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Abstract—Synthetic surrogate head models are used in
biomechanical studies to investigate skull, brain, and cervical
spine injury. To ensure appropriate biofidelity of these head
models, the stiffness is often tuned so that the surrogate’s
response approximates the cadaveric response corridor.
Impact parameters such as energy, and loading direction
and region, can influence injury prediction measures, such as
impact force and head acceleration. An improved under-
standing of how impact parameters affect the head’s struc-
tural response is required for designing better surrogate head
models. This study comprises a synthesis and review of all
existing ex vivo head stiffness data, and the primary factors
that influence the force–deformation response are discussed.
Eighteen studies from 1972 to 2019 were identified. Head
stiffness statistically varied with age (pediatric vs. adult),
loading region, and rate. The contact area of the impactor
likely affects stiffness, whereas the impactor mass likely does
not. The head’s response to frontal impacts was widely
reported, but few studies have evaluated the response to
other impact locations and directions. The findings from this
review indicate that further work is required to assess the
effect of head constraints, loading region, and impactor
geometry, across a range of relevant scenarios.

Keywords—Impact response, Head injury, Cephalus, Head

impact, Head form.

INTRODUCTION

Synthetic surrogate head models, such as anthro-
pomorphic test devices (ATD; e.g. Hybrid III, FOCUS
and NOCSAE) or custom head models,11,37,38 are used
in experimental models of head and head-neck injury

events to assess the risk of skull, brain and/or cervical
spine injury.30,38,43 To enable accurate prediction of
injury, these head models should possess an impact
response that lies within cadaveric response corridors
(mean ± standard deviation) for the relevant test
configuration.16,33 The most commonly used surrogate
head model, the Hybrid III, was designed to replicate
the human head’s response to frontal impacts by
benchmarking it against acceleration data from a series
of embalmed, cadaveric head impacts.13,26 Despite its
widespread use in biomechanical research, the Hybrid
III impact response does not compare well to the
cadaveric response in facial,1 vertex, or parietal22 im-
pacts. Accurate characterization of the response of the
human head to all injury-relevant loading scenarios is
required to design improved surrogate head models.

The structural response of the human head to an
external force is usually described by a force–defor-
mation relationship. This relationship comprises an
initial toe-region corresponding to skin deformation,
and a linear region corresponding to skull deforma-
tion.40 In studies of the isolated skull (without soft
tissue), slope of the linear region was dependent on the
rate and region of the applied load,18,29 likely due to
viscoelastic response of bone tissue, and variation in
bone thickness, curvature and density, respectively.

To design surrogate heads with an adequate biofi-
delic mechanical response, an understanding of the
factors that influence the force–deformation relation-
ship for the whole head is needed. Ex vivo studies of
the mechanical response of the head have been par-
tially summarized in reviews concerning skull fracture
tolerance3,45 and bone motion during cranial
osteopathy40; however, a review of human head stiff-
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ness data is not available. The aim of this study is to
synthesize the existing ex vivo human head stiffness
data, and to explore the influence of the loading rate
and region and the experimental boundary conditions
on this stiffness data.

METHODS AND MATERIALS

Publications prior to July 2022 that reported the
force–deformation relationship of the human head
were identified by searching PubMed with the follow-
ing search terms: skull AND (quasi OR dynamic)
loading AND (deformation OR deflection). Further
articles were identified via the citation lists of these
primary publications. Studies in which the load was
applied to the mandible or neck, or in which the force–
deformation data were not reported, were excluded.

The mechanical response of human heads was
reported in eighteen studies (14 manuscripts, 2 pub-
lished conference proceedings, and 2 theses), published
between 1973 and 2019. Two studies were excluded as
the head was impacted by a small, high velocity, bal-
listic36 or the head impacted a padded surface47 and
the isolated head response was not reported. Twelve
studies evaluated the response of intact fresh-frozen
heads, and four studies23,28,41,42 used either dry skulls
and/or embalmed heads. Papers with the latter two
specimen categories were retained only for considera-
tion of their experimental methods, as embalming and
drying processes significantly affect the mechanical
response of bone.8,24,32 The studies using fresh-frozen
tissue were categorized according to the use of local (9
studies) or global compression loading (3 studies).
Local compression loading was defined as using an
external object to load a single region of the head.
Global compression loading was defined as uniaxial
compression applied via a large, parallel surfaces that
simultaneously compressed the anterior and posterior
surface, or bilateral surfaces, of the head, representing
an uncommon ‘‘crushing’’ trauma. Local compression
loading studies were further categorized into frontal
loading only (4 studies), or varied loading region (5
studies).

