sections provide descriptions of the head, vertebrae, intervertebral joints, and
muscles of the computational models.

4.2.1 Head
The pediatric head model was developed using pediatric geometric and inertial
properties reported by Loyd et al. (2010) . Loyd et al. scaled pediatric head mass from
the adult using characteristic lengths (CL) and Equation 4.12 (Mertz et al. 1989).
3
𝐶𝐶𝐶𝐶
𝑀𝑀(𝐶𝐶𝐶𝐶) = 4.553𝑘𝑘𝑘𝑘 �
�
92.3𝑐𝑐𝑐𝑐

Equation 4.12

Characteristic length was defined as the summation of head length, breadth, and
circumference. Loyd et al. calculated pediatric head moment of inertia and CG locations
from a sample of 14 PMHS ranging in age from 31 weeks gestation to 16 years and
regressed the results against characteristic length shown in Figure 4.7. The average six
and ten year old have characteristic lengths of 83.7±1.9 cm and 85.6±1.8 cm, respectively
(Snyder et al. 1977; Loyd et al. 2010). Average head mass, moment of inertia, CG
location, and head size of the six and ten year old from Loyd et al. are reported in Table
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4.4. Cervical muscle attachment locations on the skull as well as other cranial
landmarks, including nasion and EAM, were scaled using the head size scale factors.
Head mass uncertainties were calculated based on the characteristic length standard
deviation and Equation 4.12. Head moment of inertia and head size uncertainties were
calculated from 95th percentile confidence intervals from PMHS data regressions.

Figure 4.7: Pediatric head inertial properties were derived from result of PMHS
studies (adapted from Loyd et al. 2010). Plotted are the head moment of inertia and
head size scale factors. The six and ten year old values used in the models are
indicated.
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Table 4.4: Pediatric head inertial properties. The head CG location are reported
relative to the OC joint.

4.2.2 Vertebrae
4.2.2.1

Inertial Properties
Pediatric vertebral inertial properties were derived from PMHS CT images.

Cervical CT scans of 14 pediatric PMHS ranging in age from 24 days to 17 years were
rendered using Aviso and LS-PrePost. The C5 vertebra of each subject was sampled and
assigned bone densities that were then used to calculate mass and moment of inertia
according to the method described in Section 4.1.1. Regressions of the results against
age resulted in fits (Equations 4.13 to 4.16) with R2 of 0.919, 0.918, 0.928, and 0.927 and
are presented in Figure 4.8.
𝑀𝑀𝑀𝑀𝑀𝑀𝑀𝑀(𝑔𝑔) = 3.52 × 𝑎𝑎𝑎𝑎𝑎𝑎(𝑦𝑦𝑦𝑦𝑦𝑦)0.552

Equation 4.13

𝐼𝐼𝑦𝑦𝑦𝑦 (𝑔𝑔 ∙ 𝑐𝑐𝑐𝑐2 ) = 104.4 × 𝑎𝑎𝑎𝑎𝑎𝑎(𝑦𝑦𝑦𝑦𝑦𝑦) + 58.7

Equation 4.15

𝐼𝐼𝑥𝑥𝑥𝑥 (𝑔𝑔 ∙ 𝑐𝑐𝑐𝑐2 ) = 216.8 × 𝑎𝑎𝑎𝑎𝑎𝑎(𝑦𝑦𝑦𝑦𝑦𝑦) + 127.8

Equation 4.14

𝐼𝐼𝑧𝑧𝑧𝑧 (𝑔𝑔 ∙ 𝑐𝑐𝑐𝑐2 ) = 275.2 × 𝑎𝑎𝑎𝑎𝑎𝑎(𝑦𝑦𝑦𝑦𝑦𝑦) + 212.9

Equation 4.16

Vertebral mass and moment of inertia scale factors were determined from the C5
vertebra to scale the mass and moment of inertia for all other cervical vertebrae. The
inertial properties for the six and ten year old that were used in the pediatric head and
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neck models are reported in Table 4.5. Inertial property uncertainties were calculated
from 95th percentile confidence intervals from PMHS data regressions.

Figure 4.8: Pediatric vertebral inertial properties were derived from pediatric PMHS
CT scans. Results were regressed against age with an average R2 of 0.923. The six and
ten year old values used in the models are indicated.
Table 4.5: Pediatric vertebral inertial properties were derived from CT scans of
PMHS C5 vertebrae. Using scale factors calculated from C5, mass and moment of
inertia for the other vertebrae were scaled from adult values.
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4.2.2.2

Anthropometry
The anthropometry of adult cervical vertebrae has been well studied and

documented (Francis 1955; Nissan and Gilad 1984; Gilad and Nissan 1986; Panjabi et al.
1991; Doherty and Heggeness 1994; Doherty and Heggeness 1995). Pediatric cervical
anthropometry, on the other, has only been investigated in a handful of studies (Taylor
1975; Yousefzadeh et al. 1982; Kasai et al. 1996; Wang et al. 2001; Vara and Thompson
2006). These studies only measured select dimension from plain lateral radiographs or
focused solely on pedicle dimensions for use in pedicle screw fixation. No study to date
has been conducted to quantify pediatric anthropometry necessary for computational
modeling. Therefore, pediatric CT scans were used to measure cervical vertebra
anthropometry.
Pediatric clinical cervical spine CT scans were obtained from the radiology
archives of Duke University Hospitals (Durham, NC). Scans were obtained according to
Duke University Health System Institutional Review Board approval with all patient
identifying information being removed including height and weight. Scans were
selected and verified to be free of abnormality or injury based on the clinical radiology
reports. At least twelve subjects, six of each sex, were selected of both six and ten years
of age.
The CT scans were rendered into isosurfaces using Avizo and measurements
were taken using LS-PrePost. Overall vertebral transverse process width and
anteroposterior length were measured as well as vertebral body depth and height in
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three locations each as shown in Figure 4.9. Statistical analyses were conducted using
significance levels of 0.05. Friedman tests, a nonparametric two-factor ANOVA, with
Bonferroni adjustment multiple comparison tests were used to examine measurements
by vertebral level while matching data to specimen. ANOVA were used to study the
effect of age and sex.

Figure 4.9: Diagram of the vertebral anthropometry measurements taken of pediatric
vertebrae, including: Anteroposterior Length (APL), Transverse Process Width (TPW),
Vertebral Body Height (VBH), and Vertebral Body Depth (VBD). Three VBD
measurements were taken along the vertebral body height: superior (S), mid-vertebral
(M) and inferior (I). Three VBH measurements were taken along the vertebral body
length: anterior (A), mid-vertebral (M) and posterior (P).
Pediatric geometric scale factors were developed to scale cervical geometry,
including: vertebral CG, intervertebral joint COR, and muscle insertion and origin
locations. The scale factors were the ratio of pediatric measurements to adult values
reported in literature (Table 4.6). The x-direction scale factor was calculated from the
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anteroposterior length, the y-direction from the transverse process width, and zdirection from the C2 dense height and posterior vertebral body height of C3 to C7.
Geometric scale factor uncertainties were calculated from the standard deviations of the
measurements.
Table 4.6: Adult cervical vertebra anthropometry measurements (mm).

Anthropometry measurements were taken from 29 cervical CT scans of six and
ten year olds. Six year old subjects ranged in age from 5.5 to 6.9 (average of 6.3 ± 0.4)
years with nine males and six females. Ten year old subjects ranged in age from 9.1 to
10.8 (average of 9.9 ± 0.5) years with six males and eight females. CT scan slice
thicknesses ranged from 0.625 to 2.5 mm with pixel resolution ranging from 0.19 to 0.39
mm.
There was a significant difference (p < 0.01) in vertebrae size by age. All
measured dimensions of the ten year old vertebra were larger than the six year old. The
vertebral measurements are presented in
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Table 4.7 and Table 4.8 (mean ± standard deviation). There were significant
differences (p < 0.001) in transverse process width and anteroposterior length by
vertebra level. The transverse process width of the C1 vertebra was the largest, followed
by C7, followed by all other vertebra. Anteroposterior length decreased from C1 to C3
and then increased from C4 to C7. The vertebral body height and depth all increased in
size, while not significantly, from C3 to C7. Sex was found to be a significant factor (p <
0.03) for transverse process width, anteroposterior length, and mid-vertebral and
inferior vertebral depth.
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Table 4.7: Pediatric six year old cervical anthropometry measurements (mm).

Table 4.8: Pediatric 10 year old cervical anthropometry measurements (mm).
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The six and ten year old vertebrae were on average 75% and 84% of the size of
adult vertebrae, respectively. Geometric scale factors are presented in Table 4.9. The
ratio of pediatric to adult anteroposterior length of C1 was significantly larger than of C2
to C7 (Figure 4.10) and C2 and C7 were significantly smaller than C3 to C6. The ratio of
pediatric to adult vertebral body height of C2 was smaller than the other vertebra with a
significant difference between C2 and C5 through C7. The ratio of pediatric to adult
transverse process widths was larger for C1 to C4 than C6 and C7.
Table 4.9: Pediatric cervical vertebra geometric scale factors.

Figure 4.10: Ratio of pediatric to adult anteroposterior vertebral length. The pediatric
C1 was significantly larger (p < 0.001) relative to the adult than the other cervical
vertebrae.
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The present study was limited by the lack of subject weights and heights. It was
unknown if the physique of the subjects studied were representative of the average six
and ten year old. A second limitation was that the present study used clinical CT scans.
Clinical CT scans aim to minimize radiation exposure; however, low exposure settings
are not necessarily ideal for fine anatomical measurements. Also, clinical cervical CT
scans are frequently only a portion of a more comprehensive scan series, such as thoracic
or head scans. CT settings used during these comprehensive series are better suited for
the other body regions, such as penetrating the chest cavity, than the cervical spine.
Finally, the current study was also limited by the small sample size of subjects and that
only six and ten year olds were studied. Additional subjects and ages need to be studied
to fully quantify the growth of cervical vertebrae. The significant differences in vertebral
dimensions by sex for the ten year old are likely a result of the study limitations rather
than difference in sex. Height and weight differences between males and females does
not become significant until age 14 to 15 years (Kuczmarski et al. 2002).
The trends in pediatric vertebral width, height, and length by vertebra level were
the same as those reported for adult vertebra (Francis 1955; Gilad and Nissan 1986;
Panjabi et al. 1991). Pediatric C1, like adult, have the largest transverse process width
followed by C7 with C2-C6 having similar, smaller widths. Also, anteroposterior length
decreases from C1 to C3 and then increases from C4 to C7. Finally, vertebral body
height and depth trend larger from C3 to C7.
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Pediatric dimensions reported in the current study compare well with the limited
measurements from a prior study of plain lateral radiographs conducted by Wang et al.
(2001). Two such measurements are C2 vertebral height and depth. The C2 vertebral
heights for the six and ten year old reported by Wang et al. were 26.8 and 32.2 mm
compared to 27.4 ± 2.4 and 30.0 ± 2.7 mm reported in the current study. Also, the C2
vertebral depth for the six and ten year old reported by Wang et al. were 11.9 and 13.6
mm compared to 11.4 ± 1.1 and 13.0 ± 1.1 mm reported in the current study.
The pediatric C1 vertebra in this study was relatively larger than the other
cervical vertebra in the anteroposterior direction compared to the adult. One possible
explanation for this would be that the growth of the C1 vertebra more closely
corresponds to the growth of the head rather than the other vertebrae. The
anteroposterior length ratio of C1 was closer to the ratio of the head than the other
vertebrae (Table 4.10). The pediatric head and brain are larger in size relative to the rest
of the body and reach their full mature size earlier (Burdi et al. 1969). Since C1
articulates with the skull, it would follow that C1 varies with skull size.
Table 4.10: Pediatric to Adult anteroposterior length ratios.

In conclusion, the present clinical CT study of the pediatric six and ten year old
cervical vertebrae anthropometry provides the geometric source for the computer model
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of the pediatric neck. I would like to acknowledge Allen Yu for his contribution to this
pediatric vertebral anthropometry study.

4.2.3 Intervertebral Joints
The head and vertebrae of the pediatric computational model were connected
through intervertebral joints with stiffnesses derived from pediatric PMHS
osteoligamentous cervical spine mechanical tensile tests (Luck et al. 2008; Luck et al.
2010). Luck et al. tested 12 pediatric, ages 0.5 to 18 years, and 11 neonatal PMHS. The
osteoligamentous cervical spines were sectioned into three functional spinal segments:
O-C2, C4-C5, and C6-C7. Spinal segments were cast with fixed-fixed end conditions,
mounted in a hydraulic testing system, and loaded in tension until failure. Tensile
stiffnesses were calculated from the linear regression of the force-displacement history
from 50% to 100% of the ultimate failure load. A regression analysis with age was
conducted on the stiffness using a power law fit (Figure 4.11). The lower cervical motion
segments, C4-C5 and C6-C7, were not found to be significantly different and were
grouped together for the regression. Tensile stiffnesses for the six and ten year old were
calculated from the regressions and are presented in Table 4.11. The ratio of pediatric to
adult tensile stiffnesses were calculated (Table 4.11) and used as joint stiffness scale
factors to scale the non-linear adult intervertebral joint stiffness in all six degrees of
freedom. Joint stiffness uncertainties were calculated from the 95th percentile regression
confidence intervals.
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Figure 4.11: Intervertebral tensile joint stiffnesses calculated from pediatric PMHS
tests of the upper and lower cervical spine (adapted from Luck et al. 2010).
Table 4.11: Pediatric intervertebral joint stiffness values and scale factors.

Tension failure loads used in the pediatric computer model to assess
osteoligamentous failure were calculated from pediatric PMHS ultimate failure loads
(Luck et al. 2008; Luck et al. 2010). Spinal segment failure loads were linearly regressed
by age (Figure 4.12) with the lower cervical spine segments grouped together. Failure
loads for the six and ten year old were calculated from the regressions and are presented
in Table 4.12. Failure load uncertainties were calculated from the 95th percentile
regression confidence intervals.
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Figure 4.12: Ultimate tensile failure load from pediatric PMHS tests of the upper and
lower cervical spine (adapted from Luck et al. 2010).
Table 4.12: Pediatric ultimate failure loads.
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4.2.4 Cervical Muscles
Pediatric cervical muscles are an important structural component of the pediatric
neck. Adult neck muscle sizes have been quantified using cadaveric dissections and
MRI (Knaub and Myers 1998; Vasavada et al. 2008; Stemper et al. 2010). However, no
study has quantified pediatric neck muscle size nor compared them to adults.
Therefore, pediatric and adult MRI were used to measure and compare muscle CSA.
Pediatric clinical cervical spine MRI scans were obtained from the radiology
archives of Duke University Hospitals. Scans were obtained according to Duke
University Health System Institutional Review Board approval with all patient
identifying information being removed. Scans were selected and verified to be free of
abnormality or injury based on the clinical radiology reports. Twelve subjects, six of
each sex, were selected of both six and ten years of age. Five Adult MRI scans were
obtained from a previous study (Knaub and Myers 1998) and reanalyzed according to
the current methodology.
MRI scans were analyzed using Avizo and National Institutes of Health Image-J
software. Eight muscle groups were identified bilaterally and outlined from T1weighted axial images (Figure 4.13) and include: Sternocleidomastoid, Trapezius,
Splenius Capitis, Splenius Cervicis, Semispinalis Capitis, Levator Scapulae, and Scalenus
Posterior. The Levator Scapulae and Scalenus Posterior were grouped and the Splenius
Capitis and Splenius Cervicis were grouped because of the difficulty in distinguishing
individual muscle boundaries. CSA was calculated as the area outlined. Each subject
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had four image levels analyzed which were those that most nearly bisected the
intervertebral disc space between C2-C3, C3-C4, C4-C5, and C5-C6 (Figure 4.13).
Statistical analyses were conducted using significance levels of 0.05. Friedman tests with
Bonferroni adjustment multiple comparison tests were used to examine measurements
by intervertebral disk level while matching data to specimen. ANOVA were used to
study the effect of age and sex.

Figure 4.13: Pediatric cervical MRI scans were used to quantify neck muscle
CSA. Scans that most nearly bisected the intervertebral disc of C2-C3, C3-C4,
C4-C5, and C5-C6 were analyzed. The CSAs of five muscle groups were
calculated bilaterally from the outlined muscle area. Illustrated is the C4-C5
scan of a six year old male subject.
Muscle area scale factors were developed to scale adult to pediatric cervical
muscle PCSA. The scale factors were calculated from the ratio of pediatric to adult
measured CSA. Uncertainty was calculated from the standard deviations of the scale
factors. Average subject CSA ratios were linearly regressed against subject weight.
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Cervical muscle CSA were measured from 29 cervical MRI scans of six year olds,
ten year olds, and adult males. Six pediatric subjects of each sex and age were studied
along with five adult male subjects. Subject age, weight, and weight percentile are
presented in Table 4.13 (mean ± standard deviation). The six and ten year old age
groups ranged in age from 5.3 to 7.1 and 9.0 to 10.5 years, respectively. While not
significantly different, the male subjects were heavier and of a higher standard weight
percentile than the female subjects of each pediatric age group. MRI scans had a pixel
resolution ranging from 0.27 to 0.86 mm and spacing ranging from 2.5 to 10 mm.
Table 4.13: Pediatric and adult cervical MRI subject age and weight.

Neck muscle CSAs were significantly different (p < 0.005) by subject age. Adult
males were larger than the 10 year olds which in turn were larger than the six year olds.
Resultant CSA for the three age and five muscle groups are presented in Table 4.14
through Table 4.16 (mean ± standard deviation).
Neck muscle CSAs significantly varied (p < 0.05) by intervertebral disk level for
all muscles studied and identical trends were found among all age groups. The
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Sternocleidomastoid CSA was significantly smaller at the C2-C3 level than at other
levels. The Levator Scapula and Scalenus Posterior CSA were largest at the C5-C6 level
and decreased cranially. The Semispinalis Capitis CSA was largest at the C2-C3 level
and decreased caudally. The Splenius Cervicis and Capitis CSA were largest at the C2C3 level and decreased caudally. Finally, the Trapezius CSA was largest at the C5-C6
level and decreased cranially. Two muscle groups, Semispinalis Capitis and Splenius,
were significantly larger (p < 0.04) between sexes of the ten year olds.
Table 4.14: Pediatric six year old cervical muscle CSA (mm2).
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Table 4.15: Pediatric 10 year old cervical muscle CSA (mm2).

Table 4.16: Adult cervical muscle CSA (mm2).

Neck muscle CSA of the six and ten year old were on average 47% and 57% of
the area of adult neck muscles, respectively (Figure 4.14 and Table 4.17). There were no
significant differences or trends in pediatric to adult CSA ratios by intervertebral disk
level. Average subject muscle CSA ratios were linearly regressed against weights with
an R2 value of 0.78 in Equation 4.17 (Figure 4.14).
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𝐶𝐶𝐶𝐶𝐶𝐶 𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅𝑅 = 0.01023 × 𝑤𝑤𝑤𝑤𝑤𝑤𝑤𝑤ℎ𝑡𝑡(𝑘𝑘𝑘𝑘) + 0.2418

Equation 4.17

Figure 4.14: Pediatric to adult neck muscle CSA ratio plotted against subject weight.
Table 4.17: Pediatric neck muscle PCSA scale factors.

