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1 Introduction
Within PIONEERS WP2 dedicated to the improvement of injury assessment methods for the
mortorcyclists one first finds D2.1report, which focusses to the existing generic protective system
models. Coming to the impact biomechanics aspects, the present D 2.2 report exposes the
approaches for the definition of injury criteria dedicated to the assessment of injury risk related
to the relevant body parts. For each body segment, a brief description of anatomy is exposed
followed by a description of the different injury mechanisms, i.e. the definition of the mechanical
parameter that leads to a specific kind of injury. It is than shown how the tolerance limit or injury
criteria is derived from experiments conducted with PMHS or via the reconstruction of welldocumented real world accidents by the different research groups.
The report is organized by body parts, starting with the thorax and ankle, followed by the pelvis,
and finally the head and neck segments. For each of this segment a review of existing injury
criteria is presented and when existing also model based injury criteria are introduced.
As a continuation of the present impact biomechanics aspects, the following report (D2.3 will
expose the state of the art of the existing models and focus on advanced model based injury
criteria. Finally, Deliverable D2.4 provides the experimental data available for the validation of
future body segment models as well as recommendation for the establishment of such models.
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2 Approach for the definition of Thorax injury
criteria
In car crash scenarios, injuries to the thorax were usually caused by compression, viscous or
inertial loading or combinations thereof. The thorax tolerance level of injury has been evaluated
for various car-crash-related loading cases using different kinds of experiments. Multiple injury
criteria were also proposed to estimate the potential thoracic injury risk under a certain impact
loading. The widely used thoracic injury criteria include: acceleration, force, compression,
viscous criterion (VC), combined thoracic index (CTI), thoracic trauma index (TTI), etc (displayed
in Table 1 and 2).
Table 1: Frontal impact tolerances of the thorax

[Título]

Page 13 of 90

30/9/19

Table 2: Lateral impact tolerances of the thorax

2.1 Acceleration Criterion
Early studies often used acceleration to quantify thoracic injury. Thoracic tolerance for severe
chest injury is often considered as the peak spinal acceleration (T1/T2, T8, T12 with
SAEJ211 600Hz filter) (sustained for 3ms or longer) not to exceed 60 g in a frontal crash. FMVSS
208 [1] also uses this value recorded on the Hybrid III dummy to assess frontal impact crash
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worthiness (see Table 1). For lateral impact, multiples thresholds were also proposed to evaluate
the potential injury risk (see Table 2). However, Lau and Viano [2] suggested that spinal
acceleration should generally indicate the overall severity of whole body impact and be sensitive
to changing impact conditions.

2.2 Force Criterion
In the sled tests with unrestrained cadavers (Patrick et al. [3]), a 3.3kN hub load to the sternum
and 8.8kN distributed load to the shoulders and chest were found to cause minor skeletal injuries
(see Table 1). Similarly, multiples thresholds were also proposed to correlate with different injury
levels for lateral impacts (see Table 2). However, the force criterion takes no account of the
viscous nature of thorax.

2.3 Compression criterion
The compression criterion for frontal chest impact was developed based on the work carried out
by Kroell et al. [4, 5]. In the experiments conducted by Kroell et al. [4, 5], fifteen unembalmed
specimens were exposed to midsternal, blunt impacts using a horizontal striker mass. Impact
velocities were ranging from 22.5 to 51.5 km/h and impact mass from 16.3 to 23.6 kg.

Figure 1. Force-deflection results from the experiments done by Kroell et al.[2].

In their study, Kroell et al. [4, 5] found a linear relationship between AIS and chest compression
(Figure 2). This AIS correlation is based on skeletal injuries because the tests were done on
unembalmed cadavers [6]. The correlation is as follows:

[Título]
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Figure 2. AIS - Chest compression correlation [4, 5]

Where C is the chest compression divided by chest depth. As an example, for a 50th percentile
male with a chest depth of 230 mm, a deflection of 69% (30% compression, C=0.3) will result in
2-3 ribs fractures. Similarly, for a compression of 40%, the AIS would be 4. The next table (Table
3) summarizes the linear relationship between chest compression and AIS.
Table 3. Linear relationship between chest compression and AIS.

No. of rib fractures

AIS

% Compression

Deflection (mm)

1

1

24

55.2

2 -3

2

30

69

4 or more

3

35

80.5

Flail chest

4

40

92

Bilateral flail chest

5

45

103.5

In previous studies, the injury risk curves have been proposed for different populations [7, 8] and
different injury levels [9] based on the thorax deflection criteria. These injury risk curves are
shown in Figure 3-8.

Figure 3. Non-Age Dependent Risk Curves for AIS ≥ 3 Injury for Sternal Deflections of Small Females,
Mid-Size Males and Large Males Subjected to Distributed, Anterior Thoracic Impacts [7]
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Figure 4. Non-Age Dependent Sternal Deflection Risk Curve for AIS ≥ 3 Injury for Anterior, Distributed
Thoracic Impacts of Mid-Size Males [7].

Figure 5. Age Dependent Risk Curves for AIS ≥ 3 Injury Produced by Distributed, Anterior Impacts to
the Thoraxes of Small Females [8].

Figure 6. Age Dependent Risk Curves for AIS ≥ 3 Injury Produced by Distributed, Anterior Impacts to
the Thoraxes of Mid-Size Males [8].
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Figure 7. Age Dependent Risk Curves for AIS ≥ 3 Injury Produced by Distributed, Anterior Impacts to
the Thoraxes of Large Males [8].

Figure 8. Sternal compression injury risk. (A) Injury risk functions developed from Mertz et al. (1997), (B)
NHTSA FVMSS 208 injury risk functions (NHTSA, 1998), and (C) NHTSA NCAP chest injury risk by age
(NHTSA, 2008). [9]
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2.4 Viscous Criterion
The viscous criterion (VC) is an injury criterion to consider both the compression and ratedependent properties of soft tissue. The VC value (m/s) is the maximum product of velocity of
chest deformation and compression, both of which are determined by measuring the rib
deflection (side impact) or the chest deflection (frontal impact):

𝑉𝐶 = 𝑉 (𝑡 ) × 𝐶 (𝑡 ) =

𝑑[𝐷(𝑡)]
𝑑𝑡

×

𝐷(𝑡)
𝑏

where V(t) [m/s] is the velocity of the deformation calculated by differentiation of the deformation
D(t), and C(t) denotes for the instantaneous compression function which is defined as the ratio
of the deformation D(t) and the initial chest depth b. VCmax of 1.3m/s was found to correspond to
a 50% probability of thoracic AIS>3 while VCmax of 1.3m/s to a 25% probability of AIS>3 (Lau
and Viano [10, 11]). As for the critical values, VCmax was required to be equal to 1.0m/s or less
by both ECE R95 (lateral impact) and ECE R94 (frontal impact). Viano et al [10] also proposed
a VCmax-based injury risk curve for AIS 4+ (displayed in Figure 9).

Figure 9. Risk of severe chest injury as a function of the maximum viscous response for blunt frontal
impacts
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2.5 Combined Thoracic Index
Combined Thoracic Index (CTI) is an injury criterion particular for frontal impact. CTI takes into
account both the chest compression and acceleration responses to address airbag and belt
loading. CTI can be calculated with the following equation:

𝐶𝑇𝐼 =

𝐴𝑚𝑎𝑥
𝐴𝑖𝑛𝑡

+

𝐷𝑚𝑎𝑥
𝐷𝑖𝑛𝑡

where
Amax = 3 ms value (single peak) of the resultant acceleration of the spine (T1 vertebra) [g]
Aint = critical 3 ms intercept value [g]
Dmax = deflection of the chest [mm]
Dint = critical intercept value for deflection [mm]
Intercept values are defined for different dummy types. For the 50th percentile Hybrid III, for
example, they read 85 g for Aint and 102 mm for Dint.
Thompson et al [12] proposed the CTI-based injury curves for different injury levels (displayed
in Figure 10) based on the following equations:

𝑝(𝐴𝐼𝑆2 +) =
𝑝(𝐴𝐼𝑆3 +) =
𝑝(𝐴𝐼𝑆4 +) =
𝑝(𝐴𝐼𝑆5+) =

[Título]

1
1 + 𝑒 4.874−(6.036∗𝐶𝑇𝐼)
1
1 + 𝑒 8.224−(7.125∗𝐶𝑇𝐼)
1
1 + 𝑒 9.872−(7.125∗𝐶𝑇𝐼)
1
1+

𝑒 14.242−(6.589∗𝐶𝑇𝐼)
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Figure 10. Injury probability curves for chest injury (CTI) [12]

2.6 Thoracic Trauma Index
The Thorax Trauma Index (TTI) is a thorax injury criterion particular for side impact scenario. TTI
assumes that the injury occurrence should be related to the mean of the maximum lateral
acceleration experienced by the struck side rib cage and the lower thoracic spine. TTI also
considers the influences of the subject weight and age by combining information on the
kinematics with parameters of the subject’s individual physique. The TTI (g) can be calculated
with the following equation:

𝑇𝑇𝐼 = 1.4 × 𝐴𝐺𝐸 + 0.5(𝑅𝐼𝐵𝑦 + 𝑇12𝑦 ) × (𝑀𝐴𝑆𝑆/𝑀𝐴𝑆𝑆𝑠𝑡𝑑 )
where AGE (years) is the test subject age; RIBy (g) is the maximum of either 4th or 8th struckside rib acceleration (absolute value); T12y (g) is the maximum of the 12th thoracic vertebra
lateral acceleration (absolute value); M denotes the subject’s mass (kg) and Mstd refers to a
standard mass of 75 kg.
A large number of cadaver tests were previously performed (Kallieris et al [13]) and injury risk
functions regarding TTI values were established statistically.
Kuppa et al [14] proposed the TTI-based injury curves for different injury levels (displayed in
Figure 11) based on the following equation:

𝑇𝑇𝐼 = 1.4 × 𝑎𝑔𝑒 + 0.5 × (𝑟𝑖𝑏𝑚𝑎𝑥 + 𝑠𝑝𝑙) ×

[Título]
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where ribmax is the max of (1.3*rlu-2.02) and rll; rlu is the accelerations at the 4th rib; rll is the
accelerations at the 8th rib; spl is the lower spine acceleration.

Figure 11. Risk of AIS 3+ and AIS 4+ thoracic injury as a function of TTI from current study [14] and from
the combined data of Eppinger et al [15] and Cavanaugh et al [16].

2.7 Rib fracture injury risk strain-based prediction
In his study, Forman et al. [16] developed a causal probabilistic method to predict rib fracture
risk based on strain outputs from human body FE models. For this analysis, firstly, a strain-failure
relationship was defined based on the probability that the local strains observed in the ribcage
model would exceed the ultimate strain of rib cortical bone. This estimation is based on a
cumulative distribution of rib cortical bone ultimate strains derived from the experiments
conducted by Kemper et al. [17, 18]. The ultimate strain values were obtained through uniaxial
tensile testing of coupons of human rib cortical bones (12 individual cadavers with 5-20
specimens per cadaver). To determine a cumulative, non-parametric distribution of mean
ultimate strain, all ultimate strain mean values calculated for each subject were ranked and
combined [16]. Due to the different age of the cadaveric subjects Forman et al. [16] also adjusted
the distribution for age variations of experiment sample group. See Figure 12.
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Figure 12. Original non-parametric, cumulative relative frequency distribution of rib cortical bone ultimate
strain compared to age-adjusted examples (25 and 75 years old) [4].

To understand the cumulative distribution should be interpreted as an indication of the probability
that a chosen strain value is greater than or equal to a chosen ultimate strain value within the
age-adjusted database (See Figure 13). Assuming that a fracture occurs when the peak strain
is greater than or equal to the ultimate strain, the cumulative distribution can be used to indicate
the probability of fracture for given peak strain [16].

Figure 13: Interpretation of the cumulative relative frequency distribution of rib cortical bone ultimate
strains. Plots age-adjusted for 45 years old sample group [4].

In his study, Forman et al. [16] also determined the probability of a chosen number of fractures
occurring in the entire ribcage. For that purpose, the probability of fracture at each potential
fracture site (defining potential fracture as whole individual ribs and not only every local areas of
peak strain within the rib) was estimated (See Figure 14). Those probabilities were aggregated
to determine the probability of a determined number of fracture using a generalized form of a
binomial probability model.
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Figure 14. Determination of 90% confidence interval for the number of fractures predicted to occur from
an example simulation [16].

The analysis conducted by Forman et al. [16] assumed that rib fractures are independent events,
where the occurrence of a fracture in one location does not affect the probability of fracture in
another location. That means that a relatively small number of rib fractures do not affect the
overall stiffness of the ribcage [19-21]. However, large number of rib fractures could potentially
destabilize the ribcage, affecting the risk of fracture at other sides. Therefore, Forman et al. [16]
limited his calculation of probability of fracture to cases of 0 to 7 fractures.
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3 Approach for the definition of ankle injury
criteria
Lower extremity injury is a common problem in crashworthiness. Not only for car safety, where
the 45% of all AIS 2+ injuries are accounted at this body region [22] and an increase of the
incidence of foot and ankle injuries is observed [23], but also for Powered-Two-Wheelers
safety, where lower limb injuries are highly reported in different databases extensively analysed
in Deliverable 1.1. Powered Two-Wheelers – Road Traffic Accident Scenarios and Common
Injuries [24]. Also in sports ankle injuries are a disabling problem. For example, 25% of injuries
registered in running and jumping sports are ankle injuries [25].

3.1 Ankle
The ankle region is the junction of the leg and the foot. The main bones of the ankle are the tibia
and fibula (both in the leg) and the talus and calcaneus (both in the foot). The joint is bound by
the deltoid ligament (formed by the posterior tibiotalar part, the tibiocalcaneal part, the anterior
tibiotalar part and the tibionavicular part), the calcaneofibular ligament, the anterior talofibular
ligament and the posterior talofibular ligament. This group of bones and ligaments constitute the
three joints included in the ankle region: the inferior tibiofibular joint, the talocrural joint and the
subtalar joint 26, 27]. See Figures 15 and 16.
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Figure 15. Bones, ligaments and tendons of the foot 1 [27].

Figure 16. Bones, ligaments and tendons of the foot 2 [27].
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3.2 Injury mechanism: Inversion and eversion
The inversion and eversion is the rotation movement of the foot at the X-axis of the ankle
according to the SAE sign convention used to describe the ankle rotations (Figure 17).