RESULTS

Overview of Experimental Methods

Across quasi-static to dynamic loading rates, the
force–deformation relationship was evaluated with
heads loaded by materials testing machines (4 studies),
drop towers (2 studies), pendulums (1 study), free-
falling techniques (2 studies), and unconstrained pro-
jectile apparatus’ (2 studies). In all studies uniaxial

force was measured with a load cell attached to the
loading surface, or fixed between the specimen and its
supporting structure. In most studies, uniaxial defor-
mation was measured using a displacement sensor
(linear variable differential transformer, string poten-
tiometer, or laser distance sensor) fixed to the loading
apparatus. For free-falling and unconstrained projec-
tile methods, deformation was determined by double
integration of an acceleration-time signal, which was
recorded with an accelerometer fixed to the head or
impactor,4,6,37,41 or calculated by normalizing the
force–time signal with the head mass.20,22

Global Compression

The force–deformation response of the adult25 and
pediatric35 head were first evaluated in 1972 and 2004,
respectively. These studies applied low-rate compres-
sion loads in the anterior–posterior (A-P) and lateral
direction (Fig. 1) to identify loading rate or direction
dependencies of the head’s structural response.

McElhaney et al.25 placed adult heads between
parallel platens and applied destructive quasistatic
compression loading via a material testing machine.
Relative to the lateral loading direction, A-P loading
(N = 12/direction) demonstrated similar peak force
(5954 ± 1869 vs. 5155 ± 1183 N; p > 0.05, see
Footnote 1; Table 1), lower deformation (3.8 ± 0.9 vs.
6 ± 1.6 mm; p < 0.0011), and higher stiffness
(2450 ± 1052 vs. 1222 ± 526 N; p < 0.001, see
Footnote 1). These findings indicate a directional
dependence of the head’s response to destructive qua-
sistatic compression.

A series of A-P and lateral non-destructive com-
pression loads were applied to adult (N = 6)19 and
pediatric (N = 12)21,35 heads. Loading rates were
normalized by the head length and width, respectively
for A-P and lateral tests, to produce consistent strain
rates (0.0005, 0.01, 0.1, 0.3 1/s). Load and displace-
ment limits were set for the adult (1000 N, 5% head

FIGURE 1. Test setup schematics for heads compressed in
the anterior–posterior (left) and lateral (right) loading
directions.
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length/width) and pediatric (500 N, 5% head length/
width) heads to prevent skull fracture. Small-com-
pression (6.25–50% peak deformation) and large-
compression (50–100% peak deformation) stiffness
was evaluated for pediatric heads, but only small-
compression stiffness was determined for the adult
heads (Table 1). Across the five age groups (premature,
neonate, toddler, youth, and adult), generalized linear
models showed that the small- and large-compression
(excluding adults) stiffness was dependent on age, but
independent of loading rate and direction.19 The adult
stiffness findings contradict the previous destructive
study,25 but it is likely that the low severity, non-de-
structive response was primarily influenced by the
response of soft tissue and not bone.

Varied Local Region Compression

Four studies compared the head’s response to loading
applied across a number of regions. Two studies2,46

correlated biomechanical parameters (force, deforma-
tion, stiffness) with the presence of fractures to further
understand the regional differences in the head’s
response, as these differencesmayhave implicationswith
injury prediction measures (e.g. head injury criteria) and
in clinical applications.45 The remaining two studies20,22

assessed the regional differences for non-destructive im-
pact properties of adult and pediatric heads, and com-
pared the impact response (stiffness, pulse duration,
acceleration and HIC) against the response for age-
matched surrogate heads. Overall, the head’s response
was shown to be region- and rate-dependent.

In one study, heads were fixed to the base of a drop
tower and impacted by a circular (lateral region; 2.7 m/
s; N = 11) or rectangular (parietal region; 4.3 m/s;
N = 20) plate.2 Specimens were partially embedded in
plaster in the right lateral recumbent position (lateral
impacts) or rotated 45� to the horizontal plane (pari-
etal impacts; Table 2). Stiffness was greater for the
parietal impacts (4168 ± 1626 N/mm) compared to
the lateral impacts (1799 ± 881 N/mm). The authors
noted that stiffness appeared to be affected by the
contact area, but the response was likely influenced by
the different loading-rate, impactor contact area and
region, and head constraints.

