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Several mathematical cervical models of the 50th percentile male have been developed and used for
impact biomechanics research. However, for the 50th percentile female no similar modelling efforts have
been made, despite females being subject to a higher risk of soft tissue neck injuries. This is a limitation
for the development of automotive protective systems addressing Whiplash Associated Disorders
(WADs), most commonly caused in rear impacts, as the risk for females sustaining WAD symptoms is
double that of males.
In this study, a ﬁnite element head and neck model of a 50th percentile female was validated in rear
impacts. A previously validated ligamentous cervical spine model was complemented with a rigid body
head, soft tissues and muscles. In both physiological ﬂexion-extension motions and simulated rear
impacts, the kinematic response at segment level was comparable to that of human subjects. Evaluation
of ligament stress levels in simulations with varied initial cervical curvature revealed that if an individual
assumes a more lordotic posture than the neutral, a higher risk of WAD might occur in rear impact.
The female head and neck model, together with a kinematical whole body model which is under
development, addresses a need for tools for assessment of automotive protection systems for the group
which is at the highest risk to sustain WAD.
& 2016 The Authors. Published by Elsevier Ltd. This is an open access article under the CC BY-NC-ND
license (http://creativecommons.org/licenses/by-nc-nd/4.0/).
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1. Introduction
Finite Element (FE) Human Body Models (HBMs) are important
tools for investigating the human response to impact loads; e.g.
Stemper et al. (2005) studied the effect of having a lordotic, straight,
or kyphotic neutral curvature of the cervical spine in rear impact.
Their model is one of several cervical spine models of the 50th
percentile male (de Bruijn et al., 2015; de Jager, 1996; Ejima
et al., 2005; Halldin et al., 2000; Kitagawa et al., 2008; Mustafy
et al., 2014; Nightingale et al., 2016; Panzer and Cronin, 2009; Yang
et al., 1998). Presently, similar efforts for the 50th percentile female
have not been made (Brolin et al., 2015), which limit the development of automotive protection systems addressing neck injuries for
which the prevalence is affected by the gender of the crash victim.
Gender has been shown to be an important factor for the risk of
sustaining Whiplash Associated Disorders (WAD); the risk for
females sustaining symptoms is on average double that of males
n
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and in similar crash conditions even higher (Carstensen et al.,
2012; Jakobsson et al., 2004; Krafft et al., 2003; Morris and Thomas, 1996; O’Neill et al., 1972; Temming and Zobel, 1998). WAD
can occur in all impact directions, with rear impacts occurring
most frequently in accident statistics (Stigson et al., 2015; Watanabe et al., 2000). WADs originate from damage to the soft tissue
structures of the neck and a signiﬁcant part of long term disability
resulting from vehicle crashes is caused by WAD, up to 70% in
Sweden (Kullgren et al., 2007). In particular, so called S-shaped
deformation of the cervical spine during rear impact is considered
pivotal for the mechanism causing WAD (Stemper et al., 2005); it
has been reported for both volunteers and PMHS in rear impacts
(Kaneoka et al., 1999; Stemper et al., 2003; Yoganandan et al.,
2000).
There are several systematic morphological differences
between female and male cervical spines (Stemper et al., 2011).
For instance the circumference of the female cervical spine relative
to the length of the neck is smaller, as is the vertebral body sizes,
and it has 20–32% less muscle strength for size matched subjects
(Vasavada et al., 2008). Hence, scaling of existing male models to
female size has been proven inadequate (Mordaka, 2004). In
addition, Sato et al. (2016) recently showed that male and female
volunteers exhibit different alignment patterns of the whole spine
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in the same seat, which could also inﬂuence the outcome of a rear
impact.
The availability of a validated, detailed female FE model of the
cervical spine for impact would aid the development of in-vehicle
protective systems for the group at the highest risk to sustain an
injury which causes signiﬁcant suffering and economic loss.
Therefore, the aim of this study was to validate a 50th percentile
female head–neck model in rear impacts and to investigate the
inﬂuence of different spinal curvatures for the same individual on
the kinematic and mechanical parameters associated with WAD.