Figure 17. Sign convention used to describe ankle rotations [19].

In inversion and eversion movements, the rotation occurs at the subtalar joint [28]. The subtalar
joint is defined approximately by the subtalar joint center, which is the point where occurs the
rotation of the calcaneus with respect to the tibia [28, 29]. See Figure 18.

Figure 18. Subtalar joint center of rotation [28].
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The injuries observed from an extreme inversion and eversion loading movement are mainly
collateral ligament tears and avulsions. On one side, the rupture of the lateral ligaments, that is,
the anterior talofibular and calcaneofibular ligaments, are expected in inversion rotation. On the
other side, the rupture of the tibiocalcaneal ligament commonly occurred in eversion. Without
axial preload, bone fractures are rarely expected [28].

Figure 19. Commonly injuries expected in inversion and eversion [28].

3.3 Injury risk assessment
3.3.1 Experimental procedure
Due to the high rate of ankle injuries registered in frontal vehicle crashes [22, 13, 30], several
experimental studies with cadaveric lower limbs were developed to understand the injury
mechanism and assess injury criteria for the inversion and eversion rotation of the ankle under
different loading conditions. Begeman et al. 1993 [31] carried out experiments under dynamic
loading conditions also applying axial load to the tibia, Parenteau et al. 1998 [32] conducted his
experiments under quasistatic conditions with no axial load and Petit et al. 1996 [33] made them
under quasistatic load but applying tension to the Achilles tendon. Finally, Funk et al. 2002 [28]
analysed three different conditions: neutral flexion with2 kN preload on the tibia, 30° dorsiflexion
with 2 kN preload and neutral flexion with no axial preload. The experimental results from the
load condition with neutral flexion and no axial preload are the most interesting from the
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perspective of PTW safety. Therefore, this condition was chosen for the assessment of injury
risk.

Figure 20. Schematic diagram of test apparatus used by Funk et al. 2002 [19].

Funk et al. 2002 [28] conducted his experiments with cadaveric lower limb specimens applying
dinamically (1000°/s) pure moments about the inversion-eversion axis of the foot. The test
apparatus (see figure 6) consists on the rotation of a footplate driven by pneumatic piston. The
proximal tibia was mounted depending on the three different loading conditions. For neutral
flexion and no axial preload, the rod extending from the tibia was mounted in a slider bearing
allowing free longitudinal translation [28].

3.3.2 Injury risk
The results presented by Funk et al. 2002 [28] (see Figure 21) reported a mean failure angle of
34° in inversion and 30° in eversion. Those values are similar to the 34° in inversion and 32° in
eversion presented by Parenteau et al. 1998 [32] and Petit et al. 1996 [33], both using the same
methodology. Another issue showed in the results is that the axial load and the rotation direction
have an effect on the injury moment [28].
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Figure 21. Experimental results reported by Funk. et al 2002 [28].

Together with the analysis of the experimental results and the use of the method of survival
analysis, Funk et al. [28] established some injury risk curves depending on the moment and the
angle of the calcaneus with respect to the tibia. Due to the low level of samples analized in the
study (n=30) the effect of the axial preload, rotation direction and specimen gender in the injury
moment was demonstrated, but not the influence of other parameters like specimen age, mass
or Bone Mineral Density [28]. The injury risk curves in term of the moment applied to the subtalar
joint and in terms of the inversion/eversion angle of calcaneus with respect to the tibia are
presented respectively in Figures 22 and 23 just as the injury assessment references values are
summarized respectively in Figures 24 and 25.

Figure 22. Injury risk as a function of subtalar joint moment for inversion/eversion, axial preload and
gender [25].
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Figure 23. Injury risk as a function of inversion/eversion angle for different levels of axial preload [25].

Figure 24. Summary of injury assessment reference values in terms of subtalar joint moment [25].

Figure 25. Summary of injury assessment reference values in terms of inversion/eversion angle of the
calcaneus with respect to the tibia [25].
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4 Approach for the definition of pelvis injury
criteria
Several studies evaluated the behavior of the pelvic region, especially of the pelvic bones. Some
of them tested isolated pelvic bones specimens [34, 35], other conducted PMHS test [36, 37] but
all of them analyzed the response of the pelvic region under lateral loading and not under
anterior-posterior loading configurations, which is the main scope of interest from the PTW safety
perspective. Despite the anterior-posterior loading of the pelvic region due to an impact against
the fuel tank has been reported as the most common cause of urogenital injuries [38, 39] or
pelvis bone fractures [40] in a motorcycle frontal crash, there is still a lack of experimental data
and in consequence any injury criteria could not be defined neither for pelvis fracture and soft
tissue injuries.
In the deliverable D2.3 Improved numerical human body models [41], a modification of the
human body model THUMS V4 Occupant [42] is presented as a first step of soft tissue injuries
of the testicular region. We proposed a comparative or relative assessment procedure by the
measurement of output parameters using this improved model in an impact simulation against
the fuel tank. However, those parameters should be interpreted as an orientation and not as an
injury risk assessment due to the lack of experimental data and thereby, model validation.

Figure 26. Measurement of the distance between soft tissue surface and pelvic bone.
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The first proposed parameter to analyse is the contact force between the new defined testicular
region and the fuel tank. The second one is to measure the energy absorbed by those elements
representing the new soft tissue. Finally, another proposal parameter is the distance between
the soft tissue surface and the pubic symphisis (See figure 26) to evaluate an approximation of
how highly is the testicular soft tissue compressed between the pelvis bone and the fuel tank.
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5 Head injury risk assessment procedure
Head Injuries are the leading cause of death of powered two wheelers: A GIDAS study of
Fredriksson and Sui [43] showed that 48% of fatal injuries were located at the head. Although
the use of motorcycle helmets led to a decrease of head injuries, there is still room for
improvement of their protective effect.
Head impacts can cause neurodegenerative disease chronic traumatic encephalopathy (CTE).
CTE has distinct pathological characteristics, with deposition of tau protein in depths of sulci and
a perivascular location. This pattern of tau pathology has been reported in postmortem cases of
repetitive head impacts [44] and in long-term survivors of single head impacts [45], and suggests
that the mechanical forces within the brain at the time of injury are related to the pathology after
the injury. This relationship can be studied by using high fidelity computational models of brain
injury biomechanics that predict patterns of mechanical forces within the brain during the short
time course of the impact. These models can also be used to test helmet performance and
provide a way to optimize them for the protection of long-term effects of head impacts.
Over the past forty years, the biomechanical research community on the has put a udge effort
into the understanding of the head injury mechanisms . One of the main difficulties of this
research field is that a functional deficiency is not necessarily directly linked to a damaged tissue.
Nevertheless, an injury is always a consequence of an exceeded tissue tolerance to a specific
loading. Even if local tissue tolerance has very early been investigated, the global acceleration
of the impacted head and the impact duration are usually being used as impact severity indicator.
Currently thresholds concerning helmet performance are set in terms of maximum headform
acceleration (fixed at 250 or 275 G respectively for cyclists an motorcyclist) according to the
WSU tolerance curve proposed in the 1950’s. To protect the head in an automotive environment,
HIC has been introduced in the 1970’s as reported hereafter. This criteria, is based on the linear
head acceleration evolution over time and has been set at around 1000 for linear frontal or
occipital impact. For motorcycle helmets, this criterion has been set at HIC 2400 which has no
sense in a biomechanical point of view. For bicycle helmets HIC is not considered. It must be
mentioned here that maximum linear acceleration or HIC do not integrate lateral direction or
rotational acceleration, when it has been demonstrated that the capability of the human head to
support impact is strongly direction dependent [46]. On the other hand it is well known since
1943 [47, 48] that rotational acceleration has a critical influence on intra-cerebral loading and in
turn on DAI. These very simplified head injury criteria present therefore a number of limitations.
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Hereafter a number of head injury criteria proposed in the last decades are summarized and
evaluated. This section is organized in 5 chapters dealing respectively with Head injury criteria
based on linear acceleration, rotational acceleration, combined linear and rotational acceleration
and also model based head injury criteria.

5.1 Head injury criteria based on translational acceleration
5.1.1 Maximum resultant head acceleration
The Wayne State Tolerance Curve is considered to be the foundation of research on human
head injury criteria (Figure 27). This curve derived from the research performed by Lissner et al.
[49], Gurdjian et al. [50, 51, 52, 53] and Patrick et al. [54], and gives the tolerable average
acceleration in A-P direction (Anterior-Posterior) as a function of pulse duration. The curve is
given in Figure 27. Slight cerebral concussion without any permanent effects was considered to
be within human tolerance. Only translational accelerations were considered in the development
of the curve, which was obtained from different experiments with cadavers, animals and
volunteers. The short duration part of the curve (2<t<6 ms) was derived from cadaver tests in
which skull fracture was chosen as injury criteria. Cadaver and animal tests were used for the
intermediate pulse durations (6<t<10 ms). For this part of the curve, intracranial pressure was
used as the injury criteria in the cadaver tests and concussion was chosen as the injury criterion
in the animal tests. The long duration part of the curve (t>10 ms) was obtained from volunteer
tests. There was no head impact in these tests and no injuries were observed. By assembling all
these tests in one single curve it was assumed that skull fracture and concussion correlate.
Lissner et al. [49] suggested that for a given duration, accelerations above the curve lead to
injury (survival hazards), while accelerations below the curve are tolerable and cause, at most,
cerebral concussion without permanent effects. Except for the long duration accelerations, the
WST-curve has never been validated for living human beings.
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Figure 27. Wayne State Tolerance Curve. The figure is divided into three parts:
1) Short duration area obtained from cadaver experiments;
2) Intermediate duration area, obtained from cadaver and animal experiments,
3) Long dration area, obtained from volunteer tests.
At a given duration, accelerations above the curve give injury, while accelerations below the
curve do not lead to injury (Beusenberg 1991).

A very early head injury criteria which is often used because of its simplicity is the maximum
resultant head acceleration (amax). The threshold for amax depends on its application, because of
the time dependent nature of the resultant acceleration with respect to head injury. Maximum
linear acceleration is used for many years and continues to be used in several helmet standards
(Snell 1995, CSA 1985) Amax  N with N a value which depends on the standard used. This
criteria doesn’t take into account the time duration of the impact even in some cases the
maximum value is given for a maximum impact duration.
Therefore, a variation of this criteria is A3ms value which refers to the maximum deceleration that
lasts for 3ms. Even if a “kind” of time duration is taking into account, similar limitations can be
done for this criterion. The A3ms criteria is based on the WSTC.A3ms should not exceed 80g [55].
According to Chin et al (CEN TR16147) [56], and based on COST 327 reports, a head
acceleration of 200 to 250 G and 250 to300G lead respectively to severe AIS4, respectively AIS5
head injury.

5.1.2 The head injury criterion (HIC)
The Wayne State curve as described above led to the development of the Gadd Severity index
(GSI), proposed by Gadd in 1966 [57], which was expressed in the form:
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𝐺𝑆𝐼 = ∫𝑎(𝑡)2.5 𝑑𝑡

(1)

𝑇

Where T = the total pulse duration, and a (t) = acceleration at the center of mass of the head, as
a function of time.
This was described as the weighted impulse criteria for which a value of 1000 was considered
unsafe. However, it can be shown that for irregular pulse shapes, there may exist within the pulse
envelope which has a value greater than that for the whole pulse. The GSI has received
significant scientific criticism, because it deviates considerably from WSUTC [58. Thus, it was
decided that the maximum value within the pulse should be assumed to be the criterion for head
injury. This became the Head Injury Criteria, HIC, which is given below:
1

𝑡2

2.5

𝐻𝐼𝐶 = [(
∫ 𝑎 𝑑𝑡)
𝑡2−𝑡1 𝑡1 𝑟𝑒𝑠

(𝑡2 − 𝑡1)] max

(2)

With:t1 and t2 [ms] any two points in time during any interval in the impact; a = resultant
acceleration of the center of mass of the head.
After much discussion over many years, tl and t2 were defined to be any two times during the
entire impact duration for which HIC is a maximum value. Hodgson and Thomas [59] suggested
that the critical HIC interval should be less than 15 ms, even if the HIC value exceeded the
threshold of 1 000 over a longer interval. His finding was based on examination of events where
the concussive outcomes were known or could be determined. The threshold of 1000 is still
under discussion; because head injuries were found at HIC values of 500, while HIC values of 3
000 were sustained without major injury. The benefit of HIC over peak linear acceleration is that
HIC is related to time and it is known that pulses with the same peak value but different duration
can give a different injury outcome. Unfortunately, HIC and AIS values have never been
satisfactorily correlated.
According to Chin et al (CEN TR16147) [56], and based on COST 327 reports, a HIC1000,
respectively HIC 2000 leads to 10-15% respectively 35-50% probability of death. Therefore it
can be stated that HIC is an inaccurate criteria for extreme head injury which is not adapted for
less severe brain injury.

5.1.3 The skull fracture correlation (SFC)
SFC was developed by Vander Vorst et al. [60, 61] to predict skull fracture based on statistical
analysis of PMHS test and FE simulation results. SFC was defined as the averaged acceleration
over the HIC time interval.
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𝑆𝐹𝐶 =

∆𝑉𝐻𝐼𝐶
∆𝑇𝐻𝐼𝐶

(3)

Where ΔTHIC is the time interval (t1-t2) that maximizes the integral in Eq 2. and ΔVHIC is the change
in velocity over the time interval.
Vander Vorst et al. [60] studied the correlation between tensile skull strains, computed from an
over simplified spherical FE head model with the SFC in frontal impact experiments. Vander
Vorst et al. [61] and Chan et al. [62] extended the investigation to lateral impacts of skull and
different shapes of the impactor for developing a generalized linear skull fracture criteria.
However, due to lack of good correlation between strain and SFC for cylindrical impact surface,
the study mainly focused on flat impact surface. The 50% Risk of skull fracture was proposed as
SFC50 = 155g.

5.2 Head injury criteria based on rotation acceleration and
velocity
Concerning neurological injuries, Holbourn [47] suggests that the rotational acceleration induced
by a given impact causes high shear strains in the brain, thus rupturing the tethering cerebral
blood vessels, neo and subcortical tissue. This author was the first who suggests the importance
of rotational acceleration in the appearance of cerebral concussion about 70 years ago.