Using a hemispherical anvil, quasistatic (2.5 mm/s;
N = 6) and dynamic (7.1–8 m/s; N = 6) compression
loads were applied to five regions (vertex, frontal, right
parietal, right temporal, or occiput) of heads that were
rigidly supported at the base, until failure occurred.46 The
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the reported force–deformation curves. Student t test (p < 0.05)

were performed by author DTB to assess if the means were statisti-
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force–deformation relationship exhibited a local maxima
prior to the peak load for quasistatic, but not dynamic,
loading rates. Comparisons between loading regions are
limited by the low number of specimens per region for a
given rate (usuallyN = 1); however, across these regions
stiffness was lower for quasistatic (467–1290 N/mm) than
dynamic (2462–5867 N/mm) loading rates (Table 2).

Three papers reported the mechanical response of
adult22 and pediatric20,35 heads to repeated 15 and
30 cm free-falling impacts (1.71 and 2.42 m/s), at five
regions (in order: forehead, occiput, vertex, right
parietal, left parietal). In both studies, the following
outcomes were supported by statistical significance:
adult head stiffness was lower for parietal impacts than
vertex impacts; adult and pediatric head stiffness
increased with loading rate (Table 2); and pediatric
head stiffness increased with age.

Local Frontal Region Compression

Four studies assessed the impact response of the
frontal and facial regions to compare and validate the
Hybrid III1,22 or FOCUS4,6 surrogate heads, and one
study9 investigated a potential energy-to-failure crite-
rion for frontal bone impacts.

Allsop et al.1 reported the response of heads
(N = 13) impacted sequentially at two locations: the
midface (maxilla or zygoma) and the frontal bone;
with the assumption that initial fractures did not
influence the subsequent response. Heads were fixed in
plaster in the supine position, with the Frankfort plane
vertical and elements posterior to the frontal plane
embedded (Table 3). The heads were impacted (3–
4.2 m/s) by a semicircular rod, which spanned the
width of the head and was attached to a 14.5 kg car-
riage. Compared to the facial impacts, the reported
mean frontal bone fracture force and stiffness were
greater (Table 3).

Cormier et al.6 impacted the maxilla, nasal and frontal
bone (5.3 m/s, N = 27) in the A-P direction while heads
were constrained using similar embedding methods to the
previous study1 (Table 3). Loading was applied via a small
circular platen (3.2 kg, 28 mm diameter) to ensure that
only a single anatomical region was loaded. Acoustic
emission sensorswere used to identify the time of fracture5;
the results showed that head was capable of load bearing
beyond fracture, as fractured initiation occurred approxi-
mately half of the peak force. The maxilla and nasal stiff-
ness were similar (261 ± 217 vs. 360 ± 142 N/mm), but
the maxilla fractured at a greater load (1057 ± 551 vs.
607 ± 201 N). The frontal bone was stiffest
(978 ± 523 N/mm), and fractured at the highest load
(1993 ± 909 N); however, the mean data were lower than
that of the previous study,1 potentially due to the different
impactor geometry and lower impactor mass.

Brozoski4 evaluated the response of the nasal, zy-
goma, and frontal bone to right-lateral impacts, in a
study subsequent to that of Cormier et al.6 The frontal
bone (N = 20) was impacted prior to either the nasal
then zygoma (N = 10), or zygoma then nasal
(N = 10) impacts. Similar to the response in the A-P
direction,6 the frontal bone was stiffer and fractured at
greater forces than the facial regions (Table 3). Frontal
region stiffness and fracture force were similar to the
A-P loading direction,6 but the nasal region was less
stiff and fractured at a lower force (Table 3).

Deyle et al.9 impacted the frontal bone of heads with a
large circular plate, using a custom, dual-arm pendulum.
The heads were rigidly fixed to the apparatus via a steel
post that was constrained at the foramen magnum. An
initial impact at one of three velocities (3.6 m/s, N = 1;
5.21 m/s, N = 7; or 6.95 m/s, N = 4) was performed,
and if no fracture was observed then the tests were re-
peated at a higher velocity. Mean fracture and deforma-
tion at fracture increased from 3.6 to 5.2 m/s but
decreased from 5.2 to 6.95 m/s (Table 3). Stiffness was
calculated from the exemplar force–deformation graph
reported for each impact velocity.Deyle et al.9 described a
common trendbetween tests.At 3.6 m/s, a higher stiffness
region was followed by a lower stiffness region (region 1:
4421 N/mm, region 2: 1440 N/mm). This bi-linear
response was less prominent at 5.2 m/s (region 1: 4780 N/
mm, region 2: 1540 N/mm), andat 6.95 m/s a single linear
relationship (4769 N/mm) was observed, suggesting that
the bilinear response was dependent on loading rate.9