The present study was limited by small subject sample sizes. Only six subjects of
each sex were studied for each six and ten year old age groups. A second limitation was
the use of clinical pediatric MRI scan. Resolution and spacing ranged considerably
among the subjects. Also, orientation of the planer scan images was not controlled.
Previous studies aligned all the scan images to the C2-C3 intervertebral disc (Elliott et al.
2007; De Loose et al. 2009; Fernández-de-Las-Peñas et al. 2007) or each image to each
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intervertebral discs (Stemper et al. 2010). Image orientation in the present studied
varied depending on the position of the subject during the scan and images were chosen
that most closely bisected the intervertebral disc.
A significant difference was found between 10 year old males and females for
both the Semispinalis Capitis and Splenius muscle groups (Table 4.15). A possible
explanation could be that the studied male ten year old subjects were larger and more
developed than the female subjects. The average weight of the 10 year old males was
9% heavier than the females, representing a 14 point difference in overall standard
weight percentile. Subjects more representative of the 50th percentile ten year old male
and female might not demonstrate significant differences with sex. Difference in height
and weight between sexes don’t become apparent until age 14 to 15 years (Kuczmarski
et al. 2002).
Pediatric cervical muscle CSA were incorporated into both scaling methods used
to create pediatric ATD neck bending response and injury criteria. Since no study had
been conducted that measured and compared pediatric to adult cervical muscle CSA,
other anthropometric measures were used as proxies. Seating height and weight were
used for the bending response and neck circumference was used for the injury criteria
(Mertz et al. 1989; Irwin and Mertz 1997; Mertz et al. 1997). Scale factors derived from
the current MRI study, seating height and weight, and neck circumference are compared
in Figure 4.15. Pediatric neck circumference derived CSA scale factors were very similar
and differ only 0.8% and 1.7% to scale factors derived from MRI measured CSA. Thus,
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scaled ATD injury criteria would not vary if actual measured muscle CSA scale factors
had been available. On the other hand, pediatric seating height and weight derived six
year old CSA scale factors were significantly smaller (p < 0.005) than scale factors
derived from MRI measured CSA and were 19.1% and 8.2% smaller for the six and ten
year old. If actual measured muscle CSA scale factors had been available, the pediatric
ATD bending response would have been stiffer because of the larger scale factors.

Figure 4.15: Pediatric CSA scale factors measured from the present MRI study
compared against those derived from proxies of neck circumference and mass and
seating height used to develop and evaluate pediatric ATD necks (Mertz et al. 1989;
Irwin and Mertz 1997; Mertz et al. 1997). Scale factors derived from neck
circumference were very similar to measured MRI values while mass and seated
height derived values were significantly different for the six year old (p < 0.005).
In conclusion, the present clinical MRI study of the pediatric six and ten year old
cervical muscle CSAs provides the source for the muscles of the pediatric neck computer
models.
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4.2.5 Validation
The pediatric head and neck models were validated in lower speed frontal
impact accelerations. These tests simulate 3g frontal impact tests conducted at CHOP
(Arbogast et al. 2009) and are presented in Chapter 7. They provide the only biofidelity
validation currently available.
Model validation was both quantified and qualified. Correlation analysis was
uses to quantify validation and is explained in Appendix H. The resulting score
between zero and one was qualified using the ISO-TR9790 biofidelity rating scale, also
explained in Appendix H.

4.2.6 Uncertainty Analysis
Uncertainty analyses of the pediatric head and neck models were conducted by
varying each pediatric input parameter. Parameters and their individual uncertainties
were reported in the previous sections and summarized in Table 4.18. Latin hypercube
sampling was used to select the value and 50 simulations were run per parameter (Iman
et al. 1981a; Iman et al. 1981b). With 13 model parameters, a total of 650 simulations
were run.

77

Table 4.18: Pediatric head and neck uncertainty analysis parameters.
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4.3 Adult and Pediatric Model Discussion
An adult 50th percentile male and pediatric six and ten year old computational
head and neck models have been described and are shown in Figure 4.16. They are
hybrid multibody and finite element models developed within LS-DYNA. The models
are exercised through applied boundary conditions and loads to T1, the head, or both.

Figure 4.16: Lateral view of the adult and pediatric head and neck models.
The presented models were limited by available adult and pediatric properties.
Few studies exist that describe non-sagittal cervical motion segment properties or
centers of rotation. Motion segment sagittal bending centers of rotation were used for
the other two bending degrees of freedom. Currently only pediatric tension motion
segment properties are available and thus all other degrees of freedom are scaled
accordingly. Notwithstanding these limitations, the presented models represent an
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improvement to prior head and neck computer models. The subsequent chapters detail
model responses for various loading scenarios.
The time required to run the pediatric and adult models are presented in Table
4.19. On average the models required over 0.26 minutes of CPU time per millisecond of
simulation time. Simulations for this runtime analysis were conducted on an Intel 2.93
GHz processor running LS-DYNA version: R5 beta, revision: 56671.
Table 4.19: Required total CPU run time (min) for each model and loading scenario.
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5

Muscle Path Validation
Anatomically correct muscles are essential to biofidelic computational head and

neck models in order to simulate dynamic response during frontal impacts. Two
important parameters of muscle modeling are muscle attachment location and muscle
loading lines of action (Section 2.2.1). PMHS cadaveric dissections and magnetic
resonance imaging (MRI) are the two primary sources of these parameters. The
objective of the currently chapter was to evaluate the muscle lines of action of the adult
50th percentile male model—which were developed from PMHS dissection—to muscle
paths developed from MRI (Vasavada et al. 2008).

5.1 Methods
MRI derived spinal muscle paths were derived from the centroidal path of 12
cervical spinal muscles from a single human volunteer by Vasavada et al. (2008). In the
study by Vasavada et al., individual muscles were identified and outlined in sequential
axial MRI images. The outlined muscle area centroids of each image were connected to
define the muscle path. The most inferior and superior centroid points of a muscle were
considered to be the effective insertion and origin. The coordinates of the centroid
points and paths were defined relative to the vertebral bodies.
Twelve neck muscle pairs of the adult computational model were analyzed
during this study (Table 5.1). Muscle attachment locations of these muscles were located
with respect to a local coordinate system at each cervical vertebra body during PMHS
dissections (Knaub and Myers 1998; Chancey et al. 2003). Most muscles had broad bony
81

attachments and were therefore modeled as multiple muscle strands. Each strand
linearly connected muscle insertion to origin. The 12 muscles evaluated in this study
required 66 muscle strands in the model. An aggregate muscle path for each muscle
from the multiple strands was created through weighted averaging based on
physiological cross sectional area (PCSA) of each strand. The x and y coordinates of
each strand were averaged together relative to their PCSA along the entire z length of
the muscle. A corridor for each muscle path was created based on the attachment point
location standard deviations from the PMHS dissections.
Three muscle models were implemented to simulate the wrapping interactions of
muscle and vertebra during bending (Section 4.1.3.3). The first muscle model, single
segment muscles, did not model muscle wrapping. The other two muscle models,
multi-segment and sliding contact muscles, modeled muscle wrapping through rigidly
attached intersegmental nodes and guiding nodes, respectively.
Model simulations were run to duplicate the kinematics of the Vasavada et al.
study to evaluate muscle paths in neutral, 30° flexed, and 30° extended head and neck
postures. Results from the two sources were aligned in the model coordinate system
based on the vertebral body locations. Muscle paths were evaluated between model and
MRI data using an error metric based on the average transverse plane length between
the paths. Two-sided Student’s t-tests were used to test significant difference (p < 0.05)
between paths. The effect of muscle wrapping on muscle line of action was studied by
comparing paths from the three different muscle models during head and neck flexion
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and extension. Muscle model statistical significance was tested through two factor
ANOVA with a significance level of p=0.05.

5.2 Results
Muscle paths derived from PMHS dissections and modeled using multiple linear
muscle strands resulted in curved loading lines of action similar to the MRI derived
muscle paths from Vasavada et al. (2008). Paths for the Sternocleidomastoid and
Splenius Cervicis are presented in Figure 5.1 with remaining ten muscle pairs presented
in Appendix C. Six of the 12 muscles had a section of their paths, on average 25±14%,
that were significantly different from the MRI derived paths. The specific muscles with
differences were the Longissimus Cervicis, Scalenus Anterior, Semispinalis Cervicis,
Splenius Cervicis, Sternocleidomastoid, and Trapezius. The average absolute difference
in path was 10.3 ± 4.1 mm (Table 5.1). The average minimum and maximum length
between paths were 4.2 ± 2.1 mm and 19.2 ± 11.1 mm, respectively.
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Figure 5.1: The PMHS dissection derived muscle path of the Sternocleidomastoid and
Splenius Cervicis were compared against the MRI derived muscle paths. Vertebral
body landmarks were used to align the results from the two studies.
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Table 5.1: Average transverse distance (mm) between model and MRI derived muscle
paths for three head and neck postures. Three muscle models were used to
investigate the effect muscle wrapping during flexion and extension bending.

Muscle models that simulate muscle wrapping had significantly smaller (p <
0.05) differences between muscle paths and MRI derived muscle paths during flexion
bending as compared to the single segment muscle model that did not simulate muscle
wrapping (Table 5.1). The average difference between paths was 60 ± 43% greater when
no wrapping was implemented compared to when wrapping was implemented.
Conversely, muscle models that simulated muscle wrapping were not significantly
different than the single segment muscle model during extension bending. The average
difference actually decreased 6 ± 14% when no wrapping was implemented compared to
when wrapping was implemented. There was no quantitative difference in muscle
paths of sliding contact and multi-segment muscle models, both of which simulate
muscle wrapping. Paths for the Sternocleidomastoid and Splenius Cervicis during
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flexion and extension are presented in Figure 5.2 with remaining muscles presented in
Appendix C.

Figure 5.2: The PMHS dissection derived muscle paths of the Sternocleidomastoid
and Splenius Cervicis during flexion and extension were compared against MRI
derived muscle paths. The effect of muscle wrapping method on muscle path was
studied.
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5.3 Discussion
Muscle attachment locations and paths are important in computational models of
the head and neck in order to simulate biofidelic muscle loads and loading lines of
action. This study compared muscle paths derived from PMHS data to paths derived
from MRI.
While the paths of cervical muscles are curved as they wrap around each other, it
was found that the overall muscle loading line of actions were replicated by dividing a
single muscle into numerous linear strands connecting the muscle's anatomically
accurate multiple insertion and origin locations. The aggregate curved path from these
multiple linear strands had lower error metrics than were reported by Vasavada et al.
(2008) of a single linear strand. Vasavada et al. reported an average error metric of 8.9
and 15.9 mm while the current study reported 7.6 and 9.4 mm for the
Sternocleidomastoid and Semispinalis Capitis, respectively. This is a 15% and 41%
decrease in the error.
Maintenance of anatomically correct lines of action during neck sagittal bending
was accomplished by modeling muscle wrapping. Two methods of muscle wrapping
were compared and both produced essentially identical muscle paths. During neck
flexion, the lines of action for the extensor muscles resulted in significantly decrease in
the error metric when a muscle wrapping technique was employed. Although no
significant decrease in the error metric due to muscle wrapping during extension was
found, this may be attributed to the few number of flexor muscles that were studied.
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The primary limitation of this study was that the MRI data (Vasavada et al. 2008)
was from a single male subject. While six of the twelve muscles studied were
significantly different from the cadaveric data, the cause of the difference could not be
investigated.

5.4 Conclusions
Modeling anatomically correct cervical muscle lines of action and attachments
was possible by segmenting a muscle into numerous linear strands. Furthermore,
correct muscle lines of action were maintained during neck flexion and extension by
modeling muscle wrapping with both sliding contact and multi-segmented muscles.
With anatomically correct muscle loading lines of action and attachments, the effect of
muscle loads can be investigated during modeling of injurious loading scenarios such as
frontal impact.
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6

Model Responses to Gravity
The head and neck are unstable under gravitational loading unless cervical

muscles are activated to maintain an upright, neutral posture (Section 2.2.2). Initial
muscle activation levels are therefore required in computational models to maintain
posture during impact simulations. Chancey et al. (2003) reported a method to find
relaxed and tensed optimal cervical muscle activations, representing neck properties of
both unaware and aware subjects. The objective of the current chapter was to follow the
same methodology to find similar muscle activation states for the Adult 50th percentile
male and six and ten year old pediatric computational head and neck models that
maintain upright, neutral posture.

6.1 Methods
The response to gravity of the adult and pediatric head and neck models
developed in this study was evaluated with and without muscle activations. Gravity
was simulated in LS-DYNA through a constant 9.81 m/s2 load in the superior to inferior
direction on all model bodies. T1 was held fixed during the 100 ms simulations. The
stability of the models was quantified with the maximal head CG translational and
rotational displacement.
Muscle activation schemes which maintained an upright, stable posture were
found through linear response surface optimization using LS-OPT (LSTC, Livermore,
CA). Activation levels, 0 ≤ α ≤ 1, of each of the 22 muscle pairs were varied using Latin
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Hypercube point selection for 35 experiments per iteration. Two optimization problems
were investigated, a relaxed and tensed activation state.
The relaxed activation state represented an unaware subject and optimization
sought to minimize muscle fatigue. Muscle fatigue was defined as the sum of squares of
the ratio of muscle force to maximal muscle force (Pedotti et al. 1978) and the resulting
optimization problem of Equation 6.1.
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The optimization was constrained to only positive muscle forces and maximum
anteroposterior head CG displacement of 0.5 mm and head rotation of 0.3°.
The tensed activation state represented an aware subject and optimization
sought to maximize total muscle force. The tensed optimization function is expressed in
Equation 6.2.
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Equation 6.2
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The optimization was constrained to only positive muscle forces and maximum
anteroposterior head CG displacement of 1.0 mm and head rotation of 0.6°.

6.2 Results
Relaxed and tensed muscle activation states were found that maintained an
upright, neutral head and neck posture against the force of gravity (Figure 6.1 and Table
G.1). The head CG displaced 1.0 mm or less anteriorly and rotated 0.5° or less in the
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adult and pediatric models. Muscle activations did result in the compression of the
cervical spine and the inferior displacement of the head CG. While the relaxed muscle
state only resulted in 2 mm or less of inferior CG displacement, the tensed muscle state
resulted in 4.2, 5.2, and 5.7 mm of inferior displacement for the six year old, ten year old,
and adult models.
Without muscle activation, the computational head and neck models were
unstable and fell into flexion because of gravitational loading. The head CG displaced
more than 5 mm anteriorly and 4 mm inferiorly from its initial position over 100 ms.
The head also rotated into flexion 8.4°, 8.0° and 5.7° for the six year old, ten year old, and
adult models.
Relaxed muscle activation levels decreased as age increased (Figure 6.1).
Activations were on average 2.2 and 1.7 times greater than adult activations for the six
and ten year old models, respectively. No trends by age were found for the tensed
muscle activations. The tensed muscle activation state maintained upright posture with
the co-activation of flexor and extensor muscles for all age groups. The relaxed muscle
activation state maintained upright posture primarily with the activation of extensor
muscles.
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Figure 6.1: Relaxed and tensed state muscle activation levels, 0 ≤ α ≤ 1, of the six and
ten year old pediatric and adult models maintained a neutral, upright head and neck
posture. Relaxed 6 year old activations were larger than 10 year and adult activation.
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The tensed state muscles produced up to 32 times the muscle force to the head
compared with the relaxed state muscles. The tensed state muscles produced 450, 602,
and 1023 N of force to the head while the relaxed state muscles produced 28.6, 29.3, and
35.8 N in the six year old, ten year old, and adult models. The ratio of six and ten year
old pediatric to adult muscles forces were 0.44 and 0.59 for the tensed and 0.80 and 0.82
for the relaxed state. Muscle forces were primarily in the axial direction and their
magnitude across cervical spinal segments increased caudally (Figure 6.2).

Figure 6.2: Resultant muscle axial force across cervical spinal segments increased
caudally and would protect the lower cervical spinal segments during axial cervical
loading.

6.3 Discussion
Many computer head and neck models in the literature failed to report or did not
include gravitational loading. These models were then used to assess model biofidelity
through comparison against volunteer experimental results that included gravity. One
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challenge of including gravity is determining initial muscle activations that maintain an
upright, neutral posture prior to impact loading. The goal of this chapter was to find
relaxed and tensed muscle activation states that maintained stable posture against
gravity for the six year old, ten year old, and adult models.
Muscle activation states were found that limited head motion due to gravity over
100 ms through optimization that minimized muscle fatigue or maximized muscle force.
Motion was limited to a couple millimeters of displacement and half a degree of rotation
or less. One limitation of this study was that the presented activation states may be nonunique and conditional to optimization goals and constraints. Notwithstanding this
limitation, the reported activation states represent physiologically appropriate sets of
initial conditions.
The tensed muscle activation state produced muscle forces large enough to
compress the spine up to 6 mm for the adult model. While these muscle loads were not
large enough that they would cause vertebral compressive failure, they would provide a
pre-stressed state that could protect the vertebrae during tensile loading but might
exacerbate risk during compressive loading. The pediatric models, like the adult,
showed that this muscle induced pre-compression was greater for the lower cervical
spine than the upper cervical spine and increased caudally.
The relaxed muscle activations were the greatest for the six year old model and
decreased for the ten year old and finally the Adult. While activations decreased with
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age, muscle forces increased with age. The ratio of pediatric to adult relaxed muscle
forces were 0.80 and 0.82 which were very similar to the pediatric to adult head mass
ratios of 0.75 and 0.80 of the six and ten year old, respectively. This might suggest that
the relaxed state was conditional to head mass. This could be explained by comparing
the head to a teeter totter with the pivot at the OC. An increase in head mass could be
compared to a larger force to one side of a teeter totter that would need to be offset by an
equal increase in muscle force on the other size. The distance from the pivot of both
forces is maintained since the same scale factor scales both distances.
The total muscle force during the tensed muscle activation state increased with
age. The ratio of pediatric to adult tensed muscle forces were 0.43 and 0.57 which were
very similar to the pediatric to adult muscle PCSA ratios of 0.47 and 0.57 of the six and
ten year old, respectively. This might suggest that the tensed state was conditional to
muscle size. Increasing the muscle area results in an equal increase in total muscle force.

6.4 Conclusion
Relaxed and tensed muscle activation states that maintained neutral, upright
head and neck posture under gravitational loading were obtained through pediatric and
adult model optimization to minimize muscle fatigue and maximize muscle force,
respectively. These states provide initial muscle activation conditions for injury
simulations that include gravity.
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7

Model Responses to 3g Frontal Impact
The biofidelity of head and neck models have often been assessed through

validation against volunteer results. Traditionally, frontal impact simulations are the
primary loading scenario for validation (Section 2.2.3). The only available pediatric
volunteer results available for pediatric model validation are low speed frontal impact
test conducted at CHOP (Arbogast et al. 2009). Twenty pediatric males ranging in age
from six to fourteen years and 10 adult male were belted onto a hydraulically controlled
sled and subject to 3g frontal impacts (Figure 7.1). These impacts were comparable to
those experienced on bumper car rides at amusement parks. The primary objective of
the current chapter was to validate the six year old, ten year old, and adult head and
neck models against these volunteer 3g frontal impact results. Secondary objectives
include assessing the effects of muscle activation and assigned boundary conditions.