2. Method
For this study, a previously developed ligamentous cervical spine model (Östh
et al., 2016a, 2016b) was complemented with a skull and soft tissues to create the
head–neck model, Fig. 1. The skull and soft tissues were created from the stereolithography (STL) surfaces of the skeleton and outer surface of a 31 year old female
subject of 161.6 cm stature and 60.8 kg weight, within 0.1% and 2% from the target
50th percentile female as deﬁned by Schneider et al. (1983). In addition, ten more
anthropometric measurements (e.g., seated height and hip breadth) were veriﬁed
to be within 5% of the value for the 50th percentile female reported by Gordon et al.
(1988). A total of 138 scan series with approximately 20,000 images were captured
in an automotive seated posture using several modalities (magnetic resonance
imaging, computed tomography, and external measurements) and processed to STL
surfaces as described by Gayzik et al. (2009, 2011). Soft tissues for the head–neck
model were generated based on the skeletal geometry, outer surface, and anatomical literature descriptions, while the skeleton was meshed directly from the STL
surfaces.
Mesh generation was made with Hypermesh 13.0 (Altair, Troy, MI), simulations
were run with single precision LS-DYNA MPP R8.1.1 (LSTC, Livermore, CA), and preand post-processing with LS-PrePost (LSTC, Livermore, CA) and Matlab (The
Mathworks, Natick, MA). The developed model is released and distributed under an
Open Source license, and is available for downloading from: http://www.chalmers.
se/en/projects/Pages/OpenHBM.aspx.
A global coordinate system with X forward, Y to the left and Z upwards was
utilised, Fig. 1. For all conducted simulations, gravity loading (a volume load of
9.81 m/s2 in negative Z-direction) was included. The distal ends of muscles that
attach to the shoulder girdle, lower thoracic vertebrae, and the costae, along with
the free end of the cervical soft tissues, Fig. 1, was constrained to move with the T1
vertebral body. For some simulation results, objective rating criteria values (in the
range of 0–1, e.g., cHX for correlation of head X-displacements) were calculated to
compare model results with experimental data, using the weighted integration
factor method (Hovenga et al., 2005).
2.1. Head model development
The head was modelled as a rigid body, Fig. 1, connected to the cervical spine
by the atlantocranial ligaments, a sliding contact between the occipital condyles

and atlas, and by the continuous mesh of the external soft tissues. The head centre
of mass was positioned in the midsagittal plane, at Xa¼0.2 mm and Za¼ 29.1 mm
(the average for seven female Post Mortem Human Subjects (PMHSs) (Plaga et al.,
2005; Yoganandan et al., 2009)) in the head anatomical coordinate system, Fig. 1.
The principal axes of inertia were positioned at  34° rotation relative to the
anatomical coordinate system (the average for 21 male and female PMHSs (Beier
et al., 1980)). The mass of the head was set to 3.58 kg, equalling the EvaRID virtual
rear impact dummy of a 50th female (Carlsson et al., 2014). Principal moments of
inertia for the head rigid body was determined by regression equations (Plaga et al.,
2005) to Ixx ¼ 0.0151 kgm2, Iyy ¼ 0.0164 kgm2, Izz ¼ 0.0109 kgm2.
2.2. Cervical spine model development
The ligamentous cervical spine consists of approximately 116,000 elements;
cortical bone is modelled with triangular shell elements, trabecular bone with
tetrahedral elements, ligaments with orthotropic membrane elements, and intervertebral discs as composites of hexahedral elements and orthotropic quadrilateral
membrane elements. It is described in detail and was validated for quasi-static
loads in Östh et al. (2016a, 2016b). The material models of the lower cervical spine
ligaments, calibrated in Östh et al. (2016a) with respect to quasi-static in vitro test
data (Mattucci and Cronin, 2015), were complemented with a strain-hardening
response (linear interpolation between quasi-static, 20/s, and 150–250/s strainrates as reported by Mattucci and Cronin, 2015). Then, the skin of the head–neck
model was represented by elastic quadrilateral membrane elements. The volume
between the skin and spine was ﬁlled with hexahedral elements representing the
soft tissues; the ligamentous spine interacts with the soft tissues by frictionless
contact. The trachea cavity was modelled as an oval tube with an anterioposterior
diameter of 19 mm and transverse diameter of 16 mm (Karmakar et al., 2014). It
spans from the oral cavity, via the hyoid bone to the T1 level. From the hyoid bone
to the ﬁfth cervical vertebrae (C5) level (Burdett and Mitchell, 2008; Standring,
2008), the larynx was modelled with quadrilateral shell elements surrounding the
trachea. Inferior to the larynx, three segments of tracheal cartilage are modelled
with beam elements, partially surrounding the trachea (Burdett and Mitchell,
2008; Standring, 2008). The hyoid bone is modeled as a rigid body, connected to
the cervical soft tissues and the stylohyoid ligament. Material data for the soft
tissues are presented in Table 1.
Detailed data for the cervical spine muscles are available in a few dissection
studies (Borst et al., 2011; Kamibayashi and Richmond, 1998; Van Ee et al., 2000);
however, none of these are of a 50th percentile female. Of these studies, the most
complete data set was presented by Borst et al. (2011), who reported origin and
insertion points, Physiological Cross Sectional Areas (PCSAs), and tendon length
data for 34 cervical muscles from an approximately 50th percentile male (171 cm
stature, 75 kg weight, 86 years old). This data has two limitations for the present
work with a 50th percentile female. First, as shown by Van Ee et al. (2000), healthy
young subjects on average have 64% larger PCSA compared to PMHS. Second, PCSAs
are on average 70% larger for males than for females (Marras et al. 2001). As these
scaling factors cancel out, no scaling was done and cervical muscles were added to
the HBM according to Borst et al. (2011) and anatomical descriptions (Standring
2008). All 129 fascicles except the omohyoid venter superior, thyrohyoid, and
intercostalis cervicis fascicles were implemented bilaterally with one dimensional
Hill-type elements, see Appendix A and Table 1, spanning from origin to insertion.
For the fascicles of some muscles; the levator scapulae, longus colli, semispinalis