5.2.1 Maximum rotational acceleration and velocity
There is no criterion related specifically to rotational acceleration. However, there has been
research to determine what values of rotational acceleration are likely to cause injury and this is
reviewed below. In 1967, Ommaya et al. [63] proposed a method in order to extend the results
of experiments on concussion producing head rotations on lower primate subjects to predict the
rotations required to produce concussions in man. A chart of angular acceleration required to
reproduce concussion in the rhesus monkey indicates that an acceleration of 40 krad/s² will have
a 99% probability of producing concussion which corresponds to an angular acceleration of 7500
rad/s² for human.
Ommaya et al. [48] studied the effect of whiplash injury on rhesus monkeys and showed that if
the head was subjected to a rotational acceleration above a threshold value, subdural and
subarachnoid injuries were obtained.
Unterharnscheidt [64] studied the effects of translational and rotational acceleration of the brain
in closed head injury. Pure translational acceleration creates pressure gradients while rotational
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acceleration produces rotation of the skull relative to the brain (shear stress). Based on animal
experiments, he showed that a linear acceleration of 205g caused neither behavioral nor
histological changes in the central nervous system. A linear acceleration of 280-400g produces
commotions and considerable primary traumatic lesions are produced by impacts corresponding
to more than 400g. In experiments concerning the effects of rotational acceleration on the brain,
he showed that a rotational acceleration of 101-150 krad/s² lead to no injury. However for higher
accelerations, up to 197 krad/s², he observed subdural hematomas combined with neurological
injuries.
A series of head impact experiments was performed by Ono et al. [65] using 63 live monkeys. In
order to find a relationship between the impact and the observed lesions, several types of loading
were used. The results indicated that the concussion and cerebral contusion depended on the
translational and rotational acceleration impact. Brain contusions appeared at a rotational
velocity of at least 300 rad/s, and the authors suggested that a rotational component is necessary
for the occurrence of brain contusions but concerning the occurrence of concussion, the authors
showed no correlation with the rotational acceleration of the head.
In a primate study, Gennarelli et al. [66] proposed that a rotational acceleration exceeding 175
krad/s² would produce SDH in the rhesus monkey.
Pincemaille et al. [67] has conducted experimentations with volunteer boxers by equipping their
head with an accelerometric system measurement in order to be able to record the kinematics
of the head during fights. The angular acceleration limit recorded by the authors for a beginning
concussion lied in the range of 13,6 krad/s² and 16 krad/s² which correspond to an angular
velocity of 25 rad/s and 48 rad/s respectively. These values are higher than those proposed by
Ewing et al. [68] for the same type of analysis (1700 rad/s² corresponding to an angular velocity
of 32 rad/s).
Pellman et al. [69], generated injury risk curves for concussion from reconstructed NFL impacts
using Hybrid III ATDs. In that study, the average concussive impact (n = 25) had a rotational
acceleration of 6432 rad/s² and rotational velocity of 36.5 rad/s.
Rowson et al. [70], proposed an estimate of rotational acceleration tolerance derived from direct
acceleration measurements from instrumented human volunteers. The helmets of 335 football
players were instrumented with accelerometer arrays that measured head acceleration following
head impacts sustained during play, resulting in data for 300,977 sub concussive and 57
concussive head impacts. The authors developed an injury risk curve and proposed a nominal
injury value of 6383 rad/s² associated with 28.3 rad/s represents 50% risk of concussion.
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More recently Patton et al. [71] reported maximum rotational acceleration respectively velocity
of 4.5 krad/s² , respectively 33 rad/s² as a threshold for short or no loss of consciousness, based
on a set of American football players head impact analysis.
According to Chin et al (CEN TR16147) [56], and based on COST 327 report and literature
review, it could be shown that concussion AIS 1-2 can occur at 5 krad/s² and fatal injury AIS 5-6
can potentially occur at 10 krad/s². This correlates with data that indicate that there is a 35 % risk
of a brain injury of AIS 3 - 6 at 10 000 rad/s².

5.2.2 Brain injury criteria, BrIC
In 2011, Takhounts et al. [72] proposed a new metric in order to define a head injury criterion.
For this, the authors used a Finite element human head model [73]. With this model, a total of
114 animal brain injury experiments were simulated in the development of the biomechanical
injury metric – CSDM (cumulative strain damage measure). CSDM is based on the hypothesis
that DAI is associated with the cumulative volume of brain tissue experiencing tensile strains
over a predefined critical level.
Next, frontal impact tests with the Hybrid III dummy (43 NCAP tests - drivers and passengers –
available from NHTSA database) were used to develop BRIC for frontal impact. To do so, first,
based on criteria established previously with SIMon FEM, CSDM values were calculated for each
test. Then optimization was carried out to obtain the best linear fit between CSDM and BRIC (in
the form of the following equation) using critical values of angular velocity and acceleration ωcr
and αcr as design variables and subjected to the constraint that BRIC=1 when CSDM =0.425
(30% probability of DAI/AIS4+).
𝐵𝑟𝐼𝐶 =

𝜔𝑚𝑎𝑥 𝛼𝑚𝑎𝑥
+
𝜔𝑐𝑟
𝛼𝑐𝑟

(4)

Where 𝜔𝑚𝑎𝑥 and 𝛼𝑚𝑎𝑥 are maximum angular velocities and accelerations for each accident
cases respectively. The linear relationship between CSDM and BRIC was then utilized to obtain
risk curves for hybrid III dummy (Figure 28). The critical values of angular velocity and
acceleration for the Hybrid III dummy were found to be ωcr=46.41 rad/s and αcr=39,774.87 rad/s².
After this, the authors used statistical artefact in order to propose head injury risk curves for
different AIS levels for HIII dummy in frontal impact case. Same methodologies have been done
for different dummies for different impact orientations and BrIC criteria have been proposed.
In 2013, Takhounts et al. [74] proposed a new definition of this BrIC criterion as follows:
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(5)

where ωx, ωy, and ωz are maximum angular velocities about X-, Y-, and Z-axes respectively, and
ωxC, ωyC, and ωzC are the critical angular velocities in their respective directions.
Even if the definition of BrIC value changed, the methodology to define head injury criterion was
the same than previously described (based on SIMon model which is based on animal data).
The authors proposed some limitations of this criterion:

•
•
•

“First, all the limitations that were applicable in the development and validation of SIMon
finite element head model [73, 75] are applicable” to this criterion. Main limitations of SIMon
model are that this model is based on animals data
“Second, only DAI type anatomic brain injuries in animals were investigated”
BrIC is not an “ultimate” head injury criterion that captures all possible brain injuries and
skull fractures”

The authors proposed to combine BrIC criterion with HIC value in order to “better capture head
injury” and eventually to also take skull fracture risk into account.

Figure 28. Risk of brain injueries as a function of BRIC for various AIS levels for Hybrid III (Frontal
impact).
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5.2.3 Injury criteria based on IRC
Kimpara et al. [76] developed a new head injury criterion by taking into account the resultant
rotational acceleration instead of resultant linear acceleration in similar way to HIC. This is called
Rotational Injury Criterion (RIC), derived by substituting resultant angular acceleration of α (t) for
in Eq.2. RIC is defined as

(6)

The maximum integral time duration for RIC was set to 36 ms, which was the original time
duration of HIC. RIC36 was correlated with CSDM computed from 31 impact events involving 58
American football players with strain thresholds of less than 15% (R>0.89). To predict mild TBI
based on logistic regression (modified maximum likelihood method) the 50% risk value is RIC36
= 1.03x 107.
Recently some more criteria have been proposed, like for example BITS (Brain Injury Threshold
Surface) [77] or RVCI (Rotational Velocity Change Index) [78]. Gabler et al. [79] analysed the
correlation of various brain injury criteria with the strain response of a FE head model and found
BrIC and RVCI as the best predictors. Anyway, they also showed that both criteria should be
further improved.

5.3 Head Injury Criteria based on Combined Rotational and
Translational Accelerations
5.3.1 Generalized Acceleration Model for Brain Injury Tolerance,
GAMBIT
In 1999 and 2000, Newman et al. [80, 81] proposed a new methodology to assess brain injuries,
based on multiple accident reconstructions of American football players' head collisions during
recorded games. Two cameras have been used in order to determine the relative position,
orientation and velocities between the helmeted head of two players when colliding together.
Then, the scene has been replicated experimentally thanks to two helmeted Hybrid III dummy
heads. The validation of this method is based on the rebound of the full body dummies after the
experimental replication compared to the filmed rebound of the football players’ bodies. For the
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injury cases, the peak resultant linear and angular head acceleration varied from 48 to 138g and
2615 to 9678 rad/s² respectively. For the non-injury cases the peak value of head acceleration
varied from 19 to 102 g and 1170 to 6613 rad/s² respectively.
In an attempt to combine translational and rotational acceleration, Newman in 1986 [82], in
contact with Transport Canada, introduces the concept of generalized GAMBIT (Generalized
Acceleration Model for Brain Injury Tolerance). The model attempts to weight, in an analogous
manner to the principal shear stress theory, the effects of the two forms of motion. G=1 is set to
correspond to a 50% probability of MAIS 3. However, the GAMBIT was never extensively
validated as an injury criterion. For example, the maximum time interval for a and m have never
been set.
1

 a(t )  m   (t )  n  s
 + 
 
G (t ) = 
 ac 
  c  

(7)

Where a(t) and (t) are the instantaneous values of translational and rotational acceleration
respectively. c and ac are limiting critical values and n, m and s are empirical constants (n = m
= s = 2.5, ac=250g, c = 25.000 rad/s²)

5.3.2 Head impact power, HIP
The Head Impact Power (HIP) was proposed by Newman et al. [81], the head is also seen as a
one mass structure. It is computed using both linear and angular accelerations measured at the
center of gravity of a Hybrid III dummy head as shown in the following formula:

HIP = C1 a x  a x dt + C 2 a y  a y dt + C3 a z  a z dt + C 4 x   x dt + C5 y   y dt + C 6 z   z dt


 
Linear contribution

(8)

Angular contribution

The Ci coefficients are set as the mass and appropriate moments of inertia for the human head:
C1 = C2 = C3 = 4.5 kg, C4 = 0.016 N.m.s², C5 = 0.024 N.m.s², C6 = 0.022 N.m.s².

o ax, ay and az [m.s-2] are the linear acceleration components along the three axes of the inertial
reference space attached to the dummy head.
o x, y and z [rad.s-2] are the angular acceleration components around the three axes of the
inertial reference space attached to the dummy head.
Since the HIP is a time-dependent function, the value taken as an injury predictor candidate is
the maximum value reached by this function. A 50% probability of concussion at a maximum
Head Impact Power (HIPmax) of 12.8 kW was found. The HIPmax is not validated for more severe
brain injuries, since such experimental data is not yet available. From their results, the authors
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concluded that HIPmax better correlates with mild traumatic brain injury than HIC. The authors
give three advantages of HIPmax over HIC to backup this conclusion:
Besides translational accelerations, HIPmax can also incorporate directional sensitivity, sensitivity
for rotational accelerations and sensitivity for angular and translational velocities. However HIP
was designed only for brain injury and not for SDH or skull fracture.

5.3.3 Injury criteria based on PRHIC
Kimpara et al. [76] omitted the linear terms from Eq 8 to get the angular HIP-ang(t) which
represented the rate of change in angular head kinematic energy as described:
(9)

The plots of maximum value of HIP-ang(t) versus the time duration of HIP-ang formulate similar
distribution as GSI or HIC definition. The resultant linear acceleration of Eq 2 was replaced by
Hip-ang(t) and

a new criteria called power rotational head injury criterion (PRHIC) was

developed as described in Eq 10.

(10)

The maximum integral time duration for PRHIC was set to 36 ms, which was the original time
duration of HIC. PRHIC36 was correlated with CSDM computed from 31 impact events involving
58 American football players with strain thresholds of less than 20% (R>0.90). To predict mild
TBI based on logistic regression (modified maximum likelihood method) the 50% risk value is
PRHIC36 = 8.70x 105.

5.3.4 Injury criteria based on principal component score (PCS)
To quantify sensitivity of various biomechanical measures of head impact (linear acceleration,
rotational acceleration, impact duration, impact location) to clinical diagnosis of concussion in
American football players Greenwald et al. [83] developed a novel measure of head impact
severity which combines these measures into a single score called Principal component score
(PCS) that better predicts the incidence of concussion. PCS is a weighted sum of translation and
rotational accelerations, HIC, and SI with empirically determined weights, as shown below,
(11)
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Where: sX = (X − mean(X)) / (SD(X)), LIN = linear acceleration, ROT = rotational acceleration
HIC = Head Impact Criteria, GSI = Gadd Severity Index.
On-field head impact data were collected from 449 football players at 13 organizations using inhelmet systems of six single axis accelerometers and Concussions were diagnosed by medical
staff and later associated with impact data. When all impacts were considered, every
biomechanical measure evaluated was statistically more predictive of concussion than guessing
(p < 0.005). However, for the top 1% and 2% of impacts based on linear acceleration, a subset
that consisted of 82% of all diagnosed concussions, only PCS was significantly more predictive
of concussion than guessing (p< 0.03), and, when compared to each other, PCS was more
predictive of concussion than classical measures for the top 1% and 2% of all data (p < 0.04).

