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PREFACE

Substantial fundamental work has been undertaken in the different aspects
of impact biomechanics over the past three decades. Much of this has
been motivated and undertaken by the automotive industry in their efforts
to improve transport safety. More recently, however, it has become appar-
ent that the multidisciplinary synergies which are realised by interactions
between engineers, scientists and clinical practitioners will ultimately lead
to a greater understanding of the complex interacting phenomena within the
human body after it has sustained an impact. In turn, this greater depth of
knowledge will provide more fundamental insights into the analysis, dia-
gnosis, treatment and prevention of impact injuries across a broader spec-
trum of accident environments.

The scientific focus of this [IUTAM symposium is to address those top-
ics that are centrally important to the biomechanics of impact. These can
be grouped into those that are concerned with the different causes of ac-
cidents (e.g., transport, occupational and sports injuries), the mechanics in-
volved in accident analysis (e.g., accident investigation, computational mod-
elling techniques), the different types of resulting traumatic injuries (includ-
ing musculoskeletal, organ, spinal and head injuries), methods of assess-
ing the extent of injury (e.g., injury assessment, injury criteria, constitutive
laws for human tissue), and providing protection during an impact (e.g.,
injury prevention, energy absorption materials, and safety devices). For ex-
ample, fatalities and serious injuries resulting from sports accidents can be
reduced in future years if real-world accidents are analysed using accident
reconstruction techniques such as multibody dynamics simulations or in-
strumented dummy simulations to quantify the magnitude and duration of
forces distributed over the human body. This force-velocity-acceleration-
time history can be compared against clinical injury severity indices, estab-
lished from forensic pathology investigations for different organs and biolo-
gical tissue, whilst alternative future designs of different protective clothing
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and safety equipment can be compared to characterise their relative efficacy
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Abstract.

Key words:

1.

The evolution of accident investigation procedures is traced from early
railway accidents, through the work by De Haven on light aircraft accidents
to the first in depth studies of road crashes. Individual multi-disciplinary
teams addressed many biomechanical issues in the 1960s and 70s,
leading to larger cooperative projects such as NASS and CCIS. Examples
are given of the linking of field accident research with experimental
biomechanics, and the importance of population variations is emphasised.
The optimisation of vehicle crashworthiness requires good accident
investigation of the mechanisms of injury as well as detailed crash data. The
limitations of current test tools for road user protection is discussed.

accident investigation, crashworthiness, optimisation, standards.

EARLY BEGINNINGS

Although accidental injury has been occurring since the origins of man, the
application of the scientific method to these events is surprisingly recent.
Intuitively mediaeval suits of armour illustrate good biomechanical
principles; protect the vital parts of the human frame, the head, neck and
chest, and distribute the applied loads over as large an area as possible,
deflect sharp pointed objects and remain on your horse or in your vehicle to

3

Michael D. Gilchrist (ed.), IUTAM Proceedings on Impact Biomechanics: From Fundamental
Insights to Applications, 3—16.
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4 M. Mackay

avoid being ejected to strike the ground. These general principles clearly
apply to road vehicles today, but the application and evaluation of these
principles has been absent until the last century.

The growth of the railways in the 19™ century led to the first systematic
accident investigations of major railway disasters, but the whole focus of
those studies was causation rather than injury mitigation. Nevertheless the
early reports of railway accidents are useful reading today as they illustrate
the evolving recognition of the complex interaction of engineering design,
the perceived environment and the human response. In particular the current
policy in many countries is now aimed to produce the “forgiving highway”,
a philosophy which acknowledges the limitations of road users and our
propensity to make mistakes and incorrect decisions. This approach places
the onus more on engineers to design and manages fail safe road networks
and vehicles; it can be traced to the concepts developed by railway engineers
two hundred years ago.

An example of an unrealistic expectation of the human response comes
from an investigation of a major accident in Reading in 1840. It was caused
by a train driver who failed to comply with the following regulation:

“A Signal Ball will be seen at the entrance to Reading Station when the
Line is Right for the train to go in. If the Ball is not visible the train must not
pass it.”’[1].

Early accident investigations therefore focused almost exclusively on
causation, applied to the growing number of accidents in the evolving modes
of road traffic and aircraft. It was in aviation that the analyses of injury
producing mechanisms were first conducted. This was pioneered by Hugh
De Haven in the United States. As a young cadet in the Canadian Air Force
in 1917 he was involved in a midair collision at about 500 feet. He survived
albeit with serious leg fractures and a ruptured liver and pancreas, the latter
he attributed to the hostile design of the buckle of his seat belt. But he also
realised that his survival was due to the cockpit maintaining its integrity, and
the seat belt preventing his ejection and limiting contacts with the cockpit
interior.

He subsequently conducted a study of survivors of falls from great
heights, and produced some of the first data points for the tolerance limits
for whole body deceleration. He did this by measuring and estimating the
stopping distances of people landing flat on soft earth, or being cushioned by
snow and other materials [2].

De Haven subsequently set up the Crash Injury Research Project in 1942,
funded by the military, but in the department of public health in the
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Cornell University Medical College, to examine the mechanisms of injuries
in light aircraft accidents. That programme evolved after the war into the
first major study of injuries and their causes in car crashes. That early
research developed data bases from specific samples of crashes examined in
detail by the police, using special recording forms designed by the
researchers, and it provided the first field evaluations of anti-burst door
latches, improved laminated glass for windscreens, seat belts, instrument
panel design and steering columns. More importantly, by producing
representative samples of crashes, that research gave quantitative
descriptions of the frequencies of various collision characteristics. By
prioritising the most frequent types of crashes and injury mechanisms, it
allowed rational crashworthy design priorities to be developed and
introduced [3].

Other pioneers in this early period included Sir Hugh Cairns who
demonstrated substantial benefits of compulsory helmet use by army
dispatch riders during World War 11, and pointed out that most blows to the
head were to the front and the side rather than on the crown, reflected some
30 years later in the evolution of jet style and full face helmets [4]. An
elegant study by Sheldon, a physician in Wolverhampton, “On the Natural
History of Falls in Old Age” showed how the routine observations of a
practicing clinician could lead to new insights into the aetiology and
mechanisms of injury, particularly of long bone fractures in the elderly [5].

2. THE RISE OF DATA BASES

The 1960s and 70s saw a large growth in accident investigation studies
around the world, spurred largely by the first generation of United States
Federal Motor Vehicle Safety Standards, promulgated around 1968, which
introduced the concept of crashworthy design as a requirement. The
introduction of those standards was largely due to William Haddon, the first
director of the National Highway Safety Bureau, the forerunner of
N.H.T.S.A. [6]. Suddenly it became important for car manufacturers to
actually evaluate the injury reducing potential of their designs, and other
governments around the world to introduce like standards and prioritise the
countermeasures which reduce traffic deaths and injuries.

This impetus generated many small scale in-depth accident
investigation groups around the world. Their rationale was that police and
insurance data, about the only sources of information on road accidents at
that time, provided an inadequate source of information, particularly in terms
of crash performance and injury outcomes. It was necessary for the
researchers themselves to investigate crashes. Secondly the subject was
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clearly interdisciplinary, mainly requiring both engineering and medical
inputs. This movement resulted in a significant increase in our knowledge of
crashes, but the very nature of such research is small scale and limited to
specific geographical regions. Good in-depth crash investigation is labour
intensive and therefore each case examined is relatively expensive. On the
other hand, to produce findings which have some general validity requires
relatively large numbers of cases, careful experimental design and sampling
plans, and often matching control data. Too often there were inadequate
numbers to explore the issues of interest satisfactorily, and biases in case
selection limited the general validity of the conclusions drawn. Nevertheless
many new findings, directly illustrating the response of real people to actual
collision forces were made, and the effectiveness and limitations of all
aspects of crashworthy design were examined. Thus ejection risks [7],
injuries from toughened and laminated windscreens [8], energy absorbing
steering column design [9] seat belt effectiveness [10], pedestrian injury
mechanisms [11] and many other issues were described and evaluated.

However, caught between the need for a good quality, comprehensive
investigation of each case, often requiring 2-3 man-days per case, and the
aim of having an acceptable number of cases to justify statistically valid
conclusions, the limitations of small ad hoc teams became clear, and a
consolidation took place. In the United States this gave rise to the National
Crash Severity Study and subsequently the National Accident Sampling
System and Fatal Accident Reporting System programmes. FARS is a census
of all fatal traffic crashes in the US, whilst NASS is a stratified sample of
some 5000 crashes per year, selected using a complex weighted sampling
plan, to represent crashes across the whole country. Similar but smaller scale
programmes developed in the U.K. with the Cooperative Crash Injury Study,
currently examining some 1500 cases per year, and the GIDAS study in
Germany.

The NASS programme in particular has made a major contribution to
our knowledge of crash characteristics and injury outcomes. It has been
running since 1978 and is freely accessible to all. As a result many useful
research papers have been produced, comparisons with other data bases
made, and biomechanical analyses conducted on specific injuries which
would otherwise have been impossible. Proponents of proprietary research
should note that such openness and generosity is necessary if maximum use
is to be made of relatively expensive data collection systems.
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3. CURRENT CRASH INVESTIGATION
TECHNIQUES AS APPLIED TO BIO-
MECHANICAL ISSUES

A serious injury crash investigation usually begins with an examination of
the vehicles involved. Measurements of the extent and nature of exterior
damage is the starting point for analytical work to establish the severity of
the impact to the vehicle. Change in velocity is the current variable preferred
for assessing the severity of a collision, and there are various programmes
such as EDCrash and SMAC which contain data bases of make and model
specific vehicle crush characteristics. These facilitate the calculations to
arrive at a given change in velocity for the case under investigation.
However, the change in velocity at the centre of gravity of the car is only a
very approximate surrogate for the specific crash forces applied to a given
occupant. If high rates of rotation are involved as a result of the collision,
then each sitting position can have its own, different change in velocity. If
there is extensive intrusion, as in side impacts for example, then an
occupant’s contact velocity with such structures as an intruding door will be
greater than the change in velocity of the centre of gravity of the car in which
he is sitting. In a frontal collision with a restrained occupant, if for example
there are intrusions of the toe board and instrument panel resulting in knee
contacts, then the feet, the knees and the torso are all experiencing different
localised changes in velocity. Careful surrogate work and comparisons with
experimental collisions which may match the relevant characteristics of a
specific crash can give insights into the severities of these localised
contacts.

Event data recorders (EDRs) have the potential of supplying more
detail on crash severity, including the whole time/deceleration history of a
collision, but at present overall change in velocity, mean acceleration and
estimates of peak deceleration (at the vehicle’s C.G.) are the current normal
measures for collision severity.

It helps greatly if at the time of a vehicle examination the number of
occupants, their sitting positions and something of their injuries are known.
Small dents and scuffs on interior trim, crash load marks on seat belt
webbing and hardware, fabric and lipstick transfer marks onto airbags, and
deformation of seat backs and bases, all help in establishing the likely
contacts which have caused an injury, and also in reconstructing the
kinematics of an occupant during the crash phase.

The analysis then considers the nature of the injuries and involves
clinicians, particularly radiologists and surgeons of all specialties. By
matching, for example, fracture patterns in lower limb injuries to intrusion,
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pedal contacts and knee contacts, detailed descriptions of the mechanisms of
the injuries can be developed [12].

Pedestrian and motorcycle accidents present different issues. A
detailed investigation of these events can only be done using an on the spot
approach, where the scene is visited within a few minutes of the accident
occurring. Apart from witness assessments, skid marks are about the only
technical evidence that can be used for assessing speed, although the throw
distance of a pedestrian can give some approximations [11]. Sorting out the
source of these road users’ injuries between vehicle and ground contacts is
often difficult, and needs detailed inspections at the scene, coupled with
good descriptions of the injuries, particularly of superficial, external
abrasions and bruises. This requires detailed liaison with the clinicians, and
can often be frustrating in that such minor injuries, of no clinical
significance, go unreported in many normal hospital records. Some elegant
work on brain injury has been done by reproducing the dents made by
pedestrians’ heads on car bonnets, using Hybrid 3 dummy heads, and
comparing the nature and severity of the actual injuries with the dummy
response [13].

For assessing the severity of injury the Abbreviated Injury Scale is the
universally accepted parameter. However, although it is a good descriptor of
the nature of tissue damage by body region, and useful in assessing the threat
to life, it does not address long term disabilities. The 2004 version of the AIS
will however, include a disability measure, the Functional Capacity Index
[14].

Each individual crash investigation is only a single point in an
accident research data base. The usefulness of such data depends on careful
experimental design, sampling appropriately to allow enough cases of
specific interest to be collected, checking that the sampling plan does indeed
provide a representative cross section of whatever categories of severity are
to be considered, and the development of weighting factors when biases are
introduced into the procedures. All too often too much is expected from a
small number of cases, often selected in an unknown or varying manner from
a poorly defined geographical area. With such difficulties it is often
impossible to draw conclusions which have general validity. However, the
longitudinal programmes such as NASS, CCIS and GIDAS are increasingly
useful as they grow in size.
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4. WHAT HAS BEEN ACHIEVED AND SOME
CURRENT ISSUES

Large scale national accident data sources, usually based on police reports,
provide an overall numerical picture of traffic injuries, but only at a
superficial level. The two basic parameters of accident investigation, the
severity of the event and the outcome in terms of consequent injuries are
essentially absent, so that only broad demographic characteristics and
frequencies can be analysed using such data. International comparisons show
wide differences in definitions even for a relatively obvious parameter such
as a traffic death. Some countries include suicides and deaths from natural
causes, others do not. The working definition of a death across EU countries
varies from one occurring within 24 hours of a collision, to up to 30 days
(the standard UN/WHO definition). Correction factors are applied to arrive
at a 30 day equivalent, introducing some uncertainties. Hence even for
fatalities within the EU there is a range of uncertainty of some +4% [15]. For
the survivors, the definitions of the slight and serious categories vary
enormously between countries. For example the ratio of serious to fatal cases
across the EU15 countries varies by a factor of 6, which can only be
explained by differences in definitions of “serious” injury. Hence such data
are inadequate for examining biomechanical issues in the real world.

Thus the more detailed accident investigation data bases are the main
source of our epidemiological knowledge. By providing such knowledge,
priorities for countermeasures can be set, regulatory tests can be justified,
and the benefits and limitations of improved crashworthiness of vehicles can
be evaluated. At a more detailed level, specific mechanisms of injury are
described and their frequency and consequences assessed. Just as an
example, detailed crash investigation studies of US Indy car crashes, where
the cars are fitted with comprehensive crash recorders, have suggested that
the current thoracic criteria may be overly conservative, although the
population of crashes in that sample is not typical in that it is restricted to
very fit young males [16].

Many current studies link field accident data with experimental
biomechanics. Studies of the brain’s greater susceptibility to diffuse injury
when struck laterally rather than frontally have been confirmed in detailed
accident investigation studies. Head and neck injuries to small females from
airbags gave an impetus to the development of the current out of position test
requirements. Detailed accident investigation is a way of examining the
biofidelity of our current dummies and modelling techniques. By comparing
the kinematics of real people in real collisions with that of dummies in
comparable collisions, the limitations of our current test tools can be
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examined. These are just a few examples of how detailed field accident
investigations contribute to biomechanical knowledge.

4.1 Population Variations

Of particular interest currently is the area of population variations.
Historically vehicle crash performance has been specified by requiring that
certain parameters measured in a given dummy in a given crash test do not
exceed certain values. This has encouraged a pass/fail process in that if those
values are met, then a given car is deemed to be “safe”.

The reality is that the each injury criterion is merely one data point of
arisk curve, see Figure 1. This set of curves, developed by Prasad and Mertz
[17] shows that an HIC of 1000 is equivalent to an 18% probability of a
severe (ALS 4) head injury, a 55% probability of a serious (AIS 3) injury and
a 90% probability of a moderate (AIS 2) head injury, to the average adult.
How those probabilities shift across the spectrum of the population is largely
unknown.

80 | MAIS 0: No
Injury

MAIS §: Ganerally |

a0 Unsurvivable

probablity [%]

20

o 500 1000 1500 2000 2500 3000

Head Injury criterion {HIE',I

Figure 1. Probability of Head Injuries for HIC values [17].

Experimental biomechanics has documented the variations across the
population for bone strength in particular, and its relationship to bone
demineralisation and age effects [18, 19]. As a generalisation, fracture
tolerance varies by a factor of between 3 and 5 for the strongest and weakest
in the active population exposed on the roads.

For injuries unrelated to fractures, population variation is less well
researched. In the absence of actual biomechanical tolerance data on children
and small females for example, scaling techniques have been used to produce
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injury criteria tolerance levels for small females and children [20].
Geometrical and material properties (length, mass, modulus, etc.) are used to
scale down to the various smaller sizes from the 50%ile adult male. This
technique has resulted in the various head, neck, chest and femur tolerance
levels specified in the most recent FMVSS 208 requirements governing out
of position situations, with the various sized dummies. Such techniques
involving mathematical procedures and “engineering judgment” have
allowed progress to be made in specifying the requirements of advanced
restraint systems. However, their relationship to the real populations at risk is
still to be tested. Accident investigation studies over time will provide some
evaluation of the validity of such techniques.

For the brain, abdominal organs, the neck, and soft tissue muscle and
skin trauma there is little documentation of actual population variations.
Females are shown to be more susceptible to soft tissue neck injury. Skin in
older people is somewhat more resistant to threshold lacerations, perhaps a
unique biomechanical case of the advantages of growing old.

The injury outcome from a traffic crash is the result of combinations
of many factors, both intrinsic and extrinsic to the casualty, and permanent or
temporary in nature. For a car occupant these can be categorised within the
three parts of a crash; the pre-crash, crash and post-crash phases, as follows:

e Pre-crash Variables: Sex, Age, Height, Weight, BMI, Pre-existing
medical conditions, Biomechanical tolerance, Muscle tone, Stomach
contents, Bladder volume, Alcohol, Drugs, Clothing, Seat position in
the vehicle, Sitting posture, Belt position, Pre-impact braking.

e Crash Variables: Impact direction, Velocity change, Peak vehicle
deceleration, Pulse duration, Peak belt load, Posture at peak belt
load, Airbag interactions, Point in the cycle of the heart, Loads and
Durations of localised contacts, Rear loading, Interaction with other
occupants.

e Post-Crash Variables: Severity of injuries, Combinations of injuries,
Response time of EMS, Quality of diagnosis of injuries, Quality of
treatment, Resulting disabilities.

Given the number of such variables it is perhaps surprising that
relatively crude accident data, which post facto can only address a small
number of these variables, can detect trends at all. Age and sex for example
are both sensitive to crash severity. See the following figures [21].
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Figure 2. The cumulative frequency curves for restrained front seat occupants in frontal
collisions receiving AIS 2+ injuries, by change in velocity, for males and females.
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Figure 3. The cumulative frequency curves for restrained front seat occupants receiving
AIS 2+ injuries in frontal collisions by change in velocity, for three age groups.

These data illustrate that older age groups, particularly those over 60
years of age, and females, are in collisions some 10 km/hr less in terms of
change in velocity than younger age groups. About the same difference
exists between females and male across the whole age range. Expressed
differently, males and the young, require over 30% more kinetic energy than
females and those over 60 years of age, to produce the same injury outcomes
in say a 40 km/hr collision.
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However, there are probably subtle combinations of some of the other
factors listed above which lead to especially high or low levels of risk [22].
Small female drivers currently have to sit close to the steering wheel, and
thus have been found in field studies to be at higher risk of airbag related
injuries. Tall, thin males have been found to have a greater number of belt
related chest injuries than smaller males, probably because the path of the
shoulder belt is lower across the rib cage and is thus loading the lower ribs,
which fracture more easily than those higher in the rib cage where the rib
attachments to the sternum and spine are more substantial and less
cartilaginous [23].

4.2 Crash Severity Distributions and Regulatory
Requirements

Vehicle design currently is optimised around either the US Federal Standards
or the various NCAP specifications in Europe, Australia, the United States
and Japan. For example the EuroNCAP frontal crash test at 64 km/hr into an
offset deformable barrier sets the gold standard for car design in Europe. Car
manufacturers clearly design and tune their cars to do well in that test.
However, accident data show that most collisions which cause AIS 3+
injuries to restrained occupants in frontal crashes, are at crash severities
much lower that the EuroNCAP condition. Figure 4 shows that the mean
value for the change in velocity is around 38 km/hr [24].
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Figure 4. Distribution of restrained front seat occupants in frontal collisions who receive AIS
3+ injuries by change in velocity in km/hr.
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These data suggest two things. First the crash severity of the test
represents an extreme condition compared to the real world of serious injury
collisions. This may well be producing vehicles which are not optimal for the
mainstream serious injury crashes, being unnecessarily stiff for the numerous
cases in the groups between 20 and 40 km/hr. Secondly and more
importantly, it suggests that because the majority of AIS 3+ casualties are
occurring below the conditions specified in the EuroNCAP test, in vehicles
which very predominantly meet the test requirements, the injury tolerance
levels in the test are inappropriate and should be lowered. Perhaps an HIC <
750, chest accelerations < 45 g, and femur loads < 750 kg would be
appropriate. To address this issue properly requires a more detailed analysis
of the in-depth accident data available, but also the development of injury
probability curves for the age bands of the adult crash involved population.

The situation is different for the EuroNCAP side impact test
requirement. Accident studies show that the typical side impact Delta V is
substantially in excess of the current regulatory and NCAP requirements. For
mainstream cars the change in velocity in the test is around 25 km/hr.,
whereas the mean Delta V for AIS 3+ injuries is some 45 km/hr [25]. Hence
meeting those test requirements does not address the majority of the serious
injuries in real world side impacts.

S. CONCLUSIONS

From this short review it is clear that accident investigation is an integral part
of the subject of biomechanics. The test tools of experimental biomechanics,
dummies with their current instrumentation, multi-body and FEM computer
models, are all still relatively poor representations of the human frame. In
particular, modelling of soft tissues is not adequate. Hence there must always
be validation against the real world of crashes.

Beyond these specifics, well structured in-depth accident
investigation provides early warning of emerging biomechanical problems,
insights into specific mechanisms of injuries, puts dimensions to population
variations, and addresses the validity and effectiveness of regulations and
vehicle design changes.

Future research should strengthen the links between crash
investigation, clinical studies and experimental biomechanics. Each will
enhance the other.
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Abstract.

Key words:

An anatomically detailed finite element model (FEM) of the male human torso
has been generated using geometry obtained from a model of the human
anatomy developed for the computer graphics industry. The model represents
a 5th percentile male human based on anthropometric data from the US Army.
The geometry was used as a starting point to create finite element models of
all the anatomic components, including the skeletal structure (vertebral
column, ribs, cartilage, and sternum), stomach, lungs, liver, heart (including
the aorta), muscles, and skin. The model also includes personal body armor
representing a Level II vest. LS-DYNA was used to analyze the 245,000
element model simulating air blast. Material properties for the various soft
tissues were obtained from high strain rate experiments on human organ tissue
samples at rates ranging from 200-3000 s using a modified Kolsky (split-
Hopkinson) bar. This model has been used to evaluate pressures and
deformation in specific areas of the thorax in response to blast loading, and to
compare the results to existing injury criteria.

thorax, blast loading, Finite Element Method (FEM), human tissue data.
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1. INTRODUCTION

Human injury resulting from air blast occurs mainly by three mechanisms.
These mechanisms include blast overpressure, displacement of the body, and
projectiles caused by the explosion imposed on the body. Direct
overpressure effects on the human body include eardrum rupture, contusions
of the gastrointestinal tract, and lung hemorrhage due to alveoli tearing or
shearing, the latter two frequently leading to mortality [1]. Although these
are the more common air blast injuries, little is known about the effects of
the pressure wave as it travels through the body during a blast event. The
criteria most often used for predicting injury in humans are the Bowen
curves which are based on experimental tests on animals [2]. Therefore,
computational models of the human torso may provide new insight into
humans subjected to air blast.

During the early years of blast studies, shock tube tests were developed
and used to study different types of blast wave forms and their effects on
animals [3, 4]. There have been further studies supported by the Department
of Defense developing analytical equations to determine criteria for
personnel exposed to air blasts. In 1986, the criteria were reevaluated to
define new terms and conditions. The updated criteria included data
collected and reported from animal testing that included goats, sheep, dogs,
and monkeys as well as additional human exposure data collected from
accidental detonation. The data from these tests were compiled to predict
and estimate human injury [5]. In the mid 1990s, a test device was
developed that provided peak chest wall accelerations that can be compared
to that of a porcine thorax. This device was used to extrapolate benefits of
protective gear for humans [6]. There are also computer programs that
incorporate the analytical models to calculate blast parameters for given
blast environments. One such program is the Blast Effects Computer (BEC)
program [7]. This program concentrates on the characteristics of the blast
wave while it calculates and predicts the probability of damage to structures
including glass breakage and human injury such as ear drum rupture and
blast lung.

The purpose of this research is to develop a finite element model of the
human torso using anatomically correct geometry and human tissue
properties generated from high strain rate testing. This finite element model
(FEM) will determine pressures in the critical organs affected by open air
blast overpressure. The results will be compared to injury criteria curves and
tables for human injury from past studies.
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2. METHODS
2.1 Geometry and Mesh

A complete model of the human male was obtained from Digimation [8].
The model represents a Sth percentile male human based on anthropometric
data from the US Army [9]. Only the thorax was used in this study. It
consists of the complete skeletal structure along with the skin, heart, lungs,
stomach and liver. Non-uniform Rational B-Spline (NURBS) surfaces, an
industry standard for surface manipulation, of these components were
created from the imported point clouds using Geomagic [10]. From these
surfaces, individual models were made for each major component in the
human torso: skin/muscles, ribs and vertebral column, lungs, heart, liver, and
stomach. These entities were then exported from Geomagic into the finite
element code IDEAS [11]. The surface model from Geomagic was then used
as a template to construct cross-sections and create new simplified geometry
in IDEAS. The cross-sections generated from the imported file and the
lofting function resulted in smoother surfaces for the ribs and removal of
some of the complex detail of the vertebral column.

After all the component sets were successfully imported into IDEAS,
they were assembled together. All the surfaces were then meshed with
triangular linear shell elements. These shell elements were then used to
generate the solid tetrahedral elements for each individual organ. The skin
was modeled with shell elements while all the other organs and components
were modeled with solid tetrahedral elements. The body armor was modeled
with eight noded solid elements based on the thickness of a Level II bullet
proof vest with a thickness that ranges from 9-10 mm thick [12]. The
components of the torso model are exposed in Figure 1(b). The skeletal

(a)
Figure 1. Human Thorax Finite Element Model (a) Skin with level II protective armor (b)
Assembled components with cutout (c) Skeletal system mesh(c) internal organs mesh.

(d)
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system was meshed as an assembly to allow the interface of the sternum,
cartilage, ribs and vertebral column to share element faces. The ribs and
vertebral column were further divided into ribs, cartilage, sternum, and
vertebral column, as shown in Figure 1(c). The linear triangular shell
elements were used as boundaries to generate solid tetrahedral elements in
the negative space between the components to represent the mediastinum,
but includes elements for the diaphragm and all the remaining space not
represented by the internal organs or skeleton. All of the shell elements
except the skin were then deleted. A graphical representation of these
elements representing the mediastinum membrane and diaphragm can be
seen in the cutout view in Figure 1(b).

2.2 Material Characterization

Material properties for the various soft tissues were obtained from high
strain rate experiments on human organ tissue from post-mortem human
subjects (PMHS) at rates ranging from 200-3000 s using a modified Kolsky
(split-Hopkinson) bar. The soft tissues analyzed were obtained from post
mortem human subjects. Heart, liver, lung, and stomach tissue was tested in
shear using a double-lap shear specimen configuration, and for bulk stiffness
using a radial confinement cell to generate volumetric strains. The results
for each organ were then averaged to generate a linear bulk modulus and one
or two shear stress versus shear strain curves (depending on the spread of the
data as a function of strain rate). An example of the experimental results
from can be seen for the heart in Figure 2. The shear stress versus shear
strain results from the modified Kolsky bar tests were reduced to one or two
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Figure 2. Experimental Data (a) Results from multiple PMHS labeled A, B and C for
Bulk Modulus data (b) Experimental shear response from heart tissue.
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distinct load deflection curves for input into the strain rate sensitive material
model #181 in LS-DYNA [13]. The mediastinum and lungs were
characterized using the basic viscoelastic material model #6 with data
collected from the high strain rate experimental tests. The material inputs
for the mediastinum were assumed to be similar to that of the liver except
that the density was taken from the literature [14]. Material model #6
requires a short term shear modulus (Gy) and a long term shear modulus
(Gs), as well as a decay constant () and time (t) to describe the shear
relaxation as seen in (1).

G(t)=G. + (G - G,) e (1

The shear modulus and bulk modulus from the modified Kolsky bar tests
were used as input for organ properties. To apply the experimental data for
the lungs and the mediastinum the short term shear modulus was calculated
from the final slope of the shear stress versus shear strain data collected.

Table 1. Number and type of elements and material properties for thorax components.

Component No. of Elem. Material Properties
Shell ~ Solid Mat p E Y K Strain
Model [kg/mm?] [GPa] [15] [GPa] Rates
No. [14—15] [14—15] [s'1 [s"]
Ribs 15048 1 1.08 E -6 11.5 2
Sternum 4919 1 1.25E -6 11.5 25
Cartilage 6238 1 1.07E -6 .0245 4
Vertebral 8651 1 1.07E -6 .0245 4
Column
Heart 6841 181 1.0E-6 27 350 1500
Lungs # 11262 6 .6E-6 A3 500 2100
Stomach 2314 181 1.0SE -6 4 625 1500
Liver 3377 181 1.06 E -6 41
Mediastinum* 182781 6 2.07E-6 27
Skin 3948 1 1.08 E -6 .0055 3
Armor 486 1 7.3 E-6 8.6 .36
TOTAL 3948 241917

# Inputs based on experimental lung data (G,= 81 kPa, G,,=80 kPa ,=.1)
* Inputs based on experimental heart data (G,= 11 kPa , G,,= 10 kPa , f=.1)

Because the blast event is of short duration, the long term shear modulus was
set nearly equal to the short term shear modulus to satisfy the code for the
values to be different while reducing the influence of the decay constant.
This allowed the material to behave more elastically in the linear region
while using the experimentally obtained shear results. The densities for the
soft tissue and other components came from the literature [14, 15]. The
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material parameters for the body armor were approximated as a linear elastic
material. The material properties are provided in Table 1.

3. RESULTS AND DISCUSSION

The simulation is based on an equivalent blast load of 10 kg of TNT
detonated 7.5 meters away. This level was chosen to be near the threshold
of lung damage, while still providing the human with above 99% probability
of survival from the Bowen curves [2]. The BEC also predicts a zero
percent probability of fatality due to lung damage but it calculates a 39% and
a 90% probability of eardrum rupture based on two different theory
calculations from Mercx and Eisenberg, respectively [7]. The FEM
simulation does not include a modeled entity of air as a medium to transmit
and reflect the blast wave, however, the theory behind the blast loading
function in LS-DYNA is based on empirical air-blast models.

BEC predicted that 10 kg of TNT discharged at 7.5 m would arrive at the
target with an incident pressure of 85.1 kPa. LS-DYNA calculated the blast
wave to hit the target with an incident pressure of 82.7 kPa. Pressure and
displacement sequence results can be seen in the heart in Figure 3. The path
of the pressure is disrupted as it travels through organs with different
material properties as in Figure 3(c).
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Figure 3. Pressure wave (a) Time sequence of heart as the pressure propagates from right
to left (b) Pressure time history of a central element in heart and liver (¢) Time sequence
of thorax as the pressure wave propagates from right to left.
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4. CONCLUSIONS

The thorax model appears to behave in a manner consistent with the
environment to which it has been exposed. The pressure propagates through
the body changing speed and direction as it travels though different defined
materials. The results of the simulation give insight into the pressure profile
seen in the thorax. However, many improvements need to be made before it
can accurately predict internal injury in a blast simulation.

The geometry in this simulation is simplified for the benefit of a shorter
runtime, but the detail should be enhanced in order to obtain more realistic
results. A 50™ percentile male model has been constructed with the addition
of a bronchial tree in the lungs, addition of large and small intestines and
enhanced detail in all other parts of the model. A distinct diaphragm has also
been included along with separate musculature. Expansion of the digestive
system to include the small and large intestine may be useful since gas filled
organs are at greater risk of injury during exposure to a blast wave. The
introduction of air to the surrounding environment, as well as inside the
lungs, will allow for modeling of the blast wave as it travels through the
thorax and through gas containing organs. The addition of fluid to various
organs such as the heart and digestive system could be critical to a blast
simulation. These improvements can be applied by placing the model in an
air envelope and the various organs with empty cavities in fluid envelopes.
However, this additional detail will greatly increase the runtime of the
simulation because of the fluid/structure interaction that is imposed on the
model.
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Abstract. Law enforcement agencies, as well as military personnel, are relying on non-
lethal technology to diffuse potentially life-threatening situations without the
use of lethal force. However, a standardized method for testing the health
effects of these non-lethal devices has not been established. In recent studies,
the abdominal region has been cited as the area most impacted during the
deployment of kinetic energy rounds [1]. In the current study, the first phase of
biomechanical testing involved the determination of biomechanical corridors.
A total of six post-mortem human subjects were tested. An impact condition of
a 45 g mass at 60 m/s resulted in 4,741 N of force generated with 22 mm of
deflection. The second phase involved the determination of a valid injury
criterion based on a pre-established tolerance of injury in a porcine model.
Injuries observed were classified according to AIS. Logistic regression
analysis of the injury data, in combination with an empirically derived
criterion, facilitated this process. The predictive ability of several key injury
criteria was evaluated.

Key words: abdominal injury, blunt ballistic impacts, less-lethal kinetic energy rounds.

1. INTRODUCTION

The use of kinetic energy rounds by law enforcement agencies has increased
over the past several years. These rounds afford the officers with an
alternative to lethal force but have not been well defined in terms of risk of
injury. Kinetic energy rounds or less-lethal impact munitions are designed
to incapacitate individuals without causing serious or fatal injuries. These
munitions include 12 gauge, 37 mm and 40 mm rounds. Materials of the
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submunition vary from hard rubber to soft foam; however one of the more
popular rounds in the United States is the “bean-bag” round.

The National Institute of Justice (NIJ) recently published a report based
on data collected from 373 incidents in which kinetic energy rounds were
deployed [1]. The study delineated the region of impact and noted that the
impact to the abdomen resulted in the higher percentage of impacts (34%).
The thorax was the second highest at 19%. Although 94% of the impacts to
the abdomen were related to some level of injury, no injuries were fatal.

Abdominal injuries associated with the deployment of kinetic energy
rounds have been previously reported [2]. In a recent study, Suyama et al.
[2] reported on injury patterns observed in 25 patients treated after a period
of civil unrest in an urban emergency department. The abdominal region
was cited as having the highest significant morbidity with 75% of all cases
requiring admission. Injuries to the abdominal region included: liver
laceration, abdominal wall contusions, and rectus sheath hematoma.
Previous research has also indicated that there is a high risk of AIS 3 type
injuries, which included bowel perforations and splenic lacerations,
associated with impacts to the abdomen [3]. This was based on a review of
155 cases resulting in 172 injuries that occurred during the period between
July 7 and 15, 1996 in Northern Ireland.

Mahajna et al. [4] reviewed 152 medical records of individuals treated
during the Israeli-Arab conflict. Injuries were documented according to
body region, mechanism of injury, severity of injury as well as other
outcome parameters. A total of twelve impacts were documented to the
abdominal region. Of these injuries, ten were blunt and two penetrating.
Contusions of the abdominal wall, laceration of the spleen, perforations of
the bowel were all reported injuries to the abdomen [4].

Although a biomechanical analysis has been completed for the thoracic
region [5], each region of the body has a unique response to specific impacts.
Therefore, the results are not transferable to other anatomical locations or
from varying impact conditions. Therefore, a biomechanical analysis of
blunt ballistic impacts to the abdomen is essential.

1.1 Biomechanical Assessment

The first step taken in a biomechanical assessment is to determine how the
body responds to a given impact. The role of Post-Mortem Human Subjects
(PMHS) is critical when establishing biomechanical response corridors.
Force-time curves and deflection-time curves taken from each specimen are
used to establish the respective corridors. These corridors serve two
purposes. First, they describe how the body responds (deforms) to a given
impact (force). The second purpose is to provide data for the development
of biomechanical, mathematical and computer surrogates.
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Due to the variability between specimens normalization of the PMHS
data is often required. Eppinger et al. [6] described a methodology based on
equal stress-equal velocity. The developed techniques assume a constant
mass density and constant modulus of elasticity between subjects. A scaling
factor, A, is determined by assuming geometric similarity. For most
biomechanical testing, data are scaled to the 50w percentile male.

After data are normalized, all individual response curves are plotted on
the same graph to determine the average response in the form of corridors.
Two methodologies have been previously employed. Bir et al. [5] developed
corridors by maintaining the general effect of the impact by including the
majority of the individual responses of all specimens within the corridor and
segregating outliers. Cavanaugh et al. [7] determined the mean and standard
deviation values for each time point. Corridors were developed by adding
and subtracting the standard deviation from the mean.

1.2 Injury Criteria

The next critical step in the biomechanical assessment of an impact is the
determination of limits for specified injury data or the development of injury
criteria. These injury criteria are related to biomechanical parameters that
are physically measured during the impact event. Viano and King [8] have
described injury criteria as the numerical relationship of a measurable
engineering parameter; i.e. force, to a given risk of injury; i.e. rib fracture.
Although risk to the bony structures is possible with the cadaveric model,
other physiologic injuries are not possible. Therefore, a biological model is
often used for this purpose.

The wvalidation of injury criteria involves determining both a
biomechanical parameter and related level of injury. The evaluation of
varying parameters is explored using logistic regression to determine the
best fit. Logistic regression determines the relationship between the
probability of an event occurring (injury) and the value of an independent
variable (engineering parameter). The desired injury level must be
established prior to evaluation. A dichotomous state of occurrence versus
nonoccurrence is established based on this level for the physiological
parameters or the dependent variables. The independent variables are the
continuous values of the injury criteria being studied. The probability of
injury p(x) is related to a response parameter X based on a statistical fit to the
sigmoidal function p(x)=[1+exp(-a-Bx)]”" , where o and p are parameters fit
to the responses from the injury data.

Research has shown that the sus scrofa (swine) most closely resembles
the human anatomy in terms of girth and organ distribution [9]. Therefore, it
is the most appropriate surrogate for the assessment of blunt ballistic impacts
to the abdomen. To perform a complete biomechanical assessment of blunt
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ballistic impacts to the abdomen, both cadaveric and swine models were
employed in the current study. Impact conditions were chosen to represent
those seen in the field with varying locations of impact selected due to the
inhomogeneity of the abdominal region.

2. METHODOLOGY

2.1 Biomechanical Corridor Development

To develop biomechanical corridors, six post-mortem human subjects
(PMHS) were tested. Specimens were obtained through the Wayne State
University Body Bequest Program and the University of Michigan —
Anatomical Donations Program. All specimens were treated according to
ethical standards previously established [10].

Prior to testing, each specimen was examined using both radiographs and
previous medical history to identify any existing anomalies. Impacts were
accomplished with a 45 gram rigid projectile at 60 m/s. The diameter of the
impactor was 37 mm which allowed for the attachment of a 7270A-20K
(Endevco) accelerometer. Impact force was calculated based on acceleration
measurements and the known mass of the impactor. High-speed video was
obtained at 20,000 fps.

Each PMHS was suspended in a harness system located 14.5 inches from
the launcher and was allowed to swing freely upon impact. The specimen
was positioned so that the impact would occur at the epigastric region. Since
the impacts being studied are concentrated in the upper abdomen, the
anterior-posterior diameter was used as the basic scaling factor.