Fig. 1. (a): Overview of the head and neck of the female model and the global coordinate system used. (b): Close-up view of a sample vertebral segment (C5C6). (c) Sagittal
plane view of the head–neck model with the head anatomical coordinate system (Xa–Za), the head principal axes of inertia (Xp–Zp) which has its origin at the head centre of
mass, the angle of the anterior surface of T1, and the Frankfort plane angle. The head rigid body includes the pink and grey structures in (a).(For interpretation of the
references to color in this ﬁgure legend, the reader is referred to the web version of this article.)
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Table 1
Summary of material and element properties used for the head-neck model. N/A ¼ Not Applicable; Min. ¼ Minimum; Max. ¼ Maximum; LS-DYNA speciﬁc entries: ELFORM
¼ element formulation number; HGID ¼ hourglass formulation number; nMAT_no ¼ material number.
Part(s)

Element type
(ELFORM)

Characteristic element length (mm)

Hourglass control (HGID)

Constitutive model Material parameters Shell/beam thick(nMAT_no)
ness (mm)

Cervical soft
tissues

Hexahedral (1)

Min.¼ 1.1

Stiffness based

Ogden rubber
(77_O)

Median ¼2.9
Max. ¼ 15.5

(5)

Min.¼ 1.2

N/A

ν ¼0.4999
m1 ¼30 Pa
α1 ¼ 20
G1 ¼3 kPa
Β1 ¼310 s  1
Linear elastic (001) E ¼1 MPa

Skin

Larynx

Tracheal
cartilage
Stylohyoid
ligament
Cervical
muscles

Quadrilateral
membrane
(9)

Median ¼3.1
Max. ¼ 14.7
Quadrilateral shell Min.¼ 0.9
(2)
Median ¼2.0
Max. ¼ 6.6
Beam
Min.¼ 1.0
(1)
Median ¼1.8
Max. ¼ 3.3
Beam(Cable)
79.3
(6)
Beam (Resultant
Min.¼ 10.4
truss)
(3)
Median ¼73.5
Max. ¼ 182.1

ρ ¼ 890 kg/m3

N/A

Engelbrektsson (2011)

1 mm

Manschot and Brakkee
(1988)

ν ¼0.40
Viscous
(3)

Linear elastic (001) E ¼9.1 Mpa
ν ¼0.40

2 mm

Roberts et al. (1998)

N/A

Linear elastic (001) E ¼9.1 Mpa
ν ¼ 0.40

1 mm

Roberts et al. (1998)

N/A

Linear elastic cable E ¼1.2 Gpa
(071)
Hill muscle

2 mm

Zajac (1989)

N/A

Borst et al. (2011)