Figure 7.1: Pediatric and adult volunteer low speed frontal impact test with peak sled
accelerations of 3.6 and 3.8 g were used to validate the pediatric and adult head and
neck computer models (Arbogast and Seacrist 2009).
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7.1 Methods
The adult and pediatric head and neck models developed in this study were
subjected to 3g frontal impact loading. Average displacements from visual markers
attached to the six to eight year olds, nine to eleven year olds, and adults (Arbogast and
Seacrist 2009) were prescribed to the T1 of the six year old, ten year old, and adult
models, respectively. T1 x-direction and z-direction translational displacements were
prescribed from the visual marker attached to the skin above the T1 spinous process. T1
y-direction rotational displacements were prescribed from the visual markers attached
to the skin above the T1 and T4 spinous processes. The visual markers were assumed to
be rigidly attached to the vertebrae spinous processes and that the rotation of the T1 to
T4 maker linkage represented the rotation of the torso. The prescribed T1 displacements
for the three models are presented in Figure 7.2. Gravity was simulated as a constant
body load in the superior to inferior direction.
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Figure 7.2: Adult and pediatric head and neck models were subjected to 3g frontal
impact through imposed T1 displacements from volunteer experiments (Arbogast et
al. 2009; Arbogast and Seacrist 2009).
Model responses were assessed with the translational displacements of the
external auditory meatus (EAM) and nasion, relative to the T1 marker, and head
rotational velocity. Volunteer response corridors were defined as the average response
time history plus and minus one standard deviation (Arbogast and Seacrist 2009). The
model response compared to volunteer corridors was quantified through a correlation
analysis described in Appendix H. Correlation analysis resulted in scores ranging from
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zero to one representing poor to excellent biofidelity, respectively. An average
correlation score for a simulation was the average of the five response correlations scores
of nasion and EAM x-direction and z-direction displacement and head rotational
velocity.
The effects of muscle activation were studied by using multiple activation time
histories. First, the models were subjected to 3g frontal impact with constant relaxed
and tensed muscle activation states (Chapter 6). Muscle activations were held constant
from their initial condition throughout the 500 ms simulation. Next, an optimal muscle
activation time history was found for each age that minimized the error between the
model and volunteer head rotational velocities using the least squares method and LSOPT. Muscles were initially assigned relaxed state activations and the cervical muscles
were grouped as either extensors or flexors which were activated as groups. Three
parameters were varied for each group: activation level, initiation time, and termination
time. Activation time histories were described by the second order system explained in
Section 4.1.3.2. Finally, the pediatric models were assigned the adult optimum
activation time history.
The effect of prescribed T1 displacement boundary conditions were investigated
through a sensitivity analysis of the adult model. T1 x-direction translational, zdirection translational, and y-direction rotational displacements were varied over their
standard deviations. Latin hypercube sampling was used to select the values and 50
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simulations were run per variable (Iman et al. 1981a; Iman et al. 1981b), with three
variables a total of 150 simulations were run. Relationships between model peak
displacements and boundary conditions were quantified through Pearson correlation
and a significance level of p < 0.05.

7.2 Results
The adult and pediatric head and neck models reproduced the kinematic
response of volunteers to 3g frontal impact (Figure 7.3 to Figure 7.5). The head rotated
in flexion and translated anteriorly and inferiorly from neutral posture relative to T1.
Peak displacements were reached by approximately 250 ms after which the head
rebounded, returning to its upright, initial position.
Correlation analyses resulted in average scores greater than 0.6 for all muscle
activation scenarios considered which represents a “Fair” correlation (Table 7.1). Time
dependent activation of the extensors and flexors resulted in more biofidelic model
responses than activations held constant throughout the simulation. Simulations with
optimized muscle activation histories had average correlation scores equal to or greater
than 0.9 which represents an “Excellent” correlation. Correlation scores were the lowest
for the simulations with constant relaxed muscle activation states in which, on average,
the head rotated 8.9 times faster and displaced 3.2 times farther than the volunteers. The
head during simulations with constant tensed muscle activations also rotated faster and
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displaced farther than volunteers—2.9 and 2.4 times, respectively—but additionally had
head rotations initiated 25 ms earlier.
Table 7.1: Adult and pediatric model correlation scores (average ± standard deviation)
from varying muscle activation simulations evaluated against volunteer corridors.
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Figure 7.3: The adult model response due to 3g frontal impact compared to volunteer
corridors. Optimized muscle activation resulted in the most biofidelic response.
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Figure 7.4: The six year old model response due to 3g frontal impact compared to
volunteer corridors.
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Figure 7.5: Ten year old year old model response due to 3g frontal impact compared to
volunteer corridors.
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The pediatric models required greater extensor activations to match volunteer
head rotational velocities than the adult model (Figure 7.6). The optimized six and ten
year old model extensor activations were almost twice those of the adult model. The
peak optimized flexor activations were smaller than the extensor activations and ranged
from 21 to 38%. While adult optimized activations for both flexors and extensors were
smaller, applying the adult activation histories to the pediatric models resulted in
average correlation scores greater than 0.8 which represents “Good” correlation.

Figure 7.6: Optimal extensor and flexor muscle activation histories that resulted in the
minimum least squares errors of head rotational velocities.
Peak head translational displacements and rotational velocities were most
sensitive to the applied T1 x-direction displacement (Figure 7.7 and Table 7.2). Peak
head translational displacements and rotational velocities were also sensitive to the
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applied T1 y-direction rotational displacements. Only one of the measures, minimum
head rotational, was sensitive to the applied T1 z-direction displacement. Average
Pearson correlation coefficients—ranging from zero to one representing no to perfect
correlation—were 0.81, 0.56, and 0.11 for the applied x translation, y rotation, and z
translation, respectively.
Table 7.2: Adult model sensitivity analyses during 3 g frontal impact kinematic
correlation coefficients presented and ranked against other model parameters.

The average correlation score was fit with a general second degree polynomial
model shown in Equation 7.1 with an R2 value of 0.70.
𝐶𝐶 = 0.927 − 0.020𝑥𝑥 − 0.087𝑥𝑥 2 − 0.049𝑦𝑦 − 0.089𝑦𝑦 2

Equation 7.1

Where C is the correlation score and x and y are the T1 x-direction translation and ydirection rotation displacement percents of standard deviation. The z-direction
translation was not included in the model since it was not significantly significant to the
model. The model predicts that the applied T1 y-direction rotation displacements had
slightly greater effect on correlation score than T1 x-direction translations.

106

Figure 7.7: Sensitivity analysis scatter plots of adult model peak head displacements,
velocities, and average correlation score while varying the input T1 boundary
conditions over their reported standard deviation.
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7.3 Discussion
The primary objective of this chapter was to compare the adult and pediatric
head and neck models against low speed 3g frontal impact volunteer corridors. Overall,
the models demonstrated “Good” to “Excellent” biofidelity and model responses agreed
well with volunteer responses.
Muscle activations played an important role during the simulations. Not only
was activation of cervical extensor needed to slow head flexion and forward
displacement, but flexor activation was needed to slow head rebound. Activations that
were varied over the simulation time history resulted in greater model to volunteer
correlation than simulations where activations were maintained at initial relaxed or
tensed levels. Optimal activation levels were required which resulted in the greatest
model to volunteer correlation. A limitation of the current study was the inability to
compare optimal model activation time histories to volunteer activations. While the
volunteers were reported to have used their neck muscle during the impact experiments,
the degree of muscle activation—recorded from surface EMG—has not been quantified
to date (Arbogast et al. 2009). While the level of activation could not be validated, the
importance of extensor and flexor muscles was demonstrated by applying the optimal
adult activations to the pediatric models. The adult optimal extensor activation level
was almost half the optimal pediatric muscle activation levels and yet when applied to
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the pediatric models it still resulted in greater correlation of the models to the volunteer
corridors.
One of the limitations of the volunteer frontal impact experiments was the
tracking of head and vertebrae displacements were accomplished through visual
markers that were attached to the skin and not the actual bones. The head and neck
models were exercised by applying the T1 and T4 vertebra marker displacements as
boundary conditions as if those displacements were the actual volunteer vertebrae
displacements. A sensitivity analysis of the applied T1 boundary conditions showed
that the T1 x-direction translation and y-direction rotations had a statistically significant
effect on head rotational velocities and translational displacements.

7.4 Conclusions
The adult and pediatric head and neck models during frontal 3g impacts were
compared against volunteer corridors. Dynamics activation of neck extensors and
flexors resulted in greater correlation between model and volunteer corridors than static
activation levels. Correlation scores greater than 0.95 were obtained with optimized
activation levels and time histories. Model sensitivity analysis of applied T1 boundary
conditions resulted in the T1 x-direction translation with the greatest effect on model
head translational and rotational displacements.
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8

Model Responses to 15g Frontal Impact
High speed volunteer frontal impact tests performed at the Naval Biodynamic

Laboratory (NBDL) are the primary source of data used to validate head and neck
computer models (Section 2.2.3). During these tests, young adult male volunteers were
strapped to a seat on a HYGE accelerator sled and subjected to accelerations simulating
frontal impact (Ewing and Thomas 1972). While many tests were conducted with
varying peak accelerations, the 15g acceleration tests were the most severe and are
principally cited for model validation. The average sled acceleration for these tests is
shown in Figure 8.1 and resulted in a change in velocity greater than 17 m/s. Volunteers
were instrumented to quantify head and T1 motions. One of the objectives of this
chapter was to validate the adult 50th percentile male head and neck model in 15g frontal
impact.

Figure 8.1: Average sled acceleration time history from 15g NBDL human male
volunteer frontal impact tests (Thunnissen et al. 1995)
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While essentially all adult impact head and neck computer models reported in
the literature were validated against the NDBL experiments, few have conducted
sensitivity analyses of model input parameters on their results (Section 2.2.3). The few
that have conducted sensitivity analyses were limited to qualitative analyses or varying
only select parameters. The second objective to this chapter was to conduct a full model
sensitivity analyses during 15g frontal impact simulations. The hypothesis that the
muscle properties will have the greatest effect on head and neck dynamics as compared
with head mass, neck length, osteoligamentous bending stiffness, or osteoligamentous
tension stiffness will be tested.
During high speed frontal impacts the head rotates into flexion and the cervical
muscles wrap around the each other and the vertebrae. A third objective of this chapter
was to quantify the effects of muscle wrapping modeling on head kinematics. The
hypothesis that segmented muscles that follow the curvature of the neck during bending
will decrease head excursion and rotation during computational modeling of frontal
impact within the LS-DYNA platform as compared to single segment muscles will be
tested.
The volunteers during the NBDL experiments were instructed to relax prior to
impact. The subjects, however, were aware of the impending impact and could have
braced themselves through cervical muscle activations. A fourth objective of this
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chapter was to investigate the effect of initial muscle activations by comparing braced,
tensed initial activations against relaxed initial activations.
Pediatric volunteer high speed frontal impact experiments have not been nor can
be conducted due to the possibility of serious injury. Therefore, the final objective of
this chapter was to simulated high speed frontal impacts using six and ten year old
pediatric models and compare their responses against adult model responses.

8.1 Methods
The adult and pediatric head and neck models developed in this study were
subjected to 15g frontal impact loading. Average T1 x-direction accelerations and ydirection rotational displacements from the NBDL volunteer tests were applied to the T1
vertebra of the models (Figure 8.2). Gravity was simulated as a constant body load in
the superior to inferior.

Figure 8.2: Imposed T1 horizontal acceleration and sagittal rotation time history from
15g NBDL human male volunteer frontal impact tests, average ± standard deviation
(adapted from Thunnissen et al. 1995).
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Model kinematic and kinetic responses were compared against the NBDL
volunteer response corridors defined as the average response plus and minus the
standard deviation (Thunnissen et al. 1995). Accelerations were defined relative to the
global coordinate system while displacements were defined relative to a local coordinate
system fixed to the midsagittal anterior-superior corner of the T1 vertebral body. Head
accelerations and displacements were defined at the head CG. Neck rotations were
defined as the rotation of a linkage that connected the T1 local coordinate origin to the
OC center of rotation. Neck loads were calculated at the OC joint by assuming the head
to be a rigid body and applying Newton’s equations. Neck loads were relative to the
head anatomical coordinate system. The secant head and neck bending stiffness was
calculated from the head rotation and OC joint neck moment.
Model neck loads at each spinal segment were calculated for the
osteoligamentous spine, muscular spine, and total cross section and are reported in the
individual spinal segment local coordinate systems. Osteoligamentous loads were
calculated around each COR. Muscle loads were also calculated around the CORs and
include all muscle loads that span the spinal segment in question. Muscle moments
were calculated from the cross product of the muscle tensile force along its loading line
of action and its effective moment arm from the COR. Total cross sectional neck loads
were the summation of osteoligamentous and muscular loads.
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In these simulations, the osteoligamentous spinal segment loads from the model
were analyzed against axial and bending failure tolerances summarized in Table 8.1.
These tolerances are based on PMHS spinal segment studies (Nightingale et al. 1997;
Nightingale et al. 2007; Dibb et al. 2009). However, the mean ages of the specimens in
these studies were in the fifth or sixth decade. It has been shown that the strength of
bone and ligaments decreases with age (McElhaney et al. 1970; Woo et al. 1991; Keaveny
and Hayes 1993). Nightingale et al. (1997) recommended a scaling factor of 1.2 to 1.3 be
used when formulating tolerances. Therefore, the reported PMHS tolerances were
scaled by a factor of 1.25 to their presented values.
Table 8.1: Osteoligamentous spinal segment failure tolerances used to assess model
osteoligamentous loads were scaled from PMHS tolerances (Nightingale et al. 1997;
Nightingale et al. 2007; Dibb et al. 2009) by 1.25 to account for the older age of the
specimens on which the failure models were based.

An osteoligamentous neck injury criterion, Nijc, was calculated that was
analogous to the ATD neck injury criteria, Nij (Eppinger et al. 1999). The two indices
“ij” represent the loading mechanisms with the prior representing the axial load (tension
or compression) and the former representing the sagittal plane bending moment (flexion
or extension). This injury criterion was based on a maximum normal stress model for a
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homogenous beam with a linear combination of the normalized axial force and sagittal
moment. Nijc was calculated from Equation 8.1,
𝑁𝑁𝑁𝑁𝑁𝑁𝑁𝑁 =

𝑀𝑀𝑦𝑦
𝐹𝐹𝑧𝑧
+
𝐹𝐹𝑧𝑧𝑧𝑧 𝑀𝑀𝑧𝑧𝑧𝑧

Equation 8.1

where Fz is the axial force, Fzt is the osteoligamentous axial tolerance, My is the sagittal
bending moment, and Myt is the osteoligamentous bending tolerance. A Nijc value
greater than 1.0 would indicate failure.
The model response compared to the volunteer corridors was quantified through
a correlation analysis described in Appendix H. The analysis was conducted between 50
ms and the end of the test since there was little head motion for the first 50 ms.
Correlation analysis resulted in scores ranging from zero to one representing poor to
excellent biofidelity, respectively. An average kinematic correlation score for a single
simulation was the average of the following seven response correlations scores: head x
and z-direction displacement and acceleration, head y-direction rotation and rotational
acceleration, and neck link rotation. Model responses were also quantified using the
peak values of the seven listed responses as well as head lag. Head lag was defined as
the time lag between the initiation of neck and head rotations. A correlation score for
head lag was not calculated since correlation scores were already quantified for head
and neck rotations.
The adult model with active muscles was validated against NBDL corridors.
Muscle activations were initiated with relaxed state levels that maintained an upright
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posture against gravity (Chapter 6). Extensor muscles were then activated to 100% after
a reflex time of 50 ms. Activation dynamics were modeled by two linear first-order
systems (Section 4.1.3.2) and demonstrated in Figure 8.3.

Figure 8.3: Activation dynamic time history of the extensors during 15g frontal impact.
Initial activations, A0, maintained an upright head posture against gravity.
Activations were then increased to 100% after a reflex time (t = 50 ms).
The effect of model input parameters and prescribed boundary conditions were
investigated through a sensitivity analysis of the adult model. The prescribed T1 xdirection acceleration and y-direction rotation were varied over their standard
deviations. The effects of gravity were included in the analysis with gravity being either
included or ignored. All sagittal motion model input parameters were varied plus and
minus one standard deviation including intervertebral joint properties, head and
vertebrae inertial properties, and muscle properties (Section 4.1.5). Finally, muscle
activation dynamics were investigated with extensor activations ranging from 0% to
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100% and reflex times ranging from 25 ms to 100 ms. Latin hypercube sampling was
used to select the values and 50 simulations were run per variable (Iman et al. 1981a;
Iman et al. 1981b), with 32 variables a total of 1600 simulations were run. Correlation
between peak model responses and osteoligamentous neck loads to input variables were
quantified through Pearson correlation and general linear models with significance
levels of p < 0.05.
The effects of muscle wrapping on the head and neck response were investigated
through three simulations each using a different muscle model (Section 4.1.3.3). The
first muscle model employed single-segment muscles which did not model muscle
wrapping. The second employed multi-segment muscles in which intersegmental nodes
were rigidly attached to each spanned vertebrae. Finally, the third employed sliding
contacts and was the same method used during the model validation. The strains
predicted by each muscle model were compared. The strains were calculated for every
individual segment as the relative change in length and the maximum value reported.
Each muscle model maintained the same muscle activation dynamics as the model
validation shown in Figure 8.3.
The effects of pre-impact awareness on the head and neck response were
investigated through two activation initiation states, relaxed and tensed (Chapter 6).
Each state was simulated with activations maintained constant throughout the
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simulation and also with activation dynamics that were increased to 100% activation
starting at 50 ms (Figure 8.3).
The predicted response of the human six and ten year old to high speed frontal
impact was developed by conducting an uncertainty analysis with the six and ten year
old models. The same adult volunteer NBDL T1 boundary conditions were applied to
the pediatric models (Figure 8.2) as well as the same muscle activation dynamics (Figure
8.3). Pediatric model response corridors were calculated from uncertainty analyses of all
pediatric model parameters (Table 4.18). Similar to the adult model sensitivity analysis,
values were selected using Latin hypercube sampling with 50 simulations per variable.
Corridors were created from the average ± standard deviation of the 650 simulations.
The dependence of peak model responses and OC neck loads to input variables were
quantified through Pearson correlation with significance levels of p < 0.05.
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8.2 Results
8.2.1 Adult Model Validation
The adult head and neck model reproduced the kinematic response of human
volunteers to 15g frontal impact (Figure 8.4). During the first 80 ms there was little head
motion and the relaxed state muscles maintained the head in an upright posture under
gravity. From 80 to 106 ms, the head began to translate but did not begin to rotate. This
26 ms delay in head rotation is termed head lag. Afterwards, the head rotated into
flexion and reached peak angular displacement at 179 ms. The head started rebounding
during the final 21ms of the simulation.