2.2 Injury Criteria Evaluation

A total of 17 sus scorfa (swine) were used for testing. Specimens weighing
approximately 100 pounds were chosen in order to most closely match the
thoracic dimension of the 50m percentile male human. Testing was
conducted in cooperation with the Surgical Research Services (SRS) and
Division of Laboratory Animal Resources (DLAR) at Wayne State
University. SRS provided full veterinary support throughout the procedure
as well as technician support. Full anesthesia and analgesia was used
throughout the experiments with no resuscitation. The full animal protocol
was approved by the Animal Care Committee.

After a plane of surgical anesthesia was achieved, a pressure transducer
was placed in the right atrium to monitor central venous pressure. An
additional catheter was placed at the intersection of the carotid artery and the
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aorta to monitor mean arterial pressure. An ECG was connected to the
specimen for continuous monitoring. The specimen remained in a
spinehorizontal position in an effort to prevent traumatic apnea.

A vertical air cannon was positioned under the specimen to deliver
impacts to the liver and bowel regions. Multiple impacts were conducted on
each specimen in a randomized order using a 50 gram projectile at varying
velocities. An impactor similar to that used in the PMHS testing with a
diameter of 37 mm was used.

A comprehensive necropsy was performed to assess the severity of
injuries due to each impact. Injuries were categorized according to the AIS
guidelines. In an effort to have both injurious and non-injurious events, the
input energy was increased or decreased accordingly. Logistic regression
analysis was performed using the determined injury data from necropsy
reports and the instrumentation and video data from the specimen. Explored
injury criteria include: Viscous Criterion (VC) [11], Abdominal Injury
Criterion (AIC) [9], Blunt Criterion (BC) [12] and Energy Dissipated.

The VC represents the maximum value of the time-dependent product of
velocity and compression with units of m/s. The AIC is the product of
impact velocity and maximum normalized compression with units of m/s.
The injury criterion of BC represents the natural logarithm of the impact
energy divided by the product of the specimen mass to the 1/3 power, wall
thickness of the specimen, and area of impact. The final criterion, Energy
Dissipated, is calculated by subtracting the kinetic energy at the end of the
impact from the kinetic energy at the beginning of impact.

3. RESULTS

3.1 Biomechanical Corridors

Six specimens were used to develop the force-deflection corridors for
impacts to the epigastric region (Figure 1). The average peak force was
4741 + 553 N which occurred within .25 ms. The average peak deflection of
22 mm occurred over the first millisecond of the impact event.

Injuries that occurred due to the liver impacts varied from no injury to
multiple liver lacerations. The results for the injury level associated with
each injury criterion evaluated can be found in Table 1. A total of four
injury parameters are presented along with the associated AIS ranking.
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Figure 1: Force-deflection corridors for epigastric region.

Table 1..Injury criterion results for liver impacts with associated AIS injury ranking.

Test Number  Velocity VCmax  AIC (m/s) BC Energy Dis  AIS Injury
(m/s) (m/s) max (Nm)
P6055A 60.82 3.94 10.44 0.96 70.97 2
06065A 61.56 3.86 11.16 1.08 71.39 2
P6064C 62.47 4.59 12.95 1.05 80.51 2
P6068C 62.70 2.62 9.81 1.03 56.08 3
P6069A 60.32 2.62 8.91 0.86 56.19 2
P6067B 58.31 2.60 8.65 0.79 51.20 2
P6066B 54.56 2.95 5.66 0.59 33.43 2
P6073A 55.94 2.09 7.23 0.66 46.05 0
P6072C 57.20 2.70 9.15 0.56 50.53 0
P6071C 54.67 2.65 8.28 0.86 45.45 2
P6074A 55.75 1.89 6.64 0.54 41.31 2
P6075B 51.15 1.92 5.66 0.38 38.86 2
P6077A 50.14 2.19 6.88 0.77 41.23 2
P6097C 45.77 2.24 6.81 0.44 36.59 0
P6096C 45.24 1.41 4.73 0.35 25.18 0

The results for the occurrence versus nonoccurrence of AIS 2 predicted
by each criterion can be found in Table 2. Results indicated that BC (=
5.754 p = 0.016) had the best predictive ability of all criteria examined.
Based on this analysis, a BC of .51 will result in a 50% chance of sustaining
a liver injury of AIS 2-3.

Table 2. Results of logistic regression analysis of independent variable AIS > 2.

Injury Criterion o § Chi-Square P-Value
Vemax -3.95 2.05 3.57 0.059
AlCmax -2.25 0.42 1.87 0.171
BC -4.00 7.83 5.75 0.016

Energy Dissipated max -3.22 0.09 3.10 0.078
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Injuries that occurred due to the impacts to the bowel varied from no
injury to small hemorrhages in the subserosal layers. The results for the
injury level associated with each injury criterion evaluated can be found in
Table 3. A total of four injury parameters are presented along with the
associated AIS ranking.

Table 3. Injury criterion results for bowel impacts with associated AIS injury ranking.

Test Velocity VC max AIC (m/s) BC Energy Dis AIS Injury
Number (m/s) (m/s) max (Nm)

P6065C 64.12 4.36 15.54 1.07 69.18 0
P6064B 64.61 4.05 13.46 0.62 66.39 0
P6068A 60.82 3.16 12.04 1.17 53.88 0
P6069B 60.39 3.35 12.04 0.87 57.92 0
P6067A 64.86 3.17 11.95 1.06 59.05 0
P6066C 65.69 5.14 15.68 0.90 58.14 0
P6073C 73.37 5.68 20.14 1.40 89.50 0
P6072B 74.23 4.73 18.71 1.39 84.08 2
P6071A 75.44 5.17 18.56 1.53 84.45 2
P6074B 76.35 5.31 21.12 1.60 94.44 2
P6075C 76.46 5.01 18.57 1.60 90.63 2
P6077C 76.58 533 22.09 1.50 100.02 2
P6097A 67.62 4.02 17.82 1.04 69.38 0
P6096B 68.62 5.47 17.40 1.32 74.98 2

The results for the occurrence versus nonoccurrence of AIS 2 predicted
by each criterion can be found in Table 4. Results indicated that BC (o’ =
13.63 p = 0.000) had the best predictive ability of all criteria examined.
Based on this analysis, a BC of 1.32 will result in a 50% chance of
sustaining a bowel injury of AIS 2-3.

Table 4. Results of logistic regression analysis of independent variable AIS > 2.

Injury Criterion o B Chi-Square P-Value

Vemax -11.23 2.31 6.48 0.011
AlCmax -13.79 0.77 8.48 0.004
BC -21.74 16.41 13.64 0.000
Energy Dissipated max -13.94 0.18 10.12 0.001

4. CONCLUSIONS

The current research represents a preliminary biomechanical assessment of
blunt ballistic impacts to the abdomen. Further research is currently being
explored in regards to proper filtering techniques to further validate the
results. Both biomechanical corridors and injury criteria were developed.
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Basic theoretical principles and laboratory techniques were applied. These
principles and techniques have been employed in the field of occupant
protection and crashworthiness for over sixty years and have led to
significant changes in automotive design. The same knowledge has been
applied in the area of sports biomechanics and has led to rule changes,
protective gear development and an overall reduction in injuries. Applying
these principles and techniques to blunt ballistic impacts will allow for
critical decisions to be made in terms of risk of injury with deployment of a
given round.
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Abstract: Data were generated to assist development of an injury assessment
methodology for risk evaluation of lower leg injuries caused by anti-vehicular
blast landmines. An instrumented Hybrid III lower leg and frangible DRDC
Complex Lower Leg (CLL) were each subjected to dynamic axial impacts at
various severity levels. Biofidelity of the CLL was evaluated and the effect of
military boot on injury severity was studied.

Key words: lower leg, Complex Lower Leg (CLL), Hybrid III, injury criteria, anti-
vehicular blast landmine, military boot, light-armored vehicle.

1. INTRODUCTION

Anti-vehicular (AV) blast landmines are a constant threat during troop
transportation. When a light-armoured vehicle is subjected to a strike from
an AV blast landmine, passengers may survive the impact but the
vulnerability of their lower legs predispose them to a high risk of debilitating
injuries. During a mine strike, the vehicle structure dynamically deforms and
may result in significant axial loading to the lower leg. To test and improve
protection systems to mitigate this effect, a suitable test surrogate and an
appropriate injury assessment methodology are required. This work was
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realized with the use of the frangible DRDC Complex Lower Leg (CLL) and
a 50" percentile male Hybrid III lower leg. The first objective of the study
was to verify the biofidelity of the CLL under dynamic blunt axial impacts.
The second objective was to collect data to develop a transfer function
between injury severity and tibia force response as measured by a Hybrid III
leg. Finally, the third objective of this study was to evaluate the effect of
military footwear on severity of foot/ankle injuries.

2. THE COMPLEX LOWER LEG

The DRDC Complex Lower Leg (CLL) was developed by DRDC Valcartier
to evaluate lower leg injuries sustained by anti-personnel mine and is now
distributed by Biokinetics and Associates Ltd. [1, 2]. The leg, shown in
Figure 1, is comprised of polymeric bones (that represent tibia/fibula, talus,
and calcaneus), a nylon tendon, silicone rubber cartilage pads, a silicone
rubber heel pad, ballistic gelatin (representing the flesh), and a latex skin.
Since the objective of the CLL was to model the injury path up through the
heel into the tibia, the forefoot is not considered and the leg has two
calcaneus.

Cartilage
Double
Calcaneous

Heel Pad

Figure 1. The Complex Lower Leg (CLL).

3. EXPERIMENTAL SET-UP

An air cannon and sled/rail system was developed to strike the base of the
foot of either a CLL or Hybrid III instrumented lower leg. To evaluate CLL
biofidelity, the test configurations of Owen [3] (non-injurious testing) and
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Funk [4] (injurious testing) were approximated to compare injury response
between CLL and Post Mortem Human Surrogates (PMHS). For Owen-style
testing, a semi-cylindrical, sliding impact head was installed on the front of
the sled. For Funk-style testing, a rectangular steel plate was used as the
impact surface. As with the original tests by Funk, a foam layer was secured
on the plate to prevent direct impact between foot and impactor. As shown in
Figure 2, the Hybrid III and CLL tibias were installed on a Hybrid III knee
that was fixed to a table attached to the floor.

Figure 2. Funk set-up with Hybrid III (left) and Owen set-up with CLL (right).

4. TESTING CONDITIONS

The input conditions were defined using the Hybrid III output response. To
reach Hybrid III tibia axial force response comparable to the peak value and
rise time of the Owen testing, the impactor, of 1.5 kg, struck the heel at a
velocity of 5.6 m/s. Funk input conditions were determined by comparing
PMHS tibia force corridor (provided by the author) and Hybrid III tibia force
response. An 18.5 kg impactor struck the plantar surface of the foot at 5 m/s.
The peak force value measured on the Hybrid III tibia was approximately
two times greater than the maximum peak value measured on PMHS. This
loading configuration was believed to be optimal to generate CLL injuries,
knowing that Hybrid III tibia force response is higher than of the response of
a PMHS tibia [1]. Finally, the ‘mine’ loading conditions were obtained by
removing the foam from the impact plate of the Funk-style set-up. This
simple modification reduced the rise time and loading duration, and
increased the peak force values, which resulted in a Hybrid III tibia response
comparable to that of full-scale mine testing. The impactor velocity was the
same as in the Funk-style testing (i.e. 5 m/s). Testing was completed using
each of the four configurations (Owen, Funk, ‘mine’ without boot and
‘mine’ with a boot) using both the Hybrid III lower leg and the CLL, and
each test was conducted three times for repeatability.
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5. RESULTS

As shown in the literature [3, 5], human and standard Hybrid III tibias do not
have the same mechanical properties. For this reason, the correlation
between Hybrid 111 tibia force response and CLL injury severity is of great
interest for the development of an injury assessment method based on
Hybrid III tibia response. Table 1 shows a summary of results obtained
during Hybrid III and CLL testing. Average values for Hybrid III tibia peak
axial force and impulse, and CLL injuries are presented.

Table 1. Summary of results.

Test HIII tibia HIII tibia Tibia fx" Talus and/or  Soft tissue
force (kN)  impulse (N-s) calcaneus fx injuries
Owen-style 2.9 11 No No No
Funk-style 13.9 127 No Yes Yes
‘Mine’ w/o boot 17.4 120 No Yes Yes
‘Mine’ w/ boot 13.3 129 No No Yes

“fx = fracture

As expected, the CLL subjected to Owen-style testing did not sustain any
injury while those subjected to Funk-style testing did sustain fractures. Funk-
style testing resulted in minor calcaneus fracture and soft tissue injuries. Soft
tissue injuries include heel pad lacerations and cartilage damage. ‘Mine’
testing without a boot showed severe calcaneus and/or talus fractures as well
as soft tissue injuries. Tests with a military boot only produced soft tissue
injuries without any fracture. None of the tests in the current study produced
tibia fractures. Figure 3 shows one of the three CLL after being submitted to
Owen-style and Funk-style testing, and Figure 4 shows CLL after ‘mine’
testing without and with military boot.

Figure 3. CLL resulting injuries for Owen-style (left) and Funk-style (right) testing.
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Figure 4. CLL resulting injuries for ‘mine’ testing without boot (left) and ‘mine’ testing with
boot (right).

Figure 5 shows the Hybrid III tibia axial forces recorded during each of
the four types of testing. These results quantify, in terms of peak values, the
effect of the military boot on the loading transferred to the leg.
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Figure 5. Hybrid III tibia axial force
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6. DISCUSSION

The first objective of this study was to verify the biofidelity of the CLL
under blunt axial impact. To reach this goal, the approach was to reproduce
Owen and Funk test conditions to generate non-injurious and injurious
loading, respectively, and to compare PMHS and CLL response. As with the
PMHS in the Owen study, the CLL did not sustain any injury in this study.
The CLL, similar to the PMHS, sustained foot/ankle fractures under Funk
loading conditions. Based on these results, the CLL gave satisfying results in
terms of injury response.

The second objective of this study was to collect data in order to develop
a transfer function between Hybrid III tibia force and injury severity
predicted by the CLL. Each style of testing (Owen-style, Funk-style, ‘mine’
without boot, ‘mine’ with boot) was repeated with both a Hybrid III lower
leg and CLL in order to generate such data. Peak tibia force and impulse
values were considered as parameters that may correlate with CLL injury
severity. Based on results presented in Table 1, the Hybrid III peak force
seems proportional to CLL injury severity but, when comparing ‘mine’
testing results with and without a boot, peak impulse does not seem to follow
this same trend.

Finally, the third objective of this study was to evaluate the effect of
military footwear on injury severity. The injuries sustained by the CLL for
‘mine’ testing showed that the military boot has a significant effect on the
CLL injury severity. In that case, wearing a boot protected against foot/ankle
fracture and thus, reduced significantly the risk of suffering disabling
injuries.

7. CONCLUSIONS

This study was done to generate preliminary results for an R&D project on
the development of an injury assessment method for lower leg injuries
resulting from anti-vehicular blast landmines. The biofidelity of a new
frangible lower leg surrogate was verified under axial impact loading.
Injurious and non-injurious tests were performed to verify injury response of
the Complex Lower Leg. The CLL showed satisfying results in terms of
injury response when compared to PMHS results presented in literature
[3, 4]. The limitation of the CLL is that it represents a young male lower leg,
which has a relatively high tolerance to fracture with respect to the older
PMHS typically available. Its utilization for civil application, where the age
of the studied population includes a broader range, may be limited.
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However, the CLL is believed to be a good tool to evaluate lower leg injuries
caused by axial impact when PMHS testing is not available.

After biofidelity verification testing, the loading severity was increased to
produce an impact similar to that seen during anti-vehicular blast mine
detonation. Tests with and without military boot showed that footwear has a
significant influence on lower leg protection against disabling injuries. The
effect of boot on injury severity demonstrates the importance of including a
boot in procedures for full-scale vehicle mine testing. Loading produced
with the current set-up was close to an AV blast mine load in terms of peak
value and rise time, but it was not optimal. In future work, the air cannon
system will undergo a redesign to generate loading that better represents AV
blast landmine loading measured by dummies in a light-armoured vehicle.
To reach this goal, focus will be on improving the loading duration and rise
time.

Finally, data were collected in an effort to develop a transfer function
between Hybrid III tibia response and injury severity. Results show that peak
axial force correlates well with injury severity. In future work, other
parameters, such as loading duration, rise time and impulse, will be
considered to determine which, if any, have a significant influence on lower
leg injury tolerance. To study these parameters, a tibia load cell normally
used on a Hybrid III will be installed on the proximal end of the CLL. Tibia
force measurement on the CLL will again be compared to PMHS force
corridors to increase confidence of its biofidelity under axial impact loading.
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Abstract.

Key words:

1.

Occupant safety has a high priority in peacekeeping military operations.
During an anti tank (AT) mine detonation under a vehicle, the global and local
impulse load threaten occupant safety. The proximity of the occupant’s feet to
the vehicle floor (through direct contact, or via pedals/foot rests) means that
lower leg injuries occur frequently in AT mine strikes. Analysis of these
injuries has proceeded with surrogate legs originally developed for automotive
impacts. However, none of these has been validated for the loading conditions
present in a mine strike. Recently, a combined experimental and numerical
approach was used to obtain greater confidence in the injury assessment
method with lower leg surrogates used in AT mine strike tests. Blast tests were
performed using the standard Hybrid III dummy to study the differences
between the standard Denton leg and the Thor lower leg model (Thor-Lx).
Computational models of the test setups were created using a commercial
multi-body code (Madymo) to investigate whether virtual testing could be
used for future parameter studies in vehicle design. The current study focused
on the validation of the Hybrid III Denton leg. The simulations showed good
correspondence to the experimental data and are therefore suitable for use in
injury assessment.

lower leg, experiment, simulations, vehicle mine protection.

INTRODUCTION

Vehicle mine protection is an emerging field of international research and
new occupant models and injury criteria are under development. At present,
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the standard Hybrid III crash test dummy is the most frequently used human
surrogate in assessing occupant loading in a vehicle subject to an anti-tank
(AT) mine strike. Previous research has shown that the lower legs are very
vulnerable to an AT mine strike under a vehicle and many studies have
focussed on the lower leg response [3, 4, 6, 7]. However, the models used
were developed for automotive research and have not been validated for
mine strike loading conditions. This poses a potential research weakness as
AT mine strikes generally result in shorter duration and higher loading
magnitudes than automotive collisions.

Since human data for validation for AT mine loading conditions are not
available, experimental studies using different types of lower leg models
together with numerical studies are used to improve confidence in the injury
assessment for vehicle mine protection studies.

In 2003 the Test Rig for Occupant Safety System (TROSS) developed by
IABG (Lichtenau, Germany) was used to study the lower leg response using
the Denton leg and the Thor lower leg (Thor-Lx). In addition, simulations of
these tests were performed using the commercial crash simulation code
Madymo. The main goal of this paper is to present the results of the
validation of the Madymo model of the Hybrid III Denton leg using the
experimental data from the TROSS tests. Also a parameter study on the
initial lower leg position and its influence on the leg loads will be presented.
Finally, these results will be used to discuss the issue of injury assessment.

2. METHOD

Data for validation of the Madymo Hybrid III Denton leg model for axial
impact caused by an AT mine detonation under a vehicle are taken from
TROSS tests performed in Germany [2].

2.1 Experimental Data

The Test Rig for Occupant Safety Systems (TROSS) developed by IABG is
used for the leg model tests. Using this test rig, it is possible to provide
repeatable loads caused by detonation of explosive charges beneath a
membrane baseplate. There is a known relation between the charge used and
real AT mine ordnance, resulting into comparable loads to the human body.
The test rig is closed by a box which is decoupled from the membrane
baseplate and thus free of shock. In order to prevent transmission of high
frequency shock loading to the legs, a stiff footplate is mounted on the
baseplate. The footplate is sufficiently stiff to resist local deformations.

The dummy’s feet were positioned in the middle of this plate (see
Figure 1). To prevent loading of the upper torso, the seat is fixed to the
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shock free box. The dummy was strapped to a military vehicle seat using a
4-point belt system. The following channels were measured: foot
accelerations, tibia accelerations, lower tibia loads, femur loads, lumbar
spine loads and pelvis accelerations. The data were filtered using standard
low-pass filtering according to SAE J211/1. Tests were performed for three
loading conditions of increasing severity of explosive loads (dbl, db2, db3)
and with and without shoes (db, dns). The results show reproducible Hybrid
IIT dummy responses [2].

TROSS se-t.—-up. Simulation set-up

Figure 1. Test set-up as well as simulation set-up.

2.2 Simulations

The Madymo Hybrid IIT 50" percentile male dummy model with Denton leg
was placed into a simplified model of the TROSS (see Figure 1). The seat
was non-deforming and rigidly attached to the reference space while the
rigidly modelled footplate can move vertically. The dummy model was
positioned according to photographs of the test set-up. The simulations were
organised such that prior to the start of the footplate displacement (main
simulation) the dummy models were allowed to settle into the seat under the
influence of gravity to find an equilibrium position. Also equilibrium in the
contact between feet and footplate was reached. The arms were not
repositioned after the presimulation, since they have no effect on the lower
leg response. The main simulations were performed by prescribing the
experimentally measured vertical footplate displacements as well as the
acceleration field due to gravity.

TROSS test db2 (booted dummy loading condition 2) was used as the
baseline setup for validation as this test had approximately the mean severity
level. A foot—footplate contact function was derived in the absence of
experimental data, providing a good fit for loading case db2 (Figure 3). In
the simulations the effects of initial positioning, friction, integration
timestep, elastic contact stiffness and contact damping were evaluated. The
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final input parameters used for db2 were then applied to simulations db1l and
db3. The principal simulation output parameters for comparison with the
experimental data were the foot and tibia vertical accelerations because
loading of the dummy occurs via the footplate to the feet and then to the tibia
and femur. Therefore, accurate modeling of the foot kinematics followed by
tibia kinematics is the best approach for the validation process. In addition,
the compressive load in the tibia is also important as this has direct
implications for injury. The advantage of choosing accelerations rather than
displacements or velocities for validation is that the acceleration pulse is
more sensitive to kinetic changes than position or velocity.

For the parameter study, four initial seating positions were simulated, in
which only the lower leg position was varied (see Figure 2). In all four
positions the same vertical displacement of the footplate was simulated.

Position A Position B Position C Position D

db3

Figure 2. Tracing view using Altair Hyperworks: crash dummy motion during pure vertical
footplate displacement for four initial positions at two different loading conditions.

3. RESULTS & DISCUSSION

The global occupant motions are presented in Figure 2. Position A was used
for the model validation. The other positions were used for the parameter
study. The model predicted all dummy responses but only a few results are
shown here (see Figures 3-6). A negative tibia z force refers to axial
compression, while the tibia x force refers to shear in the lower leg.
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Figure 6. db3 results (Tibia Fx and Fz) for position A,B,C and D.

The Madymo Hybrid III booted dummy simulations for TROSS were
successful. Varying the contact friction was not significant, and low
damping at the foot-footplate contact yielded the best results. Foot and tibia
Z direction accelerations (Figure 3) and femur and tibia joint reaction Z
forces (not shown) match well for condition db2. The femur and tibia joint
moments (not shown) are poor — but this has been noted previously in
automotive research and as moments are not used for injury assessment in
vehicle mine protection [2], it was decided to accept this deviation.

Load conditions dbl and db3 simulated using the same model
configuration as db2 (Figures 4 and 5) yielded similar trends: for higher
loads (db3) the body motions and loads are increased. The differences in
lower leg motion are much clearer for db3 compared to the lower input
simulations (dbl). For db3, the tibia forces are too high compared to the
experimental results because of the increased effects of damping at higher
loading.

The current work was fit on foot and tibia accelerations, because these
are more sensitive to kinetic changes than tibia velocity or motion. For future
work it is suggested to use the tibia loads for tuning, because the load
measurements are more reliable than the measured acceleration data. Based
on the current study and the expected improvements when the tuning is
focussing on the tibia loads it can be concluded that the Madymo Hybrid 111
Denton model is valid for this application.

Different initial lower leg positions were simulated to study the influence
of positioning a dummy on injury assessment. The response differences
between positions A,B,C and D are clearer for the db3 simulations than for
dbl. The same trend is seen for the axial tibia forces/accelerations for the
lower and upper tibia as well as the upper tibia index: the highest values are
seen for position A & C, while in all cases D shows the lowest values.
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However, this may not mean a lower injury risk because the injury
mechanism differs in these orientations.

4. GENERAL DISCUSSION

Research on cadaver lower leg tolerance to fracture under dynamic axial
impacts performed by Yoganandan et al. [10], Seipel et al. [8], Kuppa et al.
[5] and Funk et al. [1], are very useful. In general, the loading mechanism
acting on the lower leg during an AT mine strike and in frontal car crashes is
comparable [2]. In the latter, axial loading is applied via the pedal or the
toepan. Within a NATO working group [2] it has been decided to use the
axial tibia load injury model developed by Yoganandan [10], which
recognizes that age is an important factor in lower leg fracture tolerance.
Because the specimens tested are usually old, the injury risk models
developed without considering this factor [5,8] give severe tolerance values.
Funk’s risk model, including age, gender and weight, was also satisfactory,
but the Yoganandan model was used because of the larger sample size (52
specimens compared to 30) and the large age range of the specimens (27-85
compared to 41-74) used in its development. However, both correlate well at
age = 45 years, giving confidence in the tolerance value of 5.4kN for 10%
risk of AIS2+ injuries on the lower leg [2]. This means that db2 and db3
result in critical cases. The Yoganandan model uses the tibia force for a pure
axial impact on the whole surface of the foot and may therefore not be valid
for positions B & D (Figure 2), because the loading mechanism differs due
to the initial leg orientation. Although the tibia forces for position B and D
are lower the injury risk might be higher due to this different loading
mechanism. In all cases, axial tibia compression force Fz was dominant.

Although injury tolerance is time-dependant due to visco-elastic effects
[9], existing models do not consider loading duration. The available risk data
for lower legs are from staged car crashes, which are usually longer events
than mine strikes. Since Hybrid III tibia loading durations in AT mine tests
are very short (sometimes < 10 ms), the proposed tolerance value may be too
severe. WTD ’91, Germany has started to develop a lower leg injury
criterion based on tibia loading duration [2], but this has not yet been
validated.

There is no human data for vehicle mine detonations. Previous automotive
crash studies have shown that the Hybrid III leg is too stiff causing loads that
might lead to a conservative injury assessment for these mine strikes.
Therefore, more biofidelic models such as the Thor-Lx or the Madymo
human body model are needed. The human body model is directly related to
the human body, this is in contrast with the dummy models which are
numerical models of mechanical crash dummy models. As part of the current
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research, the Madymo human body model was implemented in the same
simulation environment of the TROSS test set-up. However, the model foot
could not be maintained flat on the footplate, and this significantly altered
the loads transmitted to the tibia. Separately, the Thor-Lx has been tested
successfully and the relation between the Hybrid III Denton leg and Thor-Lx
was studied experimentally, showing similar relationships seen in
automotive studies [2]. Preliminary simulation results are also directing to
the same relationship.

A major drawback of this work is the lack of post mortem human subject
(PMHS) data for AT mine loading conditions, therefore international
discussions started on proposals for PMHS testing. However, so far current
experimental and numerical models will continue to be used for injury
assessment for AT mine loading conditions.

S. CONCLUSIONS

The Hybrid III dummy was developed for automotive applications but can
be used successfully to measure occupant loading during a mine strike in
cases where the dummy is shielded from the direct blast but is loaded
through vehicle deformation. The TNO study in co-operation with Trinity
College Dublin indicated that simulations of the physical test setup using the
commercial code Madymo showed very good correspondence to the
experimental data and this approach is therefore suitable for future use in
injury assessment. A parameter study showed considerable influence of
occupant positioning on lower leg loading during a mine strike. Further
validation in this field urgently requires PMHS test data.
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Abstract. The simulated responses of cortical and cancellous bone subjected to two
different loading conditions are presented. These are impact type and blast
type pressure loads. Three different models are simulated under the two
loading conditions; they are a hollow cortical bone, a solid cancellous bone
and a combination of cortical and cancellous bone. The strength model is
based on Von Mises Yield [1]. The results show a distinct difference in the
human response between an impact and a blast load.

Key words: cortical bone, cancellous bone, material properties, blast, impact.

1. INTRODUCTION

Hitherto in the field of human response to impact mechanics, the emphasis
has been focused on applications such as automobile and train accidents.
Several conferences have been held pertaining to these applications, such as
ESV and ICrash. More recently, the world has highlighted the need to
identify the effects of human response to more violent effects such as blast
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loading. The loading — pressure time — of these two impacts is distinctly
different. Hence an understanding of the response of human skeletal
components to these different load conditions is desired. In this respect, this
preliminary numerical study investigates the effects to different rates of
loading on cortical and cancellous bone.

2. MODELLING

Three cases of the human tibia approximated as a cylinder of length 600 mm
are investigated. In the first case the cylinder is hollow with an external
diameter of 40 mm and an internal diameter of 30 mm and is composed of
cortical bone. In the second case the cylinder is solid with a diameter of 30
mm and is composed of cancellous bone. In the third case the tibia is
modeled as a cylinder with an inner core of diameter 30 mm consisting of
cancellous bone and an outer shell of diameter 40 mm consisting of cortical
bone. This combined model is utilized in investigating the influence of
cortical bone on the strength of the cancellous bone core. These three cases
are shown schematically in Figure 1.

Cortical Bone Cancellous Bone Cortical & Cancellous Bone
-_““\__‘_'
——
‘*‘\_‘_:
[——
——
D =40 mm D = 30 mm D =40 mm
d =30 mm d =30 mm

Figure 1. Human Tibia Model.

For each case two loading conditions are implemented with identical
impulses. The first is a longer time span impact type pressure of 0.16 MPa
ranging from 0.5 — 4.5 ms with the peak occurring at 2.5 ms [2]. The second



Simulated Response of Cortical Bone to Various Rates of Loading 53

is a short duration blast type pressure described as reaching a peak pressure
of 160 MPa at 0.002 ms and lasting a total of 0.004 ms [3], as shown in
Figure 2. For this study the objective is to determine the human response to
two distinctly different loading conditions. Hence, for the purpose herein the
loading conditions chosen for the longer timespan impact are reported by
reference [2], and those for the blast type impact chosen from typical
laboratory type blast experiments [3]. It is important to note the distinct
difference in pressure time histories between the two loading conditions.

200
180 -
160 -
140 4
120 || Blast

100 -

oo
(=]
L

Stress (MPa)

60 | e
40 |
20 4 Impact

0 I_-__Iﬂ-__-_l

0 1 2 3 4 5

Time (ms)

Figure 2. Two standard loading conditions.

The impact condition is modeled as a triangular stress wave directly
applied to the top surface of the cylinder, indicated as position 1 in Figure 3.
The blast condition is modeled as a piecewise step function also applied to
position 1 in Figure 3. In both conditions the base of the cylinder, position 2
in Figure 3, is modeled as a transmit layer which enables the stress wave to
propagate through the cylinder. Boundary conditions are applied to both
loading conditions for the purpose of simulating the bone being constrained
on a drop test rig used for impacts or a ballistic pendulum used in blast
loading. In each case the structure is meshed with a rectangular mesh.
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of Cylindar

MMeshed Model of
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Meshed Model of
Solid and Hallow
Cylinder

Figure 3. Meshed cylinder for all three cases.

In all three cases the bone material is modeled as a linearly elastic
material with different yield conditions using Autodyn [4]. For each loading
condition different material specifications are used — for the impact
conditions quasi-static yield criteria is implemented [3] and for the blast
pressure it is assumed the yield changes due to strain rate dependency. For
the latter case the material properties for cortical bone are obtained from [5]
and for cancellous bone from [6]. Material properties are given in Table 1.

Table 1. Steel and Cortical and Cancellous Bone Material Properties.

Density Young’s Bulk Shear Poisson Yield Yield
[kg/m’] Modulus Modulus Modulus Ratio Stress Stress
[GPa] (Calculated) (Calculated) [MPa]—  [MPa] -
[MPa] [MPa] static strain
conditions rate
[~1200/s]
Cortical 2120 12.2 7260 5000 0.22 170 300
Bone
Cancellous 990 1.3 774 533 0.22 4 17
Bone

Steel 4340 7830 209 159000 81800 0.28 792 1000
(7]
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The loading conditions and types of bone are represented in Table 2. For
cases A, B and C the number of elements in the model are 14400, 14400 and
28800 respectively. For cases D, E and F the number of elements in the
model are 28800, 28800 and 57600 respectively. The mesh is refined by
grading it from position 1, at the top of the cylinder, to position 2. This
results in a better approximation of the stress wave applied to the cylinder.
Autodyn is an explicit analysis tool used in the modeling of non-linear
dynamics. The program uses a finite volume formulation with exact volume
integration and linear elements for solution.

Table 2.. Matrix of Loading Regime.

Impact Blast

Cortical Bone A D

Cancellous Bone B E

Cortical & Cancellous Bone C F
3. RESULTS AND DISCUSSION

Figure 4 shows the stress wave through the cylinder for loading regime A,
this is an impact load applied to cortical bone. The figure shows that under
the influence of an impact type load the stress wave experienced at both
positions, 1 and 2, has the same peak value of — 0.16 MPa. The peak occurs
at time 2.5 ms at the applied position and at 2.75 ms for the measured
position.

0.0

-0.05+

STRESS [MFa)]

-0.1

-0.154

Position 1
Position 2

TIME [mz=]

Figure 4. Stress wave through cylinder for loading regime A.
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The time shift in the peak value is influenced by the speed of sound
through the material. To validate the results obtained the speed of sound
through bone is calculated using equation 1 [8].

v=yE/p (1)

where v= speed of sound measured in [m/s], £= Modulus of Elasticity
measured in [Pa] and p= density of material measured in [kg/m’]. The
speed of sound through cortical bone is calculated as 2399 m/s, which in turn
is used to determine the time for the stress wave to reach position 2, (0.25
ms).

In the event of loading regime D, Figure 5 shows the stress wave in the
cortical bone as a result of a blast wave as it travels through the cylinder.
The applied stress at position 1 is — 160 MPa while the measured stress at
position 2 is — 26 MPa. This difference in peak values is similar to that
described in [9] for impact type loadings and this is ascribed to the material
properties [9].

: [ :
o ' “:Jrl‘ﬁ;n\l\::\-
] \ATEG :
i /Ny i
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-50
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-100
e 5 | ==
] I ]
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TIME [mz]

Figure 5. Stress wave through cylinder for loading regime D.

Factors, which influence the propagation of the shockwave through the
cylinder, are the bone material properties, the speed of sound through bone
and the length of the cylinder. Autodyn [4] automatically calculates the
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speed of sound through the simulated material, which is then utilized in
determining the impedance at position 2 on the cylinder [10].

In this study six loading regimes are investigated, as shown in Table 3.
The last two entries in Table 3 are values obtained for the simulated impact
and blast loading on a conventional Steel 4340.

Table 3.. Summary of Results.

Loading Regime  Applied Stress Time of Applied Measured Stress  Time of

[MPa] Stress [ms] [MPa] Measured Stress
[ms]

A — Impact -0.16 2.5 -0.16 2.75
D — Blast - 160 0.002 -26 0.3
B — Impact -0.16 2.5 -0.16 3
E — Blast - 158 0.002 -7 0.55
C — Impact — -0.16 2.5 -0.16 3
Cortical
C — Impact — -0.16 2.5 -0.16 2.75
Cancellous
F — Blast - - 160 0.002 -26 0.3
Cortical
F — Blast - - 158 0.002 -7 0.5
Cancellous
Steel — Impact -0.16 2.5 -0.16 2.7
Steel — Blast - 160 0.002 -25 0.1

The results show that in the case of the loading regimes A, B and C the
applied and measured stresses are the same. This is also the case for the steel
under the influence of the impact load. Whilst in the case of the blast load,
loading regime D, the applied and measured stresses differ - the measured
stress is 16% of the applied stress. In the case of loading regime E the
measured stress is 4.5% of the applied stress and in the case of loading
regime F the measured stress is 16% of the applied stress for the cortical
bone and the measured stress is 4.5% of the applied stress for the cancellous
bone.

These results show no influence on the strength of the cancellous bone
core in the combined model. The values of the applied and measured stresses
are identical to the values for the individual models of cortical and
cancellous bone for both the impact and blast loading conditions. However,
the time at which the applied stress occurs differs between the combined
model for the cancellous bone (model F) and the pure cancellous bone
(model E) under the influence of the blast loading.
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4. CONCLUDING REMARKS

In this preliminary numerical study it has been shown that human bone
responds differently for an impact load and a blast load. The bone responds
according to the time-stress input applied to the cylinder, with the impact
load attaining a lower stress over a longer time period and a blast attaining a
higher stress for a shorter time period. The study includes some basic
simulations using steel 4340 which suggest a similar response for impact and
blast loadings as obtained using bone. The impact load on steel resembles
that for cortical and cancellous bone with the exception of the time of the
measured stress, which has been ascribed previously to the speed of sound
through the material. In the case of the blast load the steel responds
similarily to that of the cortical and cancellous bone and the measured stress
is 16% of the applied stress. The measured stress for the impact loading is
the same as that of the applied stress for all three bone materials for an
impact loading whilst the measured stress is only a percentage of the applied
stress for all three bone materials for a blast loading. These results are being
utilized for experiments currently in the planning stage.
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Abstract.

Key words:

The construction of multibody biomechanical models for impact is discussed
here with the emphasis on the formulation aspects. First the relations between
the human or the dummy anthropometric data and the rigid bodies in the
model are presented. The motion restrictions between the different anatomical
segments of model can be defined as kinematic joints, suitable to represent
mechanical joints of dummies or a simplified kinematics of human joints, or as
contact/sliding pairs, which are used to describe realistic human like
anatomical joints. Another particular aspect of biomechanical models is the
representation of the range of motion of the anatomical joints. This is achieved
either by setting proper contact pairs between the adjacent anatomical
segments or by setting resisting muscle forces or resisting moments that
develop when the relative orientation between the segments reach critical
values. Another fundamental aspect of the models is the ability to represent the
contact geometries and the contact forces with realism. In fact, the outcome of
all injury indexes predictions is strongly dependent on the quality of the
representation of the contact. Contact models suitable to be used in
biomechanical models, to represent the contact between anatomical segments
of the biomechanical model or between these and external objects, are
presented and discussed emphasizing the requirements to develop more
advanced biomechanical models. The current biomechanical models either do
not include muscle actions or, at the most, include a reflexive muscle
contraction. It is suggested here that for the case of standing passengers it is
important to include in the biomechanical models muscle models that allow
for the representation of the muscle voluntary contractions and joint stiffening.
It is also suggested that the evaluation of the models leading to the
identification of such actions can be done by using techniques similar to those
used in the evaluation of muscle force sharing in different human motions.

contact, out-of-position occupants, muscle models, voluntary muscle
contraction.
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1. INTRODUCTION

The safety of occupants and their potential survival in crash events of
transportation systems requires the use of various models for the structural
crashworthiness, restraint systems vehicle interior or occupant biomechanics.
Current design methodologies entail the use of different computer
simulations of increasing complexity ranging from simplified lumped mass
models [1], multibody models [2] to complex geometric and material
nonlinear finite element based representations of occupant [3] and vehicle
structures [4]. Some well-known simulation programs are now available:
PAM CRASH [4], WHAMS-3D [5] and DYNA 3D [6] for structural impact
and CAL3D [7] and MADYMO [8] for occupant dynamics. These programs
are able to simulate with relative detail frontal, rear and side impact
scenarios.