(156)
σm ¼ 0.5 Mpa
Csh ¼ 0.225n
Vmax ¼ 4loptn
Cshort ¼ 0.25
Cmvl ¼1.5
Cleng ¼0.1
Shape of passive elastic relation Cpe ¼6.0
PEmax ¼0.375n
Maximum isometric stress
Shape of force–length relation
Maximum shortening velocity
Shape of force–velocity relation

n

References

Winters and Stark (1988)
Walker and Schrodt (1974)
Zajac (1989)
Cole et al. (1996); van der Horst (2002); Östh
et al. (2012); de Bruijn et al. (2015)
Yamada (1970); Östh et al. (2012)

Csh, Vmax, and PEmax were divided by 2 to compensate for muscles lengths being approximately 200% of physiological length.

capitis, splenius capitis and cervicis, and multiﬁdus, the fascicles were split into
more elements using the LS-DYNA card *PART_AVERAGED, and redirected at
intermediate vertebrae to better follow the curvature of the spine. Similarly, the
infrahyoid muscles were redirected at the hyoid bone and extended to the
attachments of the suprahyoid muscles, i.e. one muscle with two or more elements
was representing both an infra and suprahyoid. Tendon length was only available
for minority of the fascicles reported (Borst et al., 2011); hence, tendons were
omitted for all fascicles which lead to the optimal muscle lengths in the model
being approximately 200% of the physiological length. To compensate, the shape
factor for the force-length relation ﬁtted to single sarcomere data for human
muscle (Walker and Schrodt, 1974), the maximum shortening velocity (Zajac, 1989),
and the passive elastic stiffness (Östh et al., 2012; Yamada, 1970) was divided by
two, Table 1.

2.3. Spinal alignment assessment
The alignment of the cervical spine in the modelled posture, Fig. 1, was compared with volunteers in the study by Sato et al. (2016). Eight female volunteers
(average stature and weight: 161 cm and 52 kg) were seated on a wooden seat with
a 20° seat back angle and 10° seat pan angle, and instructed to face forward and be
relaxed. The spinal curvature was presented for the geometrical centres of the
vertebral bodies, including coordinates normalised by the length of the spine. In
addition, the spinal curvature was assessed in accordance with Klinich et al. (2004);
the curvature index was calculated using the midpoint of the inferior vertebral
surface from C2 to C7, while Bezier angles were calculated using posterior landmarks on the vertebrae.

2.4. Strength evaluation
Maximal cervical ﬂexion and extension strength was evaluated in two simulations with a duration of 1 s, with muscle activation linearly increased from 0 to
100% over the ﬁrst 0.5 s. The ventral cervical muscles were activated as ﬂexors, and
the dorsal as extensors. In extension, for the dorsal muscles two simulations were
made, with and without the scapular muscles trapezius, levator scapulae, and
rhomboideus active. Maximal ﬂexion and extension moments were calculated as
the product of the force at the glabella (in extension) and at the ophistocranion (in

ﬂexion) and the orthogonal distance of the force vector to a point in the upper part
of the T1 vertebral body (Vasavada et al., 2001), which was ﬁxed in space.
2.5. Segmental instantaneous centres of rotation
Segmental instantaneous centres of rotation (sICR) were evaluated at C7 to
Occipital Condyle (OC) level using the method reported by van Mameren et al.
(1992), in simulations of physiological ﬂexion and extension according to
Appendix B.
2.6. Validation in rear impact
Component level validation of the complete head–neck complex, from T1 and
upwards, was made by simulations of rear impact experiments with ﬁve female
PMHSs reported by Stemper et al. (2003, 2004a, 2004b). In these experiments,
specimens were mounted on a mini-sled with an anterior T1 orientation of 25°, the
Frankfort plane aligned with the horizontal plane, and the occipital condyles (OCs)
aligned superiorly of T1 (Stemper et al., 2003). For the model, the angle of the T1
anterior vertebral body surface was 3° relative to the vertical, Fig. 1 and Table 2.
Therefore, it was rotated 22° around the Y-axis during pre-processing for simulation of the experiments. After this rotation, positioning the model with the OCs
directly over T1 with a horizontal Frankfort plane was not possible as relatively
large elastic forces were created in the ligaments; instead the OCs was positioned
approximately 12 mm anterior of T1 and the Frankfort plane angle was adjusted to
6°, Fig. 2, by prescribed rigid body motions 0.1 s prior to the onset of the acceleration pulse, which indicate time zero in the presented results. During the 0.1 s
pre-simulation, global damping was used to remove kinetic energy related to the
positioning. During all impact simulations, no muscle activation was present.
Two validation simulations were made, one with an acceleration pulse corresponding to a 2.6 m/s velocity change (Stemper et al., 2004b) applied the T1 in the
X direction; and a second with a velocity change of 1.3 m/s (Stemper et al., 2003).
Model responses were compared with respect to both global head kinematics
(Stemper et al. 2004b), which were scaled to correspond to 50th percentile female
specimens, Appendix C, and with respect to female speciﬁc segmental angulations
and facet joint displacements (Stemper et al., 2003) at the time of maximum
S-shape, deﬁned as the instant for which the C2C3 segment showed the largest
ﬂexion (Stemper et al., 2003).
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Table 2
Cervical spine curvature characteristics for the head–neck model in its modelled posture and positioned for the rear impact simulations. OC ¼Occipital Condyles.
T1A¼ anterior T1 angle.