Figure 8.4: Adult 50th percentile male model time-lapse response to 15g frontal impact.
The adult model demonstrated very good kinematic biofidelity and had an
overall correlation score of 0.84, which represents “Good” biofidelity, as evaluated
against the NBDL volunteer corridors. Model head CG translational displacements and
accelerations had correlations scores ranging from 0.74 to 0.99 and peak values were
within 7.5%, on average, of the volunteer peak values (Table 8.2 and Figure 8.5). The
superior-inferior z-direction displacement of the head CG was the model response that
was most similar to the volunteers and had the highest correlation score of 0.99. The
model head CG anteroposterior x-direction displacement trailed the volunteer response.
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While model translational accelerations were similar to the volunteers, they did exhibit
an additional higher frequency response. Model head and neck rotational
displacements and accelerations had correlation scores ranging from 0.82 to 0.87 and
peak values were within 12%, on average, of the volunteer peak values (Table 8.3 and
Figure 8.6). While model and volunteer head lag times were similar, 26ms and 24 ms
respectively, smaller neck rotations in the model caused the model response to fall
outside the head lag corridor.
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Table 8.2: Adult model head CG translational correlation scores and peak responses
as evaluated against NBDL 15g volunteer corridors

Figure 8.5: The adult model head CG translational responses compared well with
NBDL volunteer corridors with correlation scores ranging from 0.74 to 0.99.
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Table 8.3: Adult model head and neck rotational correlation scores and peak
responses as evaluated against NBDL 15g volunteer corridors

Figure 8.6: The adult model head and neck rotational responses compared well with
NBDL volunteer corridors with correlation scores ranging from 0.82 to 0.87. Head
rotation lagged neck rotation by 26 ms.
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The adult model also demonstrated “good” kinetic biofidelity and had an overall
correlation score of 0.77 as evaluated against the calculated neck load corridors of the
NBDL volunteers (Table 8.4 and Figure 8.7). Peak neck loads occurred during the initial
neck elongation and right before peak head excursion. In the axial direction, the neck
was loaded in tension by the inertia of the head and the peak model tensile load was
22% greater than that calculated for the volunteer corridors. In bending, the neck was
loaded in flexion and the peak model moment was 19% less than that calculated for the
volunteer corridors. Finally, the secant stiffness of the model was 29% less than the
volunteer corridors.
The neck muscles were the primary moment and force carrying component of
the total neck during 15g frontal impacts (Figure 8.8 and Figure D.1). Neck muscles bore
the majority of the cross-sectional moment experienced by the neck. Specifically, the
osteoligamentous upper cervical joint (O-C2) never went into flexion and the entire
flexion moment, with a peak of 46.5 Nm, was borne by the muscles. The moment borne
by the osteoligamentous spine increased caudally with the C5-C6 spinal segment
supporting 22 Nm of the total neck 102 Nm at peak head excursion. The muscular spine
also carried the majority of the cross-sectional shear load borne by the neck. The C5-C6
shear load in the osteoligamentous spine was only 120 N while there was 1244 N of
shear load borne by the muscular spine at peak head excursion. Finally, while the
inertial loading of the head caused tensile loading of the whole neck, the
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osteoligamentous spine was primarily in compression. The O-C2 spinal segment
initially went into tension during the initial neck elongation but at peak head excursion
experienced 1385 N of compression. The osteoligamentous spinal compressive load
increased caudally with the C5-C6 spinal segment never loaded in tension and reaching
2370 N of compression at peak head excursion. While the osteoligamentous spine was
in compression, the muscular spine experienced high tensile loads ranging from 1600 to
2700 N at the various spinal segments. Osteoligamentous Nijc peak values increased
caudally and for the O-C2 and C5-C6 levels were 0.36 and 1.5, respectively.
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Table 8.4: Adult model OC neck load correlation scores and peak responses as
evaluated against NBDL 15g volunteer corridors.

Figure 8.7: The adult model OC neck loads compared well with NBDL volunteer
corridors with correlation scores ranging from 0.65 to 0.85. The model was less stiff in
flexion bending than the volunteers.
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Figure 8.8: Adult model O-C2 and C5-C6 spinal segment neck loads during 15g frontal
impact. Muscles were a primary load carrying component of the neck. While the
whole neck was in tension, the osteoligamentous spine was in compression.
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8.2.2 Sensitivity Analysis
8.2.2.1

Kinematics
The kinematic response of the adult model during 15g frontal impact was most

sensitive to extensor muscle activation level. Pearson correlation coefficients of
kinematic responses to model parameters are presented in Table 8.5 with scatterplots
and general linear fits against significant parameters presented in Appendix D.
Increasing the extensor activation level significantly decreased the peak head
translational and rotational displacements and accelerations.
The other parameters with the greatest contribution the overall response were
the muscle maximum isometric stress, muscle anteroposterior attachment, and muscle
activation dynamics. Increasing the muscle maximum isometric stress, posterior
attachment of the muscles, and speed of activation significantly decreased the peak head
translational and rotational displacements and accelerations. Other muscle modeling
parameters with a significant effect on the model response were: superior-inferior
attachment, PCSA, passive stiffness, and active force-length shape.
The applied T1 boundary conditions and the inclusion of gravity also had a
significant effect on the model kinematic responses. Increasing the T1 x-direction
acceleration significantly increased all the head kinematics. Increasing the T1 ydirection rotation only significantly increased the head displacements. Including the
acceleration of gravity to the simulation significantly increased the head z-direction
displacements and all head accelerations.
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The intervertebral joint flexion and extension stiffnesses had a significant effect
on the model kinematic response but were, at most, the sixth ranked parameters.
Increasing the flexion stiffness significantly decreased the peak head z-direction
displacement and neck rotations. Increasing the joint extension stiffness significantly
decreased the peak head rotational acceleration and decreased the head lag time. The
intervertebral joint tension, compression, and shear stiffnesses did not have a significant
effect on the model kinematics.
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Table 8.5: Adult model sensitivity analyses during 15 g frontal impact kinematic Pearson correlation coefficients presented
and ranked against other model parameters. The top five parameters in each column are highlighted.
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8.2.2.2

Kinetics
The kinetic response of the adult model during 15g frontal impact was most

sensitive to extensor muscle activation level. Pearson correlation coefficients of model
parameters to kinematic responses are presented in Table 8.6 with scatterplots and
general linear fits against significant parameters presented in Appendix D. Increasing
the extensor activation level increased the overall neck bending stiffness while
decreasing the loads and moments within the osteoligamentous cervical spine.
The loads of the C5-C6 spinal segment were most sensitive to the intervertebral
joint flexion stiffness. Increasing the intervertebral joint flexion stiffness significantly
increased the peak flexion moment and Nijc while decreasing the peak compressive
force. The peak flexion moments of C5-C6 were significantly decreased by increasing
the muscle maximum isometric stress, PCSA, and posterior attachment. On the other
hand, the peak compression forces sustained by C5-C6 were significantly increased by
increasing the muscle maximum isometric stress, PCSA, posterior attachment, passive
stiffness, and active force length shape factor.
The overall neck bending secant stiffness was only significantly sensitive to the
model muscle parameters. Increasing the posterior attachment distance, PCSA, active
force length shape factor, max isometric stress, and activation significantly increased the
neck bending stiffness. The applied boundary conditions, model geometry, and
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intervertebral joint stiffnesses did not have a significant effect on the neck bending
stiffness.
The applied T1 boundary conditions and the inclusion of gravity in the
simulation had a significant effect on loads sustained by the osteoligamentous spine.
The inclusion of gravity significantly increased the peak C5-C6 flexion moment and Nijc.
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Table 8.6: Adult model sensitivity analyses during 15 g frontal impact kinetic Pearson correlation coefficients presented and
ranked against other model parameters. The top five parameters in each column are highlighted.
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8.2.3 The Effects of Muscle Wrapping
Modeling muscle wrapping had a considerable effect on head and neck
kinematics during 15 fontal impacts (Table 8.7 and Figure 8.10). The single segment
muscles, which did not model muscle wrapping, passed through the underlying
vertebrae during neck flexion resulting in non-physiological loading lines of action
(Figure 8.9). These non-physiological loading lines of action resulted in the smallest
correlations scores of all muscle models with an average score of 0.70 and the greatest
peak displacements and accelerations. The peak head CG z-direction displacement was
the greatest for the model with single-segment muscles displacing 11.9 cm (81%) more
than the volunteers. The peak head rotation was also the greatest for the model with
single-segment muscles rotating 52° (84%) more than the volunteers.
Both muscle wrapping models had similar overall kinematics and peak head
displacements and accelerations. The multi-segment muscles had an average correlation
score of 0.78 and the sliding contact muscles had the largest average correlation score of
0.84. Multi-segment muscles had a lower average correlation primarily because of the
low neck rotation correlation of 0.55. This combined with a decreased rate of head and
neck rotation and the prevention of head extension rotation relative to T1 before flexion
resulted in decreased head lag. The time lag between head and neck rotation was only
17 ms which is 7 ms (29%) less time than the volunteers.
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Figure 8.9: Semispinalis Capitis at peak neck rotation during 15g frontal impact. The
single-segment muscle, which did not model muscle wrapping, passed through the
underlying vertebrae resulting in non-physiological loading lines of action.
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Table 8.7: Muscle wrapping had a considerable effect on correlation scores (C) and
peak responses as evaluated against NBDL 15g volunteer corridors

Figure 8.10: Modeling muscle wrapping had a considerable effect on head and neck
kinematics during 15 g frontal impact.
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The method of modeling muscle wrapping had a considerable effect on muscle
strains during 15 g frontal impacts (Figure 8.11). Multi-segment muscles had the largest
peak extensor muscle strains while single-segment muscles, which did not model
muscle wrapping, had the smallest peak strains. Extensor muscle strains were on
average 76% greater for the multi-segment muscles than the sliding contact muscles
which both modeled muscle wrapping. Flexor muscle peak strains were on average 17%
larger for the sliding contact and single segment muscles than multi-segment muscles.

Figure 8.11: The method of modeling muscle strain had a considerable effect on
muscle strain. Using multi-segment muscles resulted in the largest peak strains.
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8.2.4 The Effects of Initial Muscle Activation
Initial muscle activation and activation dynamics had a considerable effect on the
adult model kinematic response during 15 g frontal impact (Table 8.8 and Figure 8.12).
The model that was initiated with relaxed muscles that dynamically increased to 100%
activation (Figure 8.3) had an average correlation score of 0.84 which was the greatest of
the four activation scenarios tested.
The model with tensed muscle that were held constant throughout the 200 ms
simulation had a greater average correlation score than constant relaxed muscles, 0.74
and 0.70 respectively. However, both activation schemes resulted in head excursions
greater than NBDL volunteers. Peak head rotations were 55% and 103% greater than the
volunteers and peak z-direction displacements were 35% and 63% greater than the
volunteers, respectively.
Activation dynamics, which increased extensor activations to 100%, increased
model to volunteer correlation for both the relaxed and tensed initial states. Average
correlation scores increase 0.06 and 0.14 for the tensed and relaxed state, respectively.
Peak head displacements and accelerations all decreased on average 13% and 25%.
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Table 8.8: Muscle activation had a considerable effect on correlation scores (C) and
peak responses as evaluated against NBDL 15g volunteer corridors

Figure 8.12: Muscle activations had a considerable effect on head and neck kinematics
during 15 g frontal impact. Relaxed dynamics activation resulted in the highest
biofidelity.
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Finally, tensed muscles, whether held constant or dynamically increased,
resulted in decreased head lag and head accelerations compared to relaxed muscles. For
the dynamically increased activation schemes, tensed muscles resulted in only 12 ms of
lag between neck and head rotational while relaxed muscles resulted in 26 ms which
was more comparable to the volunteer 24 ms. While all accelerations decreased when
the muscles were initially activated with tensed activations, head rotational accelerations
decreased the most dramatically with 108% lower peak rotational accelerations with
tensed activations than with relaxed activations.
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8.2.5 Pediatric Six and Ten Year Olds
The response of the pediatric six and ten year old head and neck models to 15 g
frontal impact was similar to the adult model response (Figure 8.13). During the 80 ms
there was little head motion and the relaxed activated muscles maintained an upright
posture against gravity.

Figure 8.13: Pediatric and adult model time-lapse response to 15g frontal impact.
The pediatric models had greater head translational and rotational accelerations
than the adult (Table 8.9 and Figure 8.14). Head x-direction translational accelerations
for the six and ten year old models were 17% and 6% greater than the adult model,
respectively. Head sagittal rotational accelerations for the six and ten year old model
were 68% and 44% greater than the adult model, respectively. These higher
accelerations resulted in earlier peak excursions and rotations. The six and ten year old
models reach peak head rotation 19 and 11 ms earlier than the adult model.
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The pediatric models had smaller head excursions but greater rotations than the
adult (Table 8.9 and Figure 8.14). The six and ten year old models displaced 30% and
14% less in the x-direction and 21% and 5% less in the z-direction. The head of both the
six and ten year old models rotated 11% more than the adult.
The pediatric models sustained lower cross-sectional neck flexion and tensile
loads than the adult model (Figure 8.15 and Appendix D). The cross-sectional peak
flexion moment at the OC spinal segment was only 20.9 and 25.5 Nm in the six and ten
year old models compared to 46.5 Nm in the adult model. The cross-sectional peak
tensile force at the OC spinal segment was 648 and 713 N in the six and ten year old
models compared to 859 N in the adult model. On the other hand, the pediatric models
sustained higher peak shear loads than the adult model. The cross-sectional peak shear
force at the OC spinal segment was 950 and 861 N in the six and ten year old models
compared to 835 N in the adult model.
The neck muscle protected the osteoligamentous spine by bearing a large portion
of the cross-sectional neck loads. The OC spinal segment of the pediatric models, like
the adult model, went into extension during the initial loading and then never went into
flexion with all of the moment being borne by the muscles. Also similar to the adult
model, the pediatric osteoligamentous spine was loaded in compression during peak
neck flexion at the same time the total neck was loaded in tension.
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Table 8.9: Pediatric and adult model peak responses during 15 g frontal impact

Figure 8.14: Pediatric and adult model kinematic response to 15 g frontal impact. The
heads of the six and ten year old models displaced less but rotated more than the
adult.
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Figure 8.15: Pediatric and adult model O-C2 spinal segment osteoligamentous,
muscular, and neck loads during 15 g frontal impact.
The kinematic response of the pediatric models was most sensitive to the zdirection vertebral geometry scale factor. Correlation coefficients of model parameters
to kinematic responses are presented in Table 8.10 with scatterplots presented in
Appendix D. Increasing the z-direction vertebral scale factor—which in turn increased
the length of the pediatric neck—significantly increased peak head displacements,
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rotation, and z-direction translational accelerations while significantly decreasing peak
x-direction translational and head rotational accelerations.
The kinematic response of the pediatric models was next most sensitive to the
muscle PCSA and z-direction vertebral geometry scale factors. Increasing these scale
factors increased the muscle size and the muscle attachment distance from the spine.
These increases each resulted in significantly decreased peak head flexion rotation and
also decreased head rotational accelerations.
Pediatric intervertebral joint stiffnesses did not significantly affect peak head
excursion or rotations. Increasing joint stiffnesses did increase peak head accelerations.
Cross-sectional neck loads measured at the OC spinal segment were most
sensitivity to pediatric muscle PCSA, vertebral and head z-direction geometry, and head
inertial property scale factors (Table 8.11). Intervertebral joint stiffnesses only
significantly affected peak OC tensile forces.
Six and ten year old pediatric response corridors during 15 g frontal impact are
presented in Appendix D. Corridors were created from the average ± standard
deviation response during uncertainty analysis.