Most of the biomechanical models for the study of impact biomechanics
rely on multibody dynamics methodologies. The outcomes the numerical
models simulations are generally in close agreement with the output of the
anthropomorphic test devices, or dummies, tests. This is mainly due to the
fact that all the mechanical components and joints of the dummies find in the
multibody formulations exact descriptions of their physics, with particular
emphasis on the kinematic joints and on the numerical models of the
materials and contact. The MADYMO family of dummy models for front,
side, rear-end or pedestrian impact, and their variations in terms of age and
gender representation, illustrates the detail with which it is possible to
represent these devices using a multibody formulation [9]. The human body
numerical surrogates have a much larger variability for their outcomes when
compared with cadavers or human volunteers experimental tests. Such
differences reflect, among others, the difficulties in the identification of the
biomaterial dynamic response, the approximate representation of the contact
models for the body anatomical segments due to geometry and compliance,
deficient evaluation of the muscle actions and the complexities of
experimental testing on the human body [10]. Therefore, improvements on
multibody models of the human body requires investigations on suitable
biological material models, muscle contraction models for force and
activation control and the characterization of their variability with age and
gender. The improvement of dummy numerical models and the design of
new improved anthropomorphic testing devices require the identification of
mechanical features that can represent with biofidelity the response of the
human body in well defined ranges of action. Therefore, the understanding
of the formulations required to achieve more advanced models is of
fundamental importance.
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The dynamic analysis of the vehicle occupants require that initial
conditions for the biomechanical models are supplied in order to carry out
the simulations [11]. In road vehicles it is rather predictable what the
passenger positions are, and consequently the different safety systems, such
as restraints and air-bags, are tuned to control the occupant kinematics and to
minimize their injury risk. However, for the normal occupants in trains or
buses there are no preferred positions or postures.

The most common biomechanical models are tuned for the type of
kinematics experienced by the normal road wvehicle occupants. The
limitations in the application of current dummies and human body models to
railway and bus passengers reside in the fact that the impact kinematics of
these passengers do not have preferred directions, can happen with multiple
impacts and can have a large variety of initial conditions. The crash event
can be preceded by warning signs, take a longer time than for road vehicles
and consist on multiple impacts. For these reasons special attention is paid to
the need for these models to include muscle actions. In order to identify the
typical postures of railway passengers and the reflexive and controlled
muscle actions and joints stiffening several numerical and experimental
procedures, based on gait analysis methodologies, are also proposed here
[12, 13].

2. MULTIBODY DYNAMICS

A multibody system is a collection of rigid bodies joined together by
kinematic joints and force elements as depicted in Figure 1. For the i body
in the system, q; denotes a vector of coordinates [14]. A vector of velocities
for a rigid body i is defined as v;. The vector of accelerations for the body,
denoted by v, , is the time derivative of v;. For a multibody system containing
nb bodies, the vectors of coordinates, velocities, and accelerations are q, v
and v that contain the elements of q,, v; and v, , for i=1, ..., nb.

The kinematic joints between rigid bodies are described by mr
independent constraints:

@(q)=0 (1)

The time derivatives of the constraints yield the velocity and acceleration
equations.

d=Dv=0 ()

d=Dv+Dv=0 (3)
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Figure 1. Schematic representation of a multibody system.

where D is the Jacobian matrix of the constraints. Equations (1-3) describe
all kinematic restrictions between the components of the multibody system.
The equations of motion for the multibody system are written [14]

Mv-D'A=g “4)

where M is the inertia matrix, A is a vector of Lagrange multipliers, and
g=g(q,v) contains the gyroscopic terms and the forces and moments that act
on the bodies. Equation (4) must be solved together with equation (3) to
obtain the system accelerations and the Lagrange multipliers, associated with
the joint reaction forces.

Initialization Construct: Solve:

(=0): M D'| |V g
q=q M; ®f: gy D ol [r]7|-Dv
v, =V

No '
Integrate Auxiliary vector
(i=i+1)
~—
= qi y B [?,l }
Yes y= v, \

Figure 2. Solution of the forward dynamic analysis of a multibody system.

The forward dynamic analysis of a multibody system requires the initial
conditions of the system, i.e. the position vector q” and the velocity vector
v’. Equations (3) and (4) are assembled and solved for the unknown

accelerations and Lagrange multipliers, which are in turn integrated in time
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together with the velocities. This leads to the positions and velocities of the
new time step. The process, shown in Figure 2, proceeds until the system
response is obtained for the analysis period.

At this point it should be noted that for a biomechanical model the
anatomical joints are represented by constraint equations, such as equation
(1), when they are represented by mechanical joints. However, the same
joints may be represented by contact elements, and consequently included in
equation (4) through the force vector g. For anatomically correct joints the
only possible representation is by using the contact pairs with appropriate
geometry and compliance. The muscle actions are generally represented by
internal forces in the biomechanical model, and therefore included in vector
g. However, for voluntary muscle contraction studies these actions can be
modeled through kinematic constraints for which the associated Lagrange
multipliers represent the muscle forces.

3. BIOMECHANICAL MODEL FOR A VEHICLE
OCCUPANTS

The multibody methodology outlined is applied to the representation of a
biomechanical model of the human body or dummy suitable for impact
simulations, based on the occupant model of SOMLA [15]. The model is
general and accepts data for any individual. The information required to
assemble the equations of motion of the model include the mass and inertia
of the biomechanical segments, their lengths, location of the body-fixed
coordinate frames and the geometry of the potential contact surfaces, as
pictured in Figure 3. The data held within a database can be expanded for
different individuals.

Figure 3. Three-dimensional biomechanical model for impact: (a) actual model; (b) local
referential locations; (¢) dimensions of the biomechanical segments.
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3.1 Anatomical Segments of the Model

In impact simulations the relative kinematics of the head-neck and torso are
important to the correct evaluation of injury criteria. Consequently, the head
and neck are modeled as separate bodies and the torso is divided in two
bodies. The hands and feet do not play a significant role in this type of
problem and consequently are not modeled. The model is described using 12
rigid bodies connected by kinematic joints. Table 1 presents the location and
description of the kinematic joints. For these models all anatomical joints are
represented by kinematic joints and not by contact pairs.

Table 1. Kinematic joint description for biomechanical model.

Joint Type Description

1 spherical Back, (12" thoracic and 1% lumbar vertebrae).

2 spherical Torso-Neck (7" cervical and 1* thoracic vertebrae).
3-5 spherical Shoulder.

4-6 revolute Elbow.

7-9 spherical Hip.

8-10 revolute Knee.

11 revolute Head-Neck, (at occipital condyles).

The principal dimensions of the model are represented in Figure 3(c). In
most cases, the effective link-lengths between two kinematic joints are used
instead of standard anthropometric dimensions based on external
measurements. The set of data for the models is described in reference [15].

3.2 Joint Resisting Moments

In the biomechanical model, no active muscle force is considered but the
muscle passive behavior is represented. Applying a set of penalty torques
when adjacent segments of the biomechanical model reach the limit of their
relative range of motion prevents physically unacceptable positions of the
body segments. A viscous torsion damper and a non-linear torsion spring,
located in each kinematic joint, describe the joint torques. Take the elbow of
the model, represented in Figure 4 for instance. The total damping torque for
the relative rotation of the lower and upper arm is

m, =-j, B; Q)
where the torsion damper has a small constant coefficient j; and B, is the
relative angular velocity vector between the two bodies interconnected by
joint .
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=

Figure 4. Joint resistance torque modeled with a non-linear torsion spring and damper.

A constant torque m,; that acts resisting the motion of the joint is applied
in the whole range of motion in the dummy model [15]. For the human joint
this torque has an initial value, which drops to zero after a small angular
displacement. The torque has a direction opposite to that of the relative
angular velocity vector between the two bodies interconnected in the joint

-1

(6)

m, = _m);ﬁi HB,

A penalty resisting torque m,,, also applied at the joint, is null during the
normal joint rotation but it increases rapidly, from zero to a maximum value,
when the two bodies interconnected by that joint reach physically
unacceptable positions. The curve for the penalty resisting moment is
represented qualitatively in Figure 5.

A

mp

| ——
Bmax AB B
Figure S. Penalty moment for the elbow.

The shoulder joint modeled by a spherical joint exemplifies a
biomechanical joint with three degrees-of-freedom. The calculation of the
penalty torque requires the construction of the cone of feasible motion. This
cone has its tip in the center of a sphere with a unit radius. While the upper
arm moves inside the cone its motion does not imply displacements of the
upper or lower torsos. The implementation of the joint resisting torques is
similar to that explained for the elbow joint and it is not detailed any further
here. For more information on the procedures used the interested reader is
directed to reference [15].
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33 Contact Model

A set of contact surfaces is defined for the calculation of the external forces
exerted on the model when the bodies contact other objects or different body
segments. These surfaces are ellipsoids and cylinders with the form depicted
by Figure 6. When contact between components of the biomechanical model
is detected a contact force is applied to such components in the point of
contact. Friction forces are also applied to the contact surfaces using
Coulomb friction. Note that the characterization of the surfaces in contact is
important for general applications of the biomechanical model.

Figure 6. Representation of contact surfaces.

Based on a Hertzian description of the contact forces between two solids
[16], Lankarani and Nikravesh [17] propose a continuous force contact model
that accounts for energy dissipation during impact. Upon identifying the
contact points between two surfaces, their relative penetration & and
penetration velocity § the contact force is written as

f,,=(Ké"+D5)u (7)

where K is the equivalent stiffness, D is a damping coefficient and u is a unit
vector normal to the impacting surfaces. The damping coefficient is given by

_3K(1—e2)

-— (8)
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This coefficient is a function of the impact velocity 5, stiffness of the
contacting surfaces and restitution coefficient e. For a fully elastic contact e=1
while for a fully plastic contact e=0. The generalized stiffness coefficient K
depends on the geometry material properties of the surfaces in contact. For the
contact between a sphere and a flat surface the stiffness is [17]

ko 04l )

12 1-v2
Vi + J
nE; TE;
where v; and E,; are the Poisson’s ratio and the Young’s modulus associated
with each surface and r is the radius of the impacting sphere.
The hysteresis dissipation is introduced in equation (7) by D&. The

nonlinear contact force is obtained by substituting equation (8) into equation (7),
leading to

f,=Kk & |[1+—2L 2 | u (10)

This equation is valid for impact conditions in which the contacting
velocities are lower than the propagation speed of elastic waves. Further-
more, the model for the contact force considers the material and geometric
properties of the surfaces, contributes to a stable integration and accounts for
some level of energy dissipation.

34 Advanced Features for Biomechanical Models

The biomechanical models that are used in occupant passive safety are
computational representations of the anthropometric testing devices (ATD),
i.e., dummies. Because of the limitations of these measuring devices to
represent the whole range of kinematics of the human body for each type of
impact there are several types of devices developed. Though the more
realistic models of the human body can be developed in a computer
environment it is not yet possible to have reliable and repeatable ATDs of
‘real humans’. In this section the methods and modeling strategies required
to develop computational surrogates of the human body, rather than of the
ATDs, are discussed. In the process it is suggested that such human models
can be used to develop more advanced and versatile ATDs that can be used
in different situations and measure a wider range of responses.
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341 Geometry of contact pairs and contact surfaces

The investigation of more biofidelic biomechanical models requires that
some effort is put on the identification of the aspects that differentiate the
posture of general vehicle occupants from that of the guided kinematics such
as those of the occupants of road vehicles. In particular, a more detailed
model for the spine and for the thorax, as for instance that implied by Figure
7(a), can be of major importance. Models of the different anatomical
elements of the spine, including the vertebrae, discs and ligaments, as
presented in Figure 7(b), are required if the correct representation of the
posture is of importance. The detailed representation of the skeletal-muscle
system, such as that implied by Figure 7(c) is fundamental if the
biomechanics of impact for low and medium velocities is to be accurately
evaluated. Furthermore, muscles and ligaments control the limits of motion
on the ‘human like’ joints of the biomechanical models.

Muscle .
Attachments

il

Bone (Vertebra) Ligaments

N
Inteweneb:fa S L&

Muscle
Geometry

a) b) ©)
Figure 7. Advanced features for occupant biomechanical models: (a) elements of the trunk
[13]; (b) detail of the spine [18]; (c) Detailed representation of the muscles [19].

Most of the life threatening injuries of the vehicle occupant involve the
spine, the torso or the head. Therefore, is no surprise that very detailed
models of the human neck [20] and of the head [21] have been proposed. For
less serious injuries, in other anatomical segments, it is required that the
human joints, such as ankle, knee, hip, shoulder, elbow are also modelled
with realism. Detailed models for the knee, ankle and shoulder have been
proposed by a wide number of researchers [22-26]. Many of the features of
these detailed models are useful for impact biomechanics studies.

Detailed models considered for anatomical joints or for the spine
consider that there is contact between the joint pairs. The contact models
require that: the surface geometry is described with detail in order to allow
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for the detection of points of contact between such surfaces; the local
properties of the materials of the contacting surfaces are identified, in
particular, their stiffness and damping; proper normal force and friction force
models are set for the anatomical joints surfaces. For this type of realistic
human joints the continuum modelling of the local deformation near the
contact area is important and may require the use of contact models different
from the one suggested in the previous section. Care must be exercised in
order to maintain the computational efficiency of the models used. Some of
the contact models with good potential for application in advanced
biomechanical models are described by Stronge [27].

The human body has a well established anatomy independent of age,
gender or size. However, geometries and material properties of the
anatomical joints do not scale linearly with age or gender. It is advantageous
that the features of all anatomical joints are defined in terms of parametric
models that can use a database where the required information for different
individuals is stored. By defining the rules of scaling of the different
components of the human body in terms of age, gender or size it is possible
to use the biomechanical models of the human body in a wider range of
situations. Currently, there are ongoing efforts, as for instance the European
Projects HUMOS II and APROSYS, to identify detailed data and models for
the human body and authors, as Yamada [28], who provide good references
on the variation of the biological material properties with gender and age.

3.4.2 Muscle activity

For realistic models of the human body the use of suitable representation of
the skeletal muscles is required. Anatomical joints modelled as contact pairs
only maintain their stability if the muscle and ligaments that cross them are
modelled. The stiffening of the human joints, due to muscle contraction, and
its consequences on the biomechanical dynamic response is another aspect
that requires proper muscle models for increased biofidelity.

The problem of identifying the muscle forces requires that a detailed
description of the most important muscles and muscle groups is done. The
anatomical data existing today ensures that the important features required
for the development of such models, including the physiological cross
section area (PCSA), location of the insertion points, maximum force,
geometry and physiology is available, at least for the normal adult. The data
for the reflexive muscle forces, developed due to the high extension rate
experienced by the muscle during impact, can be obtained also. The major
problem is to identify the muscle forces developed during the voluntary
contractions, as those observed for the standing passenger. The combined
use of detailed muscle models, inverse dynamics analysis of biomechanical
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models and suitable optimization procedures provides solutions for this type
of problem, already applied in many human activities such as gait analysis
and athletics.

It is suggested here that the same techniques are used here for the
identification of the voluntary muscle actions of the standing passenger and
for the analysis of the joint stiffening during the crash events. As the crash
event is generally very short, an experimental program supported by proper
biomechanical models can be devised to obtain the most relevant pre-crash
muscle data and body postures, without involving the actual crash event.

One of the particular features of railway and buses vehicles passengers is
the mobility that they experience while travelling. Much of this mobility is
possible because of the wide volumes for the motion of the occupants, the
lack of any enforced use of restraining devices, such as seat belts, the
different areas inside the vehicle and the furniture of its interiors that invite a
more ‘comfortable’ posture and a better access to the entrance and exit. The
simulations of particular postures and the different seating and standing
positions of the railway vehicle occupants are not as biofidelic as for the
occupants of road vehicles because: the kinematics of the occupant are not
guided; the front and side facing occupants lead to body to body impact that
is not the type of impact for which the biomechanical models have been
developed; the lag of time between the warning signs that develop before the
collision and the impact that follows allow for the passengers to take
defensive measures; the muscle activity in the standing passengers modifies
the post-impact kinematics. Furthermore, the types of impacts that these
occupants are subjected to cannot be simply defined as frontal or side
impact. Therefore the use of the current ATD models in these modes of
transportation present technical difficulties that can be overcome with a new
generation of dummies. Many of the advanced features suggested in the
previous section have a high potential for the design of such devices.

4. INITIAL POSITIONS OF VEHICLE OCCUPANTS

In any practical situation, and for the development of intelligent restraint
systems in particular, it is required that the anatomical characteristics of the
occupants and their positions inside the vehicle can be monitored. In order to
make reliable analysis tools available it is necessary that ‘real life’ positions
of the vehicle occupants can be quantified and used in the multibody
analysis program. The process of recording the human body actual motion
and to extract the position of its anatomical segments for every frame is
designated by spatial reconstruction.
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4.1 Photogrammetric Tools

The most common techniques used for the spatial motion reconstruction are
found in gait and sports motion analysis [29, 30]. The selection of a
technique depends upon several factors such as the purpose of the analysis,
the type of motion, the available time to obtain the results and the costs
involved. Photogrammetry is the most frequently used technique, being the
process of acquiring and digitizing images easily automated if markers,
located at the anatomical joints and extremities, are applied [30].

Contrary to the gait or sports applications of the photogrammetric
techniques, where the motion of the subject is inside a large open volume,
applications to vehicle occupants are characterized by a static position of the
subjects and by the closed volumes where these are seated. A laboratory
apparatus of cameras suitable for the reconstruction of the occupant spatial
position is schematically represented in Figure &.

Figure 8. Vehicle and video cameras for the recording of the out-of-position occupants.

The images collected by a single camera are collections of two-
dimensional information, resulting from the projection of a three-
dimensional space into a two-dimensional one. Mathematically, the inverse
of the transformation does not exist. Consequently, it is not possible to
reconstruct the three-dimensional coordinates of a point in space from its
two-dimensional projection in a single frame. Aziz and Karara [31],
proposed a solution for the reconstruction process called Direct Linear
Transformation that is used in virtually all spatial reconstruction techniques.

The biomechanical model used in this work requires the reconstruction of
the spatial position of 23 anatomical points for each frame of the analysis
period. This set of points is depicted in Figure 9, where the underlying
kinematic structure of the model is also outlined. The spatial position and
orientation of the anatomical segments of the biomechanical model are
obtained from the spatial positions of these reconstructed points. Before the
reconstructed model can be used it is necessary to ensure the kinematic
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consistency of the data with the biomechanical model used and that the data
is filtered in order to eliminate the noise from the digitalization process. For
more information on the reconstruction procedures the interested reader is
referred to [32].

Figure 9. Set of 20 digitized points and kinematic structure.

In order to perform the dynamic analysis, the initial velocities of the
anatomical points are also required. The velocities are obtained by solving
equation (2). This procedure assures that the velocities obtained belong to
the null space of the Jacobian matrix, making them consistent with the
kinematic structure of the biomechanical model.

4.2 Out-of-Position Occupants

To demonstrate the methodology presented here, instead of a complete
vehicle, a vehicle seat and steering column and wheel are use to seat the
occupant, as presented in Figure 10. Notice that using this setup prevents
many meaningful positions for the occupant from being obtained.

Figure 10. Vehicle seat used in the experimental setup to find the occupant initial conditions.
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(a) (b) (c) ()] (e)
Figure 11. (a)-(d) Out-of-position occupants as viewed by the cameras and (e) spatial
reconstructions.

With the setup described in Figure 9 and the vehicle seat presented in
Figure 10, a seated occupant is asked to adopt seated positions similar to
those that would be used when riding a car in different situations. Among the
positions videotaped and reconstructed, the positions presented in Figure 11
are selected and used.

5. VEHICLE ROLLOVER

In order to appraise different aspects that have to be accounted for in the use
of multibody models of the human body or of ATDs, the biomechanical
models described in this work are used in the simulation of a vehicle
rollover. For the purpose, a complete vehicle is modeled including the
suspension systems and wheels [33]. This setup and the simulation outcome
is compared with that of two experimental tests of the vehicle with three
Hybrid III dummies that have been carried at the Transportation Research
Center of Ohio (1985, 1986). An overview of the footage obtained in one of
the experimental tests is shown in Figure 12.

Three occupants, with a 50%tile, are modeled and integrated with the
vehicle. The two occupants in the front of the vehicle have shoulder and lap
seat belts, while the occupant seated in the back of the vehicle has no
seatbelt. The reconstruction techniques described in section 4 allow to define
realistic postures for the biomechanical models of the occupants and to
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position them correctly inside the vehicle, even when this is simulated in
scenarios different from those for which the positions have been obtained.
The initial positions of the occupants correspond to a normally seated driver,
a front passenger bent to check out the ‘glove compartment’, and a rear
occupant with a ‘relaxed’ position, according to the positions reconstructed
and shown in Figure 11.

Figure 12. View of the experimental test for the truck rollover.

The vehicle and occupants are simulated here in a rollover situation
described in Figure 13. The initial conditions of the simulations correspond
to experimental test conditions where the vehicle moves on a cart with a
lateral velocity of 13.41 m/s until the impact with a water-filled decelerator
system occurs. The vehicle is ejected with a roll angle of 23 degrees. The
initial velocity of the vehicle, when ejected, is approximately 11.75 m/s in
the Y direction while the angular roll velocity is 1.5 rad/s.

Figure 13. Initial position of the vehicle and occupants for the rollover.

The results of this simulation are shown in Figure 14, where several
frames of the animation of the vehicle rollover with occupants are presented,
as observed from two different points of view. It is noticeable in these
sequences that the vehicle first impacts the ground with its left tires. At this
point the rear occupant is ejected. The rollover motion of the vehicle
proceeds with an increasing angular velocity, mainly due to the ground - tire
contact friction forces. The occupants in the front of the vehicle are hold in
place by the seat belts. Upon continuing its roll motion, the vehicle impacts
the ground with its rollbar cage, while the ejection of the rear occupant is
complete.
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Figure 14. View of the outcome of the rollover simulation of a vehicle with three occupants.

The HICs for all occupants largely exceed 1000. The Severity Index, in
Figure 15, indicates a very high probability of fatal injuries for the occupants
under the conditions simulated. Notice that the model has rigid seats, interior
trimming for the dashboard, side and floor panels, and that the ground is also
considered to be rigid. It is expected that the head accelerations are lower if
some compliance is included in the vehicle interior.
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Figure 15. Severity Index for the vehicle occupants.

The kinematics of the biomechanical models of the occupants, and in
particular that of the ejected occupant, are similar to the kinematics of the
crash test dummies used in the experimental tests. Several simulations of the
vehicle rollover with occupants seating with different postures have been
performed. These simulations show that regardless of the rear occupant
seating posture the ejection and post-ejection occupant kinematics remains
basically unchanged.

The rollover scenario for the simulation and experimental tests described
here illustrates conditions in which there is not a single suitable crash
dummy available during all phases of the motion. During the rollover of the
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vehicle the dummy experiences side impacts, lumbar spine loading, head
contact in different directions, femoral loading, eventually front contact, etc.
Moreover, the vehicle occupants are subjected to multiple impacts in
different directions, which are conditions not accounted for by the current
injury indexes. Impact scenarios such as the one exemplified by the vehicle
rollover clearly indicate the need for a more global approach to
biomechanical modeling and to the definition of other measures of injury.

6. CONCLUSIONS

The methodologies used to build biomechanical models of anthropometric
testing devices and humans have been reviewed here. The use of multibody
dynamics formulations provides the necessary numerical tools to support the
development of advanced biomechanical models with increased biofidelity.

The actual biomechanics models for whole body response neither
account for the voluntary muscle activity that leads to the stiffening of the
joints nor are they suitable for passenger posture studies. Some of the
developments that are required in the biomechanical models to increase their
biofidelity for application to general passive safety include the more detailed
description of the anatomical segments, a more realistic representation of the
geometrical and material properties of the body segments, improved models
for the neck and trunk including the bony structures, ligaments,
intervertebral discs and anatomical joints, and biofidelic muscle models that
include reflexive and voluntary contraction.

The identification of the muscle reflexive actions has been addressed by
several researchers, especially when applied to the head-neck muscles [20].
However, it is not clear how such activity will be evaluated for other muscle
groups or how the voluntary muscle activity will be handled. The existence
of muscle activity and the standing postures in a significant number of
impact cases is a distinctive feature of the railway occupants’ biomechanics.
The identification of the typical postures adopted by the passengers can be
achieved using standard videogrammetric techniques, such as those used for
motion analysis. Due to the large volumes existing in the railway vehicle it is
feasible to devise a suitable experimental program with which the kinematic
and force data associated to different passenger postures and to post-impact
motion can be identified.

Finally, it is suggested in this work that the human mathematical
surrogates cannot replace the anthropometric testing devices as these, even if
built, would not provide repeatable measures. However, their use to design
more advanced dummies not only cannot be discarded but is also
irreplaceable.
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RECONSTRUCTING REAL LIFE ACCIDENTS
TOWARDS ESTABLISHING CRITERIA FOR
TRAUMATIC HEAD IMPACT INJURIES
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Abstract. Brain injury is the leading cause of death in those aged under 45 years in both
Europe and the United States. The objective of this research is to reconstruct
and analyse real world cases of accidental head injury, thereby providing
accurate data which can be used subsequently to develop clinical tolerance
levels associated with particular traumatic injuries and brain lesions. In this
study, MADYMO pedestrian models are used to analyse a well-defined set of
non-fatal accidents involving simple falls. The effect of varying the initial
conditions is systematically examined and the predicted MADYMO results are
compared against literature data.

Key words: impact biomechanics, falls, accident reconstruction, head injury, multibody
dynamics.

1. INTRODUCTION

Mechanical impact is the leading cause of injury, death and disability in
people aged under 45 in the USA, Europe and increasingly so in Third
World countries [1]. Costs of hospitalisation, care and rehabilitation of head
injured people are estimated to be as high as $33 billion per year in the USA
[2]. Much recent research has focussed on the biomechanics of traumatic
head injury, an objective of which is to correlate clinical dysfunction with
mechanical impact conditions, with a view to reducing or eliminating the
mechanisms that cause damage.
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Road traffic accidents (RTAs), falls and assaults are the most frequently
cited causes of head injury. While RTAs tend to be the leading cause of
injury related death, falls tend to be the leading cause of non-fatal
hospitalisation [3, 4]. In Ireland, falls are the single greatest cause of hospital
admissions for both males and females across most age groups, with head
injuries occurring in approximately a quarter of all admissions [4]. Falls are
selected as the accidents of interest in this present study due to their lower
levels of uncertainty regarding initial conditions, and due to the tendency of
falls to result in focal, as opposed to diffuse, head trauma.

The aim of this research is to reconstruct a number of real life falling
accidents using numerical techniques in order to provide detailed data which
can be used to establish injury criteria for specific types of brain lesion. The
accidents are modeled using multibody dynamics software to recreate the
overall movement of the body during the accident. Once this simulation
represents the accident described, the output, in the form of velocities,
accelerations and forces, is subsequently used as input for a 3D finite
element model of the head, which has been previously compared with
experimental results [5]. This finite element model is able to simulate the
effect of the overall head movement on the cranial contents, so the local
deformation parameters within the brain tissue can be examined and
compared to the observed clinical results. This present paper only presents
the results of the multibody dynamics simulations and compares the results
against those reported by other researchers.

2. METHODOLOGY

Real life cases of falls resulting in head injury are selected by Ireland’s
National Department of Neurosurgery at Beaumont Hospital, Dublin. Cases
are screened to narrow the selection to relatively simple falls, in order to
facilitate modelling of the accidents. Clinical assessments of each case are
provided by the hospital, together with CT scans. The accident site is
examined to determine the layout of the environment, the height of the fall,
and the type of surface onto which the person fell. Informed consent is
obtained from patients and witnesses, with the approval of the Ethics
Committee of Beaumont Hospital.

Accident reconstruction is carried out using MADYMO (MAthematical
DYnamic MOdels) [6] multibody dynamics software. MADYMO has a
database of dummy models, which makes it very suitable for reconstructing
accidents involving humans. For these analyses the pedestrian models, which
have been validated extensively against full body pedestrian tests, were used,
with altered head contact characteristics. It was found that the values for the
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forces and accelerations experienced by the head of the pedestrian model
were very high in comparison to values cited in the literature. From previous
related research [7] it was determined that the head response curve
determined by Yoganandan et al. [8] was the most suitable for this analysis
since it was independent of the head impact location.

In order to reconstruct these accidents certain initial conditions need to be
applied to the model. Due to the fact that all data regarding the accidents
were collected from the field, there is necessarily a degree of uncertainty
regarding the precise conditions under which each accident took place.
Without instrumentation attached to the person involved, it is impossible to
know exactly the velocities of the people during the fall. The cases presented
here have at best an eyewitness account of the accident, which is of course
useful and necessary, but not scientifically rigorous. Initial conditions in
MADYMO are defined by specifying the X, Y and Z components of both
linear and angular velocity, and initial joint rotations and positions. For each
case reconstructed here, an estimate was made of these components of the
initial velocities and positions, based on available information regarding the
accident. These were used to run an initial test simulation. If the graphical
representation of the simulation appeared unrealistic, slight alterations were
made to the initial velocities until the kinematics of the impact appeared
physically realistic and correct. This method still leaves some uncertainty as
to the validity of these initial conditions. In order to systematically consider
the effect of these values on the results, the initial conditions were then
varied by +£10% and +50%. Figure 1 shows a sequence of events taken from
one of the accident simulations. The relevant results obtained from these
simulations are in the form of linear and angular accelerations (a,$),
velocities (v, &) and forces experienced by the head.

Figure 1. Images taken from the simulation of a boy falling at a water fountain.
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3. RESULTS

In this study a total of ten real-life accident cases were analysed. A summary
of these cases is given in Table 1. For each of the cases a sensitivity analysis
was performed. This was done by varying both the initial joint positions and
the initial joint velocities, both on their own and combined, by +£10% and
+50%. Some of the simulations resulting from these changes in initial
conditions did not accurately represent the kinematics of the accident
described, and so these results were omitted from the subsequent analysis. In
some cases where there was no initial joint velocity, a certain amount of
velocity was applied to the body in the direction of the movement of the fall.
For example, in Cases 1 and 2, the people fell directly backwards from
stationary positions. These cases were modelled by tilting the body
backwards and allowing it to move under the influence of gravity. The
sensitivity analysis looked at the effect of applying a small amount of
backward rotational velocity to the body to see how this affected the results.
In some of the cases there was very good agreement in the results despite
changing the input by up to 50%. This was particularly evident in the cases
where the fall was in one plane only, i.e., the person fell straight forwards or
straight backwards. In the cases where there was out-of-plane motion,
greater differences could be seen in the results. However, if the initial
conditions were changed by too much for these accidents it was more likely
that they would no longer represent the kinematics of the real-life accident
accurately. Table 2 shows the range of results obtained from the simulations
representing the accidents. In general there is good agreement among the
results. The case with the largest differences is Case 9. This involved a man
falling from a gate at a height of 138cm above standing height, giving more
time for voluntary reactions by the person. The simulations do not take any
voluntary reactions into account, therefore there is likely to be a higher
degree of error in these results, and this is evident by the wider range of
results observed for the same accident description.

The cases where the results of the sensitivity analysis are in closest
agreement are those for which the accident occurred in one plane only (i.e.,
Cases 1-4), resulting in either frontal or occipital impact. For two of these
simulations Figure 2 shows the envelope of maximum and minimum values
for the range of results. It can be seen that the difference between these
curves is modest, with the greatest difference occurring for the accelerations
of Case 1 (+ 21%). In this case the lady’s head impacts the wall behind her,
and not the ground, so slight differences in head position are likely to lead to
larger differences in acceleration values. Figure 3 represents the accidents
where the impact was fronto-parietal. There is a lot more variation in these
results than for the planar impacts (greatest difference is + 46%).
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Table 1. Case summaries, providing description of accident and head injury sustained.
Case  [Sex |Age [Height Weight]Brief description of accident [Head injury
yrs jem kg

Casel [F [76 (160 (60 Lost her balance and fell Small left frontal lobe
directly backwards. Incurred [contusion.
occipital impact of head Large right temporal
against concrete wall. parenchymal haematoma.

Case2 M |11 152 (37 Fell directly backwards. IRight frontal lobe
Incurred occipital impact of  [contusion.
head on concrete pavement.  [Traumatic subarachnoid

haemorrhage.

Case3 M [B5 163 [70 Fell directly forwards after  |Left sided chronic
losing his balance onto subdural haematoma.
concrete footpath. IRight sided acute

subdural haematoma.
Midline shift to the left.

Case4 [F [84 163 [63.5 [Fell directly forwards after  |Left sided subdural
losing her balance while haematoma with midline
walking downhill on concrete [shift. Dilated right
footpath. ventricle.

Case5 [F [84 163 |57 Tripped on a crack causing herRight sided acute and
to fall forward and to her chronic subdural
right, hitting head off concrete haemorrhage with
footpath. midline shift and

subfalcine herniation.

Case 6 [F |71 [163 [63.5 [Losther balance and fell ILeft fronto-parietal
forwards hitting the front left |subdural haematoma with
of her head off the concrete ~ imidline shift and
ground. asymmetrical ventricles.

Case7 M [76 (170 66.7 [Tripped causing him to fall ~ [Right chronic subdural
forward on his right side, haematoma.
breaking his shoulder and Left acute subdural
hitting right side of his face. |haematoma.

Case8 [F [87 [157 |51 Slipped on a ramp and fell ILeft sided subdural

forward and hitting the right
of her head off a railing.

lhaematoma. Lateral
iventricle shifted to the

right side.
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sharply and fell forwards and
to the right. Incurred right
lateral impact of head on

Case9 M [24 169 [80 IFell backwards and twisted to |Left temporo-parietal
the left while balancing on a [linear skull fracture. Left
lgate, pulling a rope which temporo-parietal
broke. Incurred left lateral extradural haematoma.
impact of head on tarmac.

Case 10[F 24 (169 |55 Standing on chair, twisted Right frontal linear skull

fracture. Right frontal
extradural haematoma.

Left posterior temporal

ceramic tiled floor. contusion.
Table 2. Summary of the peak results for the sensitivity analyses.
Case v 9 a 9 Force HIC
(m/s) (rad/s) (2) (krad/s?) (kN)

1 [4.83-5.75] 32.14-38.9 | 195-300 | 30.0-44.5 6.9-10.38 | 511.83-1200
2 | 634-72 |44.05-49.44] 333-403 | 33.9-42.0 | 12.67—14.7 | 2930 - 4308
3 |5.08-5.64|21.1-24.16 | 321-365 | 13.2-16.1 [1543-16.88| 2491 - 3255
4 |145-477 |16.22 -20.38| 343 -364 | 19.9-27.8 [11.79-13.03| 2387 - 2831
5 |3.51-4.21|13.62-19.21|242-298 | 149-17.9 | 8.75-10.96 | 1026 - 1786
6 |3.61 -3.67|17.62-19.43| 302-307 | 23.8-24.4 [11.19-11.31| 1269 — 1312
7 |4.73-5.11|12.12—-17.56| 303 -330 | 7.4—15.1 | 9.85—-11.84 | 1942 - 2408
8 1541 -6.11|58.83 -72.91|265-351 | 41.9-49.2 |11.25-12.64| 1532-2914
9 |69-8.19 [15.52 -26.78| 189 -456 | 8.1 -22.1 8.8—-22.11 | 6745951
10 | 5.74-6.6 [21.06-35.29| 318-342 | 23.7-30.2 |10.88-11.65| 2237 - 2639

2
Time (ms)

_(kradlsis) . .,
© & o ©

=]

angular acceleration

[=]

2
Time (ms)

Figure 2. Maximum and minimum values obtained from the range of simulations for the falls
that occurred in one plane only (Cases 1 and 2).
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Figure 3. Envelopes of maximum and minimum values predicted for the falls that occurred in
more than one plane (Cases 5 and 8).

Examining the simulations where the fall is out of plane (Cases 5-10), it can
be seen that there is greater variability in the results. In these cases it is more
likely that by changing the initial conditions significantly the kinematics of
the simulation will change to such an extent that it no longer matches the
accident description. In some of these cases the results are omitted since
even a slight change in kinematics can lead to quite a large change in the
resulting velocities, accelerations and forces.

4. DISCUSSION

In this set of accident cases there were two occipital impacts (Cases 1 and 2).
In both of these cases contre-coup contusion was observed on the frontal
lobe of the brain, with no evidence of coup contusion present. One other case
involving lateral impact also presented with contusion. In all three cases
where contusion was observed the linear acceleration falls above the lower
tolerance curve for contusion proposed by Auer et al [9] indicating that
contusion is a possibility. In fact, all cases observed in this study have linear
accelerations above this level. However there is no upper tolerance curve
provided for contusion, so there is no level given above which contusion will
always be observed. In some of the other cases there may be contusion
present, but it may be masked by the presence of a subdural haematoma.

In Case 1 parenchymal haemorrhage was also observed. Very little
research has been carried out on the biomechanics of this specific type of
lesion. One could argue that a minimum level of acceleration is necessary for
parenchymal haemorrhage to occur. It is likely that it is associated with
higher accelerations than contusion, as it is a more severe injury. This case
has very high angular accelerations, due to the oblique nature of the impact,
and it is possible that this contributes to the impact of the brain against the
sphenoid ridge, which may contribute to the occurrence of both contusion
and parenchymal haemorrhage.



88 M.C. Doorly et al.

Subarachnoid haemorrhage can be seen in Case 2 as bleeding in the right
Sylvian fissure. In this case there is very high linear acceleration and
reasonably high linear velocity. Bleeding in the Sylvian fissure may have
been caused by damage to the blood vessels in the middle fossa region of the
brain arising from this very high linear acceleration. It must be noted that
this case involves an 11 year old boy. The skull does not become fully
calcified until adulthood and Mohan et al. [10] suggest that at age 13, skull
stiffness is only 90% that of an adult. If this factor were taken into account in
the force penetration curves for head contact, lower forces would be
predicted on the head.

There are also two cases involving lateral impact in this study (Cases 9
and 10). Both of these accidents involve a fall from a height higher than
standing height. Both patients were 24 years of age at the time of the
accident, and both sustained linear skull fracture and extradural haematoma.
Fracture occurred at the location of impact with underlying extradural
haematoma. Yoganandan ef al. [8] found that the force necessary to fracture
cadaver skulls ranged between 8.8 kN and 14.1 kN, with an average of 11.9
kN. A similar study by Allsop et al. [11] for temporo-parietal bone found an
average of 12.4 kN. Peak forces in these cases were sufficient to cause skull
fracture. Extradural haematoma involves the damage of blood vessels lying
between the dura and the skull. Blumbergs [12] cites studies suggesting that
skull fracture is associated with extradural haematoma in up to 97% of cases.
The skull fracture and extradural haematoma can be attributed directly to
contact effects (i.e., force and linear acceleration), which were quite high in
these two cases.

The majority of the cases in this study involved frontal or fronto-parietal
impacts. In all these cases subdural haematoma was observed, often
accompanied by shifting of the midline and/or the ventricles. The location of
the subdural haematoma had no apparent correlation with where the impact
occurred, but was observed most often on the contrecoup side. No other
injuries were observed in these cases, however there may be contusion
underlying the SDH in some cases. Auer et al. [9] produced upper and lower
tolerance curves correlating subdural haematoma with linear acceleration.
All of the present cases had linear accelerations that were between these
lower and upper tolerance curves, which indicates that subdural haematoma
is a possibility but not a certainty. Other authors [13] suggest that high
angular acceleration together with a high strain rate (i.e., rate of acceleration
onset) are the important factors in ASDH causation. They suggest that falls
resulting in a peak head acceleration of over 200g and a duration of 3.5ms or
less would produce the conditions necessary for the occurrence of ASDH
due to bridging vein rupture. These conditions are met in all cases presented
here with high accelerations and very short duration impacts (in the region of
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3 ms). The likelihood of subdural haematoma due to bridging vein rupture
is also thought to increase with age, and in all cases presenting with this type
of injury the age of the patient is quite high.

Looking at the simulations overall there is no obvious effect of increasing
or reducing initial joint velocities or positions. Each case reacts differently.
In general, changing the initial velocity seems to have more of an effect on
the results than changing initial joint positions and rotations. In many cases
changing the initial joint rotations alters the simulations to such an extent
that it no longer corresponds to the kinematics of the accident described.