Modelled posture
High T1A, validation simulations
Mid T1A
Low T1A

Frankfort Plane angle
(°)

Anterior T1 angle
(°)

OC–T1 X distance
(mm)

Curvature index
(%)

Superior Bezier angle
(°)

Inferior Bezier angle
(°)

11.5
6
6
6

3
25
14
3

6
12
12
12

0.8
3.5
1.7
0.4

5
20
15
8

7
23
12
0

Fig. 3. The spinal alignment of the head–neck model (red squares) is slightly more
rearward than the average of the female volunteers (blue circles, Sato et al., 2016).
The schematic outline depicts a lateral cross section of the vertebral bodies of the
head–neck model in its modelled posture.(For interpretation of the references to
color in this ﬁgure legend, the reader is referred to the web version of this article.)

Fig. 2. Schematic cross-section of the skeletal structure in the varied postures for
rear end impact simulations in Section 2.7. The High T1 Angle represents the head–
neck posture used for the validation (val.) simulations described in Section 2.6.

Table 2, are at the lower end for human volunteers and would be
classiﬁed as level 1 mid lordotic (Klinich et al., 2004). The spinal
alignment in comparison to the eight female volunteers (Sato
et al., 2016), Fig. 3, shows slightly more rearward position of the
inferior surface of the C2 vertebral body.

2.7. The effect of initial spinal curvature in rear impact
A parameter study was conducted to investigate the effect of the initial cervical
spinal curvature in a rear impact test (the acceleration pulse of 2.6 m/s according to
Section 2.6). The model was rotated around the Y-axis during pre-processing to
achieve low (3°) and mid (14°), in addition to the high (25°), anterior T1 angle (T1A)
postures, Fig. 2 and Table 2. Then, during the 0.1 s pre-simulation phase the head
angle and position was adjusted as described in Section 2.6.
Using the cross-sectional area of each ligament (Östh et al., 2016a) and reported
sub-catastrophic and catastrophic failure force levels (Mattucci and Cronin, 2015), corresponding stress levels for each lower cervical spine ligament in the model was calculated, Table D1 in Appendix D. The strain-rate in the impact simulations were on
average about 35/s (range 5–85/s) for the ligaments, which is why failure forces reported
for a strain rate of 20/s (Mattucci and Cronin, 2015) was used. The stress in the ﬁbre (adirection) of each element was normalized with the sub-catastrophic and catastrophic
stress levels for the ligament to predict injury in the simulated impacts, Figs. D1–4.

3. Results
The female head–neck model consisted of a total of 142,700
elements. A mesh quality assessment (Burkhart et al., 2013)
showed that 1% of the elements had an aspect ratio of less than 3
(maximum 10.2), while 97% and 96% of all shell and solid elements
had Jacobian values larger than 0.7 (minimum 0.29).
3.1. Spinal alignment assessment
The cervical spine of the model had a curvature index of 0.8%,
which together with its superior and inferior Bezier angles,