144

Table 8.10: Pediatric model uncertainty analyses kinematic Pearson correlation coefficients presented and ranked against other
model parameters. The top three parameters in each column of each age are highlighted.
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Table 8.11: Pediatric model uncertainty analyses kinetic Pearson correlation
coefficients presented and ranked against other model parameters. The top three
parameters in each column of each age are highlighted.
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8.3 Discussion
The first objective of this chapter was to validate the adult model against high
speed 15 g frontal impact volunteer corridors. Overall, the model demonstrated high
biofidelity and agreed well with the volunteer corridors with an average kinematic
correlation score of 0.86. Overall the model was less stiff than the volunteers with the
head displacing more than the volunteers. Nevertheless, the model peak head
displacements fell within the corridors.
The muscle of the neck protected the osteoligamentous spine from injurious
moments at peak head and neck flexion excursion. The total neck was loaded to a peak
flexion moment of over 100 Nm at the C5-C6 spinal segment. That is four times greater
than the 25.3 Nm osteoligamentous lower cervical spine age-adjusted failure tolerance.
The muscles of the neck carried over 80% of the total moment leaving the
osteoligamentous spine bearing only 19.4 Nm; which is below the failure tolerance.
However, since muscles are structurally capable of only bearing tensile loads and not
moments, muscles can only react to a moment through a couple. This couple was
manifest through relatively large compressive loads in the osteoligamentous spine,
which is the only structural component of the neck capable of bearing compression. At
peak neck flexion moment, the total muscular tensile load was 2.6 kN at the same time
the osteoligamentous compressive load was 2.3 kN. This compressive load in the
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osteoligamentous spine was almost two thirds of the 3.8 kN cervical spine age-adjusted
failure tolerance.
Individually, neither the osteoligamentous flexion or compression loads
exceeded their respective tolerances. Using an osteoligamentous neck injury criterion
that linearly combines both axial forces and sagittal moments (Equation 8.1) resulted in a
value of 1.4 which is greater than 1.0 and would predict a lower cervical spine failure.
However, since the model simulated the non-injurious loading conditions experienced
by volunteers, further investigation is required to test these loads or the predictive
ability of a combined load neck injury criterion. It has been previously shown that the
homogenous beam based neck injury criterion is limited in predicting the multi-element
structural failure response of the upper cervical spine (Dibb et al. 2009).
One limitation of the current model—and multi-body neck models in general—
was the inability to investigate stress and strain of the individual vertebra and soft
tissues. Two other head and neck models have investigated spinal segment tissue loads
and reported compressive loads during simulated frontal impact. Compressive
intervertebral disc loads were reported in the model created by van Lopik and Acar
(2007b) but were only attributed to the inertial loading of the head. Disk compressive
loads were reported to have never exceeded 50% of failure forces. On the other hand,
disc moments were found to be between 60 - 80 Nm which are greater than whole spinal
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segment tolerances. Brolin et al. (2005) reported maximum vertebral trabecular bone
stresses that exceeded failure levels but did not discuss their cause or significance.
The second objective of this chapter was to investigate the sensitivity of the
model to input parameters during frontal impact. Muscle model parameters were found
to have the greatest significant effect on kinematic response. The parameters with the
greatest combined significance were those that determined activation dynamics. As has
been reported by other head and neck models in the literature, increasing the muscle
activation level or decreasing the reflex time decreased head and neck kinematics.
Activation level and reflex times have historically been the most widely studied
parameters and used to tune the response to increase model biofidelity. The second
most significant model parameter was muscle maximum isometric stress, σmax.
Increasing σmax decreased head and neck kinematics. Reported values in literature range
anywhere from 0.2 to 1.0 MPa with a recommended value of 0.5 MPa (Winters and
Stark 1988). The majority of head and neck models have implemented σmax somewhere
between 0.4 and 0.7 MPa. One model in particular (Wittek et al. 2001) set σmax = 1.0 MPa
which, considering the significance of it, could have possibly been chosen to cover
model deficiencies. The third most significant model parameter was muscle attachment
location. While muscle activation level, reflex time, and σmax altered muscle forces,
attachment location altered the muscle loading line of action and effective moment arm
length. The more anterior the muscle attachments—thus decreasing the extensor muscle
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moment arms—the greater the head and neck kinematics. The significance of muscle
attachment locations denotes the importance of the source used to create the models.
The most accurate sources of attachment location are PMHS dissections. Nevertheless,
many head and neck models implement attachment locations based on anatomical text
books or MRI. Other significant muscle parameters included PCSA, passive stiffness,
active force length stiffness, and neural excitation time constant.
The only intervertebral joint properties that had a significant effect on head and
neck kinematics were sagittal bending stiffnesses. Of all model parameters, bending
stiffnesses were at most the sixth greatest contributor. On the other hand, intervertebral
joint properties had the greatest significant effect on peak flexion moments sustained
and possible injury metrics scored by the osteoligamentous spine. This raises the
question of the validity of models that only use frontal impact as a means of model
validation. Since muscle properties had a greater contribution than joint properties
during frontal impact, NBDL kinematic volunteer corridors principally provide a
validation of the neck muscles and not the osteoligamentous spine. Greater emphasis
needs to be placed on model validation against PMHS osteoligamentous validations.
The model response during frontal impact was significantly sensitive to the
applied boundary conditions. T1 x-direction accelerations had the greatest effect of the
applied boundary conditions with significance to all model kinematics. The inclusion of
gravity had a significant effect on head accelerations, neck rotations, and head
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displacements. Gravity even had a more significant effect than other model parameters,
such as head mass and inertia, on many of the model responses. Several head and neck
models ignore gravity citing its effects are negligible or the difficulty in maintaining the
head in an upright posture before loading (van der Horst 2002; Brolin et al. 2005; Panzer
2006). The current study demonstrates the importance of including gravity in all head
and neck simulations.
Sensitivity analysis of the model also demonstrated the cause of
osteoligamentous compression as the coupled effect of muscle loads reacting to moment.
The neck is a statically indeterminate system with moment either being carried by the
spinal segments or the muscles. The greater moment will be carried by the stiffer
structural component. The greatest significant increases to peak compressive forces
were changes in the muscle properties that increased the muscle stiffness and load
carrying capacity, including: activation level, max isometric stress, PCSA, muscle
attachment, and active and passive stiffness. Increasing the compressive stiffness of the
intervertebral joints also increased the osteoligamentous compressive force. On the
other hand, increasing the flexion stiffness of the intervertebral joints decreased the
osteoligamentous compressive force.
The third objective of this chapter was to test the influence of muscle wrapping
during frontal impact. Modeling muscle wrapping had a substantial effect on head
kinematics. When muscle wrapping was not modeled while using single-segment
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muscles, the head over translated, over rotated, and had the lowest average correlation
rating when compared against the volunteer corridors. This was a result of nonanatomical muscle loading lines of action as the muscles passed through the underlying
vertebrae.
Modeling muscle wrapping—either through multi-segmented muscles or sliding
contact muscles—improved model kinematic biofidelity when compared against singlesegment muscles. Both muscle wrapping methods maintained reasonable muscle
loading lines of action and kinematics were similar for both methods. The model with
multi-segmented muscles with rigidly attached intersegmental nodes was generally
stiffer which resulted in lower peak translations and rotations than the model with
sliding contact muscles.
The model with multi-segment muscles had the greatest peak muscle strains of
the three muscle models. Hedenstierna and Halldin (2008) conducted a study
comparing head and neck models with discrete neck muscles to continuum muscles.
They concluded that continuum muscles were superior to discrete muscles based on
peak muscle strains. They reported similar large muscle strains during frontal impact
using multi-segment muscles but shortsightedly attributed these to the use of discrete
muscles rather than their method of modeling muscle wrapping. Modeling muscles
using discrete elements with sliding contact interactions to induce muscle wrapping in
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the current study resulted in muscle strains comparable to their continuum muscle
model.
The fourth objective of this chapter was to investigate initial muscle activations.
The volunteers during the NBDL experiments were aware of the impending frontal
impact acceleration and subjected to multiple accelerations each with increased severity.
Two initial muscle activation scenarios were simulated which maintained the head in an
upright posture against gravity prior to impact. The model with relaxed muscles that
were activated after a reflex period had greater correlation to the volunteer corridors
than the model with tensed muscles. The model with tensed activation experienced
head rotational accelerations that were over half of those reported for the volunteers.
While only two initial activations were tested representing the two extreme possibilities
while maintaining an upright posture under gravity, the current results might imply
that the volunteers were indeed relaxed prior to loading. Unfortunately, the volunteers
were not instrumented to enable recording of muscle activations and thus activations in
computer models have to be implied in order to match volunteer kinematics.
One aspect of frontal impact that was simulated with the adult head and neck
model was head lag. The length of time that the head rotation of the model lagged neck
rotation was 26 ms, which is 2 ms longer than the volunteers. The length of head lag
was most dependent on the extension stiffness of the neck. Increasing the extension
stiffness of the neck significantly decreased the head lag. This was evident in the
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sensitivity analysis, muscle wrapping, and initial muscle activation tests. During the
sensitivity analysis, the most significant model parameters affecting head lag were those
that increased extension stiffness such as increasing intervertebral joint extension
stiffness or increasing flexor muscle passive stiffness. While testing the effects of muscle
wrapping, the multi-segment muscles generally demonstrated to be stiffer because of
the rigidly attached intersegmental nodes and thus had the shortest head lag of the three
muscle models. Finally, during the initial activation tests, the models with initially
tensed activations had extremely short head lag times of only 9 to 13 ms. When tensed,
both the extensors and flexors were equally loaded. However, with the rearward
motion of T1, the extensors were shortened while the flexors were elongated. This leads
to a loading imbalance with greater flexor forces which exerted additional moment on
the head to initiate earlier head rotational accelerations and rotations. One of the
limitations of the Hybrid III ATD neck is its inability to mimic head lag (Seemann et al.
1986). Increased head lag during frontal impact could be achieved by decreasing
extension stiffness.
The final objective of this chapter was to investigate the effects of high speed
frontal impact on the pediatric six and ten year old models. A limitation of this study
was that the same T1 boundary conditions were applied to the pediatric models as those
measured from adult volunteers. While doing this enables direct comparisons between
adult and pediatric head and neck kinematics and kinetics, subjecting children and
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adults to the same sled accelerations would likely result in different T1 accelerations as
demonstrated in low speed frontal sled tests (Arbogast et al. 2009). This study also
removed the effects of muscle activation dynamics from the comparison by applying the
same activation histories to the pediatric models as those of the adult model.
As can be expected because of their smaller neck length, the heads of the
pediatric models translated less than the adult. Peak x-direction CG translations were in
fact 70% and 86% of the adult peak translations which were essentially the same
percentage as the vertebral z-direction scale factors used to create the six and ten year
old models, respectively. Sensitivity analysis also showed the dependence of peak
translation displacements on neck length. Both x-direction and z-direction were most
sensitive to neck length.
The pediatric model heads rotated in flexion more than the adult model. Both
the six and ten year old models rotated 11% more than the adult. Sensitivity analysis
showed that while neck length was significant, the most significant pediatric parameter
was muscle PCSA. Increasing the muscle PCSA decreased the peak head rotation. This
was likely the result of increasing the PCSA increased bending stiffness. Further
investigation into pediatric bending stiffnesses will be discussed in Chapter 9.
Both the pediatric six and ten year old models had higher head translational and
rotational head accelerations than the adult, with the six year old having the highest
accelerations. This can be explained by a simple mass spring on a moving base model.
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Decreasing the spring stiffness of the mass-spring model increases the acceleration of the
mass. This was demonstrated during the sensitivity analysis in which increasing the
muscle PCSA, which increased the neck stiffness, significantly decreased head
accelerations. Higher pediatric head accelerations could lead to pediatric head injuries
that would not have caused adult injury under identical loading scenarios. Further
work needs to be done to understand acceleration caused pediatric head injuries to fully
study this possibility. Currently the proposed Head Injury Criterion for the six year old
is the same as the adult (Eppinger et al. 1999).
The loads in the pediatric model necks were smaller than the loads in the adult
model neck. Even though the pediatric models experienced greater accelerations, they
resulted in smaller neck loads because of the smaller head mass and inertia of the
pediatric models.

8.4 Conclusions
The adult head and neck model was validated for high speed frontal impact
against NBDL volunteer corridors. Muscle properties had the most significant effect on
head and neck kinematic as compared to head mass, neck length, or osteoligamentous
stiffnesses. While other head and neck models reported in the literature ignore gravity,
this study found gravity to have a significant effect on model kinematics. Muscles that
were modeled as single-segments passed through the underlying vertebra resulting in
non-physiological loading lines of action. Muscle that modeled muscle wrapping—
156

either through multi-segment muscles with rigidly attached intersegmental nodes or
sliding contacts—resulted in higher kinematic biofidelity. The model with initially
relaxed muscle activations had a more biofidelic response than initially tensed
activations suggesting the volunteers did relax prior to impact experiments. Finally, the
pediatric six and ten year old response to high speed frontal impact was compared to
the adult response with response corridors useful for future ATD design.
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9

Model Responses to ATD Pendulum Calibration
Impact
Hybrid III pediatric ATD necks were developed by scaling the adult bending

stiffness based on pediatric seating height and weight. Calibration of the Hybrid III
neck bending stiffness is accomplished by attaching the head and neck to the end of a
pendulum (Figure 9.1) which is raised and then dropped (Section 2.2.3). The prescribed
pendulum deceleration results in head and neck flexion similar to frontal impact.
Simulations of the ATD neck pendulum calibration test with the adult and pediatric
models were used to accomplish four objectives. The first objective was to compare
pediatric to adult neck sagittal dynamic flexion bending stiffnesses. The second
objective was to test the hypothesis that the sagittal bending response of the pediatric
head and neck will lie within the Irwin and Mertz (1997) scaled neck flexion corridor.
The third objective was to test the hypothesis that the pediatric neck bending stiffness
was less than the Hybrid III pediatric ATD necks. Finally, the fourth objective of this
chapter was to create biofidelity corridors from the pediatric models for future ATD
neck design.
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Figure 9.1: Head and neck pendulum calibration specification (FMVSS 2010b).

9.1 Methods
The pendulum was modeled as a rigid solid with the physical and inertial
dimensions as specified in Figure 9.1. It was assumed to be pinned to rotate about the yaxis only. The T1 vertebrae of the head and neck models developed in this study were
rigidly attached to the end of the pendulum such that the radial distance between the
pivot and head CG was equivalent for the ATD and adult model. The pendulum with
attached head and neck models were initiated in the vertical position with the specified
rotational velocities. Two impact velocities were simulated. The first and higher
velocity is specified by the Hybrid III (HIII) 50th percentile male ATD (FMVSS 2010c)
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calibration test procedure with an impact velocity of 7.01 m/s. The second and lower
velocity is specified by the HIII six year old child ATD (FMVSS 2010d) calibration test
procedure with an impact velocity of 4.95 m/s. Currently the HIII ten year old child
ATD is not regulated by the FMVSS and therefore no ten year old specific testing
procedures or certification requirements were studied. Decelerations were applied at
the specified accelerometer attachment radius and demonstrated in Figure 9.2 for both
impact velocities. Gravity was modeled in the inferior to superior direction to simulate
an inverted posture. Simulations were run for 200 ms. Contact between the head and
neck with the pendulum was not modeled and thus peak head excursions were
unimpeded.

Figure 9.2: Applied pendulum deceleration and subsequent velocity time histories
with the Hybrid III 50th percentile male and six year old ATD certification
specifications.
Muscle activations were initiated with a relaxed activation state (Chapter 6). The
extensor muscles (Appendix A) as a group were then activated to 100% at impact.
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Activation dynamics were modeled by two linear first-order systems (Section 4.1.3.2).
Relaxed states were chosen since pediatric motor vehicle occupants are likely not aware
of impending impacts yet the dynamics result in muscle activations.
The model head flexion rotation was measured relative to the pendulum
longitudinal centerline, which is equivalent to the specified “D” plane rotation. The
model sagittal moment at the OC joint was calculated from the ligamentous and total
muscular moment at the O-C2 joint COR. Secant stiffness was calculated at peak OC
moment.
The effect of model input parameters on head and neck bending stiffness were
investigated through sensitivity analyses. Input parameters were varied plus and minus
one standard deviation of both the adult (Table 4.3) and pediatric (Table 4.18) models.
Input parameter values were selected using Latin hypercube sampling and 50
simulations were run per variable (Iman et al. 1981a; Iman et al. 1981b). Correlation of
stiffness to input variables were quantified through Pearson correlation with
significance levels of p < 0.05. Model uncertainty corridors were created from the
average ± standard deviation of all simulations responses.
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9.2 Results
9.2.1 Adult
The adult 50th percentile male model first went into extension rotation relative to
the loading pendulum followed quickly by flexion rotation when impacted at the
velocity specified by the HIII 50th male certification (Figure 9.3 and Figure 9.4).
Extension rotation peaked at -4° head rotation and later with 15 Nm of extension
moment. Peak head flexion rotation of 111° occurred 97 ms after impact and peak
flexion moment occurred 15 ms earlier at 51.2 Nm. The flexion moment reached 90% of
its peak magnitude by 55 ms and only increased the final 10% during the next 27 ms.
OC moment actually decreased 17% by the time the head reached its peak rotation
displacement.

Figure 9.3: Adult model kinematic time-lapse response during pendulum induced
frontal impact. The head first rotated into extension relative to the pendulum before
rotating into flexion.
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Figure 9.4: Adult model O-C moment and head flexion rotation during pendulum
induced frontal impact. The stiffness of the model was 0.49 Nm/deg compared to the
Hybrid III certification stiffness of 1.38 Nm/deg.
The HIII 50th percentile male ATD neck (SAE 1997) and certification (FMVSS
2010c) were stiffer than the adult model as shown in Figure 9.4. The secant stiffness of
the model was 0.49 Nm/deg. This was 64% less than the stiffness of the HIII neck of 1.4
Nm/deg. While the ATD neck stiffness was fairly linear, the adult model demonstrated
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a nonlinear softening stiffness. This resulted in the model passing outside of the Mertz
flexion bending corridor (Mertz and Patrick 1971).
Bending stiffness was only sensitive to adult model muscle parameters. Bending
stiffness correlation coefficients to model parameters are presented in Table 9.1 with
scatterplots presented in Figure E.1. Muscle anteroposterior x-direction attachment
locations had the greatest effect and stiffness significantly decreased with more anterior
attachment locations. Parameters that increase muscle force generating capacity
significantly increased bending stiffness, including: max isometric stress, PCSA, and
maximum relative force. Increasing active muscle stiffness by increasing the forcelength shape factor also significantly increased bending stiffness.
Osteoligamentous joint stiffnesses did not significantly affect bending stiffness
(Table 9.1). Increasing joint bending stiffness did increase overall neck stiffness but not
significantly and was the parameter with the 8th largest correlation score.
Adult model uncertainty analysis corridors are presented in Figure 9.5 and
Figure E.2. The peak O-C moment was between 49 and 71 Nm at 76 to 138 degrees of
head rotation and occurred between 67 to 103 ms. The peak head rotation was between
84 and 140 degrees and occurred between 81 to 109 ms.
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Table 9.1: Adult model bending stiffness Pearson correlation coefficients
during pendulum sensitivity analysis. The top five parameters are
highlighted.
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Figure 9.5: Adult model flexion stiffness sensitivity analysis corridors. Plotted are all
1350 simulations with response and peak response corridors created from the average
± standard deviation.
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9.2.2 Pediatric Six and Ten Year Olds
The response of the pediatric six and ten year old model during pendulum
induced frontal impact was similar to the adult response when impacted at the velocity
specified by the HIII six year old ATD certification (Figure 9.6 and Figure 9.7). The head
first went into extension rotation reaching a peak of 3° rotation at 19 ms. The head of the
pediatric models then rotated into flexion with greater rotational displacements while
reacting lower O-C flexion moments than the adult model. Adult to pediatric rotational
displacement and moment scale factors developed from least-squares minimization are
presented in Table 9.2.

Figure 9.6: Adult and pediatric kinematic time-lapse response during pendulum
induced frontal impact.

167

Figure 9.7: Pediatric and adult model head flexion rotation and O-C moment during
pendulum induced frontal impact.

Table 9.2: Adult to Pediatric head and neck flexion scale factors.
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The Hybrid III six year old (NHTSA 1998; Saul et al. 1998) and ten year old ATD
(Mertz et al. 2001) were more stiff than the pediatric head and neck models as shown in
Figure 9.8. The secant stiffness of the six year old model was 0.24 Nm/deg and of the ten
year old was 0.30 Nm/deg. This was 53% and 60% less than the HIII six and ten year old
ATD stiffnesses of 0.50 and 0.75 Nm/deg, respectively. Similar to the adult, model
flexion bending stiffnesses were nonlinear softening while the HIII were nonlinear
stiffening.

Figure 9.8: The pediatric head and neck models were less stiff than they Hybrid III
Six and Ten year old ATD and passed outside of the Mertz scaled flexion corridor.
The pediatric models did not remain within the Mertz scaled flexion bending
corridors (Figure 9.8). The ten year old model fit the scaled corridor the best with 92% of
the loading response within the corridor. The six year old model was stiffer than the
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scaled corridor and the response quickly passed out of the top of the corridor. Only 66%
of the loading response was within the corridor.
Pediatric model uncertainty analysis corridors are presented in Figure 9.9 and
Figure E.3-4. The six year old average peak O-C moment was 22 ± 1.7 Nm at 85 ± 10
degrees of head rotation. The ten year old average peak O-C moment was 26 ± 2.1 Nm
at 84 ± 8.3 degrees of head rotation.
The average secant stiffness during the uncertainty analysis was 0.27 ± 0.05
Nm/deg and 0.32 ± 0.06 Nm/deg for the six and ten year old models and were
significantly (p < 0.001) less stiff than the HIII neck. Pediatric model stiffnesses were
most sensitivity to muscle PCSA. Bending stiffness correlation coefficients to pediatric
model parameters are presented in Table 9.3 with scatterplots presented in Figure E.5-6.
Increasing muscle PCSA significantly increased stiffness. The next most significant
parameters were vertebral and head geometry scale factors that altered muscle
attachment locations.
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Figure 9.9: Pediatric model flexion stiffness uncertainty analysis corridors. Plotted are
all 650 simulations with response and peak response corridors created from the
average ± standard deviation.
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Table 9.3: Pediatric model bending stiffness Pearson correlation coefficients during
pendulum uncertainty analysis. The top three parameters in each column are
highlighted.

9.3 Discussion
The purpose of this chapter was to investigate the dynamics flexion bending
response and stiffness of the head and neck during frontal impact loading induced
during ATD neck certification pendulum testing. The neck flexion response was
compared between adult and pediatric necks and against the Hybrid III ATD necks and
the Mertz flexion corridors. Finally, flexion biofidelity corridors were created for future
ATD design.
The pediatric neck was less stiff than the adult neck during flexion rotation. The
ratios of the pediatric to adult stiffness—calculated by dividing the O-C moment scale
factor by the head rotation scale factor (Table 9.2)—for six and ten year old were 0.36
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and 0.45, respectively. This was greater than the ratio derived from overall pediatric
mass and seating height used to develop pediatric HIII ATD neck (Figure 9.10). This
would suggest that the difference between the adult and pediatric bending stiffness is
not as great as was used to design the current HIII six and ten year old ATD necks. In
other words, the pediatric HIII neck is excessively flexible when compared against the
adult HIII adult neck.