5.4 Head injury criteria based on FE head modelling
It should be mentioned that the FE models mentioned in this section are models that have been
used in studies where the output from the model has been correlated to a tissue level injury
criteria. It is not therefore said that the models not described in detail have less potential to be
used as an injury prediction tool. The models not described in detail are described in Hosey et
al. [84], Ruan et al. [85],Claessens et al. [86], Iwamoto et al. [87] and Colgan et al. [88].
Brain injury is reported to correlate with stress, strain and strain rate [89, 90]. However, strains
and strain rates inside the brain (during impact) are difficult to measure. Advancements in
computational techniques have led to more accurate and more detailed numerical models of the
human head. These models bring a detailed injury assessment closer to reality and at tissue
level, since they enable stresses and strains to be examined. In the last decade tissue level brain
injury criteria have been proposed in terms of:
•
•
•
•
•
•
•
•

MPS
SCC
VM strain
SSR
Pmax
VM stress
CSDM
MAS

Max Principal Strain
Strain in Corpus Callosum
Max Von Mises strain
Strain*Strain rate
Max Pressure
Max Von Mises stress
Cumulative Strain Damage Measure
Maximum Axonal Strain

The present synthesis focuses on the most recent results with special attention paid to the new
generation of head FE models which enable it to compute axon elongation with advanced
anisotropic brain models.
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5.4.1 Simulated injury monitor, SIMon
Two head models have been proposed by the National Highway Traffic Safety Administration
(NHTSA) in different generations. One is SIMon 2003 (Simulated Injury Monitoring) developed
by Takhounts et al. [73] and the other is SIMon 2008 by Takhounts et al. [75]. SIMon 2003,
consists of a rigid skull, the dura-CSF layer, the brain, the falx cerebri, and the bridging veins. It
represents the head of a 50th percentile male head and has a mass of 4.7kg. The mass of the
brain alone is 1.5 kg. It is built with 10475 nodes and 7852 elements (7776 hexagonal solid and
76 beam elements). 76 beam elements are used to represent the bridging veins. The brain is
modeled with a linear isotropic viscoelastic material model. The other parts are modeled with
elastic material except the skull which is considered as rigid. This 2003 version model is validated
for brain motion for one test data from Hardy et al.[91].
The next detailed head model of SIMon was developed by Takhounts et al. [75] and illustrated
in Figure 29. The topology of the SIMon 2008 FEHM is based on CT scans of a single male
individual with the head size close to that of 50th percentile male. Detailed surfaces of the
cerebrum, cerebellum, and brain stem were generated. The SIMon FEHM consists of 42,500
nodes and 45,875 elements, of which 5153 are shell elements (3790 rigid), 14 are beam
elements, and 40,708 are solid elements. This is a larger model compared to the previous
(simpler) version of SIMon 2003. The mass of the new head model is 4.5kg including the brain
mass of 1.5 kg. The brain was modeled with a linear isotropic viscoelastic material model. The
PAC-CSF was also modeled with a viscoelastic model. The ventricle was modeled as an elastic
fluid and the other part excluding skull (modeled as rigid) were modeled as elastic material.
This new model is validated against intracranial pressure data of Nahum et al.[92] and Trosseille
et al.[93] experiments. Validation against 3 tests of Hardy et al.[91] was done to study the local
motion of brain.

Figure 29. SIMon model version 2008 [75].
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These two models were tested using available experimental animal injury data, including rhesus
monkeys [94, 66, 95, 96], baboons [95], and miniature pigs [97]. A total of 114 animal brain injury
experiments were simulated in the development of the biomechanical injury metric - CSDM. The
experimental kinematic loading conditions were scaled in amplitude and time to satisfy the equal
stress/velocity scaling relationship.
Once correctly scaled, these loading conditions were applied to the SIMon model. It was
assumed that the injury results from animal subjects were the same as that which would be
observed from a human under the equivalent impact input. With this, authors developed a metric,
the Cumulative Strain Damage Measure to predict brain injury. The CSDM is based on the
hypothesis that diffuse axonal injury (DAI) is associated with the cumulative volume fraction of
the brain matter experiencing tensile strains over a critical level. At each time increment, the
volume of all the elements that have experienced a principal strain above prescribed threshold
values is calculated.
It was found that CSDM (0.25) and maximum principal strain correlated with DAI observed from
animal tests.

5.4.2 Wayne State University Brain Injury Model (WSUBIM)
Over the last several years, several versions of the Wayne State University Brain Injury Model
(WSUBIM) were developed. Here we will discuss the recent development done by Zhang et al.
[98] and King et al. [99]. This revised model had equivalent anatomical features of a 50th
percentile male head including the scalp, skull with an outer table, diploë, and inner table, dura,
falx cerebri, tentorium, pia, sagittal sinus, transverse sinus, cerebral spinal fluid (CSF),
hemispheres of the cerebrum with distinct white and gray matter, cerebellum, brainstem, lateral
ventricles, third ventricles, and bridging veins. It consisted of a total of over 281,800 nodes and
314,500 elements, with a mass of 4.5 kg. The brain of WSUBIM was modeled with a linear
viscoelastic material model in PAM-CRASH Version 2000.
This model was validated against intracranial pressure data from Nahum [92] and Trosseille‘s
[93] experiments as well as in terms of local brain motion [91]. Facial bone of this model was
validated against test data from Nyquist et al., [100]. The nasal, frontal, zygomatic and maxillary
bones were validated by comparing force-displacement curves from experiments with simulation
results.
Based on the reconstruction of 58 American football impacts brain injury criteria have been
proposed in terms of strain times strain rate (19 s-1 for 50% risk of mild TBI) by King et al. [99].
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5.4.3 KTM model and injury criteria
The KTH model presented in Kleiven et al. [101] and shown in Figure 30a. This model consists
of scalp, skull, brain, meninges, cerebrospinal fluid (CSF), and eleven pairs of parasagittal
bridging veins. A simplified neck, including the extension of the brain stem to the spinal cord,
dura mater, pia mater, vertebrae, and muscles, was modeled also.
The model was comprised of 19350 nodes, 11454 eight-node brick elements, 6940 four node
shell and membrane elements, and 22 two-node truss elements. The total mass of the head is
4.5 kg.
Mooney- Rivlin hyperelastic constitutive law was used for the brain model with addition of second
order Proney series to account viscosity. The skull is modeled with elastic material with failure
and the other parts are modeled with elastic material model.
The KTH head model was validated against intracranial pressure data from Nahum experiments
[92] and in terms of local brain motion [91, 102].
This model was also used for the simulation of 58 American football impacts by Kleiven et al.
[103]. With this isotropic brain model a critical value for the First Principal Strain was established
at 21% for corpus callosum and 26% for the white matter. Most recently the model was used to
reconstruct bike accidents. Also the KTH head model was used in the Folksam Benchmark study
of Bike helmets [121]. For this set of tests the strain computed in the FE model were between
16% and 30%. The computed maximum principal strain correlated best with the angular velocity
and least good with the translational acceleration.
More recently Giordano et al. [104] implemented main axon bundle direction into this brain model
and demonstrated that axonal strain is the best metric for brain injury description. Based on the
reconstruction of 58 American football impacts a threshold of 7% to 15% axonal strain was
proposed.
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Figure 30. a) The isotropic KTH head model; b) Internal view of the head model;c) Brain redefinition
based on DTIs [102].

5.4.4 Strasbourg University head injury criteria (SUFEHM)
Based on head FE model developed by Kang et al. in 1997 [105], Deck and Willinger [106]
developed head injury criteria based on the reconstruction of 68 accident cases. The proposed
tolerance limits for 50% injury risk for different injury mechanisms are reported Deck et al [106].
The proposed head geometry is based on a human skull, which has been digitized externally
and internally. Membranes such as falx and tentorium are based on anatomic atlas and a brainskull interface of two millimeters thickness has been considered in order to represent the CSF.
Brain, CSF and scalp are modeled with brick elements.
As a function of application two approaches exist for the skull model, i.e. a rigid skull, or a
deformable and frangible skull, modeled by a three-layered composite structure with constant.
Top of Figure 31 illustrates the main anatomical features taken into account like skull, the CSF,
the membranes and the brain structure. Concerning the cerebral structure, the 3D directions of
the main axon fibers have been implemented into the brain model, based on MRI medical
imaging, and more precisely on Diffuse Tensor Imaging (DTI) by Chatelin at al. [107] as shown
in Figure 31.
This advanced model has then be validated at skull and brain behavior level by Sahoo et al.
[108, 109, 110, 111]. It is important to consider these axon directions in order to enable the brain
model to compute the axon elongation in case of impact, as it is well known that this phenomenon
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leads to neurological injuries. The present mechanical model of the human head permits it to
compute skull deformation, brain skull relative motion as well as the strain of the main axon
fibers, a physical parameter directly linked to the occurrence of DAI (Diffuse Axon Injury) known
to be the cause of coma and death.

Figure 31. Illustration of SUFEHM and main axon fiber bundles implemented into the anisotropic brain
model [110, 117].

In order to establish human head tolerance limits (or head injury criteria), a total of 125 welldocumented real world head trauma have been simulated with the above head model in
collaboration with a number of international partners as reported by Sahoo et al. [110]. A detailed
description of the head trauma database used is reported [106, 112, 113, 114, 109]. Finally the
methodology applied for the accident reconstruction and the simulation of the head trauma is
illustrated in Figure 32. Several cranial and intra-cranial mechanical parameters have been
computed for each case and correlated with the occurrence of skull fracture and neurological
injuries. Concerning the neurological injuries threshold was set at a reversible brain injury
classified as AIS2 injuries, corresponding to short-term coma.
Concerning the tolerance limit to skull fracture the statistical analysis has shown that the key
parameter is the strain energy within the skull. Figure 33 reports the histogram with the strain
energy in the skull for the injured and the non-injured cases. The regression analysis showed
that the critical value (for a 50% risk of skull fracture) is 0.450 J. More precisely the injury risk
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curve for skull fracture is also shown in Figure 33. The robustness of this curve is characterized
by a Nagelkerke parameter of 0.60.

Coming to the brain injury tolerance limit, the statistical analysis has shown that the key
parameter is the computed axon strain. Figure 34 reports the histogram showing the axonal
strain computed for the injured and the non-injured cases. The regression analysis demonstrated
that the critical value (for a 50% risk of short term coma) is an axonal strain of 15%. More
precisely the injury risk curve for brain AIS2+ injury is also shown in Figure 34. The robustness
of this curve is characterized by a Nagelkerke parameter of 0.87. It should be mentioned that
specific post-processors which compute the injury risk automatically also exist in order to ensure
a non-user dependent assessment and to permit no end-users with limited skills in FE simulation
to use the head injury prediction tool. The present head injury prediction tool has been used in
similar consumer tests published in Germany [122, 123, 124] and in France (60 Millions de
Consomateurs in August 2015).

Figure 32. Illustration of the methodology implemented for the accident reconstruction and the simlation
of the head trama.
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Figure 33. Head injury criteria in terms of skull fracture: Bottom – Histogram showing the compted skull
strain energy for all head trauma cases; Top – Skul fractre injury risk curve.
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Figure 34. Head injury criterion in terms of brain injury: Bottom – Historam showing the computed axonal
strain for all head trauma cases; Top – Brain injury risk curve.

5.5 Model based head injury criteria for industrial partners
As the evaluation of a head protection systems needs also a proper estimation of brain tolerance
limits also called brain injury criteria, the present section deals with the model based brain injury
criteria established at Strasbourg University. Strasbourg University Finite Element Head Model
(SUFEHM) is a numerical model of the human head with realistic brain and skull material laws
[106, 108, 115, 116, 117] and which permits the computation of the mechanical brain response
to an impact.
For this head model, the geometry of the inner and outer surfaces of the skull was digitized from
a human adult male skull to ensure anatomical accuracy. The main anatomical features includes
the brain, brainstem, skin and cerebrospinal fluid (CSF), represented by brick elements, and the
skull, face and two membranes (the falx and the tentorium) modelled with shell elements. The
[Título]

Page 53 of 90

30/9/19

SUFEHM presents a continuous mesh that is made up of 13,208 elements, including 1797 shell
elements to the compose skull and 5320 brick elements for the brain. The total mass of the head
model is 4.7 kg. Isotropic, homogeneous and elastic mechanical constitutive material models
were applied to each of the SUFEHM parts except for the brain and skull.
A linear isotropic viscoelastic law is affected to the brain according to (Eq. (1))
𝐺(𝑡) = 𝐺∞ + (𝐺0 − 𝐺∞ )𝑒 −𝛽𝑡

(1)

Where 𝐺0 , 𝐺∞ and β represent the short-time modulus, the long-time modulus and the decay
constant, respectively.
Mechanical parameters were identified from the experimental data on human brain tissue
proposed by Shuck and Advani [118] as well as in vivo based values from Magnetic Resonance
Elastography (MRE) published by Kruse et al. [119], with following values: 𝐺0 = 49 ∗ 103 Pa,
𝐺∞ = 1.62 ∗ 104 Pa, β = 145 s−1.
Validation of this head model was proposed by Deck and Willinger [106, 120] against local brain
motion data from Hardy et al. [91, 102], and intracranial pressure data from Nahum et al. [92]
and Trosseille et al. [93].
The skull model considers a composite material model which incorporates fracture [108]. The
skull was modelled as a three-layered composite shell representing the inner table, diploe and
outer table of the human cranial bone with a thickness of 3mm for the diploe layer and 2mm each
for the two cortical layers. To demonstrate the robustness of the skull model, various parametric
studies were conducted and reported in Sahoo et al. [110].
The skull and brain mechanical parameters implemented under LS-DYNA are represented in
Table 4. A detailed presentation of different parts of the SUFEHM is shown in Figure 35.

Table 4. Skull and brain mechanical parameters of the SUFEHM implemented under LS-DYNA [108,
106].

SKULL MECHANICAL PARAMETERS
Parameters

Cortical bone

Diploe Bone

Mass density (Kg/m3)

1900

1500

Young’s Modulus (MPa)

15000

4665

Poisson’s ratio

0.21

0.05

Longitudinal and transverse compressive strength (MPa)

132

24.8

Longitudinal and transverse Tensile strength (MPa)

90

34.8
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BRAIN MECHANICAL PARAMETERS
Mass density (Kg/m3)
Viscoelasticity

1040
𝐺0 = 49 ∗ 103 𝑃𝑎
4

β = 145 s−1

𝐺∞ = 1.62 ∗ 10 𝑃𝑎

Figure 35. Illustration of the different parts of Strasbourg University Finite Element Head Model
(SUFEHM), with 5320 brick elements of brain.

The proposed mechanical model of the head fulfilled typical requirements of state-of-the-art head
models as long as stability and validations are concerned.
This model was used in order to derive tolerance limits to specific injury mechanisms. The main
objective was to develop robust and accurate model based injury criteria to predict skull fracture
and moderate diffuse axonal injuries (moderate DAI also called concussion). To do so, welldocumented real-world head trauma cases collected from different existing accident databases
and involving pedestrian, cyclists, motorsport, American football player and motorcycle accidents
were simulated in order to compute the skull and brain mechanical response for the different
head trauma. The correlation of these mechanical responses with the occurrence of a given
injury permitted it to derive injury criteria for specific injury mechanisms.
A total of 85 well-documented head trauma cases were reconstructed numerically with the head
model to develop a skull fracture injury risk curve. The proposed tolerance limit for 50% risk of
skull fracture was associated with 453 mJ of skull internal energy calculated with the head model
[117].
Further 109 real-world head trauma cases were simulated to develop a robust brain injury
criterion in terms of intracerebral Von Mises stress to predict moderate DAI or short coma
accurately. The head trauma modelling was performed in accordance with the victim’s kinematic
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analysis. Based on an in-depth statistical analysis of different intra-cerebral parameters, it was
shown that Von Mises shearing was the most appropriate metric to predict moderate DAI. The
proposed brain injury tolerance limit for a 50% risk of moderate DAI, which corresponds to a loss
of consciousness (AIS2+) known to be reversible brain injury, has been established at 36 kPa.
Injury risk curves to predict probability of skull fracture by addressing skull strain energy and
moderate brain injury by addressing brain Von Mises stress are illustrated in Figure 36.