5. CONCLUSION

This analysis has shown that multibody modelling is a useful tool for
reconstructing real-life accidents. From the results presented here it can be
seen that the accuracy is appreciably greater when simulating simple
accidents than more complex accidents. Falls from standing height generally
gave good agreement in the results once the kinematics of the simulations
represented the accident well. However, in the case where the man fell from
the gate there was greater variation in the results. It is quite likely that this
difference is partly due to the fact that there is more time and space for the
person to react when they are falling, and voluntary reactions cannot be
taken into account by the MADYMO software. This will inevitably lead to
errors in the results and a wider envelope of results for a given range of input
conditions. The more details that are known about the accident the more
accurate the simulations will be and the less scatter will be associated with
the results.

The main disadvantage of using real-life accidents is that most of the
inputs rely on eyewitness reports which are often not accurate. However, in
this study it can be seen that there is a limited range of input conditions that
will result in a kinematically realistic simulation of the accident, and the
outputs of these simulations generally agree quite well.

The main advantage of using real-life accidents is that the injuries are
known. If the initial conditions are accurately reported and the injuries are
known, it should be possible to see which kinematic inputs lead to particular
types of brain lesions. Ongoing work in this study involves the use of finite
element modelling procedures. The results from the multibody modelling, in
the form of velocities, accelerations and forces, are being used as input for a
3 dimensional finite element model of the head. This gives output in the
form of brain tissue deformation resulting from the head impact. This
information will be compared in a subsequent study against clinical data in
order to establish quantifiable mechanical thresholds for the occurrence of
different types of trauma.
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Abstract. A complete three-dimensional multi-body dynamic computational model of
the human head and neck has been developed and validated using human
volunteer experimental data. The complete head-neck model has been used to
simulate 15g frontal and 8.5g rear-end impacts with the resulting motion
compared against response corridors derived from sled acceleration tests using
human volunteers. This paper reports an original work, a further development
of the model that incorporates a finite element analysis of the intervertebral
discs subjected to the loading conditions determined by the multi-body
dynamic model of the head and neck complex.

Key words: cervical spine, multi-body model, Finite Element Method (FEM), frontal
impact, rear-end impact.

1. INTRODUCTION

Recreational activities, degenerative diseases and vehicle accidents are the
main causes for cervical spine disorders such as whiplash, which poses a
threat for public health, resulting in a huge economic burden of medical and
insurance costs and loss of work force. The cervical spine, therefore gathers
utmost attention in bioengineering discipline, not only to investigate the
head-and-neck to determine the biomechanical limits of its components for a
better evaluation of the injury risk, but also to have an insight for the
common injuries it is subjected to.

The cervical spine is a structure, composed of several components with
varying anatomical and mechanical features, such as the cervical vertebrae,
the spinal cord, ligaments, muscles, and the intervertebral discs. Whilst in
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vitro and in vivo clinical studies continue to provide vital but quite limited
information, computational techniques such as multi-body and finite element
methods are widely used to model and simulate the cervical spine in order to
have a better understanding of its kinetics, kinematics, and clinical aspects.
An interesting series of studies [1-6] charting the development of a three-
dimensional multi-body model of the head and neck has shown that discrete
parameter models are capable of describing global motions of the head and
neck and also the local kinematics of the individual vertebrae. FE models [7-
15] are more commonly used in the investigations of the mechanics of the
cervical spine subjected to impact loading.

Whilst the multi-body models treat each element as a rigid, non-
deformable body, limiting their capability to investigate stresses, FE models
tend to be more complicated and very demanding on computational time.
This study, therefore, proposes a novel approach, where multi-body model of
the cervical spine is used in conjunction with the FE technique, combining
the best features of both techniques, creating more realistic simulations and
reducing the computational time significantly. In that the multi-body method
is used to investigate the kinetics and kinematics of the cervical spine under
specific loading scenarios, determining loads on spinal elements, which in
turn is used in the FE model to determine the stress conditions of the
intervertebral discs.

2. METHOD

In this study, two different computational methods in the form of a detailed
biofidelic multi-body model of the cervical spine and an FE model of the
cervical spine intervertebral discs are used in conjunction with each other in
order to investigate the effects of two severe impact loadings on the neck,
namely 15g frontal and 8.5g rear-end impacts. The loading conditions
occurring at each intervertebral disc are gathered from the analyses of the
multi-body model and used as dynamic loading boundary conditions for the
FE model of the discs. This novel approach not only provides a detailed
loading history of the impact on each disc but also provides information on
how the disc is affected during the loading, yielding the exact time and
location of the high stresses and strains, which may potentially be a hazard
for the healthy disc.

2.1 Multi-Body Model Development and Validation

The multi-body model of the head and cervical spine provides a biofidelic
response of an occupant’s head and neck during a motor vehicle accident,



Combined Multi-Body Dynamic and FE Models of Human Head and Neck ~ 93

while keeping simulation time low compared to a finite element model of the
head-neck system. The model reproduces the head and neck of an adult in an
upright sitting position with the arrangement of the cervical vertebrae
representing the natural lordosis of the neck with mid-sagittal symmetry
assumed [16]. The three-dimensional geometry of the vertebrae and skull
were defined using Solid-Edge, version 9, CAD software from EDS
(Electronic Data Systems Corporation). The body geometries were then
imported into, and the model constructed, using rigid-body dynamics
package visualNastran 4D 2001 R2, version 6.4, from MSC Software. The
model comprises nine rigid bodies with detailed geometry representing the
head, seven cervical vertebrae, and the first thoracic vertebrae. The depiction
of the upper cervical vertebraec (C1 and C2) differs from the middle and
lower bodies. The dens process of the axis is included as well as the
concave-convex interaction of the atlanto-odontoid and atlanto-occipital
joints. The inertial properties of the neck are lumped into the rigid vertebrae
and represent the inertial characteristics of a slice through the neck at each
vertebral level containing all surrounding soft tissues. The properties used
are those derived by de Jager [4]. The rigid bodies are interconnected by
spring and damper constraints representing the soft-tissues of the neck.
(Non)-linear viscoelastic ‘bushing’ constraints connect adjacent vertebrae
representing the cervical intervertebral discs, non-linear viscoelastic spring-
damper elements are used to describe the cervical ligaments and frictionless
rigid-body contact idealizes facet joint behaviour. The material properties of
the various soft tissues are based on the most recent experimental results
reported in the literature [14, 17, 18] and on decisions made by other
researches [4, 6]. 19 muscle groups of the head and neck are incorporated in
the model. Muscles with broad areas of attachment are subdivided into a
number of individual muscle elements resulting in 138 individual muscle
segments. Each muscle element is represented by a series of connected
actuators spanning origin to insertion allowing the muscles to curve around
the vertebrae during neck bending. Muscle mechanics is handled by an
external application called Virtual Muscle vs. 3.1.5, developed at the Alfred
E. Mann Institute at the University of Southern California that runs within
Matlab and Simulink, providing both passive and active muscle behaviour
[19]. Muscle morphometry and fibre type composition of the various
muscles of the neck are based on values reported in the literature [20-24] and
on choices made by other researches [5, 6, 25]. Virtual Muscle calculates the
force generated by each muscle at each integration step of Visual Nastran
based on the musculotendon path length (outputted from the muscle
elements of the model at each time-step) and activation level of the muscle.
The resulting muscle force is applied at both the origin and insertion of the
muscle element in the tangential direction to the muscle curvature. Figure 1



94 V. Esat et al.

shows the final neck model from occiput to T1 with all the soft tissue
elements and musculature attached.

Figure 1. The multi-body model of the head and neck.

The head-neck model has been evaluated to check the accuracy of the
individual components, motion segments and the model as a whole in
response to different loading conditions. The completed model has been
rigorously validated against experimental results, ranging from the
individual motion segment response to the dynamic response of the whole
head neck model to frontal, lateral and rear end impacts. The response of the
motions segments to small and large static loading was found to be in good
agreement with experimental results in all directions of loading. The
coupling characteristics of the cervical spine were shown to be accurately
reproduced and the moment generating capacity of the muscle elements was
found to be realistic. The model has been used to simulate the frontal and
lateral sled acceleration tests performed at the Naval Biodynamics
Laboratory (NBDL) using human volunteers. Response corridors based on
these sled tests have been used to evaluate the model and investigate the
effect of muscle activation on the head-neck motion. These corridors have
also been used by other researchers to validate mathematical and mechanical
models of the head and neck [4-6, THOR, 2001]. The corridors specify the
response that a valid model of the human head and neck should meet. The
effect of passive and fully active muscle behaviour was investigated and was
shown that for both impact directions the inclusion of active muscle
tensioning results in closest agreement with the experimental data. Good
agreement was seen for both impact directions [26]. The model has also been
implemented without musculature to simulate bench-top trauma experiments
using cadaveric isolated cervical spine specimens. The model successfully
reproduced the characteristic ‘whiplash’ motion and resulting head and
vertebral rotations and displacements seen in the experimental results for
rear impact accelerations. Following this the same experiments have been
simulated with the inclusion of active and passive musculature and their
effects on the forces in the neck studied [27].
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2.2 Finite Element Model Development and Validation

In order to investigate the effects of the dynamic impact loading on the discs,
a 3-D biofidelic FE model of the 6 discs (C23, C34, C45, C56, C67, and
C7T1) in the cervical spine has been developed by using FEA software,
MSC.Marc/Mentat (Figure 2). The dimensions, positions and the
orientations of the discs were taken from the quantitative anatomy of the
cervical spine [28, 29]. Intervertebral discs were modelled as 8 node brick
elements, the material properties of which were adapted from literature [9,
14, 30] (Table 1). Each disc model comprises 1815 elements and 938 nodes.
The intervertebral disc is mainly composed of two parts: nucleus and
annulus fibrosus. In the FE model, all annulus fibrosus bands were modelled
with a fibre orientation of 30° with respect to the lateral plane. The fibres are
in opposite alternating directions in two adjacent bands.

Table 1. Material properties of the intervertebral discs.

Component Young’s Modulus, Poisson’s Ratio,
E (MPa) v
Cortical Shell 12000 0.30
Cancellous Core 100 0.20
Nucleus Pulposus 3.4 0.49
Annulus Matrix 4.2 0.45
Annulus Fibers 450 0.30
Endplate 600 0.30

Figure 2. The FE model of the discs.

The FE model was validated against published experimental
measurements, in compression and flexion/extension only, as the multi-body
model yields results in sagittal plane. Firstly, C4-C6 model was built in order
to comply with the experimental set-up. Therefore, for this purpose only,
vertebral bodies were built with the endplates, which surround the discs C45
and C56. Then, the model was subjected to two different loadings: (a) 1 mm
axial compression and (b) 1600 Nmm flexion and extension together with a
73.6 N axial compressive preload. The results from the 1 mm axial
compression loading are given in Figure 3. For the latter loading case, the FE
model yielded 6.23° for flexion and 6.60° for extension moments, while the
experimental results show 7.02° and 4.80° with 2.23° and 1.41° standard
deviations, respectively, resulting in a good agreement with the experimental
data.
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Figure 3. Validation of the FE disc.

3. RESULTS

The multi-body head and neck model was used to simulate 15g frontal and
8.5g rear-end impacts with the resulting motion compared against response
corridors derived from sled acceleration tests using human volunteers [31].
The intervertebral disc loads from the 15g frontal and 8.5g rear-end impact
simulations for the first 200 ms period (Figure 4) are used as force boundary
conditions for the FE model of the discs. The disc forces F, and F, are shown
on the left axis and moment My on the right axis. The predicted results of
maximum von Mises stresses in the annulus and the intradiscal pressure in
the nucleus of each disc of the FE model are depicted in Figure 5. The
intradiscal pressures occurring in the nuclei of the discs have almost the
same pattern with the von Mises stress distributions with respect to time
increments as in Figure 5, but possessing less magnitudes; a max of 0.5 MPa
for the frontal and a max of 0.1 MPa for the rear-end case.

The von Mises stress distribution in the C56 intervertebral disc for the
last stage of frontal impact at 200 ms can be seen in Figure 6.

4. DISCUSSION & CONCLUSION

Due to the nature of a direct frontal impact no forces were developed in
lateral shear and the moments were experienced about the y-axis only. A
peak in anterior shear and tension of the discs at all levels can be seen at
around 100ms at maximum neck excursion. In the early stages of impact,
anterior shear is the dominant force of the C7-T1 disc. Following maximum
neck excursion, compression in the discs develops reaching a maximum at
all levels at around 180-190ms. Torque in the discs increases with flexion of
the vertebrae and reaches a maximum at all levels at around 160 ms in
conjunction with maximum neck rotation.
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Figure 6. Von Mises stress distribution of C56 disc at 200 ms for frontal impact.

In rear-end impact, as was the case with the frontal impact, no forces
were developed in lateral shear and moments were experienced about the y-
axis only. The discs experience increasing levels of posterior shear up to
around 100ms followed by a sharp decrease after the T1 acceleration ends
and the facet joints become loaded as the head and neck start to return
towards their initial position. Axially the discs experience a small
compressive force at the start of the acceleration pulse before being pulled in
tension as the head and neck extend, however the C7-T1 disc remains in
compression for the first 100ms. Peak tensile force is reached just prior to
the end of the acceleration pulse following which the discs are compressed
as the head continues to displace vertically.

The results from the FE models show that the responses of the annulus
and the nucleus are similar but different in magnitude due to different
material properties. The annulus possesses much higher stresses when
compared to the nucleus in both loading cases. In frontal impact case, the
stresses reach a peak between 80 ms and 120 ms and the highest peak at
about 180 ms. This is due to the high concentration of the loads, especially
axial force and the moment, at these intervals. In rear impact case, the peaks
occur about 120-140 ms, where the head and neck almost reach their most
extended posture.

This study shows that the proposed novel approach that combines the
multi-body and FE models have the potential to provide a powerful, cost-
effective and versatile platform to investigate the kinetics and the kinematics
of the whole cervical spine and its components and the mechanical response
of the intervertebral discs under complex dynamic loading histories.
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Abstract. Despite of recent progresses in occupant safety, the protection of children is

still not optimal. To offer a better comprehension of child injury mechanisms,
we developed a human-like finite element of a three years old child’s neck.
The subject was scanned with a medical scanner. The images were first semi-
automatically segmented in order to extract the soft tissues and the bones. In
the second step, we separate the different bones slice by slice on the geometry
previously reconstructed. The anatomic structures are identified and each
vertebra is reconstructed independently with special attention for the articular
process. In a second step, we have generated an original meshing on the
previous geometry to obtain a finite element model of the child’s neck. The
anatomical structures incorporated are the head, the seven cervical vertebrae
(C1-C7), the first thoracic vertebra (T1), the intervertebral discs and the
principle ligaments which are modelled using non-linear shock-absorbing
spring elements. The stiffness values used are taken from literature, and scaled
down using scale factors from Irwin (1997). This model incorporates 7340
shell elements to model the eight vertebrae, the head and 1068 solid §8-node
elements to model the intervertebral discs. Contact between the articular
surfaces is represented by interfaces permitting frictionless movement. Since
this study does not aim to reproduce bone fractures, we have modelled the
cervical vertebrae as rigid bodies.
Given that validation data were not available, we realized some Q3 dummy
component sled tests. The accelerometric responses of the head model were
similar to those recorded experimentally with a Q3 dummy neck in frontal
impact direction.

Key words: children, Finite Element Method (FEM), neck, crash.
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1. INTRODUCTION

Each year, more than 700 children are killed on European roads and 80,000
are injured [1]. The EC project CHILD (Child Injury Led Design) aims to
improve the protection offered to children in cars by increasing the
understanding about the injuries sustained and providing innovative tools
and methods for improvement of Child Restraint Systems (CRS) in cars.

One of the tools developed is a three year old child head and neck finite
element model. While some models are existing in the literature like Van
Ratingen’s [2] or Yoganandan’s [3] model, they differ largely in term of
purpose and methodology.

1.1 Multi-body Child Neck Model

Child multi-body neck finite element models are mainly models developed
under MADYMO. Thus, TNO developed 3, 4, 5, 6, 8, 10 and 12 year old
child models for use in automotive crash test reconstruction. The models are
carried out by the assembly of cylinders, ellipsoids, parallelepipeds
connected to each other by joints with one or more degrees of freedom and
different stiffness according to mobility.

The three year old child MADYMO model is the most recent child
model. It was developed by TNO in parallel of the Q3 dummy that was
validated against National BioDynamic Laboratory (NBDL) tests [4] after
scaling [2, 5]. Its validation was conducted within the framework of the EC
CREST project. The Q3 model is directly issued from the dummy CAD. The
head/neck elements were similar to those of the dummy. The validation was
carried out by reproducing tests on the model similarly as previously realized
on Q3 in frontal, rearward, lateral direction and of pendulum test. The
stiffness and the damping coefficients of the various articulations were then
tuned to adjust the dummy response.

1.2 Detailed Finite Element Models

Only two child human like cervical spine models were found in the
literature.

The first was that developed by Kumaresan and Yonganandan [3]. They
developed three finite element models for three different ages: 1, 3 and 6
years. These models were limited to the cervical C4-C6 segment and
resulted directly from the adult model [6]. It has to be noticed that this adult
model was developed in order to realize static simulations. Three types of
model construction were adopted: first a pure geometric scaling, then the
introduction of anatomic specificities without any scaling, and finally a
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method where the two preceding approaches were combined. While no
experimentation on children is available to validate these models, the
tendencies observed seemed to be in conformity with the experimental
results on animals [7].

The other three year old child finite element model found was that
developed by Mizuno [8] by scaling from a Total Human Model for Safety
(THUMS) AMS50human finite element model to investigate the potential
injury risks from restraints. The geometric scaling factors were chosen so
that A, Ay, A, have values as similar as possible, and the material properties
scaling factors were determined in the literature [9, 10]. The model has been
validated for thorax impact according to Hybrid III 3YO dummy
requirements. No information was available on neck validation.

2. MATERIAL AND METHODS

2.1 Geometrical Reference

A three year old male child was scanned with an ELSCINT Helix 3.0
(Elscint Ltd., Ma’alot, Israel) scanner, in order to realize a medical exam.
The slice thickness was 1.1 mm with a table feed of 1 mm (pitch 0.9). After
ensuring that no abnormality was detected, and after depersonalising the
exam, the images were semi-automatically segmented in order to extract skin
and bones. This stage was conducted at IRCAD from software developed in
partnership with the Epidaure project of INRIA for the automatic 3D patient
reconstruction [11, 12], and provided a rapid and precise result [13] (see
Figure 1).

Figure 1. Complete reconstruction of the cervical spine of a three year old child.
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2.2 Finite Element Modeling

In order to stick to our geometrical reference, we deformed and remeshed the
geometrical meshing of an existing adult model [14]. Each finite element
vertebra was superposed on the 3D reconstruction and the different area of
the meshing was deformed by proportional transformation in order to fit to
the main vertebral dimensions. We were then obliged to remesh the vertebral
body and the articular apophyses that are not proportional to the adult’s. The
anatomical structures incorporated and illustrated in Figures 2 and 3 are the
head, the seven cervical vertebrae (C1-C7), the first thoracic vertebra (T1),
the intervertebral discs and the principle ligaments, including the anterior
longitudinal ligament (ALL), anterior-atlanto occipital membrane (AA-OM),
posterior-atlanto occipital membrane (PA-OM), techtorial membrane (TM),
posterior longitudinal ligament (PLL), flavum ligament (LF), supraspinous
ligament, interspinous ligament (ISL), transverse ligament (TL), alar
ligament (AL), capsular ligaments (CL) and the apical ligament (APL).

IM+V(

Figure 2. Ligamentary system of the upper cervical spine (C1-C2) and of the lowercervical
spine (C3).

These are modeled using non-linear shock-absorbing spring elements.
The behaviour laws of each ligament in both the lower and upper cervical
spines, are defined by referencing to three complementary studies:
Myklebust [15], Chazal et al. [16] and Yoganandan et al. [17]. The Chazal et
al. study [16] highlights the non-linear viscoelastic behavior of ligaments
whereas Yoganandan et al. [17] gives information on their failure properties.
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Figure 3. Complete finite element model of Figure 4. Behaviour laws of the anterior

the head and neck complex of a three year old longitudinal ligament (ALL C2-C5), posterior

child. longitudinal ligament (PLL C2-C5), flaval
ligament (FL C2-C5), interspinous ligament
(ISL C2-C5), capsular ligament (CL C2-C5).

The total height of the model is 17.3 cm and its weight is 4.57 kg. This
model incorporates 7340 shell elements to model the eight vertebrae, the
head and 1068 solid 8-node elements to model the intervertebral discs.
Contact between the articular surfaces is represented by interfaces permitting
frictionless movement. Since this study does not aim to reproduce bone
fractures, we have modelled the cervical vertebrae as rigid bodies, taking
their inertial moments and masses from Deng [18] and scaled down using
scale factors from Irwin [9].

Most models use an elastic law for the intervertebral discs and a wide
range of Young’s modulus values has been observed, varying from 3.4 MPa
in Yoganandan’s [17] model to 4.3 MPa for that of Golinski [19] and 200
MPa for that of Dauvilliers [20]. A scalling factor of 0.705 given by
Yoganandan [21] for the 3 year old child intervertebral disc is supposed, this
values conduced to adopt a disc modulus of the order of 100 MPa.

2.3 Model Validation

Given that validation data in term of acceleration were not available and that
sled tests were only realized on full complete dummy, we were obliged to
realize some Q3 dummy component sled tests (see Figure 5).
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Figure 5. Q3 dummy component sled test on Figure 6. Sled acceleration in frontal impact.
head and neck.

Therefore, the base of the Q3 dummy neck was fixed on the sled. A set of
three accelerometers was attached to the dummy head to measure linear
acceleration. The sled is accelerated in frontal direction. In order to
reproduce the experimentation with the numerical model, the model was
controlled in terms of first thoracic vertebra speed (see Figure 6). Head
linear acceleration values were computed and compared with those recorded
experimentally.

3. RESULTS

The parameters of the model has been tuned in order to fit to the
experimental results as shown in Figures 7 and 8 for frontal impact. The
main parameters tuned were the ligament damping on which no literature
reference is available, and on the vertebral inertia.

Linear acceleration of the head in the X plane Linear acceleration of the head in the Z plane
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Figure 7. Linear acceleration of accelerometers in frontal impact: experimental data vs.
numerical results.
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Figure 8. Model configurations in frontal impact.

4. DISCUSSION

The main discussion concerning the method is the validation of the model
with regards to a dummy. In fact, no in-vitro or in-vivo experimentation on
child’s neck has even been conducted. The data usable for infant finite
element model validation are never “first hand” data, but only obtained by
scaling adult results. The scaling coefficient of mechanical properties is
based on three in-vitro tests (2 newborns and a 6 year old child) on parietal
bone. With the inter-individual variation on human mechanical properties,
we can wonder about the credibility of these scaling factors. That is why we
decided to use the Q3 dummy as reference, because it proved its reliability in
accident reconstructions that offer good correlation with injuries (EC
CREST and CHILD program). We can notice that the methodology used by
Mizuno [8] to validate their three year old child model is the same, even if it
was on the torso.

The choice of the geometrical reference to realize our finite element
model meshing can also be discussed. The medical scanner was realized on a
three year old child, and because of anonymisation procedure, we didn’t
have information about its corpulence (weight, height...). However, it
appeared that it was a better solution to remesh a geometrical reference, than
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to apply a pure scaling on an adult model, moreover with similar scaling
factor in the three directions as made Mizuno [8].

5. CONCLUSION

A three year old child human like neck finite element model was developed,
based on a three year old child medical scanner. The model includes
intervertebral discs and almost all intervertebral ligaments. It was compared
with Q3 dummy neck that was validated with regards to scaled NDBL
corridors. The three year old child neck finite element model validation was
performed in frontal impact. The model will be used for accident
reconstruction in order to evaluate local injuries and to provide a basis for
injury criteria.
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Abstract. Both experimental analysis of dynamic photoelasticity and numerical
simulations of finite element computation have been carried out to study the
responses of the lower lumbar spine (L;-Ls) model to the axial impact load. In
the photoelastic tests, the impulsive forces were loaded on the anterior and
middle columns of the spine, to study the stress wave propagations with
different forms including the stress focusing in the vertebra bodies which
might cause bone fracture. In the FEM computations, the responses of the
intervertebral discs were studied associated with von Mises stress movement
in the vertebras, to show the stress history in those bodies with different phases
and magnitudes during the impact energy transferring.

Key words: lower lumbar spine, vertebral columns, intervertebral discs, impact loads,
transient stress responses.

1. INTRODUCTION

Connected by the intervertebral discs as the tissues to absorb shock and
stabilize the segments, the vertebral bodies in the lumbar spine support the
human trunk and upper extremities to resist both the intrinsic weight and the
external loads. Consisting of five vertebral bodies from cephalad to caudad,
or numbered by L, to Ls from the upper to lower, the vertebrae in the lumbar
spine become larger and larger to carry the majority axial load (about 80%)
by providing more surface areas and connecting with the sacrum as the
support foundation. As the major elements of the posterior column of the
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spine, the facet joints not only enclose and protect the spinal cord and nerve
roots but also sustain the remaining axial force, together with the tissues like
ligaments to subject to torsion and shear to keep the spine stability.

Trauma to the spine may cause instability of the spine by injury to the
bone elements and/or disruption of the ligamentous tissues, which implies
capability reduction of the spinal structure to sustain normal loads. When the
lumbar bodies are impulsively forced by accident fall or jumps, bone
fracture may happen for the vertebral bodies under impact loads [1]. Relying
on the loading position of the external forces, the injury may appear on the
anterior, middle and posterior columns that were classified by Denis [2].
Even though some classifications of thoracolumbar fracture have been
developed for static loads [3], investigations are needed to reveal the
mechanisms to cause spinal failure under impact forces.

In this work, dynamic photoelastic tests of axial impact were performed
on a model of L;-Ls-Ls vertebral bodies to study response behavior of the
lower lumbar assembly under impulsive loads acted on different columns.
The experimental purpose is to visualize the stress wave propagation in these
vertebral bodies under various impact locations of the columns. Numerical
analysis of finite element computation is then carried out to quantitatively
study the histories of the transient stresses in the L;-L4-Ls vertebral bodies
and the deformation of the intervertebral discs in the energy transferring, to
analyze their characteristic variations during the stress wave movement.

2. EXPERIMENT OF PHOTOELASTICITY

The bone models of L3, Ly and Ls made of polycarbonate were connected by
the intervertebral disc models with adhesion of silicon rubber. Soft rubber
was used to simulate the contribution of the facet capsular elements to the
force transferring. As the specimen was impulsively loaded by a falling
weight, sixteen sparks of light flashes were sequentially initiated to offer
strong light beams to illuminate the photoelastic specimen. During the
impact, sixteen individual cameras were used to receive the corresponding
rays from the circularly polarized light field, to record the isochromatic
fringe patterns with time interval of 20 us . The impact load was
concentrated in the anterior and posterior parts of the anterior column and
the anterior part of the middle column of the L; body, respectively, based on
Denis’ classification [2]. The whole assembly was fixed at the bottom of Ls
to simulate the lower foundation from the sacrum. Experimental results
present interesting phenomena with the dynamic fringe patterns to show the
behaviors of stress wave propagation in the spinal structure.
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As example, Figure 1 gives the isochromatic fringe patterns of the impact
acted in the posterior part of the anterior column. After the contact of the
falling rod with the specimen top of the L; body, transient stress fringes were
initiated from the loading point where a dark shadow of caustics appeared to
show the action of the concentrated force. The stress fringes moved
downwards in the vertebra and the impact energy was then transferred to the
lower bodies. It was shown that the isochromatic fringes in the L, and Ls
bodies were evenly distributed to show a relatively uniform action of the
dynamic stress. This might represent the function of the intervertebral discs
that absorbed part of the energy and uniformly transferred the force to the
neighboring vertebral bodies. The dynamic fringes in L, and Ls, in fact, were
increased after the stress waves had been reflected from the bottom
foundation of the sacrum body. The superposition of the reflected wave
upwards and the sequentially propagating wave downwards produced strong
stress focusing in the lower two bodies, which might cause fracture failure
with body disruption. During this time, the transient stress distribution in Ly
and Ls varied strongly, including the stress concentrations in the corners
connecting with the facet elements.

The impact loaded in the anterior part of the anterior column, however,
had different wave propagation from that in the posterior part. After reaching
the lower edge of Li, the stress fringes directly passed through the disc
below to propagate in the L, body with a relatively nonuniform wavefront.
During this period, in fact, a large part of impact energy still remained in L;
due to the resistance of the intervertebral disc so that the stress fringes
moved to the posterior facet joint. With the momentum movement in the
assembly, the impact energy was transferred to the Ls-Ls bodies with the
increase of fringe numbers and variations, accompanying the focusing of the
stress waves by superimposing and the stress concentrations on the anterior
surface of the vertebral bodies.

When the impulsive load was acted in the middle column of the spine, the
downward process of the wave propagation mainly happened in this local
region, which represented that the column was the main structure to carry the
axial loads. After the stress waves were reflected from the bottom foundation
of the Ls body, however, the fringes moved upwards in the whole bodies of
the assembly, to meet those coming from the upper bodies and produce
stronger variations of stress patterns than those in the former two cases. This
resulted from the location of the impact load that was in the inner part of the
lower lumbar spinal curvature, i.e., the combination of the impact load in
this column of L; with the reaction force from the sacrum foundation
produced an eccentric compressive force including the bending component,
to generate higher stress variations together with the concentrations at the
joints with the facet elements.
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Figure 1. Pictures of photoelastic fringe patterns showing stress wave propagation
in the vertebras of the lower spine loaded near the middle column.

3. NUMERICAL ANALYSIS BY DYNAMIC FEM

To understand the interactive response of the vertebras and the intervertebral
discs in the lower lumbar spine, a dynamic analysis of FEM computation
was carried out to study the histories of the transient stresses responding to
the impulsive pressure applied on the top of the L; body.

The geometrical model of the lower spine was formed by ten-node
tetrahedral elements (SOLID92, ANSYS). The model was transformed from
Smit’s shared model [4] by extracting the basic characteristics (points, lines
and surfaces) and using a CAD software to reconstruct the solid elements
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suitable for the ANSYS computation. Table 2 summarized the material
properties of different part of the lumbar spine. The data came from the
resources referred by [5-9]. Meanwhile, the supraspinous ligaments were
simulated by using a 3-D cable element (LINK10, ANSYS) with Young’s
modulus of 10Mpa, to subject the tensions on the tissues.

To reflect the interaction of the neighboring bodies in the L;-L4-Ls
assembly, two pads with similar properties to the intervertebral discs were
put on the top of L; body and under the bottom of Ls body, respectively, to
relate the action of the upper vertebra (L,) and the sacrum body where the Ls
vertebra was fixed in all directions. A compressive impact pressure was
applied on the top of the superior pad by reaching a peak value of 100, 000
Pa in a short time of 3E-6s. That constant impulsive load was kept until at
3E-4s and then reduced to only 100Pa in a short period of SE-6s, which was
then remained till the end time of the computation at 1.9E-3s.

Figure 2 shows the stress propagation in the spinal assembly presented by
the von Mises stress contours. The dynamic stresses moved downwards to
pass through L; and then L4, respectively. When the L, body was about fully
loaded (Figure 2b), the intervertebral disc between L; and L, was extremely
compressed to expand to a big size in the radial direction. Sequentially,
similar phenomenon appeared in the disc between L, and Ls after the L;
body was acted by the impact stresses (Figure 2c). However, that
intervertebral disc reached the maximum size in the lateral direction at t=1F-
3s when the stress wave was reflected from the bottom foundation and then
acted again on the disc together with the sequentially downward stress,
during that time the stresses in the Ls; segment went also to higher values
than those in the other two bodies by the stress focusing (Figure 2d). With
the movement of the reflected stress upwards passing through L, and then L,
the intervertebral disc between them expanded again laterally (Figure 2e),
due to the coming of the focusing region to the upper part of the spine.

Table 1. Material properties of the FE models.

Material Type E (MPa) 14 P (kgim’)
Cortical bone 12000 0.3 1900
Cancellous bone 100 0.2 700
Posterior elements. 3500 0.3 1410
Annulus substance 4.2 0.45 1065
Nucleus pulpous 1 0.499 1000
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Figure 2. The von Mises stress propagation in the lower spine, at the instants of
t=.0606E-3s, 0.396E-3s, 0.668E-3s, 1.00E-3s, 1.42E-3s, 1.80E-3s, respectively.

These processes present not only the function of the intervertebral discs
to absorb the impact energy with their deformation, but also the transient
stresses distributed in each vertebral body. It could be observed that the
maximum von Mises stresses were distributed in the outer shell of each body
where the cortical bone occupied, which coincided with the anatomic
architecture of the vertebra by the thin layer of the hard bone to bear the
major forces from either static load or impact action. Based on the
experimental results presented in the last section and the transient analysis of
the stress distributions, we focused on the middle point on the anterior edge
of each vertebral body where the high stresses might appear under the
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impact load to cause the bone fracture. Figure 3 demonstrates the variations
of the von Mises stress at three points (P1, P2 and P3) on the anterior surface
of Ls, Ly and Ls bodies, respectively. We could observe that in the beginning
stage the stress oscillations appeared in the L; and L, bodies, respectively,
with phase delay and frequency reduction of the transient stresses. The
effective stress in the Ls body, however, became much smoothened due to
shock absorption of the intervertebral discs. At instant t=/F-3s, the stress in
the Ls body reached its peak that was about the double of the mean levels of
stress variations in other bodies, resulting from a direct focusing of the stress
waves propagating in the opposite directions. The focusing stresses appeared
also later in the L, and L; bodies, respectively, but with less amplitudes due
to energy attenuation and still oscillated due to the wave reflection
/diffraction from the multiple interfaces within the intervertebral discs.

VALY

{xlbr-3)

Figure 3. The von Mises stress variation at three points P1, P2 and P3,
on the anterior surface of the vertebral bodies.

4. CONCLUSIONS

By using the experimental techniques of dynamic photoelasticity and the
computational technique of finite element method, the transient stress
distributions were analyzed to study the stress wave propagations in the
vertebral bodies and the intervertebral discs of the lower lumbar spine. The
patterns of isochromatic fringes visualized the wave movement in the
specimen with transmission through the intervertebral disc models and the
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reflection from the bottom foundation of the spine. Different dynamic
behaviors were presented in the vertebral bodies as the impact was loaded in
the middle column, the anterior part and posterior part of the anterior column
of the L;-L4-Ls assembly, respectively. The FE simulation results revealed
the propagation of the transient von Mises stress in the vertebral bodies
together with the deformation of the intervertebral discs, showing the energy
absorption of the discs during the wave movement and the stress focusing of
the waves propagating in the opposite directions. The stress histories in the
cortical shells of the vertebras presented high levels of the effective stress
that might cause the fracture of the spinal bone.
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Abstract.

Key words:

Head impacts in sport are analyzed, including 1) concussive impacts in
professional football simulated in laboratory tests to determine injury
mechanisms 2) neck compression forces with head down impacts by striking
players and 3) straight punches to the frangible face of the Hybrid III dummy
by US Olympic boxers to determine punch force and head dynamics.
Concussed NFL players experienced impacts at 9.3 £+ 1.9 m/s velocity with 7.2
+ 1.8 m/s head AV. Peak acceleration was 98 + 28 g over 15 ms. Concussion
correlated with translational acceleration. The nominal tolerance for
concussion was HIC = 250. Impact force was 7191 2352 N with 56.1 + 22.1
g head acceleration in the striking player and 4221 + 1885 N neck
compression force. Nij was greater than tolerance in 1/3™ of the striking
players who had neck compression force of 6614 + 1006 N and Nij of 1.37 +
0.25. In boxing, the punch force was 3427 + 811 N, hand velocity 9.14 +2.06
m/s and effective punch mass 2.9 + 2.0 kg. Punch force was higher for the
heavier weight classes, due primarily to a greater effective punch mass. Jaw
load was 876 + 288 N and translational acceleration 58 + 13 g. In the NFL,
concussion occurs with considerable impact velocity and head AV due to
translational acceleration. Olympic boxers deliver straight punches with
similar impact velocity, but the punch mass is much lower, so the head AV is
considerably less than in football concussions. The role of rotational
acceleration in concussion is unclear from these studies. Helmets and padding
need to reduce HIC to lower the risk of concussion. Neck compression forces
often exceed Nij tolerances in professional football. This sports-related
biomechanics data is relevant to impact conditions in automotive crashes and
the assessment of safety systems.

human tolerance, concussion, head-neck injury, biomechanics, sport.
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1. INTRODUCTION

In 1973, NOCSAE established standards for the impact performance of
football helmets by limiting the Severity Index (SI) of head acceleration [1].
By 1980, there was a significant reduction in serious head injury with
improved helmets, including a 51% reduction in fatal head injuries and 65%
reduction in skull fractures [2]. Using Sls, head injury risks were reduced
12-55% with helmets meeting NOCSAE standards. While continued
improvements were made through the 1990s, attention increased on mild
head injuries. Concussion emerged as a concern in football [3]. Recent
studies of concussion in the NFL used instrumented Hybrid III dummies to
determine head dynamics with player injury [4, 5].

Similarly in the 1970s, there was concern for head down tackling
(spearing) that resulted in catastrophic neck injuries in striking players. This
was related to head impacts into the tackled player’s torso, where the mass
of the struck player’s body increased the load in the striking player’s neck
and led to compression-flexion or other compression-bending injuries.
Quadriplegia and death were the most serious consequences. Video of
spearing injuries showed that cervical fracture-dislocations were due to axial
loading.  This resulted in rule changes in high school, college and
professional football banning deliberate spearing or the use of the top of the
helmet as the initial contact in a tackle. There was a significant reduction in
cervical injuries by the late 1970s with a continued decline until today [6].
However, there is another concern with head down tackling in helmet-to-
helmet impacts. This relates to the risk of concussion in the struck player hit
oblique on the facemask or on the side of the helmet [7].

Boxing exposes athletes to head impacts and brain injury risks, often due
to repeat impacts. Punch force has been measured in a world ranked
heavyweight boxer using an instrumented target suspended as a ballistic
pendulum [8]. The boxer’s fist reached 8.9 m/s impact velocity with a peak
force of 4096 N. Another study found punch forces of 4800 + 601 N for
elite, 3722 + 375 N for intermediate and 2381 + 328 N for novice English
boxers [9]. The punch of 3 amateur boxers showed a peak translational
acceleration of 21.5 + 4.6 g for a left jab to 44.6 + 15.6 g for a left hook and
peak rotational acceleration of 293 + 72 r/s* for a left jab to 676 + 231 1/s’
for a left hook. Based on tolerances of 200 g for linear acceleration and
4500 r/s* for angular acceleration, the researchers concluded that neither
translational nor rotational acceleration reached a level that was injurious to
the boxer for a single blow [10].

Currently, the head impact tolerance is HIC = 700 for a 15 ms time
window and the neck compression tolerance is 4000 N to avoid serious
injury risks. This study addresses concussion (mild traumatic brain injury)
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with padded head impacts that occur in professional football and the role of
translational and rotational acceleration in boxing and football head injuries.
Neck compression was also studied in striking NFL players to provide
insight on tolerances to neck compression force and Nij. The research uses
sport impact biomechanics to study human tolerances.

2. METHODS

Reconstruction of Head Impacts in Professional Football: Details of
game film selection and analysis have been published by Pellman et al.
[4, 5]. Network tape was obtained from the NFL on 182 game impacts
causing concussion or severe head impacts (Figure 1). The 3D impact
velocity, orientation and helmet kinematics were determined for cases with
at least two clear views. This gave the impact speed and helmet kinematics.
Laboratory reconstruction of 31 impacts was made with instrumented,
Hybrid III dummies. A helmeted, head-neck representing the struck player
was attached to a 7.1 kg mass simulating the struck player’s torso and guided
in freefall from a height to match the impact velocity determined from video
analysis of the game collision. The Hybrid III head and neck weighed 4.38
kg with instrumentation. The helmet and facemask weighted 1.92 kg so the
falling mass was 15.1 kg. Impact was against another helmeted head-neck
attached to the torso and pelvis of the Hybrid III dummy. This dummy
weighed 46.4 kg without arms and legs, and it was suspended by flexible
cables.