Figure 9.10: Pediatric flexion bending scale factors calculated from the present study
were greater than those derived from proxies of mass and seating height used to
develop pediatric ATD necks (Mertz et al. 1989; Irwin and Mertz 1997).
The Hybrid III ATD necks were on average 2.5 times stiffer in flexion bending
than the head and neck models (Figure 9.4 and Figure 9.8). The difference between ATD
and model bending stiffness was minor below 40° of head flexion rotation; however, the
greatest difference occurred at higher rotations. At higher rotations the ATD stiffness
tended to nonlinearly increase while the model stiffness tended to nonlinearly decrease.
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The model nonlinear softening can be explained by the muscles and their strain rate
dependence. Muscle force increases at higher elongation strain rates in both the passive
and active elements (Section 4.1.3). Higher muscle strain rates occurred during the
higher head rotational velocities of the initial loading phase and then decreased until
peak head rotational displacement was reached. The muscle force decrease with
decreased strain rates and can be seen in the O-C moment time histories. The moments
increased rapidly during the high muscle strain rate of the initial loading and peaked
prior to peak rotational displacement and actually decreased by peak rotation. A
secondary explanation of the softening of model bending stiffness is the decrease in
stress of the active muscle with increased strains (Section 4.1.3). However, the active
muscle strain dependence was less of a factor since muscle strains were relatively low
with an average peak extensor strain of only 11%. Therefore, one difference in stiffness
between the HIII ATD necks and the models is the rate dependence effects that are not
factored into the design of the ATD necks.
The pediatric and adult model flexion bending response all passed outside of the
Mertz corridors primarily at higher head rotations because the model bending stiffness
did not increase at higher rotations. A significant limitation of the comparison of model
responses to the Mertz corridors was that no interactions between the head and chest
were modeled in the simulations. The Mertz corridors were created from PMHS frontal
impact sled tests in which the O-C moment was calculated from the inverse dynamics of
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head accelerations and included “the summation of the moments of the neck and chin
forces” (Mertz and Patrick 1971). Mertz and Patrick reported a volunteer static head
flexion rotation limit of 66 degrees and a dynamic rotation limit of 70 degrees. The adult
model surpassed these limits and reached an unrealistic peak head rotation greater than
110 degrees which would not have occurred with chin contact providing “a stop for
forward head rotation” (Mertz and Patrick 1971).
Pendulum flexion bending biofidelity response corridors were created for future
ATD neck design specifications from uncertainty analysis of the models (Figure 9.5 and
Figure 9.9). These corridors represent the response of validated, biofidelic models under
the same loading conditions used to certify the ATD neck. They also represent the head
and neck response without chin-on-chest contact which does not occur during the
pendulum test. Included in the corridors was the head extension rotation which occurs
prior to flexion rotation that is not represented by the HIII ATD necks.
Muscle parameters had the greatest effect on head and neck bending stiffness.
Increasing the force generating capacity, effective moment arm, and stiffness of the
muscles significantly increased the bending stiffness. While increasing the
osteoligamentous bending stiffness did increase the overall neck stiffness, muscle
parameters had a greater effect. Therefore, the ATD bending response is representative
of the cervical muscle properties during frontal impact.
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9.4 Conclusions
Pediatric and adult head and neck models were used to investigate the dynamics
bending stiffness of the human neck during frontal impact induced through Hybrid III
ATD neck certification pendulum loading. The pediatric neck was found to be less stiff
than the adult with adult to pediatric scale factors of 0.36 and 0.45 for the six and ten
year old, respectively. These scale factors were larger than those derived using mass
and seating height used to design the pediatric HIII necks. Meanwhile, the HIII necks
were stiffer than the pediatric and adult models. Finally, pendulum flexion biofidelity
corridors were created for future ATD design.
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10 Model Responses to Tensile Loading
Cervical muscles are an important mechanical structure of the neck affecting
stiffness and load sharing when tension loads are applied (Section 2.2.4). The tensile
load carrying capacity of the muscles shields the osteoligamentous spine from the total
applied tensile load, thus increasing the overall tolerance of the neck. Computational
head and neck models have been shown to be an effective method to include accurate
muscle properties to investigate the cervical tension tolerance (Chancey et al. 2003).
Therefore, the primary objective of the current chapter was to investigate the tensile
cervical stiffness and tolerance of the pediatric cervical spine using validated pediatric
models.
Tension loading of the neck does not affect the muscle loading lines of action,
especially when head rotations are minimal. Therefore, modeling muscle wrapping
should not strongly alter model results. The second objective of the current chapter was
to test the hypothesis that modeling muscles that follow the curvature of the neck using
segmented muscles with sliding contact interactions will not change the tolerance of the
neck during computational modeling of tensile loading while using multi-segmented
muscles with rigidly attached intersegmental nodes will decrease the neck tolerance.
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10.1 Methods
The pediatric and adult head and neck models developed in this study were
subjected to axial tensile loading. The head was held fixed while T1 was displaced
inferiorly at a constant 1.0 m/s. Muscles were initiated with one of two activation states;
either relaxed or tensed as described in Chapter 6. Activations were maintained
constant throughout the simulation. Gravity was simulated as a constant body load in
the superior to inferior direction.
Failure of the cervical spine was declared when the tensile force borne by an
osteoligamentous spinal segment exceeded their tensile tolerances which are
summarized in Table 10.1. These tolerances were based on PMHS spinal segment
studies (Section 4.2.3 and Dibb et al. 2009). The mean ages of the adult PMHS specimens
reported by Dibb et al. were in the fifth decade. It has been shown that the strength of
bone and ligaments decreases with age (McElhaney et al. 1970; Woo et al. 1991; Keaveny
and Hayes 1993). Nightingale et al. (1997) recommended a scaling factor of 1.2 to 1.3 be
used when formulating tolerances. Therefore, the reported adult PMHS tolerances were
scaled by a factor of 1.25 to their presented values. The whole neck tolerance was
defined as the total applied load when one spinal segment failed. Tensile stiffness of the
neck was calculated from the linear regression of the applied force versus T1
displacement to failure.
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Table 10.1: Pediatric and adult osteoligamentous tensile failure tolerances.

The effect of model input parameters on tensile stiffness were investigated
through sensitivity analyses. Input parameters were varied plus and minus one
standard deviation of both the adult (Table 4.3) and pediatric (Table 4.18) models. Input
parameter values were selected using Latin hypercube sampling and 50 simulations
were run per variable (Iman et al. 1981a; Iman et al. 1981b). Correlation of stiffness to
input variables were quantified through Pearson correlation with significance levels of p
< 0.05. Model uncertainty corridors were created from the average ± standard deviation
of all simulations responses.
The effects of muscle wrapping on the tensile stiffness and osteoligamentous
spinal loads were investigated through three simulations each using a different muscle
model (Section 4.1.3.3) with the same relaxed state muscle activations. The first muscle
model employed single-segment muscles which did not model muscle wrapping. The
second employed multi-segment muscles in which intersegmental nodes were rigidly
attached to each spanned vertebrae. Finally, the third employed multi-segment muscle
that maintained a defined distance from the vertebra through sliding contacts.
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10.2 Results
10.2.1

Adult and Pediatric Response

In tension, the pediatric neck was less stiff and failed at lower applied loads than
the adult. The no-load as well as the failed state of the models during tensile loading is
shown in Figure 10.1. The six and ten year olds were 33% and 24% less stiff and failed at
55% and 38% lower loads than the adult, respectively (Table 10.2 and Figure 10.2).

Figure 10.1: Adult and pediatric response to axial tension loading.
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Table 10.2: Pediatric and adult tensile stiffnesses as well as applied loads and
displacements at osteoligamentous failure.

Figure 10.2: Adult and pediatric tensile force-displacement responses to failure with
either relaxed or tensed muscle activation states. The six and ten year olds were less
stiff and failed at lower loads.
Cervical muscles increased the overall tensile tolerance of the both the pediatric
and adult neck. Without muscles the neck would fail at the lower tolerances of the
lower cervical spine (Table 10.1). The inclusion of muscles that were activated at only a
relaxed state increased the tolerance of the neck by an average of 52% (Table 10.2). The
tolerance was further increased an additional 76% when the muscles were activated at a
181

tensed state. The tensed state muscles resulted in an average 10% decrease in the
displacement to failure when compared against the models with relaxed state muscles.
Muscles carried a larger percentage of the applied load in the lower cervical
spinal segments than the upper cervical spine (Figure 10.3). Lower cervical spinal
segments carried 11% and 18% more of the applied load than the upper cervical spinal
with relaxed and tensed muscles, respectively. Muscle activation state did affect the
stiffness of the neck but only increased stiffness an average of 4% with tensed muscles
than relaxed.

Figure 10.3: The percent of the applied tension load borne by the muscles for each
spinal segment. Muscle load sharing was greater in the lower cervical spinal
segments.
The adult model with muscles, either relaxed or tensed, predicted injury of the
O-C2 spinal segment (Figure 10.4 through Figure 10.6). The pediatric models both
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predicted failure of the C2-C3 spinal segments with tensed muscles. With relaxed
muscles, the six year old model predicted failure of the C6-C7 spinal segment while the
ten year old model predicted failure of the C2-C3.
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Figure 10.4: Six year old spinal segment loads versus the applied whole neck load.
The relaxed six year old model predicted failure of the C6-C7 while the tensed model
predicted failure of the C2-C3.
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Figure 10.5: Ten year old spinal segment loads versus the applied whole neck load.
The relaxed and tensed ten year old model predicted failure of the C2-C3.
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Figure 10.6: Adult spinal segment loads versus the applied whole neck load. The
relaxed and tensed adult old model predicted failure of the O-C2.
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The response of the adult model during tensile loading was most sensitive to the
intervertebral joint tensile stiffness. Correlation coefficients of total neck tensile stiffness
and failure loads and displacements to model parameters are presented in Table 10.3
with scatterplots presented in Appendix F. Increasing the intervertebral joint tensile
stiffness significantly increased neck stiffness while decreasing load and displacement
tolerance. Increasing the stiffness and force generating capacity of the muscles
significantly increased the neck stiffness and load and displacement tolerance.
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Table 10.3: Adult model Pearson correlation coefficients during tension sensitivity
analysis. The top five significant parameters in each column are highlighted.

Adult model sensitivity analysis corridors during tension are presented in Figure
10.7. Failure with relaxed muscles occurred on average between 3.2 and 3.6 kN of
applied load at 22.2 to 28.5 mm of axial displacement. Failure with tensed muscles
occurred on average between 4.2 and 5.8 kN of applied load at 16.1 to 23.5 mm of axial
displacement.
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Figure 10.7: Adult model tensile stiffness sensitivity analysis corridors. Plotted are all
1400 simulations with response and failure response corridors created from the
average ± standard deviation.
The pediatric models were most sensitive to intervertebral joint stiffnesses and
muscle properties. Correlation coefficients of total neck tensile stiffness and failure
loads and displacements to model parameters are presented in Table 10.4 with
scatterplots presented in Appendix F. As with the adult model, increasing intervertebral
joint stiffness significantly increased neck stiffness while decreasing load and
displacement tolerance. Increasing muscle PCSA significantly increased neck stiffness
and failure load. Increasing vertebral geometry—which increased muscle length—
decreased neck stiffness and tolerance.
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Table 10.4: Pediatric model Pearson correlation coefficients during tension
uncertainty analysis. The top three significant parameters in each column of each age
are highlighted.

Pediatric model uncertainty analysis corridors during tension are presented in
Figure 10.8. Failure with relaxed muscles occurred on average at 1.5 ± 0.1 kN and 2.1 ±
0.1 kN of applied load at 17.3 ± 1.3 and 21.0 ± 1.4 mm of axial displacement for the six
and ten year old, respectively. Failure with tensed muscles occurred on average
between 2.3 ± 0.2 and 3.2 ± 0.2 kN of applied load at 16.4 ± 1.2 and 19.7 ± 1.3 mm of axial
displacement for the six and ten year old, respectively.
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Figure 10.8: Pediatric model tensile stiffness uncertainty analysis corridors. Plotted
are all 650 simulations with response and failure response corridors created from the
average ± standard deviation.
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10.2.2

The Effects of Muscle Wrapping

Modeling muscle wrapping using multi-segment muscles with intersegmental
nodes that were rigidly attached to the vertebrae increased neck tensile stiffness (Table
10.5 and Figure 10.9). Multi-segment muscles resulted in a 7% greater neck stiffness
while sliding contact muscles slightly decreased stiffness 1% when compared against
single-segment muscles which do not model muscle wrapping.
The method of modeling muscle wrapping also affected the loads borne by the
individual osteoligamentous spinal segments and overall neck failure tolerance (Table
10.5 and Figure 10.10). Multi-segment muscles resulted in a 6.4% lower neck tolerance
while sliding contact muscles slightly increased tolerance 0.2% when compared against
single-segment muscles which do not model muscle wrapping. At an applied load of
3.23 kN, which would result in the failure of the O-C2 spinal segment in the model with
multi-segment muscles, the O-C2 of the models with single-segment and sliding contact
muscles were 6.1% below failure tolerance with loads of 2.39 kN. Also, the multisegment model had smaller loads in the lower cervical spinal segments than the singlesegment and sliding contact models.
Table 10.5: Adult tensile stiffnesses as well as applied loads and displacements at
osteoligamentous failure using three different muscle models.
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Figure 10.9: Adult tensile force-displacement response using three different muscle
models. The model with multi-segment muscles was the stiffest while the sliding
contact and single-segment muscles were essentially identical.

Figure 10.10: Osteoligamentous spinal segment loads at an applied tension load of 3.2
kN. The model with multi-segment muscles would predict a failure of the O-C2
while the models with single-segment or sliding contact muscles are below tolerance
and have essentially identical spinal segment loads.
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Finally, muscle modeling method also affected muscle loads. At the same
applied load of 3.2 kN, the tension in a single strand of the Semispinalis Capitis was 26.9
N when muscle were modeled using single segments. When using sliding contact
muscles, the tension in the same muscle varied between 27.0 and 27.2 N along the length
of the muscle. When using multi-segment muscles, the tension in each of the segments
varied between 3.5 and 50.0 N in the same muscle strand.

194

10.3 Discussion
The purpose of this chapter was to investigate the axial tension response of the
adult and pediatric head and neck. This type of loading is pertinent to out-of-position
occupants during airbag deployments in motor vehicles crashes. During tension
loading of the neck, loads are borne by both the osteoligamentous cervical spine and the
cervical musculature. Tensile stiffnesses and tolerances were investigated as well as the
effects of muscle modeling therein.
The pediatric neck was less stiff in tension than the adult. The ratios of the
pediatric to adult stiffnesses were 0.67 and 0.76 for the six and ten year old, respectively.
The most significant contributor to neck stiffness was the stiffness of the
osteoligamentous spine. The stiffness of the relaxed adult neck with muscles was 129
N/mm; which was only 33% greater than the stiffness of the adult osteoligamentous
spine reported as 96.4 N/mm (Dibb et al. 2009). While not as significant, increasing the
stiffness of the passive muscles—either directly or via a decrease in muscle length or
increase in PCSA—also increased neck stiffness. Muscle activation did not greatly affect
neck stiffness. The stiffness only increased 4% between relaxed and tensed muscle
activations. This small change was caused by the fact that the activation of the active
muscle element does not increase the stiffness of the muscle but increases muscle stress.
The axial tensile tolerance of the six and ten year old pediatric relaxed neck was
43% and 59% of the tolerance of the adult neck, respectively. These are very similar and
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within 7% of the axial force scale factors used to create the pediatric Hybrid III ATD
neck injury criteria reference values (Figure 10.11). The HIII axial force scale factors
were derived from neck circumference and tendon strength scale factors (Section 2.1.5)
with the neck circumference being the primary contributor. This is contrary to the
present study in which the primary contributor was the properties and failure of the
osteoligamentous spine and not the muscles. The ratio of pediatric to adult neck
tolerance was within 4% of the pediatric to adult ratio of the osteoligamentous lower
cervical spine tolerance (Table 10.1).

Figure 10.11: Pediatric axial force scale factors calculated from the present study were
within 7% of those derived from proxies of neck circumference and tendon strength
used to scale pediatric ATD injury criteria reference values (Eppinger et al. 1999;
Stammen 2004) and within 4% of the ratio of pediatric to adult osteoligamentous
tolerances.
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The six and ten year old relaxed muscle tensile tolerances of the current study are
similar to the axial force limits specified for the HIII neck injury criteria (Table 10.6). On
the other hand, there is over 1 kN difference between the relaxed adult model tensile
tolerance and the adult HIII neck injury criteria. The large difference between the adult
values is because the adult HIII neck injury criteria were not scaled using the reported
scale factors but scaled using larger scale factors.
Table 10.6: Tensile tolerances from the current study compared against regulated
tensile axial force limits and neck injury criteria (Nij) critical intercepts (Stammen
2004; FMVSS 2010a).

Cervical muscles increased the tensile tolerance of the both the pediatric and
adult neck. Relaxed muscles increase the tolerance 52% while tensed muscles increased
the tolerance 129%. The tolerance of the adult model in the present study was 10% and
23% greater than the relaxed and tensed tolerances of 3.1 and 3.7 kN, respectively,
reported by Chancey et al. (2003). This can be attributed to the improved muscle
modeling of the present study that included muscle strain rate dependence and also the
higher tensile loading rate currently tested. Increasing muscle activation decreased
cervical elongation at failure. This can be attributed to the increased protection of the
lower cervical spinal segments with increased muscle activation causing the less
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protected higher spinal segments to elongate proportionately more during the
displacement controlled loading.
Muscles also altered the location of spinal segment failure. The adult model
predicted failure of the O-C2 spinal segment and the pediatric models predicted failure
of the C2-C3 spinal segment with tensed muscle and either the C2-C3 or C6-C7 spinal
segment with relaxed muscle. The majority of pediatric cervical spinal failures are
reported to occur in the upper cervical spine (UCS) (Eleraky et al. 2000; Brown et al.
2001; Roche and Carty 2001). These studies, however, do not report instances of pure
tensile loading but primary report instances of neck compression and hyperextension
loading. Nevertheless, in pure tensile loading, the pediatric models did demonstrate
that with increased muscle activation the site of injury was shifted rostrally. The
inability of the pediatric muscles to shift the site of injury all the way to the O-C2 spinal
segment as in the adult may be due to the larger difference in the tolerance between the
pediatric osteoligamentous upper and lower cervical spine than the adult (Table 10.1).
While the tolerance of the adult UCS is 10% greater than the LCS, the tolerance of the
pediatric UCS is 46% and 43% greater than the LCS for the six and ten year old,
respectively. It was also shown that the neck muscles of all ages protect the LCS more
than the UCS by bearing more of the applied load (Figure 10.3).
Tension biofidelity response corridors were created for future ATD neck design
from uncertainty analysis of the models. The corridors represent the stiffness and
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tolerance of the human adult and pediatric neck and combine both the osteoligamentous
and musculature contribution.
Finally, the effect of muscle modeling technique was investigated during axial
tension loading. Modeling muscle wrapping effects are intended to produce biofidelic
loading lines of action during head and neck bending. They should not, however, affect
model response during tension for which there is minimal bending. However,
modeling muscle wrapping using multi-segment muscles with intersegmental nodes
rigidly attached to the vertebra increased model tensile stiffness, altered motion
segments loads, and decreased neck tolerance. These differences were a result of the
varying segment tensions along the length of a single muscle strand and their resultant
net loads to vertebrae for which they physiologically spanned but were attached for
muscle wrapping purposes. Muscles that modeled muscle wrapping using sliding
contacts resulted in a more biofidelic tensile responses and tolerances that were very
similar to single-segment non-wrapping muscles.