Figure 36. Injury risk curves to predict probability of skull fracture by addressing skull strain energy and
moderate reversible brain injury by addressing brain Von Mises stress.

The present version of SUFEHM can easily be used in an industrial context by implementing the
6 head acceleration versus time curves into a pre-processor as shown in Figure 37 and the
results of the head impact computation can be analysed automatically in order to ensure a user
independent result as shown in Figure 38.
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Figure 37. Illustration of the pre-processor which permits to introduce the 6D head kinematic versus time
curves into the brain model.

At the end of the simulation, the results in terms of
Maximum Von Mises stress is displayed in kPa
And plotted on the injury Risk Curve with following
colour code
From 80% to 100%
From 40% to 80%
From 0% to 40%
Finally the maximum brain Von Mises Stress versus
time is plotted

Figure 38. Automatic post-processing of the computation results in terms of brain injury risk.

5.6 Conclusion
The present section exposes an overview of existing head injury criteria with focus on advanced
model based brain injury criteria. It is shown that in addition to validated brain models there is a
strong need of extended head trauma database in order to derive relevant injury criteria.
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6 Neck injury criteria
6.1 Overview of anatomy and injury mechanisms
The spine is the main structure of the human body that supports the head and thorax. It is divided
into 7 cervical, 12 thoracic and 5 lumbar. In general, each vertebra is composed of a cylindrical
body, vertebral arches and back-end transverse spines allowing implantation of muscles and
ligaments. The muscles and ligaments have a stabilizing role and lead the movements of the
head.
Physiological movements of the neck can be summarized in four basic movements as illustrated
in 0 including flexion, extension, lateral flexion and rotation. Several joints can produce these
movements: the atlanto-axial junction responsible for the rotation and intervertebral discs for
transmitting compressive and shear forces and moments.

Figure 39. Representation of the four basic movements of the head neck system [Sances et al
1984][125].

•

The main injury mechanisms

The injury mechanisms research involves very specific areas of medical activities such as
orthopedics, trauma or physical therapy. A classification of traumatic lesions of the upper cervical
spine has been proposed by Professor C. Argenson. This classification follows the work of Allen
(1982), Harris (1986) and McElhaney (1993) [126]–[128] (Figure 40).

o Compression injuries (front compression, comminuted fractures, teardrop
fractures),
o Flexion-extension injuries (whiplash injuries, serious twist, dislocation and
fracture)
o Rotational injuries (dislocation and fracture)
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Compression

Traction

Cisaillement

Flexion

Torsion axiale

Figure 40. Different kind of loading to the spine McElhaney (1993).

6.2 Tolerance limits of the cervical colomn
The mechanical behavior of the human spine has been studied through many static and dynamic
tests on volunteers, animal carcasses and models. Most of these tests involved the dynamic
behavior of two or three vertebrae without addressing the effect of the muscles. Other studies
aimed to investigate the tolerance limit of volunteers and cadavers. By the early 1970s, Mertz
and Patrick (1967) [129] conducted tests on volunteers to extract the static properties of the neck
( Figure 41).

Figure 41. Tests protocols for the investigation of the static tests, Mertz et al (1967).

Dynamic tests were performed by Goldsmith and Ommaya (1984) [130] for loading at the neck.
The volunteers were tested to the limit of pain. To overcome this limitation, test on cadavers
allowed to obtained serious injuries. Figure 42 represents tolerance limits corridors in flexion and
extension.
Several other authors have carried out tests on volunteers and cadavers in order to determine
the tolerance limits for neck injury. Table 5 summarizes the thresholds value and the type of
lesion.
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(a)

(b)

Figure 42. Tolerance limit of the head-neck in terms of corridors determined by Goldsmith and Ommaya
(1984) (a) for extension and (b) for flexion.
Table 5. Tolerance limits of neck injuries.
Loading

Tolerance

Tolerance

criteria

limit

No injury (static)

23.7 Nm

Goldsmith and Ommaya 1984

Pain

47.3 Nm

Mertz and Patrick 1971

No injury

47.5 Nm

Goldsmith and Ommaya 1984

AIS2

56.7 Nm

Goldsmith and Ommaya 1984

59.4 Nm

Mertz and Patrick 1971

59.7 Nm

Goldsmith and Ommaya 1984

Maximum load

87.8 Nm

Mertz and Patrick 1971

on volunteer

88.1 Nm

Goldsmith and Ommaya 1984

AIS2 (Without

189 Nm

Mertz and Patrick 1971

fracture)

190 Nm

Goldsmith and Ommaya 1984

Bilateral facet

1.72 kN

Myers et al. 1991

Injury in

4.8 kN à 5.9

Maiman et al. 1983

compression

kN

Volunteers

No injury (static)

1.1 kN

Mertz and Patrick 1971

Cadavers

Fracture

3.1 kN

Shea et al. 1991

shearing

Volunteers

No injury

845 N

Mertz and Patrick 1971

(Antero-

Cadavers

irreversible

2 kN

Goldsmith and Ommaya 1984

1.5 kN

Doherty et al. 1993

824 N

Fielding et al. 1974

Extension

Tested Items

Volunteers

Cadavers

References

Ligament injury
Flexion

Volunteers

Cadavers

Compressio

Cadavers

n

tension

Pain

dislocation

Posterior)

damage
functional unit

Fracture
odontoïde
Ligament rupture
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The average age of the cervical spine tested is 55 years old. He observed a huge disparity in
terms on injury as a function of the loading location. Only one sample presents an injury under
compression-extension (intervertebral disc and ligaments at C4). All of the other samples were
injured under pure compression or compression-flexion. Concerning the injury under pure
compression at the higher cervical spine (C1-C2), two lesions at C1 and seven at C2 have been
identified. For the lower cervical spine (C3-C7) five lesions in pure compression with a fracture
of the vertebral body were observed. The principal location of fracture was C5 after C4 and finally
C3 and C6. Moreover McElhaney et al. [125] 1983 observed that injury occur at the lower level
needs less energy than at the upper cervical spine (respectively 6040 N and 6840 N against
5010 N and 4060N). Table 6 summarizes the main results obtained by McElhaney et al 1983.

Mechanism of
injury

Number
of cases

Average
Force [N]

Extension
Upper Cervical
Lower Cervical
All

1
8
7
14

1930
3727
5181
3939

Standard Minimal Effort Maximal Effort
deviation
[N]
[N]
[N]
1331
1202
1343

960
3000
960

5270
6840
5470

Table 6. Rupture force on cervical spine measured by McElhaney et al. 1983.

Alem et al. 1984 [131] provided results on 5 tests with PMHS at different vertex loading (7m/s11 m/s, impactor mass=10 Kg) with several boundary conditions. Alem et al. 1984 gives forces
and moments at the Occipital Condyles level for five tests which occurs no injury (Table 7).

Mean Value
in N or N.m
Effort Fx (A-P)
Effort Fy (Left-Right)
Effort Fz (Up-Down)
Moment Mx (A-P)
Moment My (Left-Right)
Moment Mz (Up-Down)

1372
501
2992
99
79
42

Standard
Minimum
deviation in
Value
N or N.m in N or N.m
254
1018
119
381
361
2527
48
61
23
47
19
18

Maximum
Value
in N or N.m
1652
693
3491
170
107
68

Table 7. Efforts measured by Alem et al 1984 at the Occypital condyles under compression loading.

Pintar et al 1989 [132] presented results on seven cervical spines with a velocity of 0.002 m/s.
The mean age of the specimen was 66 Years old and different injury mechanisms were observed
(Pure compression, Flexion-compression and Compression-extension). For each test, maximum
forces were measured at the section where the rupture appears and values obtained have been
summarized in Table 8.
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Mechanism of injury

Number
of cases

Average
Force [N]

Compression flexion
Compression pure
Compression extension
Average

2
1
4
7

2484
1719
2347
2296

Standard
deviation
[N]

Minimal
Effort
[N]
1355

Maximal
Effort
[N]
3613

168
713

2232
1719

2597
3613

Table 8. Rupture force on cervical spine measured by Pintar et al. 1989.

Nightingale et al. 1991 [133] proposed a study on the influence of the boundary conditions in
axial compression and flexion compression, on the injury mechanism. A total of 18 cervical
spines were tested under three conditions at three velocities 0.045 m/s, 0.02 m/s and 0.01 m/s.

•

Condition 1: Unconstrained: T1 fixed, axial loading at the Occiput and rotations and
horizontal displacements are free

•

Condition 2: Rotation constraint : T1 fixed, axial loading at the Occiput and only
translation is permits

•

Condition 3: Full constraint: T1 fixed, axial loading at the Occiput and axial translations
and rotations are constrained

For the first condition no injury was observed. For the second condition the cervical spine has a
classical S-Shape deformation with the upper cervical spine in extension and the lower in flexion
mode. Lesions were systematically a bi-lateral luxation of the facet joint at T1-C7 and only one
time at C5-C6. Finally for the last setup of experience, full constraint (pure compression), fracture
of the cervical body was observed.

Boundary conditions

Injury

Average
Force [N]

Unconstrained
Rotational constraint
Full Constraint

None
Facet Luxation
Fracture in
compression

289
1720
4810

Standard Minimal Maximal
deviation Effort Effort [N]
[N]
[N]
81.4
169
367
1234
600
3590
1286
3000
6840

Table 9. Rupture force on cervical spine measured by Nightingale et al. 1991.

Nightingale et al 1997 [134] performed 22 tests on cervical spine in axial compression with
different impact condition. Subject are positioned head down with an added mass fixed at T1
equal to 16 Kg and dropped at velocity of about 3.2 m/s. Two impact surface were used, one
rigid with a low coefficient of friction and one padded. Moreover for each type of surface three
different orientation were experimented (-15°, 0°, +15°) in order to produce a posterior, vertex
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and anterior head impact. Injury occurs more frequently with the padded surface as with rigid
surface. Injuries are of different type and at several levels. However a significant difference exists
between male and female with a lower for female. For each test Resultant Force, axial Force
and shear Force have been reported as well as the impact force. The main results are
summarizing in Table 10.

Number
of case
injured

Rigid
Surface
Padded
Surface
Male
Female

Impact Force [N]

Force at T1 [N]

/ Tested

Average

Standard
deviation

Average

Standard
deviation

Min

Max

5 / 10

7977

1795

2038

374

1593

2612

11 / 12

4024

1335

1905

860

793

3509

2243
1061

572
273

1593
793

3509
1440

12 / 17
4/5

Table 10. Main results obtain by Nightingale et al 1997.

Pintar et al. 1995 [135] reports 20 tests under pure compression with a constant head impact
velocity (between 2 m/s and 8 m/s). The cervical spines are constrained in order to suppress the
anatomical lordosis. Lesions obtained are fractures type on compression or posterior ligament
damage on compression-flexion or anterior ligament on compression-extension). No significant
difference was noticed in terms of rupture force for this three types of injury mechanism. Table
11 recapitulated the principal results obtain by Pintar et al 1995.

Mechanism of injury

Number
of case

Compression
Flexion Compression
CompressionExtension

12
5
3

Average
Force
[N]
3329
2854
4190

Standard
deviation
[N]
1385
351
2599

Minimal
Force
[N]
744
2545
1341

Maximal
Force
[N]
5179
3445
6431

Table 11. Rupture force on cervical spine measured by Pintal et al. 1995.

Pintar et al 1998 [136] reports 13 tests under axial compression with a constant impact velocity
(between 2 m/s and 5 m/s). In order to produce a flexion during the impact, the authors define
three separate eccentricities, i.e. the distance between the Occipital condyles and the center of
the T1 vertebral body. Injury mechanism can be classified in two groups. The first one consists
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of a progressive flexion of the entire cervical spine leading on a complex ligamentary system
rupture in the posterior area. For the second group the injury can be described as follows: the
cervical spine produce firstly a compression then an extension located where the injury occurs
(fracture or luxation of the articular process). Table 12 summaries the main results.

Number of
cases
6
7
13

Group 1
Group 2
Together

Initial eccentricity
[cm]
7.6
3.1
5.2

Axial Force [N]
1442
3004
2283

Bending Moment
[N.m]
52
97
76.1

Table 12. Rupture force on cervical spine measured by Pintar et al. 1998.

6.3 Flexion-Extension/Lateral Loading
Mertz et al. 1967 [137] and 1971 [138]presents results on volunteers under statics flexion loading
as well as under extension and lateral flexion conditions. Horizontal efforts are applied on the
head leading to moments and forces at the Occipital condyles. These tests are realized under
three type of head position (flexion, normal and extension) and induced no injury. Forces and
moments measured during these tests are summarize in Table 13 and Table 14.

Initial Head Position

Normal
Flexion
Extension

Moment during a
flexion
[N.m]
50.2
40.7
40.0

Moment during an
extension
[N.m]
20.3
38.0
23.7

Moment during
latéral inflexion
[N.m]
47.5
61.7
51.5

Table 13. Moments, statics and no injury, at the atlanto occipital condyle.

Axial Force
[N]

Compression Force
[N]

1134

1112

Shearing anteroposterior Force
[N]
845

Shearing posteroanterior Force
[N]
845

Table 14. Forces, static and no injury, at the occipital condyles.