Figure 1.. NFL concussion of a struck player (left), reconstruction in a laboratory test with
dummies (center) and Olympic boxer straight punch to the Hybrid III jaw (right).
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Each Hybrid III head was equipped with standard accelerometers at the
head cg and nine linear accelerometers in the “3-2-2-2 configuration” to
determine rotational acceleration using a correction for centripetal and
Coriolis acceleration [4, 5]. The striking player had a 6-axis, upper neck
transducer. High speed video recorded head kinematics in the
reconstruction. The camera was positioned similarly to a view from the
game video. More than half of the impacts involved the facemask or area
where the facemask attaches to the helmet shell of the struck player, whereas
virtually all striking players involved the front crown or top portion of the
helmet as their head was down and the axis of impact was through their neck
and torso [7]. The top of the helmet is substantially stiffer than the side or
facemask region.

Collision Biomechanics: Impact force from the striking player was
determined by adding the head inertia and neck compression force:
F = Mg s + Ev [7], Where aguiking 1s the resultant acceleration of the
striking player’s head, Fy is the resultant neck compression force and Mgiking
is the mass of the striking player’s head above the neck load cell. The mass
was Mgyikine = 5.90 kg and included the Hybrid III head (3.64 kg), load cell
above the sensing element (0.34 kg) and helmet with facemask (1.92 kg).

The impact force is equilibrated by the struck player. Their head, neck,
helmet and a portion of the torso are involved, so F=mg, 2., Where
aswuck 1S the resultant acceleration of the struck player’s head. The mass of
the struck player is mgy,x = 8.40 kg and includes the head (4.38 kg), neck
(1.06 kg), helmet and facemask (1.92 kg) and portion of the torso mass (1.04
kg). The difference in the Hybrid III head mass between the striking and
struck players reflects the full weight of a bracket that is used in place of the
neck load cell.

Head acceleration of the striking player is lower than that of the struck
player, so the effective mass of the striking player is greater than that of the
struck player. The neck load cell measures the contribution from the torso
mass in the collision, which adds to the impact force. The effective mass of
the striking player was mggr suiking = 14.0 kg, indicating a mass ratio of mg
Striking/Msiruck = 1.67 or a 67% greater effective mass of the striking player
than that of the struck player during peak force [7].

Head Injury Tolerances: The resultant head acceleration is used to
calculate two head injury criteria., The NOCSAE football helmet standard
uses the Severity Index: SI= J'a(t)z'5 dt, where a(t) is the resultant
translational acceleration and T is the duration of impact. NHTSA uses a
variation of Sl.to assess head injury risks. The Head Injury Criterion is:
HIC={(t2—t1)[Ia(t)dt/(t2—tl)]z's}max, where t; and t, are determined to
maximize HIC using a 15 ms limit.
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Neck Injury Tolerances: The historic neck tolerance to axial compression
is 4000 N. This was determined from a Hybrid III dummy when struck by a
tackling block that had produced serious head and neck injuries in football
players [11]. More recently, a neck injury criterion Nij was developed,
where the “ij” represent four injury mechanisms: tension-extension (Nte),
tension-flexion (Ntf), compression extension (Nce) and compression-flexion
(Ncf). Nijj is calculated as a function of time by normalizing My and Fz with
four intercepts [12]. The normalized flexion-extension moments are added
to the normalized axial loads to give Nij=(Fz/Fzc)+(My/Myc), where Fzc is
the critical intercept for axial neck loading and Myc the critical intercept for
flexion-extension bending moment at the occipital condyles. The critical
intercepts are Fzc = 6806 N for tension, Fzc = 6160 N for compression, Myc
=310 Nm for flexion and Myc = 135 Nm for extension. The neck extension
intercept is substantially higher than the earlier 57 Nm tolerance.

Measurement of Olympic Boxer Straight Punches to the Jaw: Ten US
Olympic boxers, weighing 48-109 kg and representing four weight classes,
delivered three punches each to the jaw of an instrumented Hybrid III
dummy. Details of the punch evaluation and head dynamics have been
presented by Walilko et al. [13]. The tests involved the frangible Hybrid III
face (www.ftss.com), which provided realistic impact force and transfer of
head acceleration.

A biaxial accelerometer was placed in the boxer’s hand, and five axial
accelerometers in the Hybrid III dummy head to measure sagittal plane
translational and rotational acceleration using an in-line technique [14]. A
six-axis loadcell measured upper neck loads and moments. Tekscan pressure
sensor was inserted between the frangible foam and the head skin to measure
pressure distribution on the jaw. High speed video captured the impact at
1000 frames per second.

Punch force was determined in the axis of impact by: Fp, —Fn_=mA_,
where Fpy is the punch force, Fn, is the neck shear force, m is the mass of
head and A, is translation acceleration in the x direction. The effective mass
of the boxer’s punch was determined using conservation of momentum:
m,V, =(m, +m)V, , where my, is the effective mass of the puncher’s hand, V,
is the punch velocity, Vy, is the Hybrid III head velocity and m is the mass of
the Hybrid IIT head [13].

3. RESULTS

Concussion in Struck NFL Players: Helmet impacts involve a player
running toward another who is generally unaware of the closing angle. With
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concussion, the average impact speed was 9.3 = 1.9 m/s. The striking
players line up their head, neck and torso and impact the struck player. The
strike is oblique on the facemask or facemask attachment to the helmet
usually below the head cg, or on the side of the helmet above the head cg.
Since the struck player is unaware, only their head is initially involved in the
impact. This gives a higher effective mass for the striking player, and more
momentum is transferred to the struck player causing a rapid change in head
velocity of 7.2 + 1.8 m/s, which is statistically higher (t = 2.9, p < 0.005)
than the 5.0 £ 1.1 m/s in uninjured players. The striking players experience
a head AV of only 4.0 = 1.2 m/s.

Figure 2 shows peak accelerations. Head acceleration was 98 + 28 g with
15 ms duration for concussion and was significantly greater than 60 = 24 g
for uninjured struck players (t = 3.1, p < 0.005). The strongest correlation
with concussion was HIC (t = 3.2, p < 0.005) and SI (t = 3.0, p < 0.005).
The conventional measures of head injury risk were effective in assessing
concussion risks. Nominal tolerances for concussion are HIC = 250 and SI =
300. Concussion occurred with head rotational acceleration of 6432 + 1813
1/s> and rotational velocity of 34.8 + 15.2 r/s.
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Figure 2. Peak translational and rotational acceleration with NFL concussions and severe
impacts (closed circles are concussions, open symbols no injury) and responses for Olympic
boxer’s straight punches to the jaw of the Hybrid III dummy (“x” symbol).

Striking NFL Players: More momentum was transferred to the struck
player than the striking player in the collisions. The mass ratio based on AV
Was Mg Striking/Mseuck = 1.67 (6.8/4.1). HIC was 117 £ 101. The average
peak neck compression force was 4221 + 1885 N for the striking players.
The average fore-aft shear was 707 + 323 N and lateral shear was 494 + 238
N irrespective of direction. The peak neck bending moment was 51 + 29
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Nm in extension and 38 £ 19 Nm in flexion. The average peak neck
moment in flexion-extension was My = 44 + 25 Nm and the lateral bending
was Mx = 32 + 17 Nm irrespective of direction. Nij was 0.86 + 0.38. All
striking players experienced neck compression without injury.

Figure 3 shows the neck compression force and flexion-extension
bending moment at peak Nij for the NFL reconstructions. Superimposed on
the plot is the NHTSA neck tolerance criterion with Nij=1.0 and 4000 N
limit on neck compression force. These values are NHTSA’s current human
tolerance limits for neck loading. The NFL reconstructions had 9 players
outside the tolerable limit. In all 9 cases, the neck compression force
exceeded the tolerance limit of 4000 N and in a few cases it exceeded by
almost a factor of two. For these cases, the average neck compression force
was 6614 £ 1006 N (range 5056 — 8194 N) and Nij was 1.37 &= 0.25 for those
above 1.0. There was a moderate level of neck flexion-extension moment.
The primary impact response was neck compression.
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Figure 3. Neck compression force and bending moment at peak Nij for striking NFL players,
including lines of Nij=1.0 and tolerance for neck compression force. (from [7]).

The striking player’s head acceleration was 56.1 + 22.1 g in helmet-to-
helmet impacts [7]. The struck player’s head acceleration reached 89.4 +
27.5 g. The peak impact force was 7191 £+ 2352 N acting on the struck
player. The peak neck compression force was 4221 £+ 1885 N contributing
over half of the impact load. Double integration of the struck player’s head
acceleration indicated 48 mm displacement at peak force. The
biomechanical analysis showed a 67% greater mass of the striking player
using a head down tackle than the struck player at peak force.
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Impact Conditions with Concussion: Peak head acceleration was 94.3 +
27.5 g with concussion and 67.9 + 14.5 g without (t=3.02, df=12, p=0.005)
in helmet-to-helmet impacts [7]. The peak impact force averaged 7642 +
2259 N with concussion and 5209 + 1774 N without injury (t=2.62, df=7,
p=0.017). The head AV was 7.08 £ 1.88 m/s with concussion and 5.38 £
0.48 m/s without (t=3.75, df=24, p=0.0005). The striking player experienced
4.26 £ 1.23 m/s head AV with concussion and 3.44 + 0.90 m/s without injury
(t=1.69, df=8, p=0.064). The average peak neck compression force was
4539 + 1931 N in the striking player causing concussion compared to 2823 +
725 without injury (t=3.27, df=18, p=0.002).

Olympic Boxing Punches to the Jaw: The peak punch force was 1990-
4741 N. The average force was 3427 + 811 N. There was a significant
difference (p=0.021) in punch force between the various weight classes [13].
Tekscan measured the portion of the impact force delivered to the jaw
region. The average force on the mandible was 876 = 288 N. The average
neck shear force was 994 + 318 N and Nij averaged 0.27 £ 0.07. Hand
velocity was determined by integrating the resultant hand acceleration up to
face contact. The average hand velocity was 9.14 + 2.06 m/s at impact. The
average effective mass for all punches was 2.86 + 2.03 kg. The average
head cg acceleration was 58 + 13 g with 11.4 ms duration. The average head
AV was 2.97 £ 0.81 m/s. The average rotational acceleration was 6343 +
1789 t/s>. HIC was 71 + 49, which varied with weight class (p = 0.002).
The energy transfer averaged 17.2 + 8.9 J and the punch power was 6574 +
3453 W.

4. DISCUSSION

Figure 4 summarizes the existing body of biomechanical data on human
tolerance to head impact. The NFL data provides unique and new scientific
information on human tolerance. Automotive crashes typically have impact
durations below 6 ms for head impact on vehicle rails, pillars and structures.
Head impacts into airbags with seat belt restraints have durations above 40
ms. The NFL results provide new information on tolerances in the 15 ms
range, where there has been an essential absence of scientific data.
Historically, the acceleration tolerance for 15 ms duration head impacts has
been estimated at 42-80 g based on extrapolation of studies using military
volunteers. The NFL reconstructions indicate 70-75 g for concussion in
padded impacts, which is at the high end of the earlier tolerance levels, but
consistent with the Wayne State University Concussion Tolerance Curve.
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Concussion in NFL football involves exceptionally high impact
severities, averaging 9.3 m/s impact velocity, 7.2 m/s AV and 98 g. Since
the mass of the Hybrid III head is 4.55 kg, the peak force on the head is 4.4 +
1.2 kN with concussion. Since this is within the experimental range for skull
fracture for short duration impacts, the helmet shell and padding are doing a
good job of distributing load and lowering risks for serious brain injury and
skull fracture in NFL collisions.
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Figure 4. Peak head acceleration and duration for various HICs and the types of historic data
used to develop the SI and HIC criteria. The NFL data is from [4].

There has been much speculation that concussion is related to rotational
acceleration of the head. The helmet impacts demonstrate a stronger
correlation of concussion with translational acceleration indicating it is the
primary measure to assess the performance of helmet protection systems.
Moreover, there is a strong correlation between peak translational and
rotational acceleration so reducing translational acceleration (SI or HIC)
proportionately reduces rotational acceleration [4].

Even though there were high compression forces in the neck of striking
players, no NFL player experienced serious neck injury or concussion. In 9
out of the 27 NFL collisions, the compressive neck force exceeded Nij
tolerances for serious neck injury. The avoidance of neck injury is primarily
by maintaining an axial alignment of the impact-force vector through the
neck and torso, by minimizing neck flexion and lateral bending that increase
the risk of injury, and by engaging the helmet of the struck play. This
delivers more momentum to the struck player. The primary means of
reducing NFL concussions in helmet-to-helmet collisions is to enforce head
up tackling techniques [7].

NFL concussions occurred at peak rotational accelerations averaging
6600 1/s’. These levels are consistent with the rotational accelerations found
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in Olympic boxing at 6300 r/s’. While rotational acceleration may be a
factor in head injury, these sport studies are unclear in proving a
relationship. The strongest correlation with concussion was with HIC and
translational acceleration. No concussion occurred with average
accelerations of 68 = 15 g and HIC of 143 + 37, while NFL concussions
occurred with 94 = 28 g and 345 + 181 HIC. These levels are well above
what the Olympic boxer delivered to the Hybrid IIIl dummy. Using injury
risk functions [4], concussion risks were 13% = 10% for HIC and 20% =+ 2%
for translational acceleration with US Olympic boxers.
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BIOFIDELITY OF DUMMY AND FEM NECKS IN
THE FREQUENCY DOMAIN
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France

Abstract. Modal analysis technique is used in order to characterize the human head-neck
system in vivo. The extracted modal characteristics consist of a first natural
frequency at 1.3+0.1 Hz associated with head-neck extension motion and a
second mode at 8+0.7 Hz associated with head translation. By recording
experimentally the apparent mass of dummies head-neck system under the
same experimental condition as the volunteer subjects, it was possible to
compare the human and the dummies frequency response functions and to
evaluate their bio-fidelity. The evaluation methodology based on validation
parameters extracted in the frequency domain is tested on six dummy necks
and on a FEM of head-neck system. Only BioRID is presented in this paper.
The results of the two models are similar and present natural frequencies close
to the volunteers. Beside dummy evaluation this study also gives new insight
into injury mechanisms given that a given natural frequency can be related to a
specific neck deformation.

Key words: dummy necks, modal analysis, natural frequency.

1. INTRODUCTION

Neck injuries in motor vehicle accidents continue to be a serious and costly
societal problem. The cervical spine is one of the most complex structures in
the human skeletal system and its behavior during impact is still poorly
understood. Most injury prevention strategies are based on results from
anthropomorphic test dummies and computational models.

Typically dummy necks are validated against volunteers or post mortem
human subjects in the temporal domain and in term of corridor. In the past

131

Michael D. Gilchrist (ed.), IUTAM Proceedings on Impact Biomechanics: From Fundamental
Insights to Applications, 131-138.
© 2005 Springer. Printed in the Netherlands.



132 N. Bourdet et al.

under rear end impact condition, the human neck has been characterized
experimentally by decelerating a human subject seated in a car seat with or
without a headrest (Eichberger et al. 1996, Ono et al. 1997 [1, 2]). More
recently Ono et al. 2001 [3] suggested characterizing the human cervical
spine by directly loading the head with a force close to 150 N (over 50 ms)
applied horizontally or vertically to the chin.

In the present study, contrary to the works carried out in the time domain,
we propose to identify the head-neck system in the frequency domain. This
will enable us to extract the intrinsic parameters from the head-neck system
such as stiffness and damping. Some similar inputs are used for the
experimental tests by loading directly the forehead (150 N; 3Gx; 50 ms) and
recording its kinematics. The originality of our research is to proceed with a
frequency analysis of the head-neck response rather than a temporal one,
followed by the extraction of the system’s modal characteristics which are
inherent to the system whatever the loading. The main advantages of
investigating in the frequency domain are the extraction of noise from the
recorded signals. However an important restriction of the method is its
limitation to the linear domain. This hypothesis is acceptable in case of low
speed rear impact conditions as explained later in the discussion.

The experimental modal analysis of the human head neck system in vivo
will provide us with natural frequencies and mode shapes which must be
reproduced by the dummy head-neck system. In a first section we present the
technique applied to a single human volunteer and we show how this
experiment constitute the biomechanical background of the proposed
dummy and numerical evaluation methodology. Experimental and numerical
modal analysis is then applied to several existing rear impact dummy and a
FEM under similar loading conditions as for the volunteer. The results of
dummy are presented on this paper.

2. BIOMECHANICAL BACKGROUND AND
METHODOLOGY

2.1 Modal Analysis of the Head-Neck System In Vivo

As outlined briefly in the introduction, the head-neck system is firstly
characterized in vivo. The experimental impact device is represented in
Figure 1. It consists of a simple pendulum (4 kg; 0.6 m) which slightly
impacts frontally the volunteer’s forehead. The volunteer is seated on a rigid
seat without a headrest. The subject is asked to close his eyes and to remain
totally relaxed in order to prevent as much as possible any active muscle
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contribution. It is hypothesized that the head motion remains in the sagittal
plane and that the head motion amplitude remains sufficiently small (a few
degrees) so that the two recorded responses i.e. the applied frontal force and
the linear head acceleration can be assumed as unidirectional in the antero-
posterior direction.
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Figure 1. Experimental test device for the modal analysis of the head-neck system and the 3-
2-2-2 configuration of nine accelerometers of the head.

The head acceleration is measured using nine accelerometers (Entran
EGA + 10 g) arranged in the well-known 3-2-2-2 configuration as illustrated
in Figure 1 in order to calculate the linear component of the head
acceleration at any point. The impulsive force is recorded using a force
sensor (PCB 208A02 11.432 mV/N).

After impact, the transfer function between force and acceleration is
estimated in terms of apparent mass. Special attention is paid to noise
management with the coherence function.

A total of six human male volunteers of very different sizes and masses
were tested and lead to two natural frequencies. f; =1.3 Hz (£ 0.1 Hz) and f;
=8 Hz (£ 0.7 Hz). This is a typical result for a system with two degrees of
freedom.

The imaginary parts of three transfer functions (at vertex S, at atlanto-
occipital point Oy, and the zero transfer function at T1 Oy) are given in
Figure 3, in order to extract the system’s deformed mode shapes. It is finally
a three dimensional representation of this parameter obtained by including
the spatial dimension between Oy, Oy and S which permits to draw the
deformed mode shapes of the neck at respectively 1.3 and 8 Hz. Figure 3
represents the two shapes schematically, by plotting the imaginary part of
the selected geometrical point transfer function for the two natural
frequencies: the first mode is an extension motion and the second an
retraction motion.
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Figure 2. Experimental transfer function of the head-neck system in terms of Apparent Mass
and its coherence function.
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Figure 3. Three-dimensional representation of the imaginary part of the transfer function;
Representation of the two shapes.

2.2 Methodology for Dummy and FE Necks Evaluation

Dummy evaluation is conduced in accordance with the previous
experimental modal analysis of the human head-neck in vivo. Six dummies
are tested strictly under the same conditions as the volunteers. Firmly fixed
on a rigid seat without headrest, their forehead is impacted with the
pendulum. Impact force and head acceleration are determined at the vertex
(point S) and center of gravity (point Oy) of the dummy head.

The above described experimental modal analysis was performed
numerically by simulating the experience with the head-neck FE model
(Meyer and Bourdet, 2004 [4]) followed by a results analysis in the
frequency domain as illustrated in Figure 4. The experimental results
presented in this modal analysis correspond to the response of the subject
modeled. We assumed that the first thoracic vertebra was fixed and
reproduced the impact load in its amplitude and duration. To simulate the
force of the impact between the ball and the head a Young's modulus of
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E=0.3 MPa ( v=0.49) was implemented for the modeling of the ball and an
initial horizontal speed of 0.6 m/s. The acceleration at the vertex was
computed over 5 s.

Figure 4. Experimental configuration of the experimental modal analysis (at left), and
numerical replication with the finite element model of the neck (at right).

3. BIOFIDELITY EVALUATION OF DUMMY AND
FEM NECKS

In 1992 Svensson and Lovsund [5] developed a new dummy neck (the RID
neck). This neck presented improved kinematics of the dummy response in
terms of head rotation but further modifications were needed in order to also
reproduce head translation. Today, after several dummy versions, a flexible
vertebral column has been added to the neck in order to reproduce T1
rotation accurately. The new name of this rear impact dummy prototype is
BIORID II (Davidsson 1999 [6]).

BIORID II's experimental apparent mass in Figure 5 shows an important
improvement of neck flexibility as its first natural frequency is decreased to
2.5 Hz. Compared to the human neck, it can be concluded that this dummy
neck is still too stiff and that its motion damping is too low. Concerning the
second mode it is interesting to notice that the retraction mode exists but at a
frequency of 10 Hz against 6 Hz for the human being.

In spite of a difference between the model and the volunteer, the
frequency response of the model presents resonance frequencies very close
to the volunteer, namely 1.6 Hz for the first mode as against 1.3 Hz and 8 Hz
for the second as for the volunteer. This result demonstrates the importance
of the mechanical properties of the ligaments and in particular their damping
coefficients, which have a major influence on the resonance frequencies as
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well as on the volunteer’s apparent mass amplitude. As the signals recorded
during the temporal validation are too complex, it is quasi-impossible to
observe the influence of these parameters on the retraction phenomenon. In
the contrary, the proposed modal analysis allowed us to adjust these
parameters in a more realistic way.
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1 T 0
z | R W g
3 1T Ear Y o : . 2
Lt s}
§ : = 1
1 1 1 10
50
o
T 0 . - - -
; | o
g = —— b3
= /I’ i = 0
g o A g
@ L 2 150
I .50 - o
& 20
1

10
Frequency [Hz] Frequency [Hz]

Figure 5. Superimposition of the experimental apparent mass recorded on BioRID II and
FEM of the head-neck system with the human volunteer response.

4. DISCUSSION

This new neck models investigation approach is interesting in two different
ways: first the pertinence of the new validation parameters acquired in vivo
and second the evaluation of rear impact neck model.

The extracted modal characteristics of the human head-neck system in
vivo can be compared to observations made in the time frame.

The new issue at this level is that the first mode at 1.3+0.1 Hz is
associated with the neck extension (C shape) and the second mode at 8+0.7
Hz to translation or retraction (S shape) obtained on six very different human
male subjects. These deformation modes have often been observed in the
literature and it is generally mentioned that the “S mode” appears before the
neck extension in the time domain (Deng et al. 1987, Kleinberger et al.
1993, Walz et al. 1995, Ono et al. 1997 [2, 7-9]). The present research
shows that S shape mode is only excited if energy is introduced in the
system around 8 Hz, and this is the case only if the impact duration is short
enough or if there are high-loading ramps within the loading function.

The hypothesis of linearity is checked in the transfer function with the
coherence function and is in relation to the low impact energy involved in
the experimental impact. It is therefore important to remember that the
methodology is well designed to describe the human neck and to evaluate
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dummy neck behavior for low energy impact, or before non-linearity due to
saturation (hyper-elongation of ligaments, bone contact, muscle activity)
occurs. Under these restrictions, how can modal analysis techniques, inform
us about the complex properties of the human and dummy neck?

The main limitation of the present study is its focus on mechanical
behavior of the neck and possible neck injury mechanisms, excluding any
investigation of tolerance limits. It must be pointed out also that this study is
restricted to impulse to the forehead, focusing therefore on rear motion of the
head as it occurs in rear impact configuration. Finally, only adult males have
been considered and muscle action has not been taken into account, so
further research is needed on human volunteers.

S. CONCLUSION

An experimental and theoretical modal analysis of the human head-neck
system under frontal head impact, has been successfully conducted and lead
to original results : For the human head-neck system in vivo, the extracted
modal characteristics consist of a first natural frequency at 1.3+0.1 Hz
associated to neck extension and a second mode at 8+0.7 Hz associated with
head translation or neck retraction. For five very different volunteer male
subjects similar results were obtained. This set of data constitutes new
validation parameters in the frequency domain suitable for dummy
evaluation under moderate rear impact.

By recording experimentally the apparent mass of the dummy and using
a FEM of head-neck systems under the same experimental condition as the
volunteer subjects, it was possible to compare the human and the models
frequency response functions and to evaluate their bio-fidelity against
validation parameters in the frequency domain. Further conclusions could be
drawn from this study: BioRID presents two natural frequencies close to the
volunteer’s ones. Improvements are however needed in order to reproduce
closer the extension mode and to set the retraction mode at a realistic natural
frequency. The FEM of the head-neck system is able to reproduce the mode
shapes at the same natural frequencies than the experimental. Its frequency
behavior is close to the BioRID dummy.

To the authors’ knowledge it is the first time that modal characteristics of
the human head-neck system are extracted. The results lead to new models
evaluation methodology and give new insight into injury mechanisms given
that if a natural frequency and its mode shape are excited, the related injury
mechanism is potentially present. Impact characteristics in the frequency
domain or neck loading rate should consequently be able to avoid a given
neck deformation mode. This opens up new possibilities for protective
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system evaluation and optimization. Consequently, it could be suggested that
we might well suppress or reduce transmissibility of seat to occupant around
8 Hz in order to avoid the neck retraction mode.
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Abstract. Survival rate after jet ejection is about 94% , but 50% of major injuries are due
to neck injuries . Mechanical parameters responsible for those injuries are not
yet fully understood. The purpose of the present study is to use a existing finite
element model to investigate helmet mass and inertial properties influence on
neck injuries that may occur during ejection.

The model position represented the head-neck in a specific MK16© ejection
seat, with a functional 30° oblique inclination. Vertical acceleration was
imposed in order to simulate the first 350ms ejection event. Then the case of
bare head and three alternative existing helmets were considered.

All the quantified parameters are under failure level and these results could be
explained by a helmet weight less than 2Kg. Furthermore, no shock due to the
parachute opening or windblast effect is modelled. Indeed, the simulation
represents the first 350ms of an ejection, and there was no relative speed
during the experiment.

Key words: Finite Element Method (FEM), added mass, ejection, neck injury, numerical
simulation.
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1. INTRODUCTION

Due to aircraft speed, escape from military jet is assisted by pyrotechnic
devices. However, this rescued maneuver is stressful for the pilot and the
crew, particularly for the cervical spine. Although the survival rate after jet
ejection is about 94%, 36% of the survival pilots have neck injuries and 50%
of the severe injuries concern neck structures. In 100% of the lethal case,
neck injuries are found [1].

Moreover, in this stressful environment pilots have to use more
sophisticated helmets. Head Mounted Display (HMD) or Night Vision
Goggles (NVG) are then used in order to improve operation effectiveness.
These systems modify inertial properties of the helmet and strains in the
cervical spine. This effect then seems to increase the neck injury risk during
an ejection [SHA97].

There is a lack of knowledge about cervical spine limitations to support
masses and biomechanical factors responsible of neck injuries, although
these data will be useful for future development of mounted head systems.

A fiftieth percentile human finite element model was previously
developed and evaluated for automotive crash in order to predict injury risk
on the cervical spine [5, 6]. The purpose of the presented study is then to use
this finite element model to quantify mechanical stresses in anatomical neck
structures for different helmet configurations cases during an ejection.
Results are then compared with baselines values to determinate the more
safety configuration.

2. METHODS

An existing fiftieth percentile human finite element model was used [5, 6],
representing cervical spine anatomical structures (vertebra, ligaments, soft
tissues and muscles) and a Hybrid III head geometry. The head-neck
complex is set in ejection position with a sagittal inclination of 19 degree
and a head support. These geometric boundary condition represent the
specific case of a MK10© ejection seat (Figure 1). An acceleration is then
imposed on C7 vertebra in order to simulate the 350 first milliseconds of an
ejection, corresponding only to cockpit extraction - accelerometric data used
in this study was stored during a 0/0 shot (Altitude Om, relative velocity
Om.s-1) with a modified Hybrid III dummy. Simulations were developed
with the explicit finite element code Radioss”.

Global reference system is related to the head, X-axis is positive
forwards, Y-axis is positive on the left of right-hand side and Z-axis is
positive upwards, parallel to gravity orientation. This skew system centre is
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defined at head gravity center considered at the middle of external auditory
meatus (MEA) [8].

Figure 1. Finite Element model of the head-neck complex in ejection position.Grey round
represents the counterweight. Black round represents the Night Vision Goggle (NVG).

Figure 2. Helmet used in this study (www.gentexcorp.com).
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Four simulations were considered: bare head (existing geometry without
added masses), a helmet (Figure 2), NVG mounted on this helmet, and the
same NVG with a counter weight placed backward on the helmet. Helmet
inertial properties were defined from literature (Figure 2) [7], NVG and
counterweight masses were defined following the French Army
recommendations. Localizations of these different masses are defined with
regard to the global skew system (Table 1).

Table 1. Localizations and values for helmet, NVG and counterweight masses.

Mass Localization with regard to global skew system

(2 X (mm) Y (mm) Z (mm)
Helmet 1386 14.7 8.4 439
NVG 700 106.0 0 48.4
Counterweight 350 -80.9 0 -67.1

Effect of mass distribution was quantified and analyzed in terms of
compressive loads and moments on each vertebra of the cervical spine and
supraspinous ligament elongation.

3. RESULTS

Results are presented as maxima of compressive loads, extension/flexion
moments and supraspinous ligament elongation. These values were extracted
from their temporal variations.

Figure 3 presents the maxima of vertebral body compression loads along
the cervical spine for the bare head and the three helmet configurations.
Results show compression loads only, which is coherent with the literature.
Most important amplification appears at C1 level, with 17% for the heaviest
helmet configuration (Helmet plus NVG and counterweight) relatively to
bare head case. Nevertheless results show that compressive loads are all
under injury level.

Figure 4 presents the maxima for vertebral body extension/flexion
moments along the cervical spine. Upper cervical spine is in flexion and
lower cervical spine is in extension. The extension moment increases by
88% at CI1 level between bare head and the helmet alone. The flexion
moment increases by 53% at C7 level between bare head and the helmet
alone configuration. Results show that moments are all under injury level.
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Legend for the following figures
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Figure 3. Maxima vertebral body compressive loads along the cervical spine for the four
configurations.
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Figure 4. Maxima vertebral body extension/flexion moment among the cervical spine for
the four configurations.
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Figure 5. Maxima of supraspinous ligament elongation along the cervical spine for the
four configurations.

Figure 5 presents the maxima for supraspinous ligament elongation along
the cervical spine. The worst configuration is for helmet alone with an
increase of 750% at C7T1 level. This result is in accordance with mechanical
loading of the cervical spine. Results show that elongations are all under
injury level.

4. DISCUSSION

Even if all the analysed parameters are under failure level, this study shows
the global influence of mass distribution on cervical spine mechanical
loading. Mass value and anterior position seem to be the main parameters of
influence on mechanical loading. The under failure values could be
explained by the simulation of a simple ejection.

First the acceleration data were collected from a 0/0 shot without relative
speed and without sink rate or roll and yaw. However, the aerodynamic
effects and complex rotations are worsening factors of the injuries neck for
the ejected pilot [9].

Furthermore only the ejection the first 350 ms are simulated, representing
only the catapult phase. Then no shock due to the parachute opening or
landing appears.

However, the model was in an ejection correct position, cervical
vertebrae alignment out of position is a fundamental factor in neck injuries
apparition among ejected pilot [9].
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Then, neck muscular contractions against the head box are not taken into
account as it is requested to the pilot during ejection [10]. Finally, the
considered configurations tested do not present an oxygen mask; mask mass
is about 300g and located forward from head gravity centre. This
localization could have influence on the loads sustained by neck anatomic
structures.

5. CONCLUSIONS

The presented study confirmed the global influence of head mass
distribution on cervical spine mechanical loading. Helmet gravity centre
localization and mass distribution have a negative influence on loads applied
on neck during ejection, and then could increase pilots neck injury risk.

However this model needs to be fully validated. Experimentations are
under process in order to compare model global kinematics with kinematics
of a manikin on an ejection tower. Another way of validation is the
simulation of real reported ejections with comparison between crewmembers
medical data and mechanical values calculated for the different anatomic
structures of the cervical spine. Other biomechanical parameters will have to
be analyzed such ligament stress or inter articular capsules deformations.

Once this ejection numerical simulation will be fully validated, it should
allow to search for optimal distributions of helmet mass around head gravity
centre, to minimize the risk of cervical injuries in case of egress emergency
[11].

This study shows that involving finite elements simulations are useful to
analyse and investigate influence of several protective helmets. Numerical
simulations usually carried out for this field of research, used Articulated
Total Body models. This kind of model is based on rigid bodies. Human
neck model presented in this study is a predictive model; it could quantify
constraints in the anatomical structures and injury criteria.
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Abstract.

Key words:

There is continuing controversy regarding the role of car mass in occupant —
risk. Injury risk is influenced not only by the vehicle deformation
characteristics and the occupant restraint system, but also by the size and mass
of both case and partner cars. Recent research has shown that injury is better
correlated with mean car acceleration than with velocity change. Injury risk
relations for belted/unbelted drivers in all crashes with AIS 3+ and fatal
injuries were derived from US data using a modified Joksch [7] type risk
equation. These risk equations are shown to compare with recent Swedish AIS
2+ and AIS 3+ frontal collision data and with US frontal collision fatality data.
The derived AIS 3+ and fatality risk functions, in conjunction with car
population stress/density characteristics, were combined with US, German and
Japanese car mass and collision velocity distributions to predict the variation
in fatality and AIS 3+ injury risk with car mass and mass ratio using Monte
Carlo simulation techniques. The resulting predictions were compared to
published real world accident risk versus car mass data for each country, and a
high degree of correspondence obtained. The results show that empirically
derived car population structural characteristics and injury risk functions
satisfactorily explain the real world fatality and injury versus mass effect.

mean acceleration injury and fatality risk functions, car occupant risk, car
mass effect, frontal collisions.

147

Michael D. Gilchrist (ed.), IUTAM Proceedings on Impact Biomechanics: From Fundamental
Insights to Applications, 147-154.
© 2005 Springer. Printed in the Netherlands.



148 D. Wood et al.

1. INTRODUCTION

The influence of car mass and size on injury causation in frontal collisions
remains in dispute. Mechanics dictates that case car acceleration in two-car
collisions declines with increasing case car mass, but structural properties of
both vehicles determine the shape of the acceleration pulse. Further,
increased case car mass increases risk for the partner car occupants.

In moderate severity collisions, the acceleration of a restrained occupant
is a reflection of the vehicle acceleration [1]. In high severity collisions,
intrusion influences injury. For unrestrained occupants, injury is due to
contact with the car interior and vehicle “ride down” inertial loading.

Real world data indicates that, for similar severity of frontal collision,
injury risk increases with vehicle structure acceleration [2, 3], despite
reduced intrusion. Folksam [4, 5] used on-board collision recorder data to
show that the mean vehicle acceleration (@) is a better predictor of injury risk
than velocity change (Av). 50ms moving average vehicle acceleration based
injury criterion is used to evaluate safety barriers [6].

This paper presents analytic injury risk functions based on mean car
acceleration during impact. These functions are combined with recent real
world car population structural behaviour data [8—10] to predict the variation
in injury risk with car mass in frontal collisions.

2. INJURY RISK FUNCTION

Joksch [7] proposed the empirical injury risk function given by equation
(1a), where Avgigical 1s the lower limit of Av for which risk equals 1.0. For >
AVeritical, P=1. Following recent research [4, 5], it is now proposed that injury
risk is a function of mean acceleration, see equation (1b), in which @.igica 18
the lower limit of a for which risk equals 1.0. The empirical constants @cisical
and n are derived by regression of real world injury risk data.

P,-(Av)=( = J (1), P,-(c‘z){_“_ ] (1b)
Avcr[tical acm’tt’cal
3. RISK FACTORS IN FRONTAL COLLISIONS

The independent variables in frontal collisions are:
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distribution of vehicle masses

structural and crashworthiness characteristics of the vehicles
interactive structural effects and configuration of the vehicles
distribution of collision velocities

risk versus & distributions for restraint use/ non-use.

The distribution of car masses in any car fleet is obtained from analysis
of the records of the registered fleet in service.

3.1 Structural Characteristics of Car Population

Wood et al. [8, 9] analyzed real world collision recorder data from 269
single and two-car collisions (overlap > 25%, collision direction 11-1
o’clock) and showed that the mean real world behaviour of individual car
types could be described by empirically derived statistically robust power
regressions. Further, the scatter in the real world responses results from the
distributions of overlap, vehicle crush profiles and structural interaction
effects, while the mean curves reflect the mean structural responses [10].
Analysis [8, 9, 11] showed that the fundamental structural parameter for cars
is the crumpling stress/density ratio, o/p, which is independent of car size
and mass and is equivalent to the specific energy absorption capacity, aL.
Power regressions for individual car types and also for a ‘mean’ car type of
the form

aL=c/p=C,(d/L)" (2a) alL=C,AV"™ (2b)

show high statistical correlation, where C, is the key stress/density
parameter, which is independent of mass, while d,, is a function of C,, with a
secondary mass influence [9]. These relations have been applied to
successfully predict peak barrier force versus vehicle mass for 64 km/hr tests
with offset deformable barriers [9].

3.2 Collision Velocity Distribution

The independent velocity parameter is collision closing speed. However,
the available data is for damage-plus collisions and is in the form of velocity
change, Av, which, as shown in equation (3), is a dependent variable being a
function of mass and collision closing speed.
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Av,, = L Vees 3)
’ M +M,

In countries with in-depth accident research, the Av and vehicle mass
distributions for tow away-plus collisions are known. The log form of
equation (3) yields: ln(Avl’2 ) = ln(M o[ (M, +M, ))+ ln(VCCS ). Therefore,
provided the mass and Av distributions can be satisfactorily described by

logarithmic statistical distributions the mean and variance of the collision
closing speed, respectively, can be obtained,

[ln(VCCS )]mean/var = [ln(Av1,2 )]mean/var o [ln(Mzﬂ /(Ml + M2 ))]mean/var (4)

Analysis of Av and mass distribution data for the US [13, 14] showed
both can be represented by log distributions, thus allowing derivation of the
Vs distribution.

4. INJURY PROBABILITY FUNCTIONS

4.1 Real World Data

Evans [13] detailed injury probability for belted and un-belted drivers in all
car crashes. Using the US car mass [14] and Vs distributions and the car
population stress/density, o/p, characteristics [8, 9], mean accelerations for
each risk level in [13] were found using Monte Carlo methods. The data was
regressed using the form of equation (1b) for AIS 3+ injuries and fatalities
for belted/unbelted drivers, see Table 1.

Table 1. Injury & Fatality Risk : Regression Parameters.

Case a_crilical (g) n T2 N

Belted Driver Fatality 19.72 6.168 0.96 13
Belted Driver AIS 3+ Injury 19.25 3.68 0.93 13
Unbelted Driver Fatality 20.05 49 0.96 14
Unbelted Driver AIS 3+ Injury 19.05 3 0.94 12
Folksam Belted AIS 2+ Injury 18.07 1.95 0.96 8

Figure 1 shows the data and regression lines for driver fatality risk.
Regressions for AIS 3+ injury risk were determined similarly. All
regressions have high correlations and the values of dgica are similar (from
19.05g for AIS 3+ unbelted to 20.05g for unbelted fatalities). Statistical



Quasi-Analytic Acceleration Injury Risk Functions 151

analysis shows that there is no significant difference in @gitca for AIS 3+
injuries and dcicar for fatalities nor between belted and unbelted drivers.

Folksam Research [5] reported risk probability for AIS 2+ belted front
seat occupants based on 72 frontal injury collisions, including some cases
with airbags. The regression parameters are detailed in Table 1.

=

Prab of Belted Driver Fatality
=
Frob of Unbelted Driver Fatality

Eelted Fatality Unbelted Fatality

o
=
=]
2

10 10
Mean Acceleration (g) Mean Acceleration (g)

Figure 1.
4.2 Application of Risk Equations to Frontal Collisions

The suitability of the US accident data (containing some side/rear impact
cases) for application in frontal collisions was statistically analysed.
Comparison of deiticar for US AIS 3+ injuries with dgiicar from the Folksam
AIS 2 + shows no significant difference (t = 0.54). The regression exponent
for the Folksam AIS 2 + risk is, as expected, less than that for the AIS 3+
unbelted which is less than the AIS 3+ belted, both being less than the
exponents for fatalities.