10.4 Conclusions
Pediatric and adult head and neck models were used to investigate the tensile
stiffness and tolerance of the human neck at loading exposures comparable to out-ofposition airbag interactions. The pediatric six and ten year old neck stiffness was found
to be 67% and 76% of the adult stiffness, respectively. Additionally, the pediatric six
and ten year old neck tolerance was found to be 43% and 59% of the tolerance of the
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adult neck, respectively. Finally, tension response and tolerance corridors were created
for future neck ATD design.
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11 Discussion and Conclusions
Traumatic injuries are the leading cause of death to children between the ages of
one to nineteen years in the United States. Of those injuries, the primary source is motor
vehicle traffic. While the head is the most frequently injured pediatric body region, the
neck affects head injuries by governing head excursion and accelerations. The safety of
children during motor vehicle collisions can be improved by correctly restraining
children in age-specific restraint system in the rear seat of vehicles as well as design
improvements to vehicles and restraints.
Pediatric vehicle safety effectiveness is assessed through pediatric
anthropomorphic testing devices (ATD). The current federally specified pediatric ATD
were designed by scaling down the adult ATD. Unfortunately, children are not scaled
down adults. Children have unique anatomical and structural properties that change as
they age. Computer models of the head and neck provide a valuable tool to combine
results from pediatric PMHS, radiological, and human volunteer studies that can be
used to assess ATD biofidelity and injury prediction.
The current study produced the first validated computer model of the pediatric
head and neck. Radiology studies were conducted to determine pediatric cervical
muscle cross sectional areas, vertebral anthropometry, and vertebral inertial properties
which were combined with available pediatric PMHS properties to create the models. A
validated adult model was also created through improvements to prior models. Head
and vertebrae inertial properties were updated and muscle inertial properties were
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added. All intervertebral joint stiffnesses were updated and non-sagittal degrees of
freedom—lateral lateral shear, lateral bending and axial bending—were added. The
upper cervical spine (O-C2) was modeled as a single joint. Muscle stiffnesses were
updated and include both strain and strain rate dependence for both passive and active
portions. Finally, muscle wrapping was implemented to account for the interactions
between individual muscles and vertebrae during bending.

11.1 Pediatric Head and Neck Dynamics and ATD Implications
This study has investigated and answered a number of questions concerning
pediatric head and neck dynamics. Dynamics were compared between the adult and
the pediatric six and ten year olds during frontal impact and tensile loading. The
presented findings will be valuable for future ATD neck design and analysis.
The current Hybrid III six year old, ten year old, and adult 50th percentile male
head and necks were on average 2.5 times stiffer in flexion bending than the head and
neck models. This supports the findings of previous studies that compared pediatric
PMHS and ATD and reported that the ATD were stiffer but were limited by their small
sample size to draw definitive conclusions (Kallieris et al. 1976; Wismans et al. 1979;
Dejeammes et al. 1984). One implication of stiff ATD necks is a poor prediction of head
excursions. Since head excursions dictate head impacts and potential fatal injury,
designing a neck with a correct stiffness will help guide safety restraints designs that
could mitigate these head excursion or vehicle cabins to improve potential impact
surface characteristics.
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The six and ten year old bending stiffnesses were 36% and 45% of the adult
bending stiffness. This is greater than the ratios derived and used to develop the Mertz
scaled bending biofidelity corridors and ATD necks based on overall pediatric mass and
seating height. This denotes that the pediatric corridors and ATD necks are overly
flexible relative to the adult.
The primary difference between the head and neck flexion responses reported in
the current study compared to the ATD is the nonlinear stiffening response of the ATD.
While the ATD stiffened with increased rotation, the head and neck models relaxed at
increased rotation. The model nonlinear relaxing was a result of the dependence of
muscle forces on strain and strain rate. Model flexion stiffnesses were greatest, and
comparable to the ATD, during the primary loading when head rotational velocities
were the greatest. Bending stiffness then decreased as the head slowed and finally
stopped at peak flexion. For the ATD neck to mimic the response of the models, rate
dependence effects will need to be included.
Care should be taken when using the Mertz bending corridors to evaluate ATD
neck design. The Mertz corridors include a definitive maximum head rotation and
result in an infinite increase in moment. This nonlinearity in the corridors was not the
result of a stiffening the neck but ratter was due to the calculation of the corridor neck
O-C moment from the inverse dynamics of head accelerations which included “the
summation of the moments of the neck and chin forces” (Mertz and Patrick 1971). The
muscles of the model dictated the bending stiffness during flexion and therefore the
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model could only experience nonlinear stiffening during constant or increasing rates of
head rotation. Those head rotations would be physiologically impossible because of
chin-on-chest impact which is reported by Mertz and Patrick to occur at around 66 to 70
degrees. The ATD bending moment-angle response is determined from the moment
recorded in the upper neck load cell and therefore do not include the loads imparted by
chin-on-chest impact. Therefore, the ATD bending response should not be compared
against the Mertz flexion corridor unless the chin-on-chest forces are included in the
neck flexion response. The chin-on-chest contacts are not even possible during the
pendulum ATD certification test and therefore the pendulum results should not be
compared against the Mertz corridors.
The second difference between the flexion responses of the models reported in
the current study and the ATD was head extension prior to flexion during frontal impact
by the model. The heads of both the pediatric and adult models rotated into extension
relative to the T1 during both the 15 g and pendulum induced frontal impact
simulations. This extension resulted in the head rotation lagging neck rotation. The
primary factors that determined head extension and head lag were those factors that
altered neck extension stiffness. The heads of both the adult and pediatric ATD did not
rotate into extension prior to flexion. Therefore, to increase ATD biofidelity during
frontal impact, the extension stiffness of the ATD will need to be reduced and could be
achieved by altering the stiffness of the nodding blocks.
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The current study reported the axial tensile tolerance of the six and ten year old
pediatric relaxed neck to be 43% and 59% of the tolerance of the adult neck, respectively.
These ratios are very similar to the axial force scale factors used to create the pediatric
Hybrid III ATD neck injury criteria reference values which were derived from neck
circumference and tendon strength scale factors. The tensile tolerance of the six year old
was between 1490 and 2300 N and of the ten year old between 2040 and 3170 N. These
are more conservative than the specified Nij critical intercepts of 2800 and 3390 N for the
HIII six and ten year old ATD, respectively. While the pediatric model tensile stiffness
could not be compared against the ATD tensile stiffness since the pediatric ATD tensile
stiffness has not been studied to date, it can be inferred that the pediatric ATD is
considerable more stiff than the models since they also contain a steel safety cable like
the adult ATD (Dibb et al. 2006). The higher ATD Nij critical intercepts are therefore
pertinent because of the stiffer neck.
Finally, response corridors of the pediatric and adult models to frontal impact
and tension loading were created. These corridors can be used to directly assess future
ATD designs.

11.2 Head and Neck Modeling Implications
This study has investigated and answered a number of questions concerning
computer models of the head and neck. The current work provides results that are
applicable to interpreting previous and designing future head and neck computer
models.
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Cervical muscles had the greatest influence on model kinematics and kinetics
during frontal impact. Those model muscle parameters that had a significant effect
include: activation level, PCSA, max isometric strength, muscle wrapping method, and
muscle attachment location. While many previous models have shown the importance
of muscle activation, this study is the first to quantify muscle modeling parameters effect
on the model response against other parameters including osteoligamentous stiffness,
head mass, and neck length.
Considering muscle significance, care should be taken when validating models
using frontal impact. Validation against NBDL frontal impact corridors is more a
validation of the muscle model than the osteoligamentous cervical spine model.
Additional validations against isolated PMHS osteoligamentous corridors are needed
prior to simulating other loading scenarios where osteoligamentous failures are
investigated.
One of the most significant muscle properties was muscle attachment location
and muscle path. Several methods have been used to discover cervical muscle
attachment locations and include anatomy text books, PMHS dissections, and MRI
studies. The current study used locations from PMHS dissections which precisely orient
muscles on the cervical vertebrae. The resultant muscles were then validated against
paths created from an MRI study which captured the curved path of neck muscles. This
study demonstrated that muscle data from two sources, each with their inherent
advantages, can be combined to create biofidelic muscles.
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Along with attachment location and path, the method of modeling muscle
wrapping was shown to have a considerable affect on head and neck kinematics and
kinetics. During loading that resulted in bending of the neck—including frontal
impact—modeling muscle wrapping was required to maintain physiological loading
lines of action. However, the method to model muscle wrapping did not have a
meaningful effect. On the other hand, it was shown that the method of muscle
wrapping did affect model tensile stiffness, spinal segments loads, and neck tolerance.
The most suitable method to model muscle wrapping was to incorporate sliding contact
interactions to guide the muscle.
The current study found that gravity was a significant factor to head and neck
kinematics and kinetics during frontal impact. Several previous head and neck models
have chosen to ignore or not report the modeling of gravity. These models are
neglecting a significant factor that has more influence on the simulation results than
many other model parameters. While including gravity requires additional effort to find
relevant muscle activations that can maintain an upright posture prior to loading, the
effort is required to fully simulate the true loading environment.
This study quantified model validated using a correlation analysis that
compared the model response against experimental volunteer corridors. Considering
the importance of model validation to the final confidence in the model, it is remarkable
that there is no standardized method in the literature to qualify or quantify validation.
Model validation is claimed by as simply as plotting the results and qualifying that the
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model “fit” or “agreed” with the corridors (Van Ee 2000; van der Horst 2002; Meyer et al.
2004b; Chancey 2005; Hedenstierna 2008). The current study used the correlation
analysis to quantify validation and the ISO-TR9790 biofidelity rating scale to qualify
validation.

11.3 Future Model Developments
The current adult and pediatric head and neck models provide the groundwork
for future model developments. The six and ten year old ages were singled out for
investigation for comparison against the six and ten year old ATD. Further ages should
be investigated to fully quantify pediatric biomechanics by age.
The current study focused on flexion bending and tension of the neck because
frontal impacts are the most frequent motor vehicle crash scenario and since seat backs
and child safety seats prevent pediatric head extension rotations. Further improvement
and investigation of the models during other loading scenarios should be undertaken,
including: lateral bending, extension, and compression.
The models of the current study only included the large cervical muscles and the
osteoligamentous spine since they are the main structural components of the neck.
Including other components such as the skin, Platysma muscle, intersegmental muscles,
and trachea will more fully replicate the human neck.

11.4 Conclusions
Validated head and neck models of a six year old, ten year old, and adult were
created. These models were used to compare the pediatric to adult biomechanics during
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frontal impact and tensile loading to gain insights into the dynamics of the pediatric
head during a motor vehicle crash. The pediatric models were also compared against
the six and ten year old Hybrid III ATD head and neck. It was found that the ATD neck
was stiffer than models. The models were then used to create bending and tension
corridors that could be used to analyze the biofidelity of future ATD designs. Overall
the pediatric head and neck models can be used as a general tool to analyze realistic
ATD calibration scenarios or directly employed during computer simulation of safety
designs.
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Appendix A
Intervertebral joint load-displacement properties of the adult 50th percentile male
head and neck model were developed based on PMHS motion segment experiments
(Liu et al. 1982; Goel et al. 1988; Panjabi et al. 1988; Shea et al. 1991; Chang et al. 1992;
Panjabi et al. 2001b; Nightingale et al. 2007; Yoganandan et al. 2007; Yoganandan et al.
2008; Dibb et al. 2009) and presented in Figure A.1 and Figure A.2. Stiffnesses were
modeled using an exponential function (Equation 4.3) for the upper cervical spine (UCS)
and lower cervical spine (LCS).
Cervical muscle size and attachment locations were derived from volunteer MRI
scans and PMHS dissections (Knaub and Myers 1998; Chancey et al. 2003) and are listed
in Table A.1 through Table A.4. The 22 cervical muscles were modeled using 81 strands
since many cervical muscles have multiple and often broad attachments. Muscles were
grouped as either flexors or extensors depending on their contribution to head and neck
dynamics during frontal impact.
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Figure A.1: Intervertebral joint force-displacement curves for: a) anteroposterior
shear, b) lateral shear, and c) tension-compression.
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Figure A.2: Intervertebral joint moment-angle curves for: a) lateral bending, b) sagittal
flexion-extension, and c) axial rotation.
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Table A.1: Extensor muscles of the 50th percentile adult male head and neck model.
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Table A.2: Extensor muscles of the 50th percentile adult male head and neck model (continued).
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Table A.3: Extensor muscles of the 50th percentile adult male head and neck model (continued).
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Table A.4: Flexor muscles of the 50th percentile adult male head and neck model
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Appendix B
The computational model of the adult 50th percentile male head and
osteoligamentous spine was validated in pure sagittal bending, tension-bending, and
head impact against whole cervical spine PMHS studies. The model response
compared to experimental corridors was quantified through a correlation analysis
described in Appendix H. Correlation analysis resulted in a value ranging from zero to
one representing no to excellent biofidelity, respectively.
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Pure sagittal bending validation was conducted by simulating bending PMHS
cervical spine tests conducted by Wheeldon et al. 2006. A pure moment was applied to
the cervical spine from C2 to T1. The moment was applied quasistatically in both
flexion and extension up to 2 Nm. Model moment-angle response was compared to
reported average PMHS response. Results are shown in Figure B.1. Correlation analysis
resulted in an overall value of 0.895, representing a “Excellent” correlation. While the
model rotated 11.1° less in flexion and 9.6° more in extension, this could be a resultant of
differing definition of “neutral zone.” A simple shift in the neutral zone would decrease
the difference between the model and the corridors and increase correlation.

Figure B.1: Flexion-extension pure bending response of the adult 50th percentile
osteoligamentous cervical spine model plotted against PMHS experimental bending
corridors (Wheeldon et al. 2006).
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Tension and tension-bending validation was conducted by simulating tension
PMHS cervical spine tests conducted by Dibb et al. 2009. A tensile load was applied
downward on the T1 vertebra while restraining the head. The force was applied at a
rate of 50N per second to a maximum of 300N. The effect of applied end condition was
examined by applying four end conditions, namely: fixed, rotation constrained,
translation constrained, and free. The effects of loading line of action with free end
conditions were examined by varying the loading line of action to the head in four
locations, namely: through the CG, 3 cm anterior the CG, over the OC, and 3 cm
posterior the OC. Loading through the CG and 3 cm anterior the CG resulted in a
tension-extension mode of loading. Loading 3 cm posterior the OC resulted in tensionflexion loading. Finally, loading aligned over the OC resulted in a pure tensile cervical
load. Axial T1 displacements and head translations and rotations were compared
against average PMHS reported responses. Results are presented in Figure B.2 through
Figure B.7. Correlation analysis results are given in Table B.1. While the model tensile
response was tuned to the fixed end condition displacement, the average correlation
analysis for all other tensile tests was 0.852, representing a “Good” correlation.
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Figure B.2: Tensile T1 axial displacement response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors with varying end
conditions

Figure B.3: Tensile T1 axial displacement response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors with varying loading
lines of action.
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Figure B.4: Tensile head translation response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors with varying end
conditions.

Figure B.5: Tensile head translation response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors with varying loading
lines of action.
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Figure B.6: Tensile head rotation response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors with varying end
conditions.

Figure B.7: Tensile head rotation response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors with varying loading
lines of action.
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Table B.1: Tension and tension-bending validation correlation analysis results.
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Compressive impact validation was conducted by simulating PMHS head and
cervical spine impact studies conducted by Nightingale et al. 1997 . The head impacted
an anvil at a velocity of 3.2 m/s with T1 attached to a 16 kg drop track. The effect of
impact orientation was investigated via three anvil orientations, namely: 0, -15, and +15
degrees. Resultant head loads, neck loads, and head accelerations were compared
against PMHS corridors. Biofidelity could only be quantified using a corridor
correlation since the reported corridors were the minimum and maximum response and
not the average response. Corridor correlation values range from 0 to 1, representing no
to all model points lying within the corridor, respectively. Model simulation results are
presented in Figure B.8. Corridor correlation results are given in Table B.2 with an
average value of 0.553 which represents a “Fair” correlation. The model responses
shape, phase, and magnitude could not be quantifiably compared to the corridor but
showed strong correlation. Also, the model buckled and went into a primarily bending
mode of loading similar to the behavior of the PMHS necks. During the +15 degree
impact, the model buckled earlier than the PMHS and thus the peak resultant neck load
was relatively low. Several of the PMHS necks also failed during this loading which
was not modeled in the computer simulations.
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Figure B.8: Compressive impact response of the adult 50th percentile
osteoligamentous spine model plotted against PMHS corridors.

Table B.2: Compressive impact validation corridor correlation results
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Appendix C
Additional figures of muscle path validation for Chapter 5 in which the muscle
paths of the adult head and neck model that were derived from PMHS dissections were
evaluated against curved muscle paths derived from MRI by Vasavada et al. (2008).

Figure C.1: The PMHS dissection derived muscle path of the Trapezius was compared
against the MRI derived muscle path. Vertebral body landmarks were used to align
the results from the two studies.
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Figure C.2: The MRI and PMHS dissection derived muscle paths for the Levator
Scapula, Longissimus Capitis, and Longissimus Cervicis.
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Figure C.3: The MRI and PMHS dissection derived muscle paths for the Longus
Capitis, Scalenus Anterior, and Scalenus Medius/Posterior.
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Figure C.4: The MRI and PMHS dissection derived muscle paths for the Semispinalis
Capitis, Semispinalis Cervicis, and Splenius Capitis.
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Figure C.5: The PMHS dissection derived muscle path of the Trapezius during flexion
and extension was compared against the MRI derived muscle path. The effect of
muscle wrapping method on muscle path was studied.
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Figure C.6: The MRI and PMHS dissection derived muscle paths for the Levator
Scapula, Longissimus Capitis, and Longissimus Cervicis were compared during
flexion and extension.
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Figure C.7: The MRI and PMHS dissection derived muscle paths for the Longus
Capitis, Scalenus Anterior, and Scalenus Medius/Posterior during flexion and
extension were compared.
232

Figure C.8: The MRI and PMHS dissection derived muscle paths for the Semispinalis
Capitis, Semispinalis Cervicis, and Splenius Capitis during flexion and extension
were compared.
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Appendix D
Additional results of the adult and pediatric models response to 15g frontal
impact from Chapter 8.

D.1 Adult model validation

Figure D.1: Adult model spinal segment neck loads during 15g frontal impact.
Muscles were a primary load carrying component of the neck. While the entire neck
was in tension, the osteoligamentous spine was in compression.
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D.2 Sensitivity analysis

Figure D.2: Adult model head CG translational responses during 15g frontal impact
sensitivity analysis. Plotted are all 1600 simulations with the average ± standard
deviation.