In the same publication Mertz et al 1967 presents some results under rear impact on one
volunteer and two cadavers. Subjects are seated on a rigid seat, launched and decelerated at
16 Km/h for the volunteer and 24 Km/h for PMHS initial velocities. Kallieris et al 1996 report 2
tests in the same conditions with an initial velocity of 26 Km/h. During one test a PHMS present
a beginning ligamentary injury at the C2/C3 level and the other PHMS presented hematoma in
the C2/C3 intervertebral disc. Forces and Moments calculated at the Occipital condyles are
summarizing in Table 15.
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Subject

Volunteer.(Mertz)
PHMS (Mertz)
PHMS (Mertz)
PHMS (Mertz)
PHMS (Mertz)
PHMS (Kallieris)
PHMS (Kallieris)

Accelerat
ion /
velocity
g / km/h
4 / 16
5 / 16
7 / 24
5 /16
7 / 24
7 / 26
6 / 26

Moment in
extension
[N.m]

Shear
Force [N]

Traction
Force [N]

AIS

16.8
20.2
34.5
37.2
44.8
38.8
35.6

218
245
271
400
441
360
345

125
187
419
312
504
473
446

0
0
1
0
0
0
3

Table 15. Moment in extension and Forces calculated at the Occipital condyle by Mertz et al 1976 and
Kalleris et al 1996.

Mertz et al. 1971 reports results under frontal impact with volunteers and PMHS. The Subjects
are seated on a rigid seat. Volunteers are tested with an impact velocity of 23 Km/h inducing an
acceleration of 9.6 g and for the cadavers at an impact velocity of 31 Km/h inducing an
acceleration of 14.2 g. No injuries were observed on the cadavers. However concerning the
volunteer, he presents some neck pain such as reduction of the mobility and muscle stiffness for
several days.

Volunteer pain
PHMS without lesion

Flexion Moment
[N.m]
60
115 - 157 - 176 - 190

Shear Force
[N]
1423 - 1588 - 1735 - 2104

Table 16. Flexion moment and shear Force calculated by Mertz et al. under frontal impact for one
volunteer and four PHMS.

Wismans et al. 1987 [139] reproduced the NBDL frontal impact tests with cadavers. Two test
series similar to the human volunteer frontal impacts tests were carried out, one having an impact
severity identical to the most severe human volunteer tests (15 g, 60 Km/h) and a second one
with higher exposure levels (23 g) is used to check the proposed analog system for higher impact
levels. Test results including neck injury data for five PMHS tests are reported with special
attention to trajectories of the head center of gravity, head rotations and head accelerations.
Trajectory, head accelerations (linear and angular) have similar amplitude as the volunteer
however the head rotation and the moment are higher as those measured on volunteers. Eighty
percent of the PMHS present an AIS 1. Later Kallieris et al 1996 summarized this work and
calculated the efforts at the occipital condyles in terms of Resultant force and Flexion moment.
Table 17 summarized these two publications.
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Deceleration
[g]
15
15
23
23
23

8622
8701
8706
8709
8710

Sex

Age

M
F
M
M
F

37
24
50
27
43

Resultant Force
[N]
1513
1156
1423
1782
1985

Flexion Moment
[N.m]
105
95
99
120
104

AIS
1
1
1
1
2

Table 17. Results under frontal impact at 15 G and 23 G (Wismans et al 1987, Kallieris 1996).

In 1995 Thunissen et al [140] extended the study realized by Wismans et al. 1987 on nine
volunteers in frontal impact under 15 g. New requirements were presented and compared to the
previous analysis. The major contribution of this study is the correction of the T1 rotation, the
estimation of the shearing force and axial force during this frontal test and a comparison between
the experimental results and test conducted with the Hybrid III dummy.

Volunteers

Flexion
Moment
[N.m]
60

Standard
Deviation
11.5

Shear
Force
[N]
708

Standard
Deviation
130

Axial
Force
[N]
1083

Standard
Deviation
250

Table 18. Efforts calculated by Thunissen et al 1995 at the occipital condyles during N.B.D.L frontal
tests.

Bendjellal et al 1987 [141] tested 11 cadavers. Four have been tested in a similar condition as
the NB.D.L test in lateral impact (7 g, 22 Km/h) and seven under higher impact condition ( 13-15
g, 22-30 Km/h). Only two tests in the most severe condition are analyzed in terms of moment.
Finally Wismans et al 1986 [142] analyzed the Lateral N.B.D.L and provide moments for nine
volunteers.

Tests

Moment in X direction
[N.m]
375
55
376
38
N.B.D.L
38 [30-50]

Moment in Z direction
[N.m]
17
17
17 [15-26]

Table 19. Moment at the Occypital condyles measured by Bendjellal et al 1987 under lateral loading.

Shea et al 1992 [143] realized nine tests on cervical spine. Samples are initially submitted to an
extension (25°-35°) and later to an axial loading at 0.005 m/s) up to injury. All samples are female
and the average age is 74 years old. Efforts in terms of force and extension moment are given
in Table 20. Observed injuries are systematically ligament rupture at the anterior level and at
intervertebral discs section in the lower cervical spine.

Number of cases
6

Average Force
[N]
499

Standard
deviation [N]
148

Average Moment
Standard
[N.m]
deviation [N.m]
4.0
3.1

Table 20. Force and moment to the rupture in traction extension of the cervical spine measured by Shea
et al. 1992.
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In the automotive context, the neck tolerance limit under flextion is typically expressed for Frontal
impacts. Existing criteria are:
➢
➢
➢
➢
➢

NIC (ECE, EuroNCAP)
Nij: Normalize neck injury criteria
NIC (FMVSS)
MOC: Total moment at occipital condyle
MTO: Total moment at lower neck

which will be explained more in detail in the following section
NIC (ECE, EuroNCAP) [144] and [145] is determined by the axial compression force, the axial
tensile force, and the shearing forces at the transition from head to neck, expressed in kN, and
the duration of these forces in ms. Figure 43 shows tolerance limits in terms of forces used by
standards.

Figure 43. Tolerance limits for ECE and EuroNCAP (upper neck Fx) respectively.
Nij [146] is Normalized Neck Injury Criterion and is composed of four Neck Injury Predictor:
➢
➢
➢
➢

NTE: tension-extension < 1
NTF: tension-flexion < 1
NCE: compression-extension < 1
NCF: compression-flexion < 1

The equation to calculate Nij is:
Nij =

Fz Mocy
+
Fzc Myc

with Fz is the force at the point of transition head to neck, Fzc is the critical force, MOCy is the total
moment (cf. MOC), and Myc is the critical moment. The critical values depend on the tested
dummy. The different values are reported in Table 21.
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Table 21. Critical value of Force and Moment for different dummies.
Dummy type
Hybrid III, male 50%
Hybrid III, female 5%
Hybrid III 6YOD

Fzc [N]

Fzc [N]

Myc [Nm]

Myc [Nm]

Tension
6806
4287
2800

Compression
-6160
-3880
-2800

Flexion
310
155
93

Extension
-135
-67
-37

Mertz et al. (1982) [147] and Prasad and Daniel (1984) [148] performed tests in order to analyze
the impact of the airbag deployment on animals (pigs aged 10 weeks) corresponding to the size,
weight and tissues a 3 year old child. In their study, the tests were conducted in the same way
that those charged with the 3 year old model. This allowed to correlate the different severities of
injury obtained from pigs, with model responses. Neck injuries observed were initiated by the
tearing of small blood vessels in the lining of the capsule of the occipital condyle. This led to the
tearing ligament rupture wing, to spinal cord and cerebellum and ultimately death when the
severity of the impact increased. The blood in the synovial fluid from the capsule occipital condyle
was evaluated as AIS=3.
Based on the location and nature of the neck injuries (tension, extension and combination of
both) the model of three years has been proposed as an indicator of neck injury severity. Both
studies showed that the strength of the neck was the best indicator of the limit AIS≥3, with a
threshold value of 1160 N. However, the severity of the neck injury corresponding to a tension
of 1160 N was fatal. Mertz & Weber (1988) [149] analyzed data from Mertz et al. 1982 [147] and
proposed a risk curve for AIS≥3 based on the neck tension measured on the 3 year dummy neck.
This risk curve is normalized to the size and strength to offer risk curves for all ages and all sizes
of children and adults.
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100

Prob AIS2 Nij = 100 ∙ (1 + e

)

−1

Prob AIS3 Nij = 100 ∙ (1 + e3.227−1.969∙Nij )

−1

Prob AIS4 Nij = 100 ∙ (1 + e2.693−1.196∙Nij )

−1

Prob AIS5 Nij = 100 ∙ (1 + e3.817−1.196∙Nij )

Nij Risk Curve [%]

80

2.0536−1.1955∙Nij −1

AIS 2
AIS 3
AIS 4
AIS 5

60

40

20

0
0

2

4

6

8

10

Nij

Figure 44. Representation of neck injury risk curves corresponding to Nij criteria.
Peak forces at neck level – the limit peak values for several dummies are tabulated in Table 22.

Position

In position

Out of
position

Table 22. Limit peak Force for different dummies.
Dummy Type
Fz[N]
Fz[N]
Compression
Tension peak
peak
Hybrid III, male 50%
4170
-4000
Hybrid III, female 5%

2620

-2520

Hybrid III, 6 year

1490

-1820

Hybrid III, 3 year

1130

-1380

CRABI 12 months

780

-960

Hybrid III, female 5%

2070

-2520

MOC is the total moment about occipital condyle. It calculates the moment along X and Y axis
at the head-neck junction as defined in the following equations:
Mocy = My − (D. Fx )
Mocx = Mx − (D. Fy )
With MOCi total moment in i direction [Nm], Fi Neck force in i direction [N], Mi Neck moment in i
direction [Nm] and D Distance between the force sensor axis and Condyle axis [m].
MTO is the total moment and applies for lower neck. This criterion calculates the total moment
in relation to the moment measurement point as follow:
MTOx = Mx − (Dz . Fy )
MTOy = My + (Dz . Fx ) − (Dx . Fz )
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MTOz = Mz − (Dx . Fy )
With MTOi Moment in i direction [Nm], Fi Neck force in i direction [N], Mi Neck moment in i direction
[Nm] and Di z<
Distance between the force sensor axis and the condyle axis[m].

6.4 Tolerance limits under extension
Neck injury criteria for rear impact are NIC (rear-end) and Nkm criteria. In addition to these criteria
several dummy measurement limits exist that are used in NCAP-rating programs. These rating
program criteria are listed in Table 23 and will be presented in this section. In addition, limits
used in the Euro-NCAP rating program are listed in Table 24.
Table 23. Criteria used in combination with BioRID II
in rear-end impact testing in various rating programs.

Euro-NCAP
Head Cont. Time
T1 x-acceleration
Upper Neck Fx and Fz
Head Rebound Vel.
NIC
Nkm

J-NCAP
NIC
Upper neck Fx Fz My
Lower neck Fx Fz My

IIHS
Head Cont. Time
Torso acceleration
Upper neck Fx Fz

Table 24. Limits used in rear-end impact testing by Euro-NCAP Medium Severity Pulse.
Criterion*

Higher
performance

Lower performance

Capping Limit

NIC (m2/s2)

11.0

24.0

27.0

Nkm

0.15

0.55

0.69

Rebound velocity (m/s)

3.2

4.8

5.2

Upper Neck Shear Fx (N)

30

190

290

Upper Neck Tension Fz (N)

360

750

900

T1 acceleration* (g)

9.30

13.10

15.55

T-HRC (ms)

57

82

92

NIC - Since over ten years many investigations on new neck injury criteria for rear end impact
have been carried out. Boström et al. (1996) [150] proposed the NIC (Neck injury Criterion) as a
value to correlate the head-neck movement with the risk of ganglia injury caused by transient
pressures changes in spinal canal. It addresses the relative acceleration and velocity between
the head and the torso. The NIC value is calculated with the following formula:
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2
NIC = 0.2. arelative + vrelative
Head
arelative = aT1
x − ax

vrelative = ∫ arelative
With 𝑎𝑥𝑇1 is the acceleration in X direction of the first thorax spine in [m/s²] and 𝑎𝑥𝐻𝑒𝑎𝑑 is the
Acceleration in x-direction measured at the height of the c.o.g. of the head [m/s²]. Several studies
have suggested that NIC correlates with the risk of symptoms after a rear-end impact. A selection
of those studies is presented below.
Kullgren et al. (2003) [151] compared the symptom duration of 110 occupants, who had been
involved in rear-end impacts, with parameter values obtained in reconstructions of the impacts
by using a mathematical model of the BioRID II and seats. It was found that the NIC clearly
predicted a neck injury with high accuracy; for both initial symptoms and duration of more than
one month. A general concern and weakness of the study was the use of mathematical models
of seats and a prototype of the BioRID II.
Linder et al. (2004) [152] reconstructed 25 rear-end impacts with known one month duration of
neck injury symptoms. In the reconstructions, the BioRID II was placed in the same type of seat
as in the vehicle struck and the vehicle accelerations were reproduced. The results of the study
provided a link between real-world neck injury symptoms and average dummy readings. It also
provided indications of thresholds for a 10% risk of neck injury symptoms persisting for more
than one month. NIC was one of several parameters that appeared to predict neck symptoms
and was suggested for further studies.
Boström & Kullgren (2007) [153] compared the real-life performance of car seats with BioRID II
test results for Saab, Volvo and Toyota seats, before and after the anti-whiplash systems were
introduced. The authors did not suggest criteria to be used in future seat evaluations.
Nevertheless, their results indicate that there possibly exists a correlation between the NIC and
risk of whiplash symptoms.
Ono et al. (2009) [154] used mathematical modelling to reconstruct volunteer, cadaver
experiments and real life rear-end impact accidents with known initial, short and long term risk
of neck injury symptoms, as well as known crash pulse and seat characteristics. In total 20 cases
were reconstructed for which the velocity change during the rear-end impact ranged from 9 km/h
to 28 km/h. The results reveal that displacements between the cervical vertebrae may be
responsible for the persistent neck symptoms following rear-end impacts. The study suggested
adopting several criteria, one of these were the NIC.
[Título]

Page 71 of 90

30/9/19

Davidsson & Kullgren (2013) [155] calculated real-life injury risk for 17 groups of similar seat
designs from data provided by Folksam. Two types of injury risks were used: those leading to
documented symptoms of more than one month’s duration and those classified as leading to
permanent medical impairment as a consequence of a rear-end impact. These risks were
compared to parameter values from sled tests performed with a BioRID II at 16 km/h pulses.
Regression coefficients were calculated. The study found that NIC best predicted the risk of
developing permanent medical impairment and symptoms of more than one month, given the
occupant had initial symptoms following a rear-end impact.
The first NIC threshold proposed was 15 m²/s². In 2006, Eriksson & Kullgren (2006) [156] used
a MADYMO model of the BioRID II and simulated 79 real accident cases and proposed a NIC
risk curve for symptoms > 1 month. It estimates that a NIC of 24.5 ±10 m²/s² corresponds to risk
of 50 %, as illustrated in Figure 45.