3.2. Maximum strength and segmental instantaneous centres of
rotation
The maximal cervical strength of the model was 12.4 Nm in
ﬂexion, 31.0 Nm and 42.8 Nm in extension (with and without
scapular muscles). This is within the ﬂexion range of 15 Nm (SD
4 Nm) reported for female volunteers by Vasavada et al. (2001),
but stronger in than for volunteer extension (mean 21 Nm, SD
12 Nm). In the simulation to evaluate the sICRs, the feedback
control was able to create a relatively smooth ﬂexion-extension
movement of the cervical spine, Fig. 4, using the models own
muscles. The largest contraction was found for the ﬂexor muscles
which were activated to 11% during the forward movement.
Qualitatively, average sICRs, Fig. 4(b), are similarly located as
reported for ten healthy volunteers by van Mameren et al. (1992);
the C6C7 and C5C6 sICR are within the intervertebral disc,
although at the inferior border. For higher cervical levels, the sICRs
are below the intervertebral disc of the segment.
3.3. Validation in rear impact
In the rear impact validation, the overall correlation of the
global head kinematics was 0.72 for head rotation and 0.70 for
head displacement relative to T1, for the 2.6 m/s simulation, Fig. 5.
It appears that the head was lagging slightly more behind than the
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Fig. 4. (a): Change in neck angle, deﬁned as the angle of a vector between T1 and the head centre of gravity, and the vertical axis, in the simulation to determine the
Segmental Instantaneous Centres of Rotation (sICR) of the model. Vertical lines indicate time instances at which the sICRs were evaluated. (b): Average sICRs plotted on top of
a contour of the model in its initial posture. Markers indicate the average position; the crosshair at each marker the standard deviation in X and Z directions. The volunteer
marker data is estimated from van Mameren et al. (1992).The dashed lines indicate the trajectories of the anterior nodes and dash-dotted line of the posterior nodes used for
calculating the sICRs. A solid line indicates the head-T1 vector in the initial (middle), most ﬂexed and most extended positions. Ant. ¼ Anterior. Post.¼ Posterior.

Fig. 5. Global head kinematics of the head–neck model compared with Post Mortem Human Subject (PMHS) corridors in 2.6 m/s impacts (average response7 1Standard
Deviation (SD)), in the validation simulation of a 2.6 m/s rear impact. For comparison, the model response in the 1.3 m/s simulation is also included. The PMHS corridors
(Stemper et al., 2004b) are scaled to correspond to 50th percentile female responses as described in Appendix C. The light grey shaded area represents the original 50th
percentile male corridors (Stemper et al., 2004b). cHRY, cHX ¼correlation between model response and average PMHS response for Y-rotation (RY) and X displacement at
2.6 m/s.

Fig. 6. Segmental angulations and facet joint displacements for the model compared with Post Mortem Human Subject (PMHS) responses (Stemper et al., 2003, 2004a)
(average7 1 Standard Deviation (SD)), in the validation simulations of 1.3 and 2.6 m/s rear impacts, at the time of peak C2C3 angulation. Facet joint shear is deﬁned as
translation of the superior facet relative to the inferior in the plane of the facets. Distraction is the increase in relative distance between inferior and superior nodes on the
anterior and posterior end of the facets, in accordance with Stemper et al. (2004a).

average PMHS response; with a stronger coupling to T1 faster head
rotation and less relative displacement would occur and these
correlations would be higher.
The model showed an S-shaped spine deformation, Fig. 6. The
maximum S-shape, occurred at 0.056 s and 0.068 s for the 2.6 m/s

and 1.3 m/s pulse, respectively. This was somewhat earlier compared to the 0.076 and 0.08 s reported for PMHS by Stemper et al.
(2003). Here it is worth noting that the experimental average
timings also include male subjects, which can be expected to have
a slower response due to longer necks.
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Fig. 7. Segmental angulations and facet joint displacements for all simulations, at the time of peak C2C3 angulation (at 0.056 s, 0.055 s, and 0.058 s respectively). Facet joint
shear is deﬁned as translation of the superior facet relative to the inferior in the plane of the facets. Distraction is the increase in relative distance between inferior and
superior nodes on the anterior and posterior end of the facets, in accordance with Stemper et al. (2004a). T1A¼ T1 angle.

Fig. 8. Ratio of capsular ligament elements which exceeded the sub-catastrophic
and catastrophic failure stress levels, Table D1, in the rear impact simulations.

3.4. The effect of initial spinal curvature in rear impact
With a larger anterior T1 angle, a more lordotic shape with a
higher curvature index as well as superior and inferior Bezier
angles was found, Table 2 and Fig. 2. During impact, normalized
ligament stress levels were low for all lower cervical ligaments
except the capsular ligaments (CL), which exhibited a peak around
the time of the maximum S-Shape, Figs. D1–D4. The altered initial
spinal curvature inﬂuenced segment level kinematics, Fig. 7, and
the number of ligament elements that predicted failure, Fig. 8. The
simulation with high T1 angle predicted sub-catastrophic failure in
more elements compared to the lower T1 angles, Fig. 8, even
though they resulted in more rotation and shear at the C6C7
segment, Fig. 7. Catastrophic failure was only predicted for a few
elements in the C4C5 CL for the high T1 angle, Fig. 8.