235

Figure D.3: Adult model head and neck rotational responses during 15g frontal impact
sensitivity analysis. Plotted are all 1600 simulations with the average ± standard
deviation.
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Figure D.4: Adult model OC neck loads during 15g frontal impact sensitivity analysis.
Plotted are all 1600 simulations with the average ± standard deviation.
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Table D.1: Symbols of adult model parameters used in general linear model fits
during 15 g frontal impact sensitivity analysis. Model parameter ranges are found in
Table 4.3. Extensor activations ranged from zero to one and initiated at reflex times
from 0.025 to 0.1 s. Gravity was either modeled, G=1, or not included, G=0. T1
boundary conditions were varied over their reported range (Figure 8.2).
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Figure D.5: Translational kinematics scatterplots of peak adult model responses
during 15g frontal impact. Plotted are the model parameters with the five largest
correlation coefficients.
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Figure D.6: Translational kinematics scatterplots of peak adult model responses
during 15g frontal impact (continued from Figure D.5). Plotted are the model
parameters with the sixth through tenth largest correlation coefficients.
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𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑪𝑪𝑪𝑪 𝒙𝒙 𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅 (𝒄𝒄𝒄𝒄)

Equation D.1

= 0.95 − 1.75 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑥𝑥 + 6.22 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 + 10.31 ∗ 𝐶𝐶𝐶𝐶𝑙𝑙 + 0.26 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 − 0.25

∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 0.26 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 0.56 ∗ 𝐶𝐶𝐶𝐶𝑚𝑚𝑚𝑚𝑚𝑚 − 1.05 ∗ 𝛼𝛼 + 5.80 ∗ 𝑡𝑡𝛼𝛼 + 0.23 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥
+ 0.11 ∗ 𝐶𝐶𝐶𝐶1𝑦𝑦

𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑪𝑪𝑪𝑪 𝒛𝒛 𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅𝒅 (𝒄𝒄𝒄𝒄)

Equation D.2

= −4.27 + 11.35 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 + 15.69 ∗ 𝐶𝐶𝐶𝐶𝑙𝑙 − 1.34 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹 + 2.94 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 − 1.52

∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 1.09 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 3.15 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 + 1.10 ∗ 𝐶𝐶𝜏𝜏𝑛𝑛 − 6.39 ∗ 𝛼𝛼 + 49.12 ∗ 𝑡𝑡𝛼𝛼
+ 1.36 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 0.99 ∗ 𝐶𝐶𝐶𝐶1𝑦𝑦 + 0.83 ∗ 𝐺𝐺
𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑪𝑪𝑪𝑪 𝒙𝒙 𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂 �𝒎𝒎� 𝟐𝟐 �
𝒔𝒔

Equation D.3

= 217.5 + 63.5 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 + 13.5 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 − 10.4 ∗ 𝐶𝐶𝐶𝐶𝑚𝑚𝑚𝑚𝑚𝑚 + 5.20 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 30.4
∗ 𝛼𝛼 + 380.7 ∗ 𝑡𝑡𝛼𝛼 + 47.9 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 3.3 ∗ 𝐺𝐺
𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑪𝑪𝑪𝑪 𝒛𝒛 𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂𝒂 �𝒎𝒎� 𝟐𝟐 �
𝒔𝒔

Equation D.4

= 173.0 − 3.2 ∗ 𝐶𝐶𝐶𝐶𝑟𝑟 + 5.6 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 6.7 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 14.0 ∗ 𝐶𝐶𝐶𝐶𝑚𝑚𝑚𝑚𝑚𝑚 + 6.7 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛
− 30.1 ∗ 𝛼𝛼 + 741.2 ∗ 𝑡𝑡𝛼𝛼 + 47.9 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 3.∗ 𝐺𝐺
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Figure D.7: Rotational kinematics scatterplots of peak adult model responses during
15g frontal impact. Plotted are the model parameters with the five largest correlation
coefficients.
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Figure D.8: Rotational kinematics scatterplots of peak adult model responses during
15g frontal impact (continued from Figure D.7). Plotted are the model parameters
with the sixth through tenth largest correlation coefficients.
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𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑯𝑯𝑯𝑯𝑯𝑯𝑯𝑯 𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹 (𝒅𝒅𝒅𝒅𝒅𝒅)

Equation D.5

= 84.7 + 43.7 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 − 2.3 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹 + 24.5 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 − 11.3 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 5.0 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘

− 7.5 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 20.2 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 + 6.2 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 45.6 ∗ 𝛼𝛼 + 274.9 ∗ 𝑡𝑡𝛼𝛼 + 5.7 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥
+ 3.7 ∗ 𝐶𝐶𝐶𝐶1𝑦𝑦

𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑵𝑵𝑵𝑵𝑵𝑵𝑵𝑵 𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹 (𝒅𝒅𝒅𝒅𝒅𝒅)

Equation D.6

= 75.3 − 4.6 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹 + 5.3 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 2.6 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 3.3 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝑎𝑎 − 2.2 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 7.0
∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 + 2.6 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 13.8 ∗ 𝛼𝛼 + 120.8 ∗ 𝑡𝑡𝛼𝛼 + 5.2 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 2.5 ∗ 𝐶𝐶𝐶𝐶1𝑦𝑦 + 2.3

∗ 𝐺𝐺

𝑯𝑯𝑯𝑯𝑯𝑯𝑯𝑯 𝑳𝑳𝑳𝑳𝑳𝑳 (𝒎𝒎𝒎𝒎)

Equation D.7

= 7.70 + 6.58 ∗ 𝐶𝐶ℎ𝐼𝐼 + 3.99 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑥𝑥 − 7.65 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 + 14.82 ∗ 𝐶𝐶𝐶𝐶𝑙𝑙 − 0.76 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹
− 1.19 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 3.18 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 0.78 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 0.54 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 + 1.56 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚
+ 1.99 ∗ 𝛼𝛼 − 50.31 ∗ 𝑡𝑡𝛼𝛼 − 3.39 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥

𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑯𝑯𝑯𝑯𝑯𝑯𝑯𝑯 𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹𝑹 𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨𝑨 �𝒓𝒓𝒓𝒓𝒓𝒓� 𝟐𝟐 �
𝒔𝒔

= 2593 − 575 ∗ 𝐶𝐶ℎ𝐼𝐼 + 1632.3 ∗ 𝐶𝐶𝐶𝐶𝐸𝐸 − 63.2 ∗ 𝐶𝐶𝐶𝐶𝑟𝑟 + 70 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 278 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧
− 138 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 252 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 + 123 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 471 ∗ 𝛼𝛼 + 8620 ∗ 𝑡𝑡𝛼𝛼 + 717
∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 59 ∗ 𝐺𝐺
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Equation D.8

Figure D.9: O-C2 and C5-C6 osteoligamentous kinetics scatterplots of peak adult
model responses during 15g frontal impact. Plotted are the model parameters with
the five largest correlation coefficients.
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Figure D.10: O-C2 and C5-C6 osteoligamentous kinetics of peak adult model
responses during 15g frontal impact (continued from Figure D.9). Plotted are the
model parameters with the sixth through tenth largest correlation coefficients.
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𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳 𝑶𝑶 − 𝑪𝑪𝑪𝑪 𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻𝑻 (𝑵𝑵)

Equation D.9

= 532 + 70 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 44 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 103 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 47 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 180 ∗ 𝐶𝐶𝐶𝐶𝑚𝑚𝑚𝑚𝑚𝑚
+ 77 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 483 ∗ 𝛼𝛼 + 5752 ∗ 𝑡𝑡𝛼𝛼 + 177 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥

𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳 𝑶𝑶 − 𝑪𝑪𝑪𝑪 𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬𝑬 (𝑵𝑵𝑵𝑵)

Equation D.10

= −10.1 − 12.2 ∗ 𝐶𝐶ℎ𝐼𝐼 − 5.6 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 + 16.9 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑧𝑧 − 4.9 ∗ 𝐶𝐶𝐶𝐶𝐸𝐸 − 0.7 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥

− 6.2 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 + 1.6 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 + 3.0 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 + 1.5 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 + 3.2 ∗ 𝛼𝛼 − 50.8 ∗ 𝑡𝑡𝛼𝛼
− 4.5 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥

𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳 𝑪𝑪𝑪𝑪 − 𝑪𝑪𝑪𝑪 𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪𝑪 (𝑵𝑵)

Equation D.11

= 105 − 124 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶 + 90 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹 + 228 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 − 321 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 130 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘
− 533 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 − 289 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 273 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝑚𝑚𝑚𝑚 − 1195 ∗ 𝛼𝛼 + 169 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥
𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳 𝑪𝑪𝑪𝑪 − 𝑪𝑪𝑪𝑪 𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭𝑭 (𝑵𝑵𝑵𝑵)

= 45.1 + 15.3 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹 + 7.0 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 3.6 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 4.5 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 9.4 ∗ 𝐶𝐶𝐶𝐶𝑚𝑚𝑚𝑚𝑚𝑚
+ 3.0 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 20.4 ∗ 𝛼𝛼 + 172 ∗ 𝑡𝑡𝛼𝛼 + 6.1 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 3.0 ∗ 𝐶𝐶𝐶𝐶1𝑦𝑦 + 2.2 ∗ 𝐺𝐺
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Equation D.12

Figure D.11: Adult model O-C2 and C5-C6 osteoligamentous neck injury score and
whole cervical spine bending stiffness scatterplots during 15g frontal impact. Plotted
are the model parameters with the five largest correlation coefficients.
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Figure D.12: Adult model O-C2 and C5-C6 osteoligamentous neck injury score and
whole cervical spine bending stiffness scatterplots during 15g frontal impact
(continued from Figure D.8). Plotted are the model parameters with the sixth through
tenth largest correlation coefficients.
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𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳 𝑶𝑶 − 𝑪𝑪𝑪𝑪 𝑵𝑵𝑵𝑵𝑵𝑵𝑵𝑵

Equation D.13

= 0.34 + 0.06 ∗ 𝐶𝐶𝐶𝐶𝐸𝐸 + 0.03 ∗ 𝐶𝐶𝑗𝑗𝐹𝐹 + 0.05 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 0.07 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 0.04
∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 0.03 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 − 0.06 ∗ 𝛼𝛼 + 1.39 ∗ 𝑡𝑡𝛼𝛼 + 0.06 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥
𝑷𝑷𝑷𝑷𝑷𝑷𝑷𝑷 𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳𝑳 𝑪𝑪𝑪𝑪 − 𝑪𝑪𝑪𝑪 𝑵𝑵𝑵𝑵𝑵𝑵𝑵𝑵

Equation D.14

= 1.93 + 0.59 ∗ 𝐶𝐶𝐶𝐶𝐹𝐹 + 0.20 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 0.13 ∗ 𝐶𝐶𝑚𝑚𝑧𝑧 − 0.07 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 − 0.21

∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚 + 0.10 ∗ 𝐶𝐶𝐶𝐶𝑛𝑛 − 0.45 ∗ 𝛼𝛼 + 6.04 ∗ 𝑡𝑡𝛼𝛼 + 0.18 ∗ 𝐶𝐶𝐶𝐶1𝑥𝑥 + 0.15 ∗ 𝐶𝐶𝐶𝐶1𝑦𝑦

+ 0.11 ∗ 𝐺𝐺

𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩𝑩 𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺𝑺 �𝑵𝑵𝑵𝑵�𝒅𝒅𝒅𝒅𝒅𝒅�

Equation D.15

= −0.08 − 0.30 ∗ 𝐶𝐶𝑚𝑚𝑥𝑥 + 0.16 ∗ 𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶𝐶 + 0.17 ∗ 𝐶𝐶𝐶𝐶𝑘𝑘 + 0.31 ∗ 𝐶𝐶𝜎𝜎𝑚𝑚𝑚𝑚𝑚𝑚
+ 0.54 ∗ 𝛼𝛼 − 3.19 ∗ 𝑡𝑡𝛼𝛼
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D.3 Pediatric model

Figure D.13: Six year old model spinal segment neck loads during 15g frontal impact.
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Figure D.14: Ten year old model spinal segment neck loads during 15g frontal impact.
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Figure D.15: Six year old model head CG translational responses during 15g frontal
impact uncertainty analysis. Plotted are all 650 simulations with the corridor created
from the average ± standard deviation.
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Figure D.16: Translational kinematics scatterplots of peak six year old model
responses during 15g frontal impact. Plotted are the model parameters with the five
largest correlation coefficients.
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Figure D.17: Six year old model head and neck rotational responses during 15g frontal
impact uncertainty analysis. Plotted are all 650 simulations with a corridor created
from the average ± standard deviation.
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Figure D.18: Rotational kinematics scatterplots of peak six year old model responses
during 15g frontal impact. Plotted are the model parameters with the five largest
correlation coefficients.
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Figure D.19: Six year old model OC neck loads during 15g frontal impact uncertainty
analysis. Plotted are all 650 simulations with a corridor created from the average ±
standard deviation.
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Figure D.20: Six year old model O-C2 total neck load scatterplots during 15g frontal
impact. Plotted are the model parameters with the five largest correlation coefficients.
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Figure D.21: Ten year old model head CG translational responses during 15g frontal
impact uncertainty analysis. Plotted are all 650 simulations with the corridor created
from the average ± standard deviation.
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Figure D.22: Translational kinematics scatterplots of peak ten year old model
responses during 15g frontal impact. Plotted are the model parameters with the five
largest correlation coefficients.
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Figure D.23: Ten Six year old model head and neck rotational responses during 15g
frontal impact uncertainty analysis. Plotted are all 650 simulations with a corridor
created from the average ± standard deviation.
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Figure D.24: Rotational kinematics scatterplots of peak ten year old model responses
during 15g frontal impact. Plotted are the model parameters with the five largest
correlation coefficients.
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Figure D.25: Ten year old model OC neck loads during 15g frontal impact uncertainty
analysis. Plotted are all 650 simulations with a corridor created from the average ±
standard deviation.
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Figure D.26: Ten year old model O-C2 total neck load scatterplots during 15g frontal
impact. Plotted are the model parameters with the five largest correlation coefficients.
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Appendix E
Additional results of the adult and pediatric models response to pendulum
induced frontal impact from Chapter 9.

Figure E.1: Adult model scatterplots during pendulum impact sensitivity analysis.
Plotted are the model parameters with the ten largest bending stiffness correlation
coefficients.
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Figure E.2: Adult model O-C moment and head rotation time histories during
pendulum induced frontal impact sensitivity analysis. Plotted are all 1350
simulations with a response and peak response corridors created from the average ±
standard deviation.
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Figure E.3: Six year old model O-C moment and head rotation time histories during
pendulum induced frontal impact sensitivity analysis. Plotted are all 650 simulations
with a response and peak response corridors created from the average ± standard
deviation.
267

Figure E.4: Ten year old model O-C moment and head rotation time histories during
pendulum induced frontal impact sensitivity analysis. Plotted are all 650 simulations
with a response and peak response corridors created from the average ± standard
deviation.
268

Figure E.5: Six year old model scatterplots during pendulum impact sensitivity
analysis. Plotted are the model parameters with the five largest bending stiffness
correlation coefficients.

Figure E.6: Ten year old year old model scatterplots during pendulum impact
sensitivity analysis. Plotted are the model parameters with the five largest bending
stiffness correlation coefficients.
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Appendix F
Additional results of the adult and pediatric head and neck models response to
tensile loading from Chapter 9.

Figure F.1: Adult model with relaxed muscles scatterplots during tensile sensitivity
analysis. Plotted are the model parameters with the five largest bending stiffness
correlation coefficients.
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Figure F.2: Adult model with tensed muscles scatterplots during tensile sensitivity
analysis. Plotted are the model parameters with the five largest bending stiffness
correlation coefficients.
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Figure F.3: Six year old model with relaxed muscles scatterplots during tensile
sensitivity analysis. Plotted are the model parameters with the four largest bending
stiffness correlation coefficients.
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Figure F.4: Six year old model with tensed muscles scatterplots during tensile
sensitivity analysis. Plotted are the model parameters with the four largest bending
stiffness correlation coefficients.
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Figure F.5: Ten year old model with relaxed muscles scatterplots during tensile
sensitivity analysis. Plotted are the model parameters with the four largest bending
stiffness correlation coefficients.
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Figure F.6: Ten year old model with tensed muscles scatterplots during tensile
sensitivity analysis. Plotted are the model parameters with the four largest bending
stiffness correlation coefficients.
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Appendix G
Additional results of the adult and pediatric head and neck models response to
gravity from Chapter 6.

Table G.1: Relaxed and tensed state muscle activation levels, 0 ≤ α ≤ 1, of the six and
ten year old pediatric and adult models
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Appendix H
The response of the head and neck models compared against volunteer corridors
was quantified through a correlation analysis (Xu et al. 2000; Gehre et al. 2009). The
analysis was a linear combination of two methods: a corridor method and a cross
correlation method. The resulting correlation score, C, ranged in value from zero to one
representing no to excellent biofidelity, respectively and was calculated using Equation
H.1:
𝐶𝐶 =

𝐶𝐶𝑐𝑐 + 𝐶𝐶𝑡𝑡
2

Equation H.1

where Cc is the corridor rating and Ct is the cross correlation rating.

H.1 Corridor Method
The corridor method quantified how well the model response fit within the
volunteer corridors. The response was evaluated at each time point over the analyzed
time interval and assigned individual time point values. If the model response lay
within the inner volunteer corridor bounded by one standard deviation, it was assigned
a value of one. If the response lay outside the outer volunteer corridor bounded by two
standard deviations, it was assigned a value of zero. If the response lay within the inner
and outer volunteer corridors, it was assigned a value between zero and one based on a
linear transition between the inner and outer corridors. The overall corridor rating was
an average of the individual values at all time points.
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H.2 Cross Correlation Method
The cross correlation method quantified the magnitude, phase shift, and shape of
the model response against the volunteer corridor using Equation H.2:
𝐶𝐶𝑡𝑡 =

𝐶𝐶𝑚𝑚 + 𝐶𝐶𝑝𝑝 + 𝐶𝐶𝑠𝑠
3

Equation H.2

where Cm is the magnitude rating, Cp is the phase shift rating, and Cs is the shape rating.
The magnitude rating compares the area between the model response, y(t), and
the corridor, x(t), and is calculated using Equation H.3:
𝑃𝑃

𝑡𝑡2

𝑃𝑃
∫ 𝑥𝑥 2 𝑑𝑑𝑑𝑑
𝐹𝐹𝑥𝑥
𝐶𝐶𝑚𝑚 = � � = � 𝑡𝑡1
�
𝑡𝑡2
𝐹𝐹𝑦𝑦
∫𝑡𝑡1 𝑦𝑦 2 𝑑𝑑𝑑𝑑

𝑃𝑃 = �

Equation H.3

1 𝑖𝑖𝑖𝑖 𝐹𝐹𝑥𝑥 < 𝐹𝐹𝑦𝑦
−1 𝑖𝑖𝑖𝑖 𝐹𝐹𝑥𝑥 > 𝐹𝐹𝑦𝑦

Where t1 to t2 is the time interval over which the analysis is conducted.
The shape rating is calculated using Equation H.4:
𝐶𝐶𝑠𝑠 =

𝐾𝐾𝑚𝑚𝑚𝑚𝑚𝑚 + 1
2

Equation H.4

where Kmax is the maximum value of K calculated using Equation H.5:
𝐾𝐾(𝑡𝑡𝑝𝑝 ) =

𝑡𝑡2

∫𝑡𝑡1 𝑥𝑥(𝑡𝑡)𝑦𝑦(𝑡𝑡 + 𝑡𝑡𝑝𝑝 )𝑑𝑑𝑑𝑑
𝑡𝑡2

𝑡𝑡2

�∫𝑡𝑡1 𝑥𝑥 2 (𝑡𝑡)𝑑𝑑𝑑𝑑 ∫𝑡𝑡1 𝑦𝑦(𝑡𝑡)𝑑𝑑𝑑𝑑

and tp is the phase shift time that results in the maximum value of K.
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Equation H.5

Finally, the phase shift rating is calculated using Equations H.6 and H.7:
𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚 = 0.03 × (𝑡𝑡2 − 𝑡𝑡1)

𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚 = 0.12 × (𝑡𝑡2 − 𝑡𝑡1)
𝐶𝐶𝑝𝑝 =

1
⎧
⎪0

⎨ �𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚 −𝑡𝑡𝑝𝑝 �
⎪
⎩𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚 − 𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚

𝑖𝑖𝑖𝑖 𝑡𝑡𝑝𝑝 < 𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚
𝑖𝑖𝑖𝑖 𝑡𝑡𝑝𝑝 > 𝛿𝛿𝑚𝑚𝑚𝑚𝑚𝑚

Equation H.6

Equation H.6

𝑒𝑒𝑒𝑒𝑒𝑒𝑒𝑒

H.2 Biofidelity Rating Scale
The correlation score was qualified using the ISO-TR 9790 biofidelity rating scale,
as shown in Table H.1.
Table H.1: ISO biofidelity rating scale (ISO 1999).
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“May your trails be crooked, winding, lonesome, dangerous, leading to the
most amazing view. May your mountains rise into and above the clouds.”
-Eward Abbey
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