Risk of long-term symptoms

1.0
0.8
0.6
0.4
0.2
0.00

5

10

15

20 25 30
NICmax [m²/s²]

35

40

45

Figure 45. NICmax Risk curve for symptoms >1 month Erikson and Kullgren [16].
Based on reconstructions of volunteer tests, PMHS experiments and accidents using a HBM,
Ono et al. (2009) developed WAD2+ risk curves for NIC and upper and lower neck loads (Figure
46). In these risk functions the risk of WAD2+ was shifted towards lower NIC values as compared
to the risk function presented by Eriksson & Kullgren (2006). Based on these risk functions Ikari
et al (2009) suggested limits for the J-NCAP rear-end impact rating program [157].
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Figure 46. WAD2+ risk functions.

Nkm - Schmitt et al. (2002) [158] proposed the Nkm criterion based on the linear combination of
shear force and bending moment at the occipital condyle.
Nkm corresponds to the four criteria defined by the following equation:
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𝑁𝑘𝑚 (𝑡) =

𝐹𝑥 (𝑡) 𝑀𝑜𝑐𝑦 (𝑡)
+
𝐹𝑖𝑛𝑡
𝑀𝑖𝑛𝑡

With Fz being the force at the point of transition from head to neck. Fint being the critical force,
MOCy being the total Moment (MOC) at the occipital condyles and Mint being the critical moment
(Table 25).
Since both positive and negative shear force and bending moment may be present in a rear-end
impact four combinations of Nkm values may be present. These are Nfa flexion anterior, Nea
extension anterior, Nfp flexion posterior and Nep extension posterior.
Table 25. Critical values used in the calculation of Nkm.
Dummy type

Fint [N]

Fint [N]

Mint [Nm]

Mint [Nm]

Positive

Negative

Flexion

Extension

shearing

shearing

Hybrid III, male 50%

845

-845

88.1

-47.5

BioRID II, male 50%

845

-845

88.1

-47.5

Some studies have suggested that Nkm predicts WAD when measured using the BioRID II
dummy. Kullgren et al. (2003) reconstructed rear-end impacts using a mathematical model of
the BioRID II and the seats. In total 110 occupants with symptoms following a rear-end impacts
was included in the study. The study showed that Nkm predicted a neck injury with high accuracy.
Based on reconstruction of 25 rear-end impacts, using a physical tests with the BioRID II, Linder
et al. (2004) recommended that Nkm should be studied further.

Risk of long-term symptoms

1.0

0.8

0.6

0.4

0.2

0.0
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0.5

1.0

1.5

Nkm
Figure 47. Risk curve of symptoms > 1 month Erikson and Kullgren.
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As for the NICmax, Eriksson & Kullgren (2006) established a Nkm risk curve for symptoms > 1
month. It estimates that a Nkm of 0.5 ±0.3 corresponding to risk of 50%, as illustrated in Figure
47.
Head Cont. Time (HCT) is defined as the time it takes form the start of the impact (seat base
acceleration) to the time of head contact time with the head restraint. No injury risk function is
available for HCT. Davidsson & Kullgren (2013) found rather that HCT as measured in the
BioRID II did not correlate with the risk of developing WAD after a rear-end impact.
T1 x-acceleration is the maximum value of the average T1 acceleration from time of test start to
the time of head to head-restraint contact. No injury risk function is available for T1 xacceleration, however studies have indicate that T1 x-acceleration may be correlated to the risk
of WAD following a rear-end impact.
Upper neck loads are included in the Euro-NCAP and J-NCAP rating programs. Included in both
programs are the maximum shear force and the maximum tension force in the upper neck from
time of test start to the time of head to head-restraint contact. Positive shear should be indicative
of a head-rearwards motion and positive tension should be associated with pulling the head
upwards. In J-NCAP also the neck moment in extension and in flexion are included. In J-NCAP
scores are calculated using a sliding scale; the higher and lower performance limits for both
extension and flexion neck motions are 12 and 40 Nm, respectively.
Risk curves for upper neck loads were presented by Ono et al. (2009); these are presented in
Figure 46.
Several studies have matched BioRID II tests data with real life data and found the upper neck
loads to possibly predict symptoms following a rear-end impact (additional information on these
studies can be found in the section on the NIC).
Lower neck loads are the maximum shear force, the maximum tension force and the maximum
rearward bending moment in the lower neck load transducer in the BioRID II from time of test
start to the time of head to head-restraint contact. Lower neck load limits are included in the JNCAP. Risk curves for lower neck loads have been provided by Ono et al. (2009), see Figure
46. By studying the response of PMHS neck specimens, Stemper et al. (2007) [159] found that
lower neck shear forces correlate with cervical facet joint motions. In a follow up study Stemper
et al. (2009) [160] found that lower neck shear forces also correlated with facet joint ligament
strains. Ono et al (2009) found that displacements between the cervical vertebrae can cause
neck injuries/persistent symptoms and defined an inter-vertebral strain injury. In addition it was
found that.
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Seatback dynamic deflection is defined as the maximum change in angle achieved at any time
during the test between the sled acceleration starts and the end of head-to-head restraint
contact. For the high severity pulse used in the Euro NCAP rear-end impact test, the seatback
deflection should be below a rotation of 32.0° to avoid penalty. No study have shown that seat
back angle change have a negative effect on the risk of WAD, but is considered important to
avoid ejection during sever rear-end impacts and to avoid injuries to second row occupants.

6.5 Tensile loading
Yoganandan et al 1996 [161] tested 3 spinal columns under (static test condition), 20
intervertebral discs, 4 cervical spines and 3 cadavers under traction up to the failure. Theses
sample provide from 15 subjects with an average age of 66 years. Rupture force is given in Table
26. Concerning tests on the cervical spine most of the lesions occurs in C6-C7 (fractures or
extraction) with some ligamentary lesions. For the upper cervical spine lesions occurs at the
odontoid level.

Samples

Number
of cases

Spinal cord
Intervertebral discs
Cervical Spine
PMHS

3
20
4
3

Average
Force
[N]
278
569
1555
3373

Standard
deviation
[N]
90
54
459
464

Minimal
Force
[N]

Maximal
Force
[N]

800
2400

1900
3900

Table 26. Rupture force on: Spinal Cord, Intervertebral discs, Cervical Spine and PHMS samples
measured by Yoganandan et al. 1996.
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6.6 Towards model based neck injury criteria
A number of neck FE models have been published in the last decades as briefly illustrated in
Figure 48.

Figure 48. Short overviex of the neck FE models reported in the litterature

More recently Sato et al. 2010 [162] published the THUMS neck model coupled to the full THUMS
boddy model as shown in Figure 49. In parralèle, the GHBMC model published by Jennifer et al.
2010 has been validated against the available experimental data. Finaly the Strasbourg
University FE neck model puvblished by Meyer et al 2013 [163] has been fully validated and
used for a first tentative of model based injury criteria under rear impact.
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Figure 49. Illustration of the recent fully validated neck FEMs currently used for the definition of model
based neck injury criteria. From left to right : THUMS, GHBMC, SUFEHNM.

6.7 Conclusion
In regards to the literature review it appears that there are a number of data expressed in terms
of efforts at neck level and more especially at the occipital condyles level. However, type of
loadings (compression, compression-flexion, extension, etc.), subjects tested (PHMS,
volunteers, cervical spine segment), levels of injury, modes of loading (Static, dynamic) differ
from a study to another.
Compression and flexion are the most commune solicitation modes studied while there is almost
no data in lateral and extension modes. For the first type of loading (compression) the work done
by Nightingale et al. in 1997 is the most useful for a validation of the neck FE model. Head Impact
Force, Neck force resultant as well as shear and axial Forces are provided in terms of Force/time
history curves are reported
For the flexion mode, Thunissen et al. in 1995 calculated the flexion moment, shear and axial
Forces at the occipital condyles level for the NBDL test at 15 g. A validation in terms of these
mechanical parameters is also posible in neer future.
Finally for lateral loading there is a lake of information as only Bendjellal et al in 1987 and
Wismans et al in 1986 evaluated the bending moment under a Lateral N.B.D.L test at 7 g. In the
domain of motorcyclist’sprotection it must be recalled that neck loading is often combined and
not restricted to a single anatomic plane. Therefor injury criteria for complexe loading conditions
must be considered in the future.

[Título]

Page 78 of 90

30/9/19

7 References
[1] Hollowell W.T. [et al.] Updated review of potential test procedures for FMVSS No. 208.
NHTSA Docket, p. 6407-6, 1999.
[2] Lau I.V [et al.] The viscous criterion-bases and applications of an injury severity index for
soft tissues. SAE Technical Paper No. 861882, 1986.
[3] Patrick L.M [et al.] Cadaver knee, chest and head impact loads. Proc. 9th Stapp Car Crash
Conf., p. 168-182, 1969.
[4] Kroell C.K. [et al.] Impact tolerance and response to the human thorax. Proc. 15th Stapp
Car Crash Conf., p. 84-134, 1971.
[5] Kroell C.K. [et al.] Impact tolerance and response to the human thorax II. Proc. 15th Stapp
Car Crash Conf., p. 383-457, 1974.
[6] King A.I. The biomechanics of Impact Injury, 2018. ISBN 978-3-319-49790-7.
[7] Mertz H.J. [et al.] Injury risk curves for children and adults in frontal and rear collisions. SAE
transactions, p. 3563-3580, 1997.
[8] Prasad P [et al.] Evaluation of the field relevance of several injury risk functions[R]. SAE
Technical Paper, No. 2010-22-0004, 2010.
[9] Somers J.T. [et al.] Investigation of the THOR anthropomorphic test device for predicting
occupant injuries during spacecraft launch aborts and landing. Frontiers in bioengineering and
biotechnology, 2:4, 2014.
[10] Viano D. [et al.] Thoracic impact: a viscous tolerance criterion. Proc. 10th Intern. Techn.
Conf. on Experimental Safety Vehicles, p. 104-114, 1985.
[11] Lau I. [et al.] The viscous criterion – bases and applications of an injury severity index for
soft tissues. SAE Technical Paper, No. 861882, 1986.
[12] Thompson A. [et al.] Adaptive vehicle structures for secondary safety. Retrieved June, 5:
2013, 2007.
[13] Kallieris D. [et al.] On the synergism of the driver airbag and the three-point belt in frontal
collisions, Proc. 39th Stapp Car Crash Conf., p. 389-402, 1995.
[14] Eppinger R. H. [et al.] Development of Dummy and Injury Index for NHTSA’s Thoracic Side
Impact Protection Research Program. SAE Paper No. 840885, 1984.

[Título]

Page 79 of 90

30/9/19

[15] Cavanaugh J. M. [et al.] Injury and Response of the Thorax in Side Impact Cadaveric Tests.
Proc. 30th Stapp Car Crash Conf., p. 199-222, 1993.
[16] Forman J. [et al.] Predicting Rib Fracture Risk With Whole-Body Finite Element Models:
Development and Preliminary Evaluation of a Probabilistic Analytical Framework. 56th AAAM
Annual Conference, 2012.
[17] Kemper A. R. [et al.] Material properties of human rib cortical bone from dynamic tension
coupon testing. Stapp Car Crash J. 49, p. 199-230, 2005.
[18] Kemper A. R. [et al.] The biomechanics of human ribs: material and structural properties
from dynamic tension and bending tests. Stapp Car Crash J. 51, p. 235-273, 2007.
[19] Kemper A. R. [et al.] Reducing chest injuries in automobile collisions: rib fracture timing
and implications for thoracic injury criteria. Ann Biomed Eng 39, p.2141-2151, 2011.
[20] Kent R. [et al.] Thoracic response to dynamic, non-impact loading from a hub distributed
belt, diagonal belt, and double diagonal belts. Stapp Car Crash J. 48 p. 495-519, 2004.
[21] Duma S. M. [et al] Acquiring non-censored rib fracture data during dynamic belt loading.
Biomed.Sci.Instrum. 42, p148-153, 2006.
[22] Ye X. [et al.] Analysis of crash parameters and drivers characteristics associated with lower
limb injury. Accident Analysis and Prevention 83, p. 37-46 2015.
[23] Rudd RW. Updated analysis of lower extremity injury risk in frontal crashes in the United
States. 21st International Technical Conference of Enhanced Safety of Vehicles, Stuttgart,
Germany 2009.
[24] EU project PIONEERS – Protective Innovations of New Equipment for Enhanced Rider
Safety D1.1 Powerted Two-Wheelers – Road Traffic Accident Scenarios and Common Injuries
[Report]. – [s.l.] : European Commission, Grant Agreement No. 769054, Horizon 2020.
[25] Hinterman, B.

Biomechanics of the Unstable Ankle Joint and Clinical Implications.