4. Discussion
A 50th percentile female ligamentous cervical spine was complemented with a rigid body head, soft tissues and Hill-type

muscle elements. For the present study no scaling of the muscle
PCSAs were made, as the decline in muscle mass with age appears
to be of the same magnitude as the difference between adult
females and males (Marras et al., 2001; Van Ee et al., 2000). The
extension strength of the model when including the scapular
muscles was too large compared with female volunteers (Vasavada
et al., 2001). The scapular muscle contribute to isometric cervical
extension (Blouin et al., 2007), but might not be fully active as in
the present simulations as their main physiological function is
elevation of the scapula (Standring, 2008). The scapular muscles
contribute less to dynamic motions (Ólafsdóttir et al., 2015), such
as rear impact. In physiological motions, actuated by its own
muscles and with gravity load, the model's sICRs were qualitatively in agreement with that of healthy human volunteers (van
Mameren et al., 1992).
The majority of both males and females had a mid lordotic
cervical spine (Klinich et al., 2004) just as the developed model; its
curvature index, Table 2, is within the range for young subjects,
while it compares better with tall ( 4163 cm) than mid-size
females (Klinich et al., 2004). To position the model for the validation simulation, the T1 angle was increased to 25°, while the
head was allowed to be slightly more forward and rotated upward
than speciﬁed in the corresponding PMHS study (Stemper et al.,
2003; 2004a). The initial curvature of the cervical spine has an
inﬂuence on the segment level kinematics, Fig. 7, and on the stress
of the CL during impact, Fig. 8. For a higher T1 angle less extension
and shear of the lower segments was found, Fig. 7, but a higher
ratio of CL elements exceeded the sub-catastrophic failure stress,
Fig. 8. This was likely because positioning the model into a lordotic
shape pre-strains the ligaments. Sub-catastrophic failure of CL
ligaments is one possible cause of long-term WAD (Bogduk, 2011),
which is why a higher ratio of failed elements for the model is
likely to correlate with a higher risk for WAD. No signiﬁcant stress
levels were generated due to the positioning, Figs. D1–D4, showing that all simulated postures were achievable by motions within
the neutral zone (Panjabi et al., 2001) of each segment.
Similar to the present work, Stemper et al. (2005) validated a
male head–neck model and studied the inﬂuence of cervical curvature, for a lordotic, straight, and kyphotic posture. They reported
increased CL elongation for the kyphotic posture in comparison
with the lordotic, and concluded that such an abnormal posture
can contribute to an increased risk of WAD in a rear impact.
Stemper et al. (2005) adjusted initial ligament lengths for each
posture simulated; hence, their models represent individuals
whose cervical spine neutral position are lordotic, straight, or
kyphotic. In the present work, the female model was positioned
during simulation without adjustment of initial ligament lengths,
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thereby representing one individual maintaining the same head
position with different initial spinal curvatures. The more lordotic
(the high and mid T1 angle) postures predicted a higher risk of
injury as more elements exceeded the sub-catastrophic failure
level during impact. Sato et al. (2016) recently showed that male
and female volunteers exhibit different spinal alignment in the
same seat. In the light of the results of the present study, one can
speculate that automotive seat geometry leads to females
assuming a cervical spine alignment with more pre-strain of the
CL relative to their neutral posture, and this could be a contribution to the higher risk of WAD for females compared with males.
In the present study, the rear impact simulations were run
without any muscle activation, as the model was compared with
the response of PMHSs. The passive elastic stiffness of the muscles
provided low forces, less than 0.5 N. For future studies, reﬂexive
muscle responses will be incorporated in the model using a
feedback control approach (Östh et al., 2012), to enable comparisons to female volunteers in rear impacts. The kinematic whole
body model that is currently under development will be merged
with the female cervical spine model presented here, and will be
used for injury reconstruction of rear impacts. Thereby, in order to
provide a tool that can be used to develop automotive protective
systems for the group of vehicle occupants which are at the
greatest risk of sustaining WAD, we can create model speciﬁc
injury risk functions for WAD for females in rear impacts.
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