Evans [15] reported fatality risk versus Av for frontal collisions for belted
and unbelted drivers between 1982 and 1991. Using the proportions of
belted drivers over this period [16] and the described procedures (refer 4.1)
the predicted fatality risk was computed using the regression data in Table 1.
Figure 2 shows the comparison. Correlation analysis shows a coefficient of
determination, r* = 0.919 with a proportionality coefficient = 1.006 and
standard error = 0.09.

Figure 3 compares the derived AIS 3+ belted injury relation with recent
Folksam AIS 3+ injury risk data derived from 18 AIS 3+ frontal injury
collisions. Analysis shows that there is no significant difference between the
risk equation and the Folksam data (P > 5%)).
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5. MASS EFFECTS — DISCUSSION

In the analysis and graphs that follow, mass ratio is the defined as the ratio
of heavier vehicle mass to the lighter vehicle mass.

Figure 4 compares the relative fatality risk to drivers as a function of car
to car mass ratio in frontal collisions for 1991-1994 for the US [17] with the
predictions using the fatality risk functions in Table 1 and the ratio of
reported seatbelt use [16]. The predicted injury risk versus mass ratio and the
real world data closely match (t = -1.06).
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Figure 5 compares the relative AIS 3 + injury risk to drivers as a
function of car to car mass ratio in Japan [18] from 1992-1995 with the
model predictions, showing close correspondence ( t=0.95).

Ernst et al. [19] reported on the variation in AIS 3+ injury car mass in
rural two car frontal collisions in Rhine Westphalia between 1984 and 1988.
The Vces distribution for Rhine Westphalia was not available, instead overall
data for West Germany for the period 1973-1988 was used [20]. Figure 6
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shows the real world variation in AIS 3+ risk with car mass compared with
the predicted results for 50%"™ collision closing speeds between 51 km/hr
and 62 km/hr. The absolute risk is very sensitive to the magnitude of the
50%" Vees A 50% increase in injury risk for all cars results from a 20%
increase in 50%" Vces - from 52km/h to 62 km/h. Figure 6 shows that
predicted risk varies with mass in a similar manner to the real world data and
bounds the data. Figure 7 shows the close match between real world
variation in risk with mass normalized for the 50%"® German car mass (1050
kg). Statistical analysis of the normalised data for different 50%" closing
speeds shows no significant difference between the real world data and the
model predictions, see Figure 7.
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6. CONCLUSIONS

The derived mean car acceleration based injury risk functions are shown to
apply to frontal collisions. The risk functions in combination with car
population structural characteristics derived from real world crash recorder
data are shown to satisfactorily predict the variation in injury and fatality
risk with car mass and mass ratio.
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Abstract. Estimating vehicle collision severity is a key factor in biomechanics as it
allows correlation of injuries with impact severity in real accidents. Key
vehicle parameters for injury are the mean, peak and shape of the acceleration
pulse. Real world frontal collision patterns reflect the distributions of overlap,
impact angle, vehicle compliance and car-to-car frontal structural interactions.
In this paper, a model relating displacement to crush as a function of overlap is
combined with a full-width barrier characteristic to predict the acceleration-
displacement response for given car types. Application yields predictions for
30 degree angled barrier and 45% overlap rigid barrier tests which closely
match the corresponding experimental results. Separately, regression analysis
of data from onboard collision recorders of real world collisions for 16 car
types in 269 collisions yielded relationships between mean acceleration,
velocity change and displacement for individual car types. This shows that the
mean crumpling stress/density is equivalent to the normalised mean
acceleration and is independent of size or mass. The geometric crush model
combined with a single full-width barrier characteristic for the car population
is used to model the variability of structural characteristics in frontal
collisions. These are combined with overlap and crush profile distributions to
predict overall collision characteristics using Monte Carlo methods. The
results confirm that the collision recorders data reflects the distribution of
frontal collisions. A new method of estimating the frontal response of
individual cars at various overlaps from a single full-width barrier test is
presented, with predictions that correlate closely with collision recorder data.

Key words: frontal collisions, injury, real world accidents.
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1. INTRODUCTION

Correlation of injuries with impact severity in frontal collisions in real life
accidents is a major goal in impact biomechanics. Occupant loading is most
strongly related to the acceleration of the vehicle, especially in low-medium
speed impacts where intrusion does not occur and this paper focuses on the
pulse shape and mean vehicle deceleration during a frontal collision.

Full-width barrier tests show that cars have repeatable crush
characteristics, and these can therefore be used to relate the residual crush to
the Av in cases involving a single vehicle in a head-on strike with a wide and
flat rigid barrier. However, in real world accidents occupant injuries arise
from a broad range of collision configurations including single/multiple
collisions, wide/narrow collision partners and different offsets, impact angles
and structural compliances. Consequently, it is not generally possible to
directly equate the residual crush in a real accident to crush in a barrier test.

Analysis has shown that the shapes of crushed vehicles can be
categorised as either segmental or triangular [1-3]. The mechanisms
resulting in segmental or triangular profiles are not fully understood, but the
outcome depends on the collision overlap, orientation and severity and the
structural characteristics of the colliding pair and their resulting interactions.
A car type may assume either profile.

1.1 Geometric Crush Model

This paper details the application of a geometric crush model derived by
Wood et al. [4, 5]. The model relates displacement of the vehicle cg (d.,) to
mean crush depth (d,..,) for varying collision overlaps (OL). It is assumed
that the length of the car front (w) is inextensible, and that the non-struck
side hinges at the front of the occupant compartment. For segmental crush:

d, :J'+(00;a](1—OL)2, []

while for a triangular crush profile

d,=d +(1—0L)C°;a . 2]

The parameter o is a non linear function of the overlap and the vehicle
length. It is assumed that energy absorbed in deformation is solely due to
longitudinal crush and is a unique function of the mean crush depth.
Therefore, combining the geometric model with the full-width barrier
velocity-crush characteristic for a given type allows a prediction of crush
versus speed for different overlaps.

The model was applied to eight vehicle types where the full-width
barrier response as well as the 45% offset and 30 degree angled barrier test
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data were available [6]. Figure 1 shows magnitude and phase of the
predictions compared to the test data for one car type.
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Figure 1. Comparison of geometric shape model prediction with experimental data for
sample car, 30 degree angled barrier test, from [6].

1.2 Theoretical Considerations: The Stress/Density
Parameter

The kinetic energy of a vehicle striking a rigid barrier is absorbed by the
vehicle structure as it collapses to a crush depth (d) under a mean crumpling

force ( F ). For a plastic impact,
%M vi=Fd [3]

Using the relations between mean acceleration, force and stress (Ma =
F =0 A), and between mass and density (M = p AL), two important
equalities result:

1, o |d - o
22|21« - &
v ( j [4] and alL ( ] [5]

The stress/density parameter (c6/p) relating speed to crush is aL.

1.3 Crash Pulse Recorder Data

Folksam Research have developed and installed crash pulse recorders in
160,000 cars and reported on crashes involving this fleet [7]. Wood et al [8-
9] analyzed these data for 269 single and two car frontal collisions with
overlap >25% and collision direction 11-1 o’clock. The analysis, involving
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twelve car types manufactured between 1985 and 2002 (lengths 3.6-4.8m),
shows that linear log-log regressions adequately represented the
relationships between alL and d/L, between alL and Av and between Av and
d/L. For aL versus d/L, the form of the regression was

B da
al=C, [%] [6]

The stress/density regression coefficient (Cy,) is independent of car size and
mass and represents the distribution of structural characteristics in the
population. The exponent (da) is independent of size and mass, but
correlated with Cg,, on its own (r2 = 0.66), and with C,, and mass combined
(** = 0.95). The mean characteristics of individual car types were statistically
robust and independent of collision and configuration.

2. APPLICATION OF CRUSH MODEL

The model was applied in a Monte Carlo procedure to predict the scatter in
collision responses evident from the crash recorders. Av was randomly
selected from a log normal approximation of the real world collision velocity
distribution derived from the crash pulse data. A single barrier characteristic
representative of the vehicle population was used to calculate the resulting
mean crush depth (d,.../L). Following selection of the crush profile and
collision overlap using previously reported distributions [10], the resulting
centre of gravity displacement was calculated. Equation 6 were used to
calculate the mean acceleration response (alL) as a function of normalized
crush d/L. Figure 2 compares the predicted overall population responses with
the onboard collision recorder data for the stress/density parameter (aL)
versus normalised displacement (d/L) and velocity change (Av) versus d/L.
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Figure 2. Monte Carlo model versus real world crush characteristics.
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Figure 2 shows the model scatterplots and the mean and £1 standard error
curves for both the model predictions and the real world collision recorder
data. These graphs show good matching between the model and the onboard
collision recorder data, confirming that the mean collision recorder
responses reflects the mean behaviour in frontal collisions.

2.1 Distribution of Responses

Scatter in the full-width barrier tests is due to variation between car types
(oype)- In contrast, the collision recorder data includes overlap (G,yerqy) and
frontal collision effects (Gjonal ofecis) due to car-to-car interactions and impact
angle. The collision recorder data can only be separated into standard errors
for car type (ojp.) and a combined error for overlap and frontal effects
(Oovertap+fiontal effecss)- The full-width barrier data provides a standard error for
car type as does the onboard recorder data. Table 1 shows the results: the
overall standard error (G,,...;) for the model was computed and the standard
error due to overlap was obtained. As the model response was computed
from barrier data, structural interactions and collision configurations are not
included. Hence, the overall and overlap standard errors for the model are
less than for the collision recorder data and this allows Gjomar efecss tO be
computed. Table 2 shows the mean values of the standard errors.

Table 1. Variability between model and onboard recorder data.

Standard error Model Collision Recorders
thpe 0269 0264
Ooverlap 0.234 -
Goverlap+tfrontal effects i 0.267
P overall 0357 0375

Table 2. Mean Standard errors.

Standard error Gtype Goverlap Gfrontal effects Goverlap + Goverall

frontal effects

Mean 0.27 0.25 0.12 0.28 0.37

2.2 Frontal Response Estimator (FRE)

The influence of overlap on the stress/density coefficient (C,) and the
exponent (d,) for segmental and triangular crush shapes was investigated.
The regression exponent (d,) was independent of overlap, but regression of
log.(Cu,) versus overlap showed high correlation. Further, C,, for mean
overlap was found to be 58% of the full-width value and the collision
recorder data showed a strong correlation between d, and logC,:
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d, =0.285510g, C,, 1o, —1.6178 [7]

Given the velocity-crush characteristics of an individual car type and the car-
to-car frontal effects variation or overlap plus frontal effects variation, the
model yields the car type response either for specific overlap/crush shape or
for all frontal collisions. In most cases, full-width barrier response data for
specific car types is not available. However, if speed and maximum dynamic
displacement are available, a frontal response estimator (FRE) can be

computed using
2 1+d,
v d
—=Chiroon| 7| > [8]
) da—100% (Lj

where v is the impact speed in the barrier test and d is the maximum dynamic
crush (estimated from the residual crush [11]). Equations 7&8 can then be
combined to calculate C,, and the exponent d, for the full-width barrier case.

23 Application of Frontal Response Estimator

The Frontal Response Estimator was applied to 7 car types, see Figure 3 for
mean and 95%ile FRE predictions compared to the real world data.
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Figure 3. Frontal Response Estimator predictions.
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3. DISCUSSION

Estimation of collision severity during impact is a key factor in
biomechanics as it allows correlation between injuries and crash severity.
Figure 1 and [6] shows the ability of the geometric crush model to predict
the acceleration pulse response in offset collisions using the full-width
barrier characteristic. Comparison of the model with the onboard collision
recorder data (figure 2) shows the predictions encompass the crash data with
good matching between the mean and the dispersion of both datasets. The
mean acceleration response for individual car types and the overall
population response obtained from the onboard recorder data reflect the
mean frontal response. The crash data reflects the distributions of car type,
overlap and collision partner interaction in frontal collisions. The influence
of collision partner and frontal effects on overall dispersion is shown by
comparing the standard errors due to car type, overlap and frontal effects
(table 2). The influence of collision partner, etc. is less than half of that due
to variation in overlap (49%) or car type (47%).

The Frontal Response Estimator, (FRE), uses the peak dynamic
displacement in the full-width barrier test to derive the mean response in
frontal collisions. The overall dispersion is obtained by applying the
combined standard error for overlap and frontal effects to the mean response.
Alternatively the response at specific degree of overlap could be obtained by
applying equations 7 & 8 and the frontal effects standard error, Gponas efpects-
This procedure was applied to seven car types included in the onboard
recorder data [7-9] (data for the remaining five is not in the public domain).
Figure 4 shows a good visual match in all cases. A paired ¢ test of the
difference between the mean FRE prediction and real world data for six of
the seven cases showed no statistical significance at a 95% confidence level.
In the case of the Toyota Corolla 1998-2001, the difference was statistically
significant, but a similar analysis performed on the basis of a versus Av
showed no significant difference for that car. Table 3 summarises the details.

Table 3. Results of a paired Student’s ¢ test.

Car Type N Critical t (95%) Actual t score
Honda Civic 11 2.33 0.11
Saab 900 36 2.03 1.36
Saab 9000 23 2.07 1.63
Toyota Camry 92-96 8 2.37 1.61
Toyota Camry 97-01 10 2.26 1.51
Toyota Corolla 93-97 49 2.01 0.26
Toyota Corolla 98-01 39 2.02 2.44

In future work, the geometric model and the FRE will be used in
combination with injury risk functions for frontal collisions. This will allow
prediction of the effect of overlap on injury risk as well as the categorisation
of the safety of individual car types.
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4. CONCLUSIONS

The Geometric crush model provides an effective method to predict vehicle
kinematics at varying degrees of overlap. Application of this model to the
distribution of real world frontal collisions shows a very good match to the
mean vehicle response. Furthermore, the model isolates the sources of
variability in frontal collisions, showing that the effects of structural
interactions can mask the influence of overlap. The simplicity of the FRE
method, along with its success in predicting the real world responses of
individual cars mean that it can now be combined with injury risk functions
to find relationships between overlap and car type and injury risk.
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Abstract. Powered two wheelers (PTWs) riders are one of the most vulnerable groups of
road users. Roadside barriers work quite effectively for passenger cars, but
sometimes they are dangerous for motorcyclists, especially guard-rails. These
accidents are investigated by means of an analysis of the DGT Spanish
National Accident Database and reviewing different in-depth studies.
Motorcyclist injury patterns have been identified. A revision of the injury
criteria used for head and neck injuries has been carried out to select those
suitable to be used in an impact of a motorcyclist against a roadside barrier.
Head injury criterion (HIC36) for head injury has been accepted as a valid
injury criterion. Regarding the neck, the Mertz criterion was considered in a
first stage and some changes have been introduced in order to suit the
peculiarities of motorcyclists’ impacts, using adapted methods from the
automobile sector related to Out-of-position (OOP) scaling methodology.

Key words: motorcyclists accidents, guard-rails, head injury criteria, neck injury criteria.

1. INTRODUCTION

In Spain, the number of motorcycles and moped has grown continuously
from 2000 to 2002 due to their advantages as flexibility or enjoyment.
However, these vehicles are often involved in accidents and they account for
a large number of casualties. For example, in 2002, 784 motorcyclists died in
road accidents in Spain (both motorcycle and moped riders). This figure
implies that the 14.7% of the total number of casualties were riders, while
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the total number of powered two wheels vehicles (PTW) was the 13.3% of
the total number of registered vehicles in the country.

Moreover, it also should be pointed that, although the number of cars has
also increased during those years, the number of accidents of passenger cars
has decreased but when focusing on motorcycles, the number of accidents in
which a motorcycle is involved has even increased in the period studied.

Similar trends have been found in other different countries in Europe as
The Netherlands, Italy or Germany [1].

2. ACCIDENTOLOGY STUDIES: INJURY
PATTERNS

2.1 Spanish National Road Accident Database

Accident data from Spain have been extracted from the Spanish National
Road Accident Database, intensive database performed by a public organism
called DGT (General Directorate of Transport), depending on the Ministry of
Interior. It contains every road accident with casualties in Spanish roads and
is performed by Police forces at the scene of the accident.

In 2002, 5,979 motorcycle/moped accidents occurred in Spanish roads
where 7,834 road users resulted injured. Nearly 20% of these accidents were
run off the road accidents, in which the likelihood of the impact of the rider
against roadside infrastructure or against a hazardous object placed close to
the carriageway is extremely high. Barriers have demonstrated their
effectiveness restraining passenger cars or heavier vehicles but, due to the
unrestrained position of the rider and the peculiarities of motorcycle
accidents, they could be dangerous as riders usually impact against the
barrier with their own body. Special attention must be paid to metal
guardrails and posts.

In a first stage of this study, data from the Spanish national database were
analyzed in order to obtain the magnitude of the problem. However, two
difficulties arise from this analysis. The first one is identifying if the
motorcyclist has hit the metal barrier or not when the accident occurs using
this intensive database. The second one is related to injury codification done
by the Police at the moment of the accident. It can be assigned only one type
of injury to each casualty, trying to code the most serious one. Sometimes
this codification is not trivial and medical knowledge should be required.

Only injuries sustained by riders involved in accidents outside of urban
areas have been studied, as the likelihood of hitting a barrier is higher.
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Figure 1. Main injured motorcyclist body region in fatal and serious accidents in non-urban
areas. Spain, 2002.

Figure 1 shows injuries sustained by fatalities and serious injured riders.
Head, extremities and whole body injuries are the most frequent injured
body region.

However, it is necessary to analyze in-depth data to obtain a better
insight of the sustained injuries. Available in-depth information from
European and American sources has been reviewed.

2.2 In-Depth Accident Studies

Hell and Lob [2] studied 173 motorcyclist accidents in Munich from 1985 to
1990. The study considered all accident configurations. In 27 cases, riders
hit a fixed object (e.g. a tree, a post, a metal barrier).

Table 1. Injured body regions (AIS2+). Motorcyclists vs. fixed objects. Munich, 1985-1990.

Body region Frequency
Head 63%
Thorax 48%
Abdomen 19%
Pelvis 7%

Spinal cord 33%
Upper extremities 37%
Lower extremities 37%

These accidents were found to be the most sever (39 fatalities) within the
studied sample. It should be pointed again that this data are not focus only in
impacts against barriers but also against other objects. Again, special role is
played by head and extremities, although it is also found the importance of
thorax and back injuries (which are more difficult to be identified by the
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Police and need a better insight into the casualties performed by medical
teams). The internationally accepted Abbreviated Injury Scale (AIS) defined
by the Association for the Advancement of Automotive Medicine (AAAM)
is used to define the severity of the injuries.

Hurt et al. [3] found that the frequency of AIS 3+ injuries of
motorcyclists depending on the body region was distributed according
percentages presented in Table 2, although in this case the information is not
only focused on accidents against fixed objects:

Table 2. Injured body regions (AIS3+). Motorcyclists. California.

Body region Frequency
Head, neck and face 32.3%
Thorax 18.3%
Abdomen 10.5%
Upper extremities 15.5%
Lower extremities 23.4%

Neck injuries are not specifically mentioned in these last studies.
However, Thom et al. [4] pointed that fatal injuries to the neck are more
frequent than most of the studies shown but they need to be carefully
examined to be identified. They performed the autopsy to 304 dead
motorcyclists and they found 195 dislocations and 28 fractures, all of them
placed at the upper region of the spine (C1-C2 level). They did not found
differences in wearing helmet or not in these neck injuries. Similar findings
are reported by Bishop and Wells [5] and Orsay et al. [6].

However, one of the most important motorcyclist accidents in-depth
studies was the mentioned study performed by Hurt et al. [7] in California.
From the accidents studied, the most severe neck injury was only a minor
cervical sprain or complaint of pain. They suggested that as long as usually
the load to the neck is transmitted from the head, the lower the forces on the
head the lower the load on the neck.

At last, Otte [8] studied 876 motorcycle accidents from 1985 to 1995 in
Hannover. He reported that head and lower extremities serious injuries are
frequent in accidents against fix objects.

These in-depth accident studies are not focused on impacts against
roadside infrastructure. Two investigations have been considered, focused
specifically on these accidents. The first one has been performed by the
Aerospace Engineering Department of the University of Milan [9]. This
study focuses mainly on head, thorax, abdomen and spinal cord injuries. The
second, performed by the French institute INRETS, is addressed to develop a
test procedure for impacts of motorcyclists against metal barriers, based on
an accidentology study at the area of Lyon during 1995 [10]. Nevertheless,
this accident investigation was not only focused on accidents against guard
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rails, but also other kind of impacts. At last, it was decided to consider only
head and neck in the test, as they were the most severe injuries found.

In conclusion, after the revision of the available documentation and data
from different sources, it was decided to review the biomechanical criteria
that could be suitable to study the impact of a motorcyclist against roadside
infrastructure. This review is focused only on head and neck criteria, as they
are generally mentioned as the most important injuries that could cause a
fatal accident in almost all the studies.

3. HEAD INJURY CRITERION (HIC)

The brain is one of the most critical body parts due to its importance and
vulnerability. Hurt et al. [7] found in their study that the regions of concern
were the cranium and the enclosed brain, both protected by the helmet. Only
not penetrating injuries are considered in this study, as the impacts of
motorcyclist against barriers used to be of this kind. It is proposed to use
HIC (Head Injury Criterion) as criterion for this head impacts. This
parameter was defined based on investigations performed at the Wayne State
University [12]. It has been revised from 1960 to 1986, when it was
established that the time period considered in the measures should be 36
milliseconds.

Although this criterion has been developed for frontal impacts and only
considers linear accelerations, it is commonly accepted in some lateral
impact protocols as in EuroNCAP, for instance. Thus, it is proposed that, in
a first stage and without trying to develop new criteria focused only in riders,
HIC criterion is valid to evaluate the injuries to the head in accidents of
motorcyclists against metal barriers. It is assumed that the same level as it is
established in the EuroNCAP protocol can be sustained by the motorcyclist:

HIC;, <1000 = p(AIS 3+)=20% (M

However, it is necessary to consider that when testing this kind of
impacts the helmet should be taken into account, so more considerations
need to be done regarding the position and fixing of the helmet to the
dummy. Moreover, as the aim of this paper is to give information that could
be used in the development of a procedure to test impacts of motorcyclists
against barriers using available tools, it is proposed that a conventional
dummy should be used in the tests, so a method to attach the helmet to the
head of the Hybrid III dummy has been also investigated. Further
improvement of head injury criteria has been recently suggested in the
project COST 327 [13], but there is not a clear established test procedure yet.
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4. NECK INJURY CRITERIA

European regulations and associations as EuroNCAP accept injury criteria
for frontal impact based on the studies carried out by Mertz with slight
modifications, considering F, (axial force, both extension and compression),
Fy (shear force) and M, (both flexion and extension torques). These limits
have been accepted for the case of motorcyclists. However, there is not any
established limit for the other dynamic values My, M, and Fy, being the first
of these three of great importance in side impact.

In USA, FMVSS 208 regulation for frontal impact uses the Nj; criterion.
Recently, this criterion has been also developed to be applied in Out-of-
position (OOP) situations. OOP problematic is interesting for motorcyclists
because several similarities can be found (mainly, dummy receiving a lateral
impact in the head). A group of biomechanical experts of the Technical
Working Group (TWG) has established the limits for the torques My and M,
based on their experience for these OOP situations [14]. OOP tests are
performed using 3-years-old, 6-years-old, Hybrid IIT 5™ Small female and
SID-IIs dummies, but not for Hybrid I1I 50™ male. Thus, M values are not
available for this dummy. To solve this inconvenience, it is proposed to use
the same scaling method applied in frontal impact to obtain the Nj; criterion
for the other dummies of the Hybrid III family. This scaling process is based
on geometrical factors and basically, the torques Hybrid IIT 50" male are two
times the torques in Hybrid III 5™ Small female [15].

In summary, values for Fy, F, and My are extracted from EuroNCAP
(mainly based on Mertz criteria). Value for M, is adapted from the OOP
situation studied in FMVSS 208, scaling the proposed value for the Hybrid
111 5™ Small female to the Hybrid IIT 50™ male. Values for F, and M, are not
considered in this study. After this process, the proposed criterion is:

Table 3. Neck injury criterion.

F, F, tensile F,compression M, extension M, flexion M,
N) N) () (Nm) (Nm) (Nm)
Figure 2 Figure 3 Figure 4 57 190 134

When all these values are respected, it is considered that the neck injury
criterion is fulfilled.



169

Accidents of Motorcyclists against Roadside Infrastructure

Load duration (s)

Figure 2. F, shear force.

Load duration (s)

g s

eqisuel ‘(N)zd

Figure 3. F, tensile force.

Load duration (s)

Figure 4. F, compression force.



170 F.J. Lopez-Valdeés et al.

S. CONCLUSION

After the revision of the injury patterns of motorcyclists involved in
accidents against barriers, injury criteria have been proposed for head and
neck injuries.

They have been adapted from the automobile world and can be measured
using a Hybrid III 50% dummy, rather than trying to develop injury criteria
only focused on riders and needing specific dummies. These criteria can be
used in testing of barriers to improve the safety of roadside infrastructure
considering also motorcyclists and not only cars.
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Abstract. The objective of this presentation is to discuss certain biomechanical aspects
of head injuries due to blunt and penetrating impacts. Emphasis is given to
fundamental data leading to injury criteria used in the United States (US)
regulations for motor vehicle safety. Full-scale and component tests done
under US Federal Motor Vehicle Safety Standards (FMVSS) are described. In
addition, results providing occupant safety and vehicle crashworthiness
information to the consumer from frontal and lateral impact crash tests are
discussed with an emphasis on head injury assessment and mitigation. In the
area of penetrating impact, newer experimental techniques are described for a
better understanding of head injury secondary to penetrating impacts, with
specific reference to the civilian population.

Key words: head injury criteria, Federal Motor Vehicle Safety Standards (FMVSS), brain
injury, skull fracture, penetrating trauma, acceleration.

1. PURPOSE

Head injuries in the civilian population occur due to blunt or penetrating
impacts. Motor vehicle crashes are a major source of blunt impact-induced
head injuries. Biomechanical techniques used to establish injury criteria are
helpful for assessing occupant safety and design user-friendly vehicular
components. This presentation describes developments in this area along
with current US standards. In the area of penetrating head trauma, a
significant majority of the literature is from the military domain [1, 2].
Recently, the focus has shifted toward the civilian domain, and because of
technological improvements, it is possible to conduct tests to describe
biomechanical aspects of injury from this type of external insult.

173

Michael D. Gilchrist (ed.), IUTAM Proceedings on Impact Biomechanics: From Fundamental
Insights to Applications, 173—184.
© 2005 Medical College of Wisconsin. Printed in the Netherlands.



174 N. Yoganandan et al.

2. BLUNT IMPACT - FUNDAMENTAL DATA USED
IN INJURY ASSESSMENT

Quantifications of head injuries were reported in the 1930-60 literature,
although limited fundamental biomechanical studies were conducted earlier
[3-7]. Linear and angular accelerations were considered governing variables
to describe mechanisms of trauma and define tolerance limits [8, 9].
Translational acceleration-time histories were related to skull fracture, using
tests from four isolated embalmed cadaver heads and two full-body cadavers
subjected to forehead impacts on flat unyielding surfaces. The specimens
were dropped from predetermined heights and resulting linear accelerations
were recorded at the occiput using an accelerometer. Pulses were of short
duration because of the rigid end condition at the instant of impact.
Association of linear skull fracture with brain injury, i.e., concussion (80%
correlation from clinical cases) was based on previous studies [3, 5]. Peak
accelerations were used from three isolated and two intact whole-body
cadaver tests, and mean acceleration data was used from the other isolated
head to develop the original tolerance curve that had durations of up to 6
msec [8]. This curve and corrected data are shown in Figure 1. Animal
experiments were used to extrapolate to longer duration acceleration-time
impacts. The final response, termed Wayne State University Tolerance
Curve (WSTC) using effective accelerations as the ordinate, was obtained
from animal, volunteer, human cadaver, and clinical research data [10, 11].
While WSTC is applicable to the adult population, no efforts were made to
develop age-dependent tolerance curves. Versace in 1971 argued that
because WSTC curve was developed for average accelerations, comparisons
should be made using the mean pulse of interest [12]. He proposed the head
injury criterion (HIC), which was modified by NHTSA to provide a better
comparison to longer duration human volunteer data [12, 13]. This criterion
was adopted by FMVSS in 1972 and is still used worldwide for head injury
assessment in various areas of impact biomechanics [14]. The criterion is
given in equation (1).

2.5
L Tatar| -1 M)

27 by,

HIC =

where t, and t;, arbitrary final and initial times during the acceleration pulse,
are chosen to maximize HIC and, a(t) is the resultant acceleration at the
center of gravity of the head. NHTSA chose a value of 1000 as the threshold
in 1972. In October 1986, the interval over which HIC was computed was
limited to 36 msec (HIC;5) with the same threshold of 1000 for the 500
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percentile Hybrid III anthropomorphic dummy. From a theoretical
perspective, Backaitis stated that “the HIC formulation contains the peak
power term or the rate of change of energy as seen by the head during the
impact process” [15]. Eppinger interpreted HIC “as a measure of the change
of specific kinetic energy modulated by the square root of the average
acceleration over the time interval,” and further remarked that, “if the 2.5
power in HIC equation were instead 2, the function would represent the peak
average specific power delivered to the head [16].”
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Figure 1. Acceleration responses from embalmed human cadaver tests and the original and
revised tolerance curves. The 280 g data (at 0.002 sec, below the 1960 curve) was incorrectly
plotted in the original publication [8]; corrected data is shown, open circle (0.001 sec, 557 g).

2.1 Adult Occupant Protection in Frontal Impact —
FMVSS 208

The principal purpose of the standard is to decrease the number of injuries
and fatalities by specifying crashworthiness of vehicles in terms of
biomechanical variables measured in dummies tested in simulated
environments. The federalized Hybrid III dummy is the anthropomorphic
test device. The FMVSS 208 standard specifies the injury metric in terms of
HIC for different dummies for head impact protection. The frontal impact
standard calls for full-scale vehicle-to-barrier tests at a velocity of 48 km/h
for belted and 40 km/h for unbelted 50™ percentile male dummies. While
the same fixed rigid barrier tests are specified for the 5™ percentile female
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dummy, tests include an additional 40% left offset frontal deformable barrier
test with belted driver and passenger dummies for the 5™ percentile female
anthropometry (Figure 2). In the case of the unbelted test with the 50"
percentile adult male dummy, the vehicle is required to impact the rigid
fixed barrier perpendicular to its line of travel and at any angle up to 30
degrees in either direction from the traveling line. In all tests and for both
anthropometries (except offset test), the impact is always perpendicular to
the path of the vehicle. For certain vehicles, an alternative unbelted test is
done to evaluate airbags by sled testing at a delta V up to 48 km/h such that
the sled acceleration falls within the corridors shown in Figure 3. HIC,
determined using the resultant acceleration at the center of gravity of the
dummy head, is computed over a 15-msec interval. The injury criterion is
based on linear head acceleration data gathered for a period of 300 msec
after the vehicle strikes the rigid barrier. HIC limit is chosen as 700 for both
adult anthropometries, with no gender bias. For child dummies, HIC;;
values are as follows: 12-month-old CRABI (Child Dummy AirBag
Interaction) is 390, 3-year-old is 570, and 6-year-old is 700. It should be
noted that the 95™ percentile dummy is not specifically included in the
current 208, although the HIC=700 was suggested during rulemaking. These
data are in reference to advanced airbag phase-in of 208 standards.

Federal Motor Vehicle Safety Standard 208

A 4 y
Deformable Barrier Test
40% Offset

Rigid Barrier Test

v v h A
50th Percentile 5th Percentile 5th Percentile
Male Dummy Female dummy Female dummy

v v y k4

Unbelted 40 km/h
Driver & Passenger
Frontal & up to 30°

Belted 48 km'h
Driver & Passenger
Full Frontal

Unbelted 40 km/h
Driver & Passenger
Full Frontal

Belted 40 km/h
Driver & Passenger
Left Frontal Offset

N

;

HIC, 5= 700

Figure 2. Test flow chart for frontal impact protection adopted by US FMVSS 208.
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Figure 3. Deceleration pulse corridors for alternative sled tests with unbelted dummies.

The New Car Assessment Program (NCAP), referred to as consumer
information tests for relative crashworthiness of vehicles, was initiated by
NHTSA in 1978 [17]. The ultimate goal of NCAP is to improve safety by
providing market incentives for vehicle manufacturers to voluntarily
implement improved crashworthiness in vehicles, rather than through only
regulations, i.e., compliance tests such as 208 and 214 standards. For frontal
impacts, procedures similar to 208 are followed with the speed raised from
48 to 56 km/h. This increased speed differentiates the performance of
vehicles as the energy in the NCAP test is 36% higher than the compliance
48 km/h test. Another measure of severity is the change in velocity (AV) of
the occupant: 64 km/h (accounting for rebound) in the NCAP compared to
53 km/h in the compliance test. The NCAP currently computes HIC over a
36-msec interval compared to the 15-msec interval used in 208. However, in
a recent Request for Comments (RFC) regarding the frontal program,
NHTSA gave indication of its intent to begin using HICs as part of any
potential upgrade. By combining injury numbers from the head and chest, a
star-rating and a probability of injury are computed (Table 1). NHTSA
published an RFC for establishing a high-speed regulation in 2001; it does
not have a high-speed frontal offset test in the current standards. Figure 4
shows the probability of injury (AIS 4+) as a function of HIC. The head
injury risk from real-world data (National Automotive Sampling System,
NASS database) at the two speeds falls on the probability curve.
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Table 1. Star-rating in rigid barrier frontal impact NCAP test.

Star-rating Probability of injury

5 stars 10% or less chance of serious head/chest injury
4 stars 11-20% chance of serious injury
3 stars 21-35% chance of serious injury
2 stars 36-45% chance of serious injury
1 star 46% or greater chance of serious injury
100%

A NASS risk at 50-56 km/h
- -@ — NASSrisk at 58 to 66 km/h
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Figure 4. Probability of head injury as measured by HIC for MAIS > 4 in frontal impacts.
Solid circle and triangular symbols show the risk of head injury based on NASS analyses.

2.2 Occupant Protection in Side Impact - FMVSS 214

The FMVSS 214 standard uses the side impact dummy (SID) designed for
lateral impact crashworthiness evaluations. However, a newer dummy,
ES-2re, is being considered for future crashworthiness tests because of its
enhanced biofidelity compared to SID; along with newer dummies, the pole
test is being considered [18]. Specific limits for head injury assessment do
not exist in the current version; thoracic and pelvic regions are covered by
respective injury metrics. Like the frontal NCAP, the lateral impact test,
LINCAP, uses a higher speed for the moving deformable barrier (62 km/h
instead of 54 km/h in the compliance 214) test. These tests also use a star-
rating, but the probabilities are different because the side star-rating is
calculated only from injury metrics recorded in the chest/torso compared to
the frontal impact that uses metrics from both the head and chest. However,
since April 2002, NHTSA has noted safety concerns not reflected in the star-
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rating. One of those is specific to head injuries in LINCAP crash test. A
safety concern remark is introduced informing the consumer about the
potential for head injury in tests with HIC;¢ exceeding 1000. It should be
noted that the same threshold of 1000 is chosen based on the FMVSS 201
pole test. Figure 5 shows the warning scheme that incorporates head injury
measure in LINCAP tests, although probabilities are not attached with
respect to specific HIC values.

Side Star Rating
» hased on risk of chest injury

Front Seat Rear Seat

™R OE R & OROR N
aafekty Concern

Figure 5. Rating scheme used in lateral impact NCAP tests wherein a warning indicating a
higher likelihood of head injury is noted if the test results in a HIC;4 value exceeding 1000.

23 Child Occupant Protection in Frontal Impact -
FMYVSS 213

The FMVSS 213 standard focuses on child restraint systems. Unlike other
standards, different dummies are used representing the growing
anthropometric characteristics of the human child; table 2 shows specific
dummies used for tests. Similar to 208, this standard also uses HIC although
the time interval is 36 msec, and the threshold value of 1000 is independent
of dummy age. The HIC time interval is currently limited but on August 1,
2005, will change to 36 msec. Specifically, depending on the type of
restraint, newborn, 9-month old, 12-month, 3- and/or 6-year old dummies
are subjected to a AV of 48 km/h in a sled environment. The newborn and 9-
month old are not instrumented. The characteristic pulse shown in figure 6
has a peak acceleration of 23.5 g at 20 ms. For child seats manufactured
after August 1, 2005, NHTSA adopted a trapezoidal shape corridor to define
the upper and lower bounds to the pulse (Figure 7).
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Table 2. FMVSS 213. Parentheses refer to the subpart specification of the part 572 dummy.

Weight (kg) Height (mm) Dummy to be used in child seats
manufactured before August 1, 2005

<5 < 650 mm Newborn (part 572 K)

>5and <10 > 650 and < 850 Newborn (K) and 9-month-old (J)

>10and <18 > 850 and < 1100 9-month-old (J) and 3-year-old (C)

> 18 > 1100 6-year-old (I)

Weight (kg) Height (mm) Dummy to be used in child seats
manufactured on or after August 1, 2005

<5 <650 mm Newborn (part 572 K)

>5and <10 > 650 and < 850 Newborn (K) and 12-month-old (R)

>10and <18 > 850 and < 1100 12-month-old (R) and 3-year-old (P)

> 18 > 1100 6-year-old (N)

>22.7 > 1100 N dummy weighted to 28.2 kg
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Figure 6. Acceleration-time history according to FMVSS 213 for vehicles manufactured
before August 1, 2005.
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Figure 7. Acceleration-time history according to FMVSS 213 for vehicles manufactured on
or after August 1, 2005.

24 Occupant Protection in Interior Impact -
FMVSS 201

The FMVSS 201 standard has two parts. One part focuses on interior
structures (A- and B-pillars and instrument panels) and uses HIC as the
injury metric, with a different time limit for its computation, using a head-
form for testing. The other part is an optional test for dynamically deployed
head protection systems and uses a pole test. For the head-form test, a 6.8
kg, 165-mm diameter, free motion head-form impacts various points inside
the vehicle with a velocity of 24 km/h. For a vehicle to pass, the
deceleration of the head cannot exceed 80 g for a time period of 3 ms. For
evaluating dynamically deployed head protection systems, tests are done
using a SID instrumented with a Hybrid III anthropomorphic head and neck
and impacting the side of a full vehicle instrumented with a 254-mm
diameter stationary rigid pole at a velocity between 24 and 29 km/h. The
performance criterion is HIC;4 threshold of 1000. Injury criteria formula for
the free motion head-form is given in equation (2).

HIC = 0.75446 (free motion head-form HICs4) + 166.4 <1000 (2)
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3. PENETRATING IMPACT

The majority of studies in this area is focused on the military domain and
used gelatin as the simulant for injury/wound quantification, typically
determined as the residual deformation following projectile penetration [1,
2]. In addition, the shape of the model is primarily confined to rectangular
cross sections. Therefore, their applicability to human head trauma is
limited. Recent tests from our laboratories have focused on civilian
projectiles, used a more realistic brain simulant, and employed high-
frequency pressure transducers coupled with very high-speed digital
videography to capture the sequence of temporary cavities, and adopted a
model better approximating the shape and boundary conditions of the head.