Medicine & Science in Sports & Exercise 31 (7-Suppl) p. 459-469, 1999.
[26] Tillmann B. N. Atlas der Anatomie des Menschen, 2009, ISBN 978-3-642-02679-9.
[27] Putz, R, Pabst R. Sobotta – Atlas of Human Anatomy Volume 2, 2006. ISBN -13: 978-044310348-3.
[28] Funk JR. [et al.] The effects of axial preload and dorsiflexion on the tolerance of the
ankle/subtalar joint to dynamic inversion and eversion. Stapp Car Crash J. 46, p245-266, 2002.
[29] Nie B. [et al.] Evaluation and injury investigation of a finite element food and ankle model
for small female occupants. International Journal of Crashworthiness 2018.
[Título]

Page 80 of 90

30/9/19

[30] Martin P. [et al.] Injury trends of passenger car drivers in frontal crashes in the USA.
Accident Analysis and Prevention 32, p. 541-557, 2000.
[31] Begeman P. [et al.] Dynamic human ankle response to inversion and eversion.
Proceedings 37th Stapp Car Crash Conference, paper 933115, p. 83-93, 1993.
[32] Parenteu C.S. [et al.] Biomechanical properties of human cadaveric ankle-subtalar joints
in quasistatic loading. Journal of Biomechanical Engineering 120, p. 105-111, 1998.
[33] Petit [et al.] Quasistatic characterization of the human foot-ankle joints in a simulated
tensed state and updated accidentological data. Proceedings IRCOBI Conferences 1996.
[34] Guillemot H. [et al] Pelvic injuries in side impact collisions: a field accident analysis and
dynamic test on isolated pelvic bone. Proceedings 41st Stapp Car Crash Conference (SAE
Technical Paper 973322), 1997.
[35] Guillemot H [et. al] Pelvic behavior in side collisions: static and dynamic tests on isolated
pelvic bones. Proceedings 16th International Technical Conference of the Enhanced Safety of
Vehicles, 1998.
[36] Viano D. C. Bionmechanical resposes and injuries in blunt lateral impact. SAE transactions,
98, p. 1690-1719, 1989.
[37] Bouquet R. [et al] Thoracic and pelvis human response to impact. Proceedings of the 14th
International Technical Conference on the Enhanced Safety of Vehicles, p. 100-109, 1994.
[38] Rockwood, C [et al.] Rockwood and Green’s Fractures in Adults, 7th Edition. Philadelphia,
PA: Lippincott Williams & Wilkins, 2010.
[39] Terrier, J.-E [et al.] Genitourinary injuries after traffic accidents: Analysis of a registry of
162,690 victims. J. Trauma Acute Care Surg. 82, p. 1087–1093, 2017.
[40] Meredith L. [et al.] Motorcycle fuel tanks and pelvic fractures: A motorcycle fuel tank
syndrome. Traffic Injury Prevention 17, p. 644-649, 2016.
[41] EU project PIONEERS – Protective Innovations of New Equipment for Enhanced Rider
Safety D2.3 Improved numerical human body models [Report]. – [s.l.] : European Commission,
Grant Agreement No. 769054, Horizon 2020.
[42] Total Human Model for Safety (THUMS) AM50 Academic Version 4.02_20150527.
TOYOTA MOTOR CORPORATION, Toyota Centra R&D Labs. Inc. 2015.

[43] Fredriksson, R., Sui, B.: Fatal Powered Two‐Wheeler (PTW) crashes in Germany – an in‐
depth study of the events, injuries and injury sources. In: International Research Council on the
[Título]

Page 81 of 90

30/9/19

Biomechanics of Injury (ed.) 2015 IRCOBI Conference Proceedings. IRCOBI Conference, Lyon,
France, 9.-11.9. (2015).
[44] McKee, Ann C., et al. The spectrum of disease in chronic traumatic encephalopathy. Brain
136.1 (2013): 43-64.
[45] Johnson, Victoria E., William Stewart, and Douglas H. Smith. Widespread tau and
amyloid‐beta pathology many years after a single traumatic brain injury in humans. Brain
pathology 22.2 (2012): 142-149.
[46] Kleiven, Svein. Influence of impact direction on the human head in prediction of subdural
hematoma. Journal of neurotrauma 20.4 (2003): 365-379.
[47] Holbourn ... ¿?
[48] Ommaya, Ayub K., Fred Faas, and Philip Yarnell. Whiplash injury and brain damage: an
experimental study. Jama 204.4 (1968): 285-289.
[49] Lissner, H. R., M. Lebow, and F. G. Evans. Experimental studies on the relation between
acceleration and intracranial pressure changes in man. Surgery, gynecology & obstetrics 111
(1960): 329.
[50] Gurdjian, E. S. Deformation of the skull in head injury. A study with the" stresscoat"
technique. Surg Gynec Obstet 81 (1945): 679-687.
[51] Gurdjian, E. S., J. E. Webster, and H. R. Lissner. Observations on the mechanism of brain
concussion, contusion, and laceration. Surgery, gynecology & obstetrics 101.6 (1955): 680.
[52] Gurdjian, E. S., J. E. Webster, and H. R. Lissner. Mechanism of scalp and skull injuries,
concussion, contusion and laceration. Journal of neurosurgery 15.2 (1958): 125-128.
[53] Gurdjian, Elisha S., et al. Intracranial pressure and acceleration accompanying head
impacts in human cadavers. Surgery, gynecology & obstetrics 113 (1961): 185.
[54] Patrick, Lawrence M., Herbert R. Lissner, and Elisha S. Gurdjian. Survival by design:
Head protection. Proceedings: American Association for Automotive Medicine Annual
Conference. Vol. 7. Association for the Advancement of Automotive Medicine, 1963.
[55] Got, C., et al. Results of experimental head impacts on cadavers: the various data obtained
and their relations to some measured physical parameters. No. 780887. SAE Technical Paper,
1978.
[56] Chin ¿??

[Título]

Page 82 of 90

30/9/19

[57] Gadd, Charles W. Use of a weighted-impulse criterion for estimating injury hazard. No.
660793. SAE Technical Paper, 1966.
[58] Slattenschek, A., and W. Tauffkirchen. Critical evaluation of assessment methods for
head impact applied in appraisal of brain injury hazard, in particular in head impact on
windshields. No. 700426. SAE Technical Paper, 1970.
[59] Hodgson, Volgt R., and L. M. Thomas. Effect of long-duration impact on head. No. 720956.
SAE Technical Paper, 1972.
[60] Vander Vorst, Michael, et al. Statistically and biomechanically based criterion for impactinduced skull fracture. Annual Proceedings/Association for the Advancement of Automotive
Medicine. Vol. 47. Association for the Advancement of Automotive Medicine, 2003.
[61] Vander Vorst, Michael, et al. A new biomechanically-based criterion for lateral skull
fracture. Annual Proceedings/Association for the Advancement of Automotive Medicine. Vol. 48.
Association for the Advancement of Automotive Medicine, 2004.
[62] Chan, Philemon, et al. Development of generalized linear skull fracture criterion. 20th
International Technical Conference on the Enchanced Safety of Vehicles, Lyon, France. 2007.
[63] Ommaya, Ayub K., et al. Scaling of experimental data on cerebral concussion in subhuman primates to concussion threshold for man. DAVID W TAYLOR NAVAL SHIP RESEARCH
AND DEVELOPMENT CENTER BETHESDA MD STRUCTURES DEPT, 1967.
[64] Unterharnscheidt, F. J. Translational versus rotational acceleration-animal experiments
with measured input. No. 710880. SAE Technical Paper, 1971.
[65] Ono, Koshiro, et al. Human Head Tolerance to Sagittal Impact—Reliable Estimation
Deduced from Experimental Head Injury Using Subhuman Primates and Human Cadaver Skulls.
SAE Transactions (1980): 3837-3866.
[66] Gennarelli, Thomas A., et al. Diffuse axonal injury and traumatic coma in the primate.
Annals of Neurology: Official Journal of the American Neurological Association and the Child
Neurology Society 12.6 (1982): 564-574.
[67] Pincemaille, Y., et al. Some new data related to human tolerance obtained from volunteer
boxers. No. 892435. SAE Technical Paper, 1989.
[68] Ewing, Co L., et al. The effect of the initial position of the head and neck on the dynamic
response of the human head and neck to-Gx impact acceleration. NAVAL AEROSPACE
MEDICAL RESEARCH LAB DETACHMENT MICHOUD NEW ORLEANS LA, 1975.

[Título]

Page 83 of 90

30/9/19

[69] Pellman, Elliot J., et al. Concussion in professional football: reconstruction of game impacts
and injuries. Neurosurgery 53.4 (2003): 799-814.
[70] Rowson, Steven, et al. Rotational head kinematics in football impacts: an injury risk
function for concussion. Annals of biomedical engineering 40.1 (2012): 1-13.
[71] Patton, Declan A., et al. Injury data from unhelmeted football head impacts evaluated
against critical strain tolerance curves. Proceedings of the Institution of Mechanical Engineers,
Part P: Journal of Sports Engineering and Technology 226.3-4 (2012): 177-184.
[72] Takhounts, E.G., Hasija, V., Ridella, S.A., Rowson, S., Duma, S.M.: Kinematic rotational
brain injury criterion (BRIC). In: NHTSA (ed.) The 22nd ESV Conference Proceedings.
International Technical Conference on the Enhanced Safety of Vehicles, Washington, D.C.,
USA. NHTSA (2011)
[73] Takhounts, Erik G., et al. On the development of the SIMon finite element head model.
No. 2003-22-0007. SAE Technical Paper, 2003.
[74] Takhounts, E.G., Craig, M.J., Moorhouse, K., McFadden, J., Hasija, V.: Development of
brain injury criteria (BrIC). Stapp Car Crash Journal 57, 243–266 (2013)
[75] Takhounts, Erik G., et al. Investigation of traumatic brain injuries using the next generation
of simulated injury monitor (SIMon) finite element head model. No. 2008-22-0001 SAE Technical
Paper, 2008.
[76] Kimpara, Hideyuki, et al. Head injury prediction methods based on 6 degree of freedom
head acceleration measurements during impact. International Journal of Automotive Engineering
2.2 (2011): 13-19.
[77] Klug, C., Feist, F., Tomasch, E.: Testing of bicycle helmets for preadolescents. In: IRCOBI
Conference Proceedings, pp. 136–155 (2015)
[78] Hansen, K., Dau, N., Feist, F., Deck, C., Willinger, R., Madey, S.M., Bottlang, M.: Angular
Impact Mitigation system for bicycle helmets to reduce head acceleration and risk of traumatic
brain injury. Accident Analysis & Prevention 59, 109–117 (2013). doi: 10.1016/j.aap.2013.05.019
[79] Gabler, L.F., Crandall, J.R., Panzer, M.B.: Assessment of Kinematic Brain Injury Metrics
for Predicting Strain Responses in Diverse Automotive Impact Conditions. Ann Biomed Eng, 1–
14 (2016). doi: 10.1007/s10439-016-1697-0.
[80] Newman, J. A., et al. A new biomechanical assessment of mild traumatic brain injury: Part
1—Methodology. Proceedings of the International Research Conference on the Biomechanics
of Impacts (IRCOBI). 1999.
[Título]

Page 84 of 90

30/9/19

[81] Newman, J., et al. A new biomechanical assessment of mild traumatic brain injury. Part 2:
Results and conclusions. In: International Research Council on the Biomechanics of Injury (ed.)
2000 IRCOBI Conference Proceedings. IRCOBI Conference, Montpellier (France) (2000)
[82] Newman, J.A.: A generalized acceleration model for brain injury threshold (GAMBIT). In:
International Research Council on the Biomechanics of Injury (ed.) 1986 IRCOBI Conference
Proceedings. IRCOBI Conference, Zurich (Switzerland) (1986)
[83] Greenwald, Richard M., et al. Head impact severity measures for evaluating mild traumatic
brain injury risk exposure. Neurosurgery 62.4 (2008): 789-798.
[84] Hosey, R. R., and Y. K. Liu. A homeomorphic finite element model of impact head and
neck injury. CP of Finite Elements in Biomechanics 2 (1980): 379-401.
[85] Ruan, Jesse Shijie. Impact biomechanics of head injury by mathematical modeling. Diss.
Wayne State University, 1993.
[86] Claessens, Maurice, Fons Sauren, and Jac Wismans. Modeling of the human head under
impact conditions: a parametric study. SAE transactions (1997): 3829-3848.
[87] Iwamoto, Masami, et al. Development of advanced human models in THUMS. Proc. 6th
European LS-DYNA Users' Conference. 2007.
[88] Colgan, Niall C., Michael D. Gilchrist, and Kathleen M. Curran. Applying DTI white matter
orientations to finite element head models to examine diffuse TBI under high rotational
accelerations. Progress in biophysics and molecular biology 103.2-3 (2010): 304-309.
[89] Lee, Maw-Chang, and Roger C. Haut. Insensitivity of tensile failure properties of human
bridging veins to strain rate: implications in biomechanics of subdural hematoma. Journal of
biomechanics 22.6-7 (1989): 537-542.
[90] Viano, David C., and P. E. R. Lovsund. Biomechanics of brain and spinal-cord injury:
Analysis of neuropathologic and neurophysiology experiments. Traffic Injury Prevention 1.1
(1999): 35-43.
[91] Hardy, Warren N., et al. Investigation of head injury mechanisms using neutral density
technology and high-speed biplanar X-ray. No. 2001-22-0016. SAE Technical Paper, 2001.
[92] Nahum, Alan M., Randall Smith, and Carley C. Ward. Intracranial pressure dynamics
during head impact. No. 770922. SAE Technical Paper, 1977.
[93] Trosseille, Xavier, et al. Development of a FEM of the human head according to a specific
test protocol. No. 922527. SAE Technical Paper, 1992.

[Título]

Page 85 of 90

30/9/19

[94] Abel, Jacob M., Thomas A. Gennarelli, and Hiromu Segawa. Incidence and severity of
cerebral concussion in the rhesus monkey following sagittal plane angular acceleration. No.
780886. SAE Technical Paper, 1978.
[95] Stalnaker, R. L., et al. Head impact response. No. 770921. SAE Technical Paper, 1977.
[96] Nusholtz, Guy S., et al. Head impact response—Skull deformation and angular
accelerations. No. 841657. SAE Technical Paper, 1984.
[97] Meaney, D. F., et al. Diffuse axonal injury in the miniature pig: biomechanical development
and injury threshold. ASME APPLIED MECHANICS DIVISION-PUBLICATIONS-AMD 169
(1993): 169-169.
[98] Zhang, Liying, King H. Yang, and Albert I. King. Biomechanics of neurotrauma.
Neurological research 23.2-3 (2001): 144-156.
[99] King, Albert I., et al. Is head injury caused by linear or angular acceleration. IRCOBI
conference. Vol. 12. Lisbon, Portugal, 2003.
[100] Nyquist, Gerald W., et al. Facial impact tolerance and response. No. 861896. SAE
Technical Paper, 1986.
[101] Kleiven, Svein, and Hans Von Holst. Consequences of reduced brain volume following
impact in prediction of subdural hematoma evaluated with numerical techniques. Traffic injury
prevention 3.4 (2002): 303-310.
[102] Hardy, Warren N., et al. A study of the response of the human cadaver head to impact.
Stapp car crash journal 51 (2007): 17.
[103] Kleiven, Svein. Predictors for traumatic brain injuries evaluated through accident
reconstructions. No. 2007-22-0003. SAE Technical Paper, 2007.
[104] Giordano, Chiara, et al. The influence of anisotropy on brain injury prediction. Journal of
biomechanics 47.5 (2014): 1052-1059.
[105] Kang, Ho-Sung, et al. Validation of a 3D anatomic human head model and replication of
head impact in motorcycle accident by finite element modeling. SAE transactions (1997): 38493858.
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