Briefly, two agents of a silicone dielectric gel, Sylgard 527 A and B were
mixed and poured into a diameter globe. A hole in the center of the globe
approximated the foramen magnum. A layer of neutral density reference
lines was embedded in the “mid-sagittal plane” of the globe to monitor
temporal movements of the projectile and gel material. Four pressure
sensors were inserted into the globe through predrilled symmetrical holes.
Two transducers were close to the entry, and two were close to the exit of
the projectile. These pairs were referred to as entry- and exit-transducers for
data interpretation. All transducers were approximately at the mid-height of
the globe. They were inserted 3.5 cm from the outer surface of the globe so
that all sensors were mutually orthogonal to each other. Nine-mm and 25-
caliber projectiles were discharged to ensure penetration at the mid-diameter
of the globe. The test was photographed using a digital video camera at
20,000 frames/sec. A digital data acquisition system was used to capture the
transducer signals at 308 kHz. A fresh globe was used for each test. Parallel
tests were conducted by replacing the Sylgard gel with gelatin. Pressure data
are summarized in Table 3.

Table 3. Peak average pressures (kPa) comparing responses from two brain simulants for
two projectiles. Averages were computed from the two entry- and two exit-transducer sets.

Projectile 25 caliber 9 mm
Simulant Entry-transducers Exit-transducers Entry-transducers Exit-transducers
Gelatin 245 151 569 484
Sylgard gel 179 242 645 630

In general, results from both simulants indicated significantly higher
energy and wounding power for the 9-mm than the 25-caliber projectile; this
was determined by the formation and collapse of the temporary cavities and
pressure distributions. The 9-mm and 25-caliber projectiles had entry
velocities of 378 and 238 m/s. The Sylgard gel responded with higher
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changes in pressures than the gelatin (e.g., entry: 466 versus 324 kPa) when
the projectile was changed from 25-caliber to 9-mm, demonstrating greater
sensitivity. Because material properties of the gel are closer to the human
brain, i.e., increasing dynamic modulus with increasing loading frequency,
and because this simulant responded with more differentiable responses
compared to the gelatin, the gel may be the most appropriate simulant for
brain injury penetrating trauma studies. Temporal pressure distributions at
various locations can be used to validate computer models aimed to delineate
stress analysis-related variables for brain injury quantifications. Numerical
models using the finite element technique are being pursued in our
laboratories.

4. CONCLUSIONS

Certain biomechanical aspects of head injuries due to blunt and penetrating
impacts are discussed. Head injury criterion based on linear acceleration
still remains as the metric for injury assessment and vehicular
crashworthiness evaluations in the US, although HIC has been modified in
recent years. With specific reference to the civilian population, to
understand the biomechanics of penetrating impact, newer experimental
techniques are beginning to emerge.
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Abstract. The main purpose of the present study was to investigate whether an energy
failure level would apply to the skull fracture mechanics in unembalmed post
mortem human heads under dynamic frontal loading conditions. A double-
pendulum set-up was used to conduct frontal impact tests on specimens from
eight unembalmed post mortem human subjects. The specimens were isolated
at the occipital condyle level and pre-test computed tomography images were
obtained. The specimens were rigidly attached to an aluminum pendulum in an
upside down position and obtained a single degree of freedom, allowing
motion in the plane of impact. A steel pendulum delivered the impact and was
fitted with a flat-surfaced, cylindrical aluminum impactor, which distributed
the load to a force sensor. The relative displacement between the two
pendulums was measured using a laser sensor and used as a measure for the
deformation of the specimen in the plane of impact. Two impact velocity
conditions were created: low (3.60+0.24 m/s) or high (5.18+0.04m/s) velocity.
Computed tomography and dissection techniques were used to detect
pathology. If no fracture was detected, repeated tests on the same specimen
were performed with higher impact energy until fracture occurred. Eventually
all specimens were fractured. Peak force, displacement and energy variables
were used to describe the biomechanics. These preliminary data suggest a
positive correlation between impact velocity and energy to fracture. Further
experiments are necessary to elucidate the possibility of an energy criterion for
skull fracture in head impacts.

Key words:  skull fracture, frontal impact loading, energy criterion.
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1. INTRODUCTION

In western countries, head injury is a major cause of morbidity and
mortality. While traumatic injuries are the leading cause of death under the
age of 45 years [1], up to half of the trauma deaths and the majority of cases
of permanent disability are directly related to a sustained head injury [2].
Road traffic accidents are the most frequent cause of head injury in western
countries, accounting for up to 60% of cases, followed by falls, assaults and
sport and recreation associated injuries [1, 3]. To reduce the burden of head
injury, prevention, besides optimal neurosurgical care for the head-injured
patients, is mandatory. The importance of prevention is also underlined by
the relatively high number of head-injured victims that die before reaching
the hospital [4]. Therefore, biomechanical and crashworthiness communities
have conducted many studies to understand the mechanisms of injury,
develop tolerance criteria and provide fundamental data to mathematical
analogues such as the finite element model, in order to improve preventive
measures. Among others, the biomechanical characteristics of skull fracture
have been studied intensively, as the skull bone is the main protector of the
soft brain tissue against deformations secondary to external forces.
Yoganandan and Pintar recently published a very thorough review of
literature [5]. Despite all efforts, the exact mechanical pathogenesis of skull
fracture has not been completely clarified. It was suggested by Yoganandan
et al. [6] in a series of 12 head impacts that the energy to failure was a
possible tolerance criterion. This was however not confirmed in a series of
61 skull impacts at our institution [7]. The present study was conducted to
study the energy absorbability of intact unembalmed human heads during
fracture under dynamic frontal loading.

2. MATERIALS AND METHODS

2.1 Specimen Preparation

Frontal impact tests were conducted on specimens from eight unembalmed
post mortem human subjects, within 5 days after decease. The specimens
were isolated at the occipital condyle level, keeping the intracranial contents
intact. Pre-test computed tomography (CT) images were obtained at 1.0-mm
intervals to rule out pre-existing anomalies and to acquire geometrical data.
During scanning, a spine phantom with known bone mineral densities was
scanned together with each specimen. The CT-scan data were processed
using Mimics™ and Magics™ software (Materialise, Belgium). Routines
were developed in Matlab™ to calculate scalp and skull thicknesses at the
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impact site. The average number of Hounsfield Units of the cranial vault was
calculated as a measure for the bone density of the cranial vault and a
Matlab™ routine was developed to calculate the local bone density of the
impact site. The largest coronal plane diameter (LR diameter), the largest
axial plane diameter (AP diameter), circumference and the distance between
the nasion and occiput (Nasion-Occiput) were measured as shown in
Table 1.

Table 1. Specimen characteristics.

1D 1 2 3 4 5 6 7 8
| Age (years) 73 91 82 87 72 73 81 79
AP diameter (mm) 183 | 180 | 177 | 188 | 176 | 181 | 192 | 181
LR diameter (mm) 150 | 142 | 134 | 151 | 134 | 141 | 153 | 146
Nasion-occiput (mm) 278 | 342 | 279 | 350 | 297 | 276 | 375 | 320
Circumference (mm) 562 | 601 | 518 | 547 | 495 | 525 | 553 | 521
Specimen Weight (kg) 4.6 331 32 3.7 30| 36 | 40 | 3.8

Bone density impact site (mg/cm®) | 1125 [ 937 | 848 | 905 | 905 | 848 | 888 [ 968
Bone density cranial vault

(mg/cm’) 1297 | 1100 | 1166 | 1248 | 1168 | 1149 | 1187 | 1204
Bone thickness impact site

(mg/cm’) 72 [10.6| 6.6 | 6.8 [13.0] 11.1] 73 | 6.2
Scalp thickness impact site

(mg/cm’) 45 133 ] 3.1 48 | 33 ] 25 ] 23] 34

The medulla oblongata, cerebellar tonsils and a small caudal part of the
cerebellar hemispheres were removed, creating a small intracranial cavity
just above the foramen magnum. Four screws were inserted around the
foramen magnum, pointing towards the centre of this cavity. A steel profile
(length 70 mm, surface 20x20 mm) was rigidly secured in the foramen
magnum using a polyester resine (V-11™, Voss Chemie), which totally
filled the cavity, encompassing the screws. The steel profile fitted on the
interface at the lower end of the aluminum pendulum of the test set-up (see
below).

2.2 Experimental Set-up

The test set-up consisted of two pendulums, mounted over a steel bar that
was fixed to the wall at one end and supported by a steel structure at the
other. One pendulum was made of aluminum and had a mass of 5.6 kg and a
length of 128 cm. This pendulum supported the specimens by means of a
steel profile which fitted on the interface at the lower end of the pendulum.
Being rigidly attached to the pendulum in an upside down position, the
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specimens obtained a single degree of freedom, allowing motion in the plane
of impact. The second pendulum was made of steel and had a mass of
14.3 kg, and a length of 128 cm. This pendulum was used to strike the blow.
It was fitted with a flat-surfaced, cylindrical aluminum impactor with a
diameter of 70 mm, which distributed the load to a force sensor (impact
ICP® force sensor, model 200C20, PCB Piezotronics Inc., range 0 — 88.960
N, sensitivity 56.2 mV/kN). The impact energy and velocity could be
changed by altering the angle at which the pendulum was released or by
adding/removing mass by means of steel weights. A laser sensor
(displacement sensor M5L/20, Gepa, range 20 mm) was fitted on the steel
pendulum on the same height as a small reflective surface on the aluminum
pendulum. This allowed measuring for the relative displacement between the
two pendulums as a measure for the deformation of the specimen in the
plane of impact (after adjustment for the difference between the height of the
sensor and the exact height of the skull impact). A picture of the set-up is
shown in Figure 1.

Figure 1. Experimental set-up.

The test matrix consisted of a single test on each specimen, either at low
(3.60+0.24 m/s) or high (5.18+£0.04 m/s) velocity. Computed tomography
and dissection techniques were used to detect pathology. If no fracture was
detected, repeated tests on the same specimen were performed with higher
impact energy until fracture occurred.

23 Data Acquisition and Analysis

Data sampling was done at a frequency of 65,000 Hz. For data acquisition
and management Testpoint™ software was used. Biomechanical data
processing included the transformation of the force-time and deflection-time
histories to a force-deflection response. This response was used to compute
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the energy absorbing characteristics of the structure. The force and the
displacement (specimen deformation) at the time the fracture was initiated
(F# and d# respectively) was identified by a discontinuity in the force-
displacement curve. The area under the curve to that discontinuity was
calculated as a measure for the energy absorbed by the specimen until the
initiation of the fracture (Eabs#). Prior to the specimen impact tests, dummy
tests were performed to establish the displacement error due to the
deformation of the pendulums, which is inherent to the measurement set-up.
This displacement error was linearly correlated with the force load and also
depended on the exact dummy position. It rose to a maximum of 0.2 mm at
10 kN. A linear multiple regression analysis was carried out to investigate
the influence of the skull properties (geometric parameters, weight and bone
density) and kinetic energy input on F#, d# and Eabs#. Prior to the
regression analysis the correlation between all candidate predictor variables
was investigated by calculating Pearson correlation coefficients. The
predictor variables used in the models were selected in order to keep
interdependencies minimal. The following set of predictor variables was
chosen: kinetic energy input, impact site bone density, impact site bone
thickness, impact site scalp thickness and head circumference. The analysis
was performed separately for F#, d# and Eabs# as dependent variables. P-
values < 0.05 were considered significant.

3. RESULTS

Six specimens were initially tested at low velocity, resulting in only one
fractured specimen, no.l. Specimen no.2 and no.7 were initially tested at
high velocity, resulting in fracture in both specimens. All specimens were
eventually fractured and fracture patterns were typically linear. Table 2
includes a summary of biomechanical data for each specimen.

Table 2. Force, displacement and energy data for each specimen.

1D 1 2 3 4 5 6 7 8

Impactor release angle (°) | 55 90 90 90 90 90 90 90
Impactor velocity (m/s) 339 | 521 | 5.19 | 519 | 5.17 | 5.18 | 520 | 5.19

Impactor weight (kg) 37.3 | 373 | 37.3 | 483 | 403 | 403 | 40.3 | 403
Kinetic energy input (J) 214.3 1 506.2 | 502.4 | 655.5| 645.5 | 648.0 | 653.0 | 650.5
F# (N) 6079 [ 12320 | 7651 | 6981 [ 12586 | 14425 | 13813 | 12167
d# (mm) 434 | 596 | 3.55 | 535 | 435 | 337 | 3.85 | 493

Eabs# (J) 93 | 41.2 | 11.8 | 21.9 | 244 | 18.0 | 30.3 | 27.0
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Mean values of 11420+2927 N, 4.48+0.97 mm and 24.93+9.37 J were found
for the peak force, maximum displacement and absorbed energy until
initiation of fracture for high velocity impacts, respectively. For low velocity
impact, values of 6079 N, 4.34 mm and 9.27 J were noted. Force-
displacement curves exhibited nonlinear characteristics typical of biological
materials. A representative force-deflection response is shown in Figure 2.
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Figure 2. Typical force-displacement response, illustrating the different regions and
peak impact force.

After an initial toe region (A), we observed a nearly linear increase in force
(B,B’) until the specimen reached its peak impact force (C) and initiation of
fracture occurred. The linear region seems to consist of two parts, differing
in slope. The linear multiple regression analysis could not reach statistical
significance for any of the chosen predictors, due to the small sample size.
However, we found for F# a positive correlation with impact site bone
thickness (Pearson r =0.53) and a negative correlation with impact site bone
density (Pearson r =-0.48) and impact site scalp thickness (Pearson r=-0.75).
For d#, we found a positive correlation with impact site scalp thickness
(Pearson r=0.63) and head circumference (Pearson r=0.62). For Eabs#, we
found a positive correlation with head circumference (Pearson r =0.74).

4. DISCUSSION AND CONCLUSION

4.1 Experimental Set-up

When using a piston testing device impacting a fixed specimen, it is possible
to accurately determine the area of contact at the impact site and to measure
the specimen deformation in a direct way. However, the stress distribution,
and thus the way the skull is deformed, is not the same in a restrained and
unrestrained condition. When using free fall-techniques, the specimen is
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completely unconstrained. This methodology precludes coupling effects of
the cervical column and inferior structures on the biomechanical response of
the head. However, determining the exact area of contact at the impact site
requires additional sensors and the deformation of the specimen has to be
calculated from acceleration data. When using our double pendulum set-up,
the specimen is allowed to move with one degree of freedom and at the same
time, this set-up allows exact measurement of specimen deformation and
area of contact at the impact site. It combines the advantages of both other
techniques.

4.2 Biomechanical Data

Compared to the earlier performed skull experiment [7], we found higher
values for all parameters. In this earlier experiment, 61 defleshed, embalmed
skulls were impacted at different velocities and different impact locations,
using the double-pendulum set-up. Fourteen skulls were impacted on the
frontal skull bone. For these tests, we found mean values for F#, d# and
Eabs# of respectively 3242 £ 699 N, 1.69 £ 0.39 mm and 3.49 £+ 0.39 J for
low velocity loading. For high velocity loading we found 6114 + 2436 N,
1.44 + 0.53 mm and 4.52 + 1.91 J respectively. We think that the presence of
the scalp and intracranial contents is responsible for the higher values of all
parameters in this study. The exact influence of the scalp and intracranial
contents however is not clear. When analyzing the individual force-
displacement histories, we typically found a toe region, followed by a nearly
linear region consisting of two parts differing in slope (Figure 2). The toe
region reflects the influence of the scalp. Upon impact, the scalp will absorb
energy while becoming compressed. Being compressed to its maximum, its
energy absorbing capacity is exceeded, and further energy absorption will
depend on deformation of the underlying skull. This is reflected in the nearly
linear region of the curve. Why this linear region consists of two parts
differing in slope, and thus stiffness, is not well understood and currently
under investigation. Yoganandan et al. [6] found in the quasi-static loading
tests a similar yielding phenomenon, which they contributed to the
sequential fracturing of the outer cortex and inner cortex. Such a
phenomenon was not observed in the dynamic loading conditions, and they
suggested this was due to the high rate of onset that may have resulted in
simultaneous fracture propagation. However, they sampled dynamic test data
at a frequency of 8000 Hz only. It is possible that such a yielding
phenomenon also exists under dynamic loading conditions, but can only be
found when data sampling is performed at a much higher frequency, i.e. 65
kHz. We think that this biphasic region reflects characteristics of the skull,
rather than the scalp or intracranial contents, because this biphasic linear
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region was also present in some of the force-displacement curves from the
earlier performed skull experiment. Our data seems to correlate well with
other studies: Hodgson et al. [8] noted for frontal loading with a flat plate at
2.81 m/s a mean peak force of 7.6 kN, Stalnaker et al. [9] reported for frontal
loading with a rigid impactor at 6.26 m/s a peak force of 14.6 kN and
Yoganandan et al. [6] noted for dynamic frontal loading values of 13600 N,
4.01 mm and 23.51 J for F#, d# and Eabs#, respectively. Yoganandan et al.
[6], who were the first to study the influence of the load velocity on the
fracture force, found that the critical force increased when increasing the
impact velocity. A dynamic scale factor of approximately two was reported.
The energy to failure, however, remained within the same range, suggesting
that the energy to failure was a possible tolerance criterion for skull fracture.
In our earlier skull experiment [7], the fracture force increased with
increasing impact velocity. However, the energy to failure increased with
increasing impact velocity too. This means that, in a situation where the
skull is allowed to move, no fixed energy threshold predicting the
occurrence of fractures can be defined. Because of the use of embalmed,
defleshed skulls in the earlier experiment, it was the main purpose of the
present study to investigate whether an energy failure level would apply to
the skull fracture mechanics in unembalmed post mortem human heads
under dynamic frontal loading conditions. However, as only one specimen
fractured at low velocity conditions, we cannot draw a statistically
significant conclusion. Still, unlike the findings of Yoganandan et al. [6], the
presented preliminary data suggest that the positive correlation between
impact velocity and energy to fracture, as seen in the earlier skull
experiment, remains present in the context of dynamic impacts on intact
mobile cadaver head specimens. Further experiments are necessary to
elucidate the possibility of an energy criterion for skull fracture in head
impacts.
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Abstract.

Key words:
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The undergoing research establishes human head tolerance limits against
impact. The methodology consists in a finite element modeling of 64 accidents
of helmeted motorcyclists and American footballers, and pedestrians. The
finite element model of the head of the University of Strasbourg is controlled
with the kinematics, derived from a HYBRID III dummy head and an
analytical model of the pedestrian, sustained by each victim. A statistical
correlation study between the calculated head loadings and the observed
injuries leads to the identification of injury criteria thanks to risk curves. A
global strain energy of the subarachnoidal space of 5.4 J leads to subdural or
subarachnoidal haematoma. A brain Von Mises stress of 18 kPa generates
moderate neurological lesions which become severe from 38 kPa. A global
strain energy of the skull of 2.2 J leads to skull fractures which are besides
well predicted by the model.

human head, injury mechanisms, tolerance limits, biomechanics of impact,
Finite Element Method (FEM), accident reconstruction.

INTRODUCTION

The undergoing research belongs to the human head protection against
impact. In almost all kinds of traffic accidents, the head injuries represent
very frequent and severe injuries. Head injuries reduction is therefore a high
priority in the field of traffic safety improvement. Over the past 40 years, the
biomechanical research provided criteria for tissue tolerance against impact
which led to safety standards. Thus, head protection in road traffic accidents
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is usually designed against an experimental derived criterion: the Head
Injury Criteria (HIC). The prediction ability of that criterion is criticized
because of its empirical derivation and its limited capacity to predict brain
injuries for example. The present research work endeavors to establish head
tolerance limits for specific injury mechanisms (moderate and severe brain
neurological lesions, subdural and subarachnoidal haematoma (SDH and
SAH), skull fractures) thanks to numerical real world accidents
reconstructions. The numerical tools used rely on the finite elements method
(FEM). Such tools can be considered as the best ones in order to investigate
the dynamical response of the head in a great variety of impact conditions,
and thus establish the expected criteria through numerical accident
reconstruction. In the framework of accident reconstruction, Newman et al.
[1] propose a detailed methodology in order to assess mild traumatic brain
injuries based on accidents reconstructions of American footballers head
collisions during games. Newman et al. [2] use Zhou et al. [3] FEM of the
head to suggest that mild traumatic brain injuries occur from a brain Von
Mises stress of 20 kPa and a brain pressure of 300 kPa. In the same way,
Willinger et al. [4] develop a FEM of the head called the ULP FEM which is
used to reconstruct 13 helmeted motorcyclists’ accidents in order to
undertake a statistical approach of head injury mechanisms and afferent
tolerance limits thanks to histograms. That recent study establishes a brain
neurological lesions occurrence criterion through by the ULP FEM of the
head predicted brain Von Mises stress. The tolerance limit of the brain is
determined as about 20 kPa. Being based on this first study, the undergoing
research attempts to work out new head tolerance limits relatively to specific
injury mechanisms based on a great number of varied accident
reconstructions which allow a statistical approach.

2. METHODS

The method used is based on 64 experimental and analytical real world
accidents replications followed by the numerical reconstructions of the
observed head injuries. Two kinds of accidents are considered:

e Road traffic accidents involving helmeted motorcyclists (13 cases —
males aged between 18 and 40 years) and pedestrians (29 cases —
males and females aged between 14 and 70 years).

e Head collisions during games between helmeted American
footballers (22 cases — males aged between 18 and 30 years).

In each accident, the head is struck and its main impact is clearly

identified by both the medical report and the accident scenario investigation
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report. For each accident, the ULP FEM of the head is submitted to the
recorded kinematics of the head.

For the motorcyclists and American football players, these kinematics are
obtained thanks to experimental accidents replications using an instrumented
HYBRID III dummy head. The experimentally recorded accelerations are
then applied to the skull of the head FEM. It is assumed that the
accelerations measured during the accident replication and applied to the
skull of the head FEM are the same as the accelerations sustained by each
victim during the accident.

For the pedestrians, these kinematics are obtained thanks to an analytical
full rigid body model of the pedestrian. That analytical model allows it to
evaluate the relative position and velocity between the head and the
windscreen at the beginning of the impact. Both relative position and
velocity between the head and the windscreen are then applied to the head.

The determination of the head injury risk curves for specific injury
mechanisms is based on a correlation study between the calculated head
loadings on the one hand and the observed injuries on the other hand. The
method used to infer such risk curves relies on logistic regression as detailed
further.

3. MATERIALS: THE ULP FEM OF THE HUMAN
HEAD

The ULP FEM of the head used in the present study is three dimensional
with a continuous mesh. It contains 13208 elements divided in 10395 brick
elements and 2813 shell elements and it weights 4.8 kg. The ULP FEM of
the head includes the main anatomical components of the head which main
characteristics and material properties are the following:

« A linear elastic skin (p=1000kg/m’~E=16.7MPa—v=0.42) in 2296
brick elements.

« A linear elastic face (e=10mm-p=2500kg/m’~E=5000MPa—v=0.23)
in 529 shell elements.

« An elastic plastic brittle skull (Cortical (external layers): e=2mm-—
p=1900kg/m’~E=15000MPa—v=0.21-K=6200MPa—UTS=90MPa—
UCS=145MPa / Trabecular (internal layer): e=3mm-p=1500kg/m’~
E=4600MPa—v=0.05-K=2300MPa-UTS=35MPa-UCS=28MPa) in
1813 three layered composite shell elements.

« A viscous elastic brain and cerebellum (p=1040kg/m’—
K=1125MPa—G;=0.049MPa—G;,=0.0167MPa—B=145s") in 5508
brick elements.
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« A linear elastic subarachnoidal space (p=1040kg/m’~E=0.012MPa—

v=0.49) in 2591 brick elements.

e A falx of the brain and a tentorium of the cerebellum (e=1mm-—

p=1040kg/m’~E=31.5MPa—v=0.45) in 471 shell elements.

The ULP FEM of the head illustrated in Figure 1 is validated in a large
time domain going from 2 ms to 30 ms against experimental data from
Nahum et al. [5] and Trosseille et al. [6] in terms of intra cranial
accelerations and pressures, and against experimental data from Yoganandan
et al. [7] regarding skull fractures.

In the whole accident reconstruction procedure, the head is assumed to be
free in its six degrees of freedom shall it be in rotation and in translation.
Indeed, the neck influences the head’s dynamical response 30 ms after the
beginning of the impact as shown by a complementary study not yet
published. The here considered accidents never last more than 20 ms. It is
therefore allowed to assume that the neck does not influence the head’s
dynamical response to an impact. Moreover, the acceleration of gravity (1 g)
is neglected towards the high levels of accelerations sustained by the head
(over hundreds of g) during each impact. The initial position of the head is
therefore of no importance.

Facial hone

Figure 1. ULP finite element model of the human head.

4. RESULTS

The main interesting calculated loadings are the following (into brackets the
extreme values reached by each parameter in the 64 considered accidents):
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e The brain Von Mises stress: VM (2 kPa — 85 kPa).
o The internal energy of the subarachnoidal space: IESS (350 mJ —
26500 mlJ).
o The internal energy of the skull: IESK (330 mJ — 29200 mJ).
o The number of deleted elements on the skull: DE (0 — 504).
The established risk curves rely on a logistic regression called “Modified
Maximum Likelihood Method” that was elaborated by Nakahira et al. [8].

4.1 Brain Neurological Lesions

24 victims reveal moderate and 11 victims reveal severe brain neurological
lesions whereas 29 victims do not present that kind of injury. It appears that
the victims with low values (< 21 kPa =) of brain Von Mises stress do not
reveal brain neurological lesions. Moreover, victims with middle values (<
39 kPa and > 16 kPa =) of brain Von Mises stress reveal moderate brain
neurological lesions. Eventually, victims with high values (> 30 kPa =) of
brain Von Mises stress reveal severe brain neurological lesions. To
conclude, brain Von Mises stress can be considered as a good injury criteria
regarding brain neurological lesions shall they be moderate with a tolerance
limit of 18 kPa or severe with a tolerance limit of 38 kPa as shown by the
risk curve illustrated in Figure 2.
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o 0 AT @ O
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Von Mises stress [kPa] Von Mises stress [kPa]

Figure 2. Brain moderate and severe neurological lesions risk curves.

4.2 Subdural and Subarachnoidal Haematoma

Seven victims reveal subdural or a subarachnoidal haematoma whereas 57
victims do not present that kind of injury. It appears that the victims with
low values (< 5 J =) of internal energy of the subarachnoidal space do not
reveal that kind of injury whereas victims with high values (> 4 J =) of
internal energy of the subarachnoidal space present that kind of injury. To
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conclude, internal energy of the subarachnoidal space can be considered as a
good injury criteria regarding subdural or subarachnoidal haematoma with a
tolerance limit of 5.4 J as shown by the risk curve illustrated in Figure 3.

0.9

-t

0 5 10 15 20 25
Energy [J]

Figure 3. Subdural and subarachnoidal haematoma risk curve (one injured case is not
represented since energy (> 40 J) out of scale).

4.3 Skull Fractures

Only the pedestrians are considered in this part of the study since they
represent the accidents for which skull fractures are observed. 19 victims
reveal skull fractures whereas 10 victims do not present that kind of injury. It
appears that the victims for whom DE has a 0 value do not reveal the
considered injury whereas victims for whom DE has a non 0 value present
that kind of injury. Moreover, the on the ULP FEM of the head deleted
elements, are precisely located where skull fractures are observed.
Eventually, the extent of the considered injury is equally comparable to the
extent of the observed injury. To conclude, the ULP FEM of the head is able
to predict skull fractures if they are not located on the base of the skull. It
appears that the victims with low values (< 3 J =) of internal energy of the
skull do not reveal the considered injury whereas victims with high values
(> 1 ] 2) of internal energy of the skull present that kind of injury. To
conclude, internal energy of the skull can be considered as a good injury
criteria regarding skull fractures with a tolerance limit of 2.2 J as shown by
the risk curve illustrated in Figure 4.
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Figure 4. Skull fractures risk curve.

5. DISCUSSION

The tolerance limits that are proposed are clearly specific to the ULP FEM
of the head since they rely on mechanical parameters (Von Mises stress,
global strain energy, etc.) that depend on the mechanical behavior of the
modeled tissues. Nevertheless an attempt of comparison to other tolerance
limits determined in other studies but by using finite element models can be
undertaken.

Concerning the brain neurological lesions, the tolerance limit established
in this study rises with 18 kPa for moderate injuries and 38 kPa for severe
injuries in terms of brain Von Mises stress. Past studies based on the same
numerical method as the one used in the present work propose brain
tolerance limits in terms of brain Von Mises stress regarding brain
neurological lesions as follows:

o 11 kPa by Zhou et al. [9] who reconstruct a car accident using the
head FEM from Ruan et al. [10].

« 15 kPa by Kang et al. [11] who reconstruct a motorcycle accident
using an initial version of the ULP FEM of the head.

« 20 kPa by Newman et al. [2] who reconstruct an American football
player accident using the FEM of the head from Zhou et al. [3].

« 27 kPa by Anderson [12] who reconstructs 16 head impacts on
living sheep.

These values are in the same range as the ones obtained in the present
study by using the same numerical method.
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Concerning subdural and subarachnoidal haematoma, the tolerance limit
established in this study rises with 5.4 J in terms of internal energy of the
subarachnoidal space. In past studies on subdural and subarachnoidal
haematoma or more generally on vascular head injuries, no authors express
tolerance limits in terms of internal energy of the subarachnoidal space.
Nevertheless, since always, the relative motion between the skull and the
brain is considered as a generator of such kind of injuries as explained by
Al-Bsharat et al. [13] and Hardy et al. [14] who measure the maximal
displacement between the brain and the skull by using high speed X rays.

Concerning skull fractures, the tolerance limit established in this study
rises with 2.2 J in terms of internal energy of the skull. In past studies on that
kind of injuries, only Gurdjian et al. [15] propose an experimental minimal
strain energy to deform the skull through impacting cadaver heads. The limit
values of internal energy of the skull obtained by Gurdjian et al. [15] are the
following: from 1.59 J to 2 J for the frontal bone and 0.91 J for the occipital
bone. These experimental derived values are in the same range as the ones
obtained in the present study through a numerical method.

6. CONCLUSION AND PERSPECTIVES

This research work belongs to the head protection against impact and
proposes a new approach in the determination of head tolerance limits to
specific injury mechanisms. The method used is based on an experimental
accident replication and a numerical reconstruction of real world head
injuries. 64 real world accidents involving helmeted motorcyclists and
American footballers, and pedestrians are therefore considered. For each
accident, the ULP FEM of the head is submitted to the recorded kinematics
of the head during its impact obtained thanks to an experimental or
analytical accident replication using a HYBRID III dummy head. The
determination of the head tolerance limits relatively to specific injury
mechanisms is based on a correlation study between the calculated head
mechanical loadings and the observed injuries thanks to risk curves.
Consequently, the established head tolerance limits relative to specific injury
mechanisms are the following:

« For moderated brain neurological lesions, a brain Von Mises stress
reaching 18 kPa.

e For severe brain neurological lesions, a brain Von Mises stress
reaching 38 kPa.

o For subdural and subarachnoidal haematoma, an internal energy of
the subarachnoidal space reaching 5.4 J.

o For the skull fractures, an internal energy of the skull reaching 2.2 J.
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Besides, the ULP FEM reasonably predicts the linear skull fractures if
they are not located at the base of the skull. These first results demonstrate
the interest of the proposed approach as well as the need to analyse the by
the head sustained injuries by specific injury mechanisms and not simply by
Abbreviate Injury Scale (AIS) or HIC values.
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MECHANISMS AND TOLERANCE CURVES OF
TRAUMATIC DIFFUSE AXONAL INJURY (DAI)

Erich Schuller and Iris Niemeyer
Institute for Legal Medicine, Munich University, Munich, Germany

Abstract.

Key words:

Diffuse Axonal Injury (DAI) is a common brain lesion in all kinds of fatal
traffic accidents, such as car occupants, pedestrians, motorcycle and bicycle
riders. The objective of this real accident study is to complete knowledge of
significant injury mechanisms causing DAIL, and, in particular, to identify
tolerance limits. 16 fatalities were examined, all selected from autopsy cases
of Munich University Institute for Legal Medicine. Based on extensive
microscopic neuropathological examination, "brain maps" were developed to
illustrate DAI location and frequency and to identify significant injury
mechanisms related to causative head loading parameters determined by
accident reconstruction. Findings suggest that DAI in brain stem and medulla
oblongata occurs in cases exposed to axial linear acceleration of the head
(£gz). DAI in the corpus callosum region is caused when rotational head
acceleration around vertical z-axis is predominant. Shear forces due to
extensive skull deformation and tensile forces, in particular parietal, are
causing DAI in the hemispheres. DAI tolerance limits are identified as
follows: (1) Mean linear acceleration 130 g for short duration (10 ms) and 110
g for longer duration (20 ms); (2) Rotational velocity 38 rad/s at 7.500 rad/s?,
and (3) Rotational acceleration 5,500 rad/s* for short duration (10 ms) and
3,500 rad/s? for longer duration (20 ms).

Diffuse Axonal Injury (DAI), real accident analysis, tolerance curves.
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1. INTRODUCTION

Diffuse Axonal Injury (DAI) occurs when the brain is subjected to strain,
e.g. caused by rapid change of head motion (direct impact, inertial loading),
and represents widespread microscopic damage of the axons due to the
resulting brain tissue shear strain [1, 2]. Previous studies have examined this
particular intracranial lesion in clinical surveys, animal experiments, real
accidents, and computer (FE)-simulations [3—6]. However, for a better
understanding of DAI there is still the need of extended basic data, both to
complete knowledge of significant injury mechanisms, and, in particular, to
develop tolerance criteria. To contribute to that task is the objective of this
real accident study.

2. MATERIAL AND METHODS

Sixteen fatalities were included in this DAI study, all selected from autopsy
cases investigated at the Munich University Institute for Legal Medicine.
Selection criteria were defined as follows: (1) Determination of relevant
physical head loading parameters must be possible; (2) Acute DAI is
included only; (3) Cases showing primary vascular lesions with relevant
haemorrhage are excluded.

For each case selected a forensic autopsy was performed to survey the
overall injury pattern and, in particular, the brain was subject to an extensive
microscopic neuropathological examination to detect DAI location and
frequency. “Brain maps” were developed to illustrate DAI location and
frequency in order to assign lesion structure to significant injury
mechanisms.

Common methods of accident reconstruction (including numerical
replication tools, such as PC-Crash®, MADYMO® were applied case by case
to determine the following physical head loading parameters: (1) linear
acceleration, (2) rotational velocity, (3) rotational acceleration, and (4)
impact duration.

3. RESULTS

Table 1 presents a summary of the 16 casualties investigated. 11 of them
were male, 5 female, years of age vary from 14 to 78 years.

Fifty per cent of cases were traffic accidents of different types, i.e.
pedestrian, cyclist, motorcyclist, and car driver. Seven more cases represent
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Table 1. Summary of casualties investigated.

Case # | Accident Type Gender / Age | Cause of Death
01 Pedestrian - Tram Male / 56 Head injury
02 Parachutist 4000 m Male / 28 Polytrauma
03 Fall 4,4 m Male / 14 Head Injury
04 Fall Stairs 2,7 m Male / 67 Head Injury
05 Ski Racer Female /26 | Medullar Rupture
06 Fall Standing height Male / 54 Heart Failure
07 Motorcyclist - Car Male / 28 Head Injury
08 Cyclist - Car Male / 41 Polytrauma
09 Car Driver - Front Crash Male / 27 Heart Rupture
10 Motorcyclist - Car Male / 28 Spinal Cord Rupture
11 Pedestrian - Car Female / 73 Head injury
12 Fall Stairs 2,8 m Female / 78 Heart Failure
13 Cyclist - Motorcycle Female /35 | Head Injury
14 Pedestrian - Train Male / 17 Polytrauma
15 Fall 15. Floor Female /16 | Polytrauma
16 Parachutist 2700 m Male / 27 Polytrauma

falls from different heights, starting at standing height up to extremes
experienced by two parachutists falling free from 2700 m and 4000 m. Case
No. 5 was a fatal ski racing accident.

Cause of death was diagnosed head injury in 8 cases and disconnection of
the medulla oblongata and the cervical cord in 2 cases. The 4 “Polytrauma”
cases had extensive lesions of the whole body. 3 persons died from heart
failure and heart rupture.

Physical head loading parameters derived from accident reconstruction
are listed case by case in Table 2. Indicating the principal direction of linear
acceleration (Lin) the corresponding mean value of linear head acceleration
a [g] is presented and, in addition, principal axes of head rotation (Rot)
linked with mean rotational acceleration @ [rad/s?], mean rotational velocity
o [rad/s], and impact duration t [ms].

For better understanding Figure 1 illustrates the directions of acceleration
and axes of rotation defined in the head coordinate system.

As an example, the findings for Case No. 6 shall be demonstrated: A 54
year old man falls backwards from an upright position and hits his back of
the head (more on the left side) on the pavement. Mean head accelerations
are as follows: Linear 140 g in +x and —z direction, rotational 12 krad/s’
around +y and +z axes at 46 rad/s. Impact duration is 4 ms.
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Table 2. Physical head loading parameters.

Case# | Lin a[g] Rot @ [rad/s?] |  [rad/s] | t [ms]
01 -y 245 |  +x(+2) 21,005 61 3
02 +z 289 +y 2,965 74 27
03 -z 440 +y/-z 37,638 81 2
04 +y 266 -x(+2) 22,797 63 3
05 +z 80 -X 84 8 40
06 +x(-2) 140 |  +y(+z) 12,020 46 4
07 -X 330 -y(-2) 33,912 188 6
08 -Z 133 +x/-z 5,679 55 10
09 -X 510 -y 43,611 87 2
10 -z 265 +y/+z 15,143 73 5
11 -y 157 +x 13,433 48 4
12 +z 70 -y 23,881 64 3
13 -y 279 -X 7,565 36 5
14 +x 207 | +y(+z) 17,751 56 3
15 +z 112 +y 2,885 78 27
16 +z 379 +y/tz 3,111 31 26

Figure 1. Head coordinate system.

The findings of the microscopic neuropathological examination are
summarized in Table 3.

DAI detected positively in certain brain regions is indicated by -+,
distinguishing only left side (+-), only right side (-+), and bilateral (++)
location. Otherwise it is marked negative (--). Rupture of brain tissue is
indicated by < (on left side), > (on right side) and < > (on both sides). Brain
regions included are the corpus callosum (CC), brain stem (BS), spinal cord
(SC), occipital (OC), parietal (PA), and hemisphere (HE).
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Table 3. DAI location.

Case# | CC BS SC SG | OC | PA | HE
01 ++ ++ -- | | - |
02 ++ ++ -- |+ - | ++
03 ++ ++ -- ++ -- -- ++
04 ++ ++ - =+ | - - |+
05 - | <4+> -- - - - -
06 ++ ++ -- || - |
07 ++ -- - | | - |
08 ++ ++ -- || - |
09 - - - | - | |
10 ++ ++ <AHE> | | - | |
11 - - - - - -
12 -- ++ <> | 4+ | - | |
13 - - - - - - -
14 -- -+ -- -- - -- --
15 - <H+> | <++> - - - -
16 ++ <--> ++ ++ - ++

CC= Corpus Callosum, BS = Brain Stem,

SC = Spinal Cord, SG = Stem Ganglia,

OC = Occipital, PA = Parietal, HE = Hemisphere

209

One example of a “Brain Maps” established is shown in Figure 2 (Case
No. 6). The upper graph sketches a frontal section through longitudinal tracts
including the brain stem, the lower graph a frontal brain section with the
rostral part of the corpus callosum. Indicated by dots DAI is observed
bilaterally in the corpus callosum (CC), stem ganglia (SG), and brain stem
(BS). DAI in the occipital hemisphere is not visualized in this particular

graph.

Figure 2. “Brain Map” Case No. 6.
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4. CONCLUSIONS

Analysing the incidence of DAI and head loading characteristics the
following conclusions can be drawn:

(1) In the brain stem and the medulla oblongata DAI occurs in cases
exposed to axial linear acceleration of the head (+z), while this location of
DAI is uncommon in cases subjected to head impact loading in the
transversal plane (£x frontal and occipital, £x lateral).

(2) In the corpus callosum region DAI occurs when rotational head
acceleration around vertical z-axis is predominant. Shear forces due to
extensive skull deformation and tensile forces, in particular parietal, are
causing DAI in the hemispheres.

Physical head loading parameters listed in Table 2 are illustrated in
Figures 3 to 5 in order to identify DAI tolerance limits relating to linear
acceleration, rotational velocity, rotational acceleration, and impact time.

(1) Linear (mean) head acceleration versus impact time is presented in
Figure 3. The DALI tolerance curve indicates the following tolerance limits:
130 g for short duration (10 ms) and 110 g for longer duration (20 ms).
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Figure 3. Linear head acceleration vs. time.
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(2) Rotational (mean) head acceleration versus rotational velocity is
shown in Figure 4. The tolerance limit for DAI is the following: Rotational
velocity 38 rad/s at 7,500 rad/s?.
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Figure 4. Rotational velocity and rotational acceleration.

(3) Rotational (mean) acceleration versus impact time is demonstrated in
Figure 5. The tolerance curve indicates tolerance limits as follows:
Rotational acceleration 5,500 rad/s?> for short duration (10 ms) and 3,500
rad/s? for longer duration (20 ms).
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Figure 5. Rotational acceleration vs. time.
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Abstract. It is the aim of the present review to correlate head and neck trauma and
audiovestibular disorders. Acceleration/deceleration forces (during rear-end
collisions of the “whiplash” type), blunt trauma of the head (without
fracturing, e.g. falling from height, being hit by a solid bar) can impair the
audiovestibular system at different sites. The (peripheral) auditory and
vestibular receptor cells within the fluid-filled labyrinth (within the petrous
bone) can transiently or permanently be impaired by mechanical dysarray or
fluid concussion. Moreover, permanent lesions can arise from axonal injury of
the central (integrative) parts of the auditory pathway. The major auditory
complaints of the patients include an (acute) transient hearing loss and tinnitus.
In a minority of patients, tinnitus, hearing loss and hyperacusis can become
chronic symptoms. Most of the vertiginous complaints occur within 24 hours
after the trauma (acute disorders) or after 3 weeks — 3 months (chronic
disorders).

The acute disorders include labyrinthine concussion, rupture of the round
window membrane, cervicogenic, postural instability. The chronic disorders
include otolith disorders, delayed endolymphatic hydrops, canalolithiasis.
Extensive medical diagnostics is required to differentiate the type of
underlying disorder. In general, there is no significant correlation between
trauma mechanisms and type of audiovestibular disorder. However, acute
audiovestibular disorders have a good prognosis in general, while chronic
disorders have a poorer one.

Key words: hearing loss, vertigo, trauma of the head and neck, whiplash, neurotology.
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1. INTRODUCTION

Blunt trauma of the head, neck and craniocervical junction can result from
falls, whiplash-type injuries, contact injuries after impact with a solid object
etc. The trauma mechanisms can vary as well as the impact forces (1). The
physician is usually unable to thoroughly reconstruct the impact mechanisms
after an interview with the patient. In addition to those descriptions, the
extent of damage of the cars involved, some patients have an amnesia related
to the accident.

It is therefore important to diagnose the auditory and vestibular systems
by objective electrophysiological and other techniques, particularly in those
patients with relevant clinical complaints (2). Neuroimaging (MRI, CT)
usually reveals no evident intracranial pathology, skull base fractures etc. in
blunt trauma of the head and neck (3). However, the auditory and vestibular
systems can be impaired at different sites. The impact of the head or the
“whiplash”-triggered impact leads to a pressure transfer into the petrous
bones (2). The petrous bone surrounds the so-called “labyrinth” with the
inner ear — the auditory receptor cells (organ of Corti , inner and outer hair
cells) and the vestibular receptors (semicircular canals, maculae sacculi and
utriculi) (Figure 1). The labyrinth is fluid-filled (perilymph/endolymph) and
the petrous bone contains large, pneumatized spaces which are ideal
prerequisites for such a pressure transfer in blunt trauma of the head and
neck (1) (Figure 2). Acceleration/deceleration forces (coup/contre-coup) or a
direct blow over the temporal squama cause a concussion of the fluid-filled
labyrinth and a receptor dysarray (hair cell damage, basilar membrane
rupture or break-up, otolith displacement, shearing of the tectorial
membrane, small bleedings into vascular stria or into the semicircular canals
etc.) (4). Late sequaelae of such a concussion involve the audiovestibular
nerve (shearing/ tearing forces) or the central auditory pathway (central
vestibular structures are known, but there is no “classical pathway” up to the
cortex) (5).
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Figure 1. Neuroanatomical pressure transfer routes upon blunt head trauma from the CSF
spaces to the membraneous labyrinth filled with perilymph and endolymph (i.e., inner ear and
vestibule).
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Figure 2. Energy transfer routes upon blunt head trauma from the CSF spaces to the
membraneous labyrinth filled with perilymph and endolymph (i.e., inner ear and vestibule).
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2. NEUROTOLOGICAL DISORDERS OF THE
VESTIBULAR SYSTEM: DIAGNOSTICS AND
MANAGEMENT

2.1 Diagnostics of Neurotological Disorders of the
Vestibular System

After questioning the patients about the vertiginous complaints (“dizziness”,
“unsteadiness”, “slipping away”, “rotational or positional vertigo”), the
following neurotological tests should be applied (6):

a. vestibulospinal tests (Romberg, Unterberger test)

b. head thrust test

c. VOR testing (caloric irrigation, rotational chair testing)

d. dynamic posturography testing

e. otolith testing (VEMP recordings and otolith-ocular responses
(OOR)

f. electrocochleography (optional)

g. trunk sway measures of postural stability by Sway Star (optional)

The different tests cover all aspects of peripheral and central vestibular
pathology, i.e. disorders of the semicircular canals (b, c), the endolymphatic
sac (f) otolith organs (e), vestibulospinal and cervicogenic disorders (a, d, g).

2.2 Management of Acute and Chronic Disorders

The acute disorders which affect the patients within the first 24 hours after
trauma include:

- BPPV (benign positional vertigo) is characterized by freely floating
otolith crystals in the semicircular canals which are broken off their
macular surface. Primary treatment should consist of repositioning
manoeuvers (7). After reoccurrence, patients can also be operated on
(8). A positional, torsional nystagmus upon Dix-Hallpike’s
manoeuver should be taken as confirmation of the diagnosis.

- Labyrinthine concussion is a state of functional loss of receptor
function due to the impact forces (compatible to cerebral
concussion) without permanent cellular damage. It will normalize
over the first 5 days with drug treatment (sedatives, antemetics) on
average. The occurrence of spontaneous nystagmus, initial unilateral
hyporesponsiveness upon caloric irrigation, pathological rotational
chair test result (peripheral lesion) and deviation upon
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vestibulospinal testing can be taken as confirmation of the diagnosis
(9, 10).

Perilymphatic fistulae is characterized by a loss of perilymph due to
the partial rupture of the oval and /or round window bordering the
fluid filled-labyrinth (Figure 2). A sudden onset of dizziness in
combination with sensorineural hearing loss (SNHL) of varying
degree are typical clinical signs. These patients should be treated
surgically by patching the round and oval window niches with
connective tissue and fibrin glue. The occurrence of spontaneous
nystagmus, initial unilateral hyporesponsiveness upon caloric
irrigation, pathological rotational chair test result (peripheral lesion),
deviation upon vestibulospinal testing, a sensorineural hearing loss
of different extent (in 50% more than 40 dB over all frequencies)
with/without tinnitus can be taken as confirmation of the diagnosis
(2, 4).

Central vestibular disorder can be characterized by a mixed
pathology with the leading symptom of “tumbling”. The patients
should be instructed to rest, treated by drugs (sedatives, antemetics).
These patients recover within a few days, at least one week. They
can be given an additional individualized home training. Different
types of nystagmus (vertical nystagmus, skew deviation, ocular
torsion), horizontal body rotations upon vestibulospinal tests,
pathological SOT over all conditions (I-VI) can be taken as
confirmation of the diagnosis (10).

The following chronic disorders can be diagnsoed after about 3 weeks —
3 months (Table 1):

Delayed endolymphatic hydrops is a diseases of the endolymphatic
duct and sac which is accompanied by a functional loss of pressure
transfer and ionic dysequilibrium. Morphologically, a bulged
Reissner’s membrane can be found as hydropic characteristics. The
patients report a classical rotational vertigo with attacks, but without
hearing loss. EcoG should be used to confirm the presence of a
hydrops. Most of the patients are free of vertigo under drug
treatment, a few patients have to be operated on by endolymphatic
sac surgery (11, 12).

Cervicogenic, postural instability occurs widely, but not only after a
“whiplash-type” of injury. The diagnosis can be confirmed by
SwayStar testing (increase in body sway), by exclusion of other
disorders and by pathological dynamic posturography testing. These
patients usually give mixed symptoms which are usually reinforced
when the neck pain and the limitation of cervical spine mobility is at
a maximum. In general, the extent and expression of vertigo varies
in preparation of the physical condition of the patient. The patients
can be primarily treated by physiotherapy (e.g. osteopathy,
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exercises), analgesics, antirheumatics and/or vestibular habituation
training (6, 13, 14).

- Orolith disorders are characterized by a functional loss of the human
gravity sensors (saccular and utricular maculae). This can be
assessed by VEMP testing (saccular) or eccentric rotation (utricular).
A combination of saccular and and utricular dysfunction is usually
found. The patients with otolith disorders generally present after a
longer period-of-time because most of them do not consider their
“unsteadiness” as a specific symptom, but rather as common
sequaclae of the trauma. These patients can be provided with
individualized training routines on a tilting platform 6, 15, 16).

Nearly every second of those patients after blunt trauma of the CCJ
present with a combination of different types of neurotological disorders
(e.g. initially BPPV, followed by a delayed endolymphatic hydrops) (6).

3. AUDIOLOGICAL DISORDERS AFTER BLUNT
TRAUMA OF THE HEAD: DIAGNOSTICS AND
MANAGEMENT

3.1 Audiological Diagnostics

Audiological diagnostics should be limited to pure-tone audiometry (PTA)
(a) in the acute phase. PTA reliably reveals a (transient) hearing loss as it
frequently occurs after labyrinthine concussion or perilymphatic fistulae. In
the chronic phase, objective measures should be additionally included to
assess central auditory structures, incl. auditory brainstem response
audiometry (ABR) (b), transiently evoked otoacoustic emissions (TEOAE)
(c), stapedial reflex recordings (d). Psychoacoustic measures — loudness
discomfort thresholds (LDL) (e) and tinnitus suppression/characteristics (f) —
can be applied if required (2, 5).

3.2 Management of Posttraumatic Hearing Disorders

Acute hearing disorders with a hearing loss (a) are primarily the result of a
labyrinthine concussion (disordered cochlear micromechanics) or a
perilymphatic fistula (see above). The treatment is either medical or surgical
(see above). The prognosis is excellent (6).

Chronic hearing disorders are characterized by (permanent) hearing loss,
tinnitus or hyperacausis (loudness discomfort). While a permanent hearing
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loss is very rare, tinnitus and hyperacusis occur in about 10% of all patients
with permanent complaints after blunt trauma of the head and neck.
Diagnostic criteria are defined by (b-f). The underlying pathomechanism is
an axonal injury with partial functional and cellular losses of the central
auditory pathway. The prognosis is poor, habituation training and
psychosomatic therapies can be applied (5).

4. CONCLUSION

The present review is intended to evaluate the impact of acceleration or
forces applied to the head, neck region and to the craniocervical junction
(blunt trauma). Most interestingly is the frequently lacking correlation
between an individual trauma mechanism/the extent of applied forces and a
particular vestibular/audiological disorder. The variety of disorders as
outlined above can be diagnosed concomitantly or successively in some of
the patients. There is a long-standing controversy in the literature as to
whether blunt trauma to the head and neck, “whiplash” type of injury or
other types of injury can affect the vestibular system “specifically” (e.g. 2, 9,
17 and the comments on this article). In our series, the patients with
cervicogenic, postural instability underwent various trauma mechanisms
(including brain concussion with cervical compression, having the head and
craniocervical junction hit by another solid item, apart from “whiplash”) and
were frequently affected by another or even two other types of
neurotological disorders (6). When considering the medium-term prognosis
(one year) of each type of vestibular disorder, the acute disorders have the
best outcome (6, 18). The poorest outcome is found in the subpopulation of
patients with cervicogenic, postural instability and in otolith disorder. The
first is presumed to be the result of the interindividual variation in the
musculo-skeletal system (and the ability to develop coping strategies by
habituation/training) (14, 17) and the highly variable conditions of the
cervical spine and the soft tissue (muscles, ligaments, joints). Otolithic
vertigo can at present only be treated with very limited success in the
medium-term perspective. This could be based on the specific nature (gravity
sensor) of this type of receptor (16) and its ancient phylogenetic origin which
makes it and the central vestibular correlates quite resistant to external
influences, including training and habituation.

The acute hearing disorders have the same (good) prognosis as vestibular
disorders, but the chronic tinnitus, hyperacusis can lead to a substantial loss
of the quality of life and to secondary psychiatric illness (depression, post-
traumatic stress syndrome etc.). All therapeutic efforts have a very limited
success (5).
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BIOMECHANICAL, RADIOGRAPHIC AND
OSTEOLOGIC OBSERVATIONS OF LOWER
CERVICAL SPINE INJURIES
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Abstract. This paper discusses the nature and gamut of vertical midsagittal fracture with
and without bilateral laminae fracture in terms of the “teardrop fracture”. The
occurrence of midsagittal fracture patterns of adjacent vertical levels were
identified. The characteristics and mechanics of the midsaggital fracture are
hypothesized relative to vertebral body architecture.

Key words: cervical biomechanics, teardrop fracture, laminae, lamina fracture.

1. INTRODUCTION

Catastrophic lower cervical spine injuries with irreversible neurologic
sequelae are often the consequences of direct head impact, and have been
reported in both contact and non-contact sports. Contact sports include
football, hockey, rugby, and wrestling, while examples of non-contact sports
are skiing, track and field, diving and surfing. The injuries under study are
also associated with falls from heights and crashes of motor vehicles when
the head of the victim strikes the roof or the windshield.

Lower cervical spine injuries result when the top of the head strikes a
solid object and the flexed neck reacts in an attempt to stop the inertial
energy of the moving trunk and of the extremities involved. The forces and
moments generated by the deceleration are complex, particularly when
added to the response of the cervical spine to impact loading. When exposed
to high velocity loading the cervical spine shows a primary level of injury
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along with bony injuries of lesser magnitude at contiguous or secondary
levels. One commonly reported pattern of injury is the teardrop fracture. As
the name suggests, this is a triangular fragment of bone at the anterior
inferior corner of the lower cervical body [1, 2].

A retrospective study was conducted with the purpose being to review
imaging configurations, develop an inventory of fractured elements, and
detail the incidence and association of midsagittal centrum and posterior
neural arch fractures as integral components of the teardrop fracture. The
spinal levels, sagittal and coronal vertebral fractures and fracture of the
posterior arch were identified. It was assumed that the evaluation of the
characteristics and mechanisms of injury is an important component in any
biomechanical, computational or forensic analysis.

2. MATERIALS AND METHODS

This study is based on 33 cases, a total of 9 female and 24 male individuals,
ranging in age from 18 to 28. Witness statements, paramedics’ reports,
emergency department records, initial medial records (up to and including
surgery) and discharge summaries were reviewed and coded. All of the
subjects sustained teardrop fractures resulting in irremediable spinal cord
damage. Initial plain x-rays, CT scans, and in some cases MRIs and/or
tomograms were reviewed and correlated to the available imaging. The types
and frequency of accidents were as follows: motor vehicle, §; shallow water
diving, 16; football, 3; wrestling, 3; falling, 2; surfing, 1.

3. RESULTS

The location and distribution of injuries at the primary fracture site (i.e. site
of compromise of bony failure) were as follows. There were 4 instances of
C4 teardrop fractures, 26 instances of C5 teardrop fractures, and 3 instances
of C6 teardrop fractures. Lesser magnitude contiguous fractures were noted
at spinal levels immediately adjacent to the primary fracture site.
Radiographs of the cervical spine showed the mechanism of injury in all
cases to be the result of compression forces with varying degrees of flexion.

3.1 The Teardrop Fracture
Forms of teardrop fractures are shown in Figure 1.

Anterior Fragment: The size of the anterior fragment was usually one
third or less of the vertebral centrum at the primary fracture site. The
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triangular anterior inferior vertebral fragment fracture line began at the lower
end plate of the centrum and its orientation extended obliquely upward
toward the anterior margin of the affected vertebral body. The triangular
anterior inferior vertebral fragment remained somewhat in alignment with
the anterior margin of the subjacent vertebrae and disks.

Posterior Fragment: The larger posterior fragment was displaced and / or
rotated posteriorly reducing the space available for the spinal cord.

Figure 1. Various forms of C5 teardrop fractures. The triangular anterior inferior corner
fractured fragments are identified by the arrows. The larger posterior fragment has been
forced rearward into the spinal canal.

3.2 Midsagittal Centrum and Bilateral Arch Fractures

Of the 33 cases, 27 were instances of teardrop anterior inferior corner
fracture with midsagittal vertebral centrum fracture and bilateral arch
fractures. The anterior inferior corner fracture with midsagittal vertebral
centrum fracture and bilateral arch fractures were all noted to be at the
primary site of fracture. The frontal view (Figure 2) may or may not reveal a
vertical radiolucent line extending from the superior end plate to the inferior
end plate at the primary fracture site. The neural arch was often bilaterally
fractured through its posterior arch.

In 18 of the 27 cases, subjects sustained secondary midsagittal vertebral
centrum fractures. Some of these also exhibited bilateral posterior arch
fractures of lesser magnitude at contiguous levels.

In 6 of the 33 cases, the subjects sustained teardrop fractures
unaccompanied by midsagittal vertebral centrum fractures or posterior arch
fractures at the primary level of trauma.

In 27 cases there was complete separation of the vertebral centrum in the
coronal and sagittal planes. The teardrop fracture separated the centrum into
anterior and posterior components. The vertical fracture of the vertebral
centrum in the sagittal plane split the vertebral body into right and left
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halves. The neural arch was bilaterally fractured frequently at the lamina.
The transverse diameter (interpedicular distance) of the vertebral body
increased; the spinous process was free floating.

Figure 2. Midsagittal split at two levels.

4. DISCUSSION

The structure of the lower cervical spine is anatomically distinct,
kinematically unique and biomechanically complicated. The teardrop
fracture occurs in the lower cervical spine and is the result of indirect forces.
It is most prevalent at the C4-C6 region of the spine. The C5 vertebral body
is the most commonly involved vertebral level. The teardrop constitutes a
highly unstable condition and in the cases presented it is the result of higher
energy impact. As already indicated, the term “teardrop fracture” usually
connotes a general pattern of spinal injury. It has no agreed upon definition
biomechanically or clinically [3]. Its etiologic its radiographic characteristics
and mechanisms of injury have been reported by Harris [4], Torg [5],
Babcock [6], Lee [7, 8], Abitbol [9]. Its fracture characteristics are complex
and more often than not, the teardrop fracture has secondary fracture
components at neighboring levels. The teardrop fracture is a recurring injury,
a major cause of morbidity and merits separate biomechanical description
and classification.

When a triangular shaped teardrop fracture of the vertebral body in the
lower cervical spine is identified, there is a high probability of coexisting
lesions in the centrum and/or in the neural arches over neighboring spinal
levels.
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The primary level of injury consists of an anterior inferior corner fracture
fragment, the displacement of the inferior margin of the fractured vertebral
body backwards into the spinal canal, the midsagittal vertebral centrum
fracture and the posterior arch fractures. Multiple fractures of lesser
magnitude are commonly present at contiguous levels neighboring the
primary level of injury, as shown in Figure 4. The vertical sagittal fracture
and the posterior arch fractures can occur independently of each other.

Triangular Anterior Inferior Corner Fracture Fragment: The bony
perimeter of the displaced triangular anterior inferior vertebral fragment was
left intact. There was no deformation or distortion in its shape. The bony
trabeculation within the displaced triangular anterior inferior vertebral
fragment was not compressed or crushed. There was no increase in density,
but rather the fragment appears to have been sheared off of the anterior
inferior beak of the centrum in compression.

Larger Posterior Fragment: The larger posterior portion of the vertebral
body was displaced backwards into the spinal canal intruding upon the space
occupied by the spinal cord. Its posterior inferior corner may or may not be
fractured.

Midsagittal Vertebral Body Fracture: The midsagittal vertical fracture
and bilateral neural arch fractures occur commonly as a component of the
teardrop fracture. The midsagittal cleavage fracture crack was initiated at the
posterior wall and between the pedicular roots of the centrum. The fracture
line propagated in more or less a straight line from the posterior centrum
wall toward the anterior centrum wall. The vertebral body was separated into
two halves. The radiographic imaging (axial CT) demonstrated the pattern of
midsagittal cleavage at the site of the teardrop fracture to be common. The
midsagittal vertebral body fracture accompanied with an anterior inferior
corner fracture (in addition to the larger posterior fragment) appears to be a
hallmark associated with severe spinal cord damage.

Neural Arch:Fractures Laminae fractures are components of the teardrop
/ sagittal fracture. The laminae are thin flat plate-like struts of bone that
converge and join in the midline at an angle to form the spinous process. The
location and appearance of these fractures vary. The laminae may fracture at
their base near the transverse process. Fractures may be symmetrical,
asymmetrical or may be horizontally or vertically oriented. Laminae may be
split at a single or multiple locations. If the laminae are fractured the spinous
process is free floating. Should this occur, the neural canal may be
encroached upon from any direction and at any angle.
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Figure 3. Typical variants of the locations of the planes of fracture separations together with
their direction of longitudinal propagation are shown above and illustrated below. (primary
level fractures).

Figure 4. Hairline midsagittal fracture without posterior arch fractures. Bilateral lamina
fractures without midsagittal fracture. (secondary level fractures).

The vertebral bodies immediately adjacent to the site of the primary
fracture site revealed the presence of similar midsagittal hairline fractures
only of lesser magnitude. The hairline fractures may or may not extend from
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the posterior towards the anterior vertebral centrum wall. The site of fracture
initiation begins at the posterior wall between the pedicular roots before it
propagates or branches.

The midsagittal vertebral centrum fracture may occur in isolation at
adjacent cervical levels without bilateral neural arch fractures. Bilateral
neural arch fractures may occur in isolation without a midsagittal vertebral
centrum fracture at neighboring levels. The width of the separation observed
on plain and axial CT imaging varied and appeared to be dependent upon the
presence of posterior neural arch fractures.

4.1 The Etiology of Fracture

Anterior Inferior Fragment: In the lateral view, the inferior surfaces of the
C3-C6 vertebral body are concave, skewed anteriorly, and form a sickle
shaped bony lip or beak in the anterior median plane. In flexion, the sickle
shaped bony lip of the upper vertebral body tilts and slides anteriorly; it
appears that the fragment was “squeezed” or pinched off by the superior and
inferior vertebral bodies as hypothesized by Harris [10,4], Kim [7] and
others.

Larger Posterior Fragment: Once the triangular fragment of bone is
fractured the remaining posterior larger fragment may become wedged
between the adjacent superior and inferior vertebral bodies. This results in a
decrease of the space available for the spinal cord.

Midsagittal Fracture Fragments: The midsagittal fracture was a hallmark
associated with the teardrop fracture. The vertical fractures have been
previously reported by Richman [11], Rogers [12], Lee [8], Torg [3] and
others.

When the vertebral centrum is fractured in its coronal and sagittal planes,
the fracture results in at least four fragments; its transverse diameter is
increased. The position, origin and configuration of these fragments make it
possible to infer the mechanism of injury. Its coronal and sagittal plane
fractures are the result of compression forces in the region of the anterior
elements of the vertebral body.

The etiology of the midsagittal fracture is unclear. Fracture initiation and
propagation appear to coincide with the cylindrical truncated channels for
the basivertebral veins. This suggests a vertical compressive load results in
an outward splaying of the centrum. One conjecture is that the centrum
fractures in a plane approximately perpendicular to the direction of loading.
The fracture appears to be primarily created by a symmetrical compressive
force applied in the sagittal plane. Another conjecture is that the mechanism
of wvertebral splitting is thought to be due to acute herniation of the
intervening disk into the vertebral body. A third conjecture is thought to be




228 L. Kazarian and R. Shively

this: a downward compressive force on the vertebral unit decreases the
height of the disk, increasing its hoop tension and as a consequence, forcing
the uncinate processes outward; which in turn split the vertebral centrum as
well as the posterior arch.
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Abstract. Impacts in sport can cause severe and fatal head, spinal and thoracic injuries.
As sports have developed during the last half century, methods have been
developed to control injury risks, such as rule modifications, helmets, padded
clothing and training. The biomechanics of severe injury is well understood
through investigations of motor vehicle accident trauma. Research into sports
injury can assist in reducing injury risks and also identify mechanisms and
tolerance limits for lower severity injury. The paper provides an overview of
impact injury risks in a range of sports, including concussion, commotio cordis
and spinal cord injury. The main focus of the paper is injury control methods,
their biomechanical bases and their success in reducing injury. Successful
methods have been developed that include breakaway bases and helmets.
Biomechanics plays an important role in quantifying physical hazards,
developing interventions, methods for testing their performance, and assisting
in field research.

Key words:  sports, impact injury, biomechanics, safety, helmets.

1. INTRODUCTION

While the greatest focus of impact injury related research and technology
development has been in understanding and preventing motor vehicle related
injury, there has been a parallel interest in sports related impact injury.
Many esteemed researchers and research groups who have established their
careers in motor vehicle safety have also made substantial contributions to
studying sports injuries and their prevention. Alongside the intrinsic value of
reducing sports injury, the study of the mechanisms of these injuries can both
inform the development of methods to prevent lower severity injury to motor
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vehicle occupants, in recreation and occupational settings, and improve our
overall understanding of human tolerance to impacts.

The fundamentally different aspects of sport in comparison to motor
vehicle related injury are that the health benefits of participation in sport are
considered valuable for the individual and society, and that in many cases the
impact energies are related to gravity and velocities reached under human
power. A public health dilemma exists between the benefits of participation
in sport and the immediate and long term costs in terms of injury. Injury in
professional sport influences team and individual performance and the
fortunes of players and others in a wide radius from the sports field; it was
reported in Der Spiegel that the share price of Borussia Dortmund football
club was affected when it was announced that one of their star players had
been diagnosed with a brain tumor [1]. Therefore, there is a broad interest in
understanding and preventing sports injury.

Sport gives rise to numerous events in which high energy impacts may
occur, e.g. projectile ball sports (cricket, baseball, squash and hockey), high
velocity sports (skiing, equestrian and cycling), and contact sports (ice
hockey, rugby and American football). There are many common injuries
across all sports as well as injuries that are unique to specific sports, e.g.
commotio cordis in baseball. In very broad terms there are two types of
injury mechanisms in sport, acute overload and overuse. However in the
causation of injury, both mechanisms may be present. Impact events explain
many acute overload injuries. From a biomechanical perspective the cause
of the injury must explain how the event produced loads that exceeded the
‘strength’ of the tissue, whether the ‘strength’ was normal or impaired, and
the specific mechanism.

This paper will provide an overview of injury risk management in sport,
including epidemiology of injury in sport and impact injury, followed by
sections on the range of loading in sport and an analysis of injury risk control
methods.

2. EPIDEMIOLOGY OF SPORTS INJURY

2.1 Research Methods

Studies of sports injury are hampered by the definition of injury and it is
often difficult to compare injury rates and patterns between and within
sports. Common definitions are: injuries resulting in a player missing a
training session or game; and, an injury requiring on-field attention. The
latter gives rise to much higher rates per period of exposure and the profile of
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injuries with the former definition tend to be more serious and include
muscle, bone and joint injuries. However, return to play guidelines, team
management, individual recovery and motivation, and family input also
influence when a player returns to participation following injury. Data have
been collected through a range of methods: prospective studies with on—
field recorders; team staff; insurance data; and, telephone interviews, for
example. Biomechanical data are even more difficult to collect in the field,
but the availability of high quality match video has provided researchers with
at least qualitative data and in some cases quantitative input data for
numerical and physical models. Many laboratory projects have assessed the
relative loads, between well executed skills and techniques, and against
known load tolerance limits, but in the absence of injury risks. The
multifactorial nature of injury causation in sport requires the collection of a
substantial quantity of data on individuals, teams, the environment and their
exposure, in order to identify the role of biomechanical factors in injury

causation [2].

expensive.

The end effect is that research is lengthy, laborious and

Table 1. Profile of head injury risks in selected sports.

Sport Head injury as % of all ~ Special injury issues

injuries [references]

Rugby 14-25% [3] Concussion 5-15% [3]

Ice Hockey 4-18% in professional  Intracranial injury and

level, 1995-2001 [4] blinding

American 6.1% concussion [5] Severe and fatal injury

Football

Baseball 28% face, 11% head, Leading cause of sports

5% mouth in 5 to 14 related eye injury in the
year olds and USA [6]
emergency visits; [6]

Soccer/Football ~ 4-20% [7] Fatal injuries in children due
to falling goal posts. Debate
over concussion and
heading

Boxing 16% of injuries in Risk of severe acute and

professional boxing long term brain injury
concussion [8]

Cricket 9-25% [9] Oro-facial and eye injuries

Professional 19% head, neck and Severe spectrum of injuries

Jockeys face [10] from falls and collisions

Skiing & 30% traumatic brain Collision with rigid objects,

Snowboarding injuries [11] e.g. trees, may be fatal
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2.1.1 Injury profiles

The following is a brief summary of injury profiles in a selection of sports.
Table 1 presents a profile of head injury in sports for which helmets are
available. In general the head/face/neck, followed by the lower limb and
upper limb represent the hierarchy of injury by region.

Injury rates vary greatly, due to the sport, level of participation and injury
definition: Youth soccer - 0.6 to 19.1 per 1,000 player hours [12] 29 injuries
per 1,000 player hours [13] in Norwegian under 21 team matches; Rugby -
19.4 lost time injuries per 1,000 player hours (under 15 to international
combined) [3], 100 injuries per 1,000 player hours at 2003 Rugby World
Cup (unpublished work of author); American Football - 40 per 1,000 athletic
exposures [14]; Ice Hockey - 96 per 1,000 player hours (junior) [15], 53 per
1,000 player game hours [16]; Professional Horse Racing- 606 injuries per
1000 jockey years (1993-1996, USA) [10]; and, Skiing and Snowboarding ,
2-6 injuries per 1,000 skier days [11,17]

2.1.2 Severe impact injury

Severe impact injury in sports include: spinal cord injury (SCI), mild to
severe head injury, commotio cordis, fractures and dislocations. Fatal
injuries do occur, although in some cases an event exposes an underlying
anatomical or physiological abnormality. The history of fatal injuries in
American football for period after 1945 is complicated [18]. In total 497
persons died playing American football, of these 69% died from fatal brain
injuries and 16% SCI. The authors reported that the introduction of laws to
control the use of the head in blocking and tackling and the implementation
of NOCSAE helmet standards resulted in a significant decrease in fatalities
since 1976 [18]. A study of deaths in football in Victoria, Australia,
identified nine cases of intracranial injury resulting from head impacts in the
period 1968 to 1999 [19].

Even though the overall rate of SCI in rugby is low, there is a distinct SCI
risk in rugby associated primarily with the tackle and scrum [20]. In a recent
review of SCI in Australia between 1986 and 1996, six of the 31 SCI cases
occurred in schoolboys, with an annual incidence for schoolboys of 1.7
compared to 4.8 per million adult players for this period [21]. The risk of
SCI was 10 to 12 fold greater with adult players than schoolboys [22]. In the
USA during the period 1970-1996, 36 of the 62 cervical spine injuries in
rugby occurred in the scrum, including 14 junior players [23, 24]. Scrum-
related SCI affected the front row with the hooker, one out of 15 players,
suffering 30% of SCI [25]. There is a higher risk of SCI on scrum
engagement than scrum collapse. There is also a risk of SCI in American
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football which has been associated with spear tackling, in which the tackler
dives head first into the opponent [26]. Body checking, especially from
behind, in ice hockey was similarly blamed for SCI in ice hockey [4].

Commotio Cordis has been observed in projectile sports: baseball, ice
hockey and lacrosse [27]. The potentially fatal physiological injury arises
due to a chest impact that occurs just prior to the peak of the T wave causing
ventricular fibrillation. On average there were four deaths in youth baseball
in the USA per annum from 1973 to 1995 [28]. Slightly less than two in
every four deaths were due to commotio cordis and one in four resulted from
ball to head impacts.

Horse racing is another sport with a high risk of head, neck and thoracic
injury due to falls from the horse, impacts with the rail and with the horse.
Between 1975 and 2000 there were 9 fatalities in horse racing. The causes
of death were in general brain, cerebrovascular and thoracic injury [29].

Table 2.. Biomechanical loads in a selection of sports and skills.

Sport / Skill Type Magnitude (as Force, body weight References
&/or Energy)

Running vGRF (feet) 1.41-4.16 BW [30]

Jump/take off vGREF (feet) 2.68 BW [33]

Jump/landing Drop landing 34-4BW [34, 35]
from 60cm

volleyball Landing 33-6BW [36,37]

Long jump Take off 10 BW [36]
Drop landing 8.6-11.6BW [38]
from 2.55m bar

Gymnastics vGRF (feet) 1.2-14.4BW [31,32]
vGRF (hands)  0.6-2.2 [32]

Netball VvGRF (feet) 3.12-3.41 [39, 40]
step jump task

Basketball Run and stop 2.35 BW [41]

Baseball Ball impact 0.142 kg, up to over 45 m/s & 160 J  [42]

Cricket Ball impact 0.156 kg up to over 45 m/s & 160 ] [42]

Ice Hockey Head impact 35g measured within helmet, Speed  [42, 43]

of skater can reach 50 km/h
Puck Impact 0.163 kg, up to over 45 m/s & 160 ] [42]

Rugby Scrum Total force across front row 4.4 kKN [44]
to 8 kN
American Head collision ~ 29.2g measured within helmet in [43]
Football high school
Soccer Heading 16to55¢g [43, 45]

Boxing punch 3-5 kN skill dependent [46, 47]
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3. BIOMECHANICAL LOADS IN SPORT

Athletes impact the ground repeatedly while running, jumping and landing.
Table 2 presents a selection of external biomechanical loads from a range of
sports. Vertical ground reaction forces in distance running, for example,
have been measured in the range of 1.4 to 4.2 times body weight [30]. So an
80 kg runner could easily experience vertical ground reaction forces of
greater than 2 kN. In gymnastics ground reaction forces in take off and
landing applied to the feet have been measured up to 14 times body weight
and to the hands at twice body weight [31, 32]. Poor skill execution can
result in injury. The energy and impact forces measured in boxing, scrum
engagement, and from projectiles are high and known to cause injury to the
head and chest.

4. CONTROLLING IMPACT INJURY RISKS IN
SPORT
4.1 Elimination, Substitution & Engineering

In the context of formal sports it is possible to eliminate some injury risks by
elimination or substitution of hazards, or engineering methods. A number of
examples will be given: substituting the boundary fence in cricket,
substitution of balls in baseball, breakaway bases, and the role of ground
hardness. Banning a sport is an additional approach. Removing rigid
structures from the playing field or replacing them are obvious methods for
preventing impact injuries.

4.1.1 Baseball balls

In baseball, softer balls have been shown to reduce the risk of head injury in
comparison to standard balls [48, 49]. Marshall et al observed a 28%
reduction in the risk of injury in baseball for games using the reduced impact
ball compared to the standard ball (rate ratio = 0.72) [49]. The softest impact
ball was observed to be associated with the lowest risk of injury (adjusted
rate ratio = 0.52) and the authors reported on a study noting that adult and
child players found it difficult to identify the differences between standard
and safety balls in pitching, throwing and batting. Unfortunately, the
benefits of safety balls in preventing commotio cordis may be minimal based
on impact testing using the Viscous Criterion as an assessment tool for chest
injury risk [50].
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4.1.2 Breakaway bases in baseball and softball

The design and evaluation of breakaway bases for baseball and softball is a
highlight of the sensible application of engineering controls to address a
common injury risk. The breakaway base consists of a mother (base) plate
fixed into the ground by a post and a detachable base top. If a sufficiently
large shearing force is applied to the base top grommets release and it slides
away. Therefore, the maximum leg force that is experienced by the player is
equal to the release force of the base top. The breakaway force can be
designed to limit the force applied to the leg to a level below which injury
will not occur. Field studies of breakaway bases have shown that they are
very successful in reducing injury in softball and baseball Janda et al found
that breakaway bases could almost eliminate injury related to sliding in
softball, when a prospective trial of breakaway bases was conducted [51-53].
The rate ratio was 22.8 injuries on a field with stationary/fixed bases to one
on a field with breakaway bases. In a follow up study in college and
professional baseball an 80% reduction in the risk of sliding related injuries
was observed on breakaway base compared to stationary base equipped
fields. In cricket similar problems have been addressed by introducing a
rope inside the fence to represent the boundary of the cricket field.

4.1.3 Environment — ground hardness and surface

Australian Rules Football is a fast, kicking and running game player at a
professional and amateur level across Australia. The game is associated with
a high rate of lower limb musculoskeletal injuries and collision injuries, e.g.
concussion. Recent studies have debated whether ground hardness is a direct
factor in the etiology of injury or whether it indirectly contributes to higher
injury rates as it enables higher running speeds and higher energy impacts.
Norton et al concluded that higher game speeds resulted in more collisions
and a higher risk of injury [54]. Ground hardness and turf will also affect
lower limb dynamics during running, stepping and cutting.

4.2 Training

Training has two main components in sport, fitness and skills. Fitness
training in the area of strength and power is important in the preparation of
participants, and may lead to increases in the strength of bone, muscle and
ligaments, as well as improved cardio-respiratory capacity. However, there
are potentially a number of detrimental effects for the participant and
opponent/s due to the increased mass and velocity of the ‘fit’ participant in
contact sports. Neuromuscular programs have been shown to be effective in
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reducing joint injuries in some sports. For example, a player stopping
suddenly and turning, in the absence of body contact, can reduce the risk of
knee ligament injury by improving their balance and control through
neuromuscular programs [55, 56]. The aim of the programs is to reduce the
loads applied to sensitive joint structures through improving the alignment of
body segments and, thus, reduce muscle and joint forces. Myklebust et al
observed a reduction in the rate of anterior cruciate ligament injuries in elite
female team handball players after exposure to a neuromuscular training
program [56].

4.3 Administrative Controls (Laws and Rules)

Rules are one of the most common methods used to prevent injury. Rules
and administrative procedures, e.g. playing field preparation, penalizing
hazardous play, PPE use, coaching and referee accreditation, and team
selection, have a role in preventing injury.

4.3.1 The rugby scrum

The rugby scrum has received substantial attention over the years with
regards to SCI. A rugby scrum consists of eight players divided into the
three front row and two back row and three ‘loose’ forwards. The front row
of each team’s scrum engages through their heads and shoulders in a forceful
driving motion. This can result in high axial compressive neck forces
combined with a bending moment and/or shear forces; during the 2003
Rugby World Cup there was one case of cervical dislocation during a scrum
engagement that was a career ending injury. Milburn measured the forces
applied to an instrumented scrum machine, and found that the total
horizontal forward force on engagement ranged between 4.4 kN for high
school players to 8 kN for the Australian national team [44]. After the initial
engagement, the sustained force reduced by approximately 20%. The forces
on engagement have the potential to exceed axial neck load and bending
moment tolerance limits. Scrum laws for under 19 year olds eliminate an
impact on engagement and permit each front row to orient itself well, thus
reducing neck loads.

4.3.2 The tackle and body checking

The tackle in rugby, Australian and American football, and body checking in
ice hockey are associated with risks of minor to severe impact injury,
including skull fractures, brain injury and SCI. In rugby, approximately half
of all injuries arise in the tackle. Factors that may give rise to injury risks,
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including SCI and concussion, in the tackle include: high tackles; high
velocity tackles; tackles in which the tackler may have been in the peripheral
vision of the ball carrier; 'big hits' in which the ball carrier is tackled by more
than one player; an