DISCUSSION

Evaluating the structural response of the human
head to external loads is important for the design of
appropriate biofidelic surrogate head models. The
stiffness of surrogate head models is often tuned to
match human response corridors obtained from
cadaveric studies. In a head collision event, the im-
pactor’s energy (velocity and mass), compliance, and
anatomical region of contact are known to influence
the impact force and acceleration of the head10,12,14,31;
these parameters are used to predict skull and brain
injury. A better understanding of the structural
response of the head will likely lead to improved
biofidelity of surrogate head models. Across the re-
viewed studies, the stiffness of the adult human head
ranged from 40 to 5867 N/mm (Fig. 2). The large
variance in this response was primarily due to the re-
gion and rate of loading, but features of the loading
object (mass, velocity, geometry) and experimental
end-conditions likely also contributed.
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Impact Energy

As surrogate heads are used in a broad range of
injury biomechanics applications, the applied impact
energy can vary drastically (e.g. 18–219 J44). The Hy-
brid III head model is typically only validated against
the response to a 13 J free fall impacts (375 mm, 3.5 kg
head mass),26 but as the surrogate’s impact response is
significantly affected by the impactor mass and veloc-
ity,15 it is unknown if the surrogate’s response
demonstrates suitable biofidelity at higher energies.
Understanding the effect of impact energy on the
cadaveric response is needed to ensure surrogate
models exhibit a suitable biofidelic response for accu-
rate injury prediction over a range of impact energies.

Across all studies reviewed, stiffness was observed to
increase with loading rate, but a consistent trend was
not observed across all studies (Fig. 2). Only one study
assessed the effect of impact velocity (1.7 and 2.4 m/s,
non-destructive impact) on the impact response prop-
erties (stiffness, acceleration, pulse duration, and
HIC),22 indicating it was a significant predictor for all
properties. Comparing the head’s response between
studies over a range of velocities, was prohibited by the
large differences in testing apparatus, as these were
thought to substantially alter the response. Further
studies are required to investigate the effect of impact
velocity over range of non-destructive and destructive
velocities.

Impactmass likely does not influence the humanhead
stiffness (assuming there is sufficient energy to exceed the
toe-region), but the effect of mass on the absorbed en-
ergy (integral of force–deformation relationship) may
have implications for predicting skull fractures using an

energy-to-failure criterion.27 No study assessed the ef-
fect of impact mass on the head’s impact response.
Comparisons can be made between two frontal impact
studies9,22 that applied substantially different impact
energies (2–3 m/s: 10 vs. 214 J) due to the mass of the
impactors used (3.3 vs. 37 kg).Despite a 20-fold increase
in impact energy, stiffness (2918 vs. 2931 N/mm) and
peak force (5771 vs. 5938 N)were comparable, however,
the heads only fractured in the higher impact energy
group. Further studies should investigate the effects of
impactor mass on the cadaveric stiffness and absorbed
energy to provide surrogate head validation data over a
range of energies, as well as to improve understanding of
the energy-to-failure criterion.

Loading Region

Head stiffness varied by loading region,1,2,20–22,25,46

but differences between regions were not consistent
across impact velocities. For non-destructive impacts
(1.7 and 2.4 m/s22), impacts to the vertex region was the
stiffest compared to the occiput, frontal, and parietal
regions. At intermediate impact velocities (2.7–4.2 m/s),
the parietal region was the stiffest,2 compared to the
lateral2 and frontal region.1 There are insufficient stud-
ies investigating the head’s response for the parietal,
vertex, and lateral regions, particularly for destructive
loading, to accurately characterize the region-specific
variation of the force–deformation response.

Experimental End-Conditions

For ex vivo head impact studies, the boundary and
loading constraints should be applicable to the
research question and representative of real-world
scenarios. The geometry and rigidity of the loading
surface or impactor should mimic the real-life head
contact object (e.g. flat wall or steering wheel) and the
head constraints should represent the physiological
end-conditions to achieve realistic stress distribution
throughout the tissue. With the appropriate testing
apparatus, the simulated injury events should produce
biofidelic loading responses, resulting in clinically rel-
evant injuries.

Geometry of the Contacting Object

The interaction of the contacting object and head
has been shown to influence the loading response in
cadaveric (without force–deformation data) and com-
putational studies.13,39,48 In the reviewed studies,
specimens were compressed by large or focal flat sur-
faces, or curved objects, but no single study explored
differences in the response while varying contact
geometry (area and curvature) and holding all other

FIGURE 2. Study-specific compressive stiffness (N/mm) for
fresh-frozen, adult heads in each loading region vs. loading
rate or impact velocity (m/s).1,2,4,6,9,22,25,46 QS quasistatic.
Markers are mean values; error bars represent one standard
deviation; marker size corresponds to the number of
specimens for which stiffness data is reported in the study.
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conditions constant. Generally for frontal region
studies, lower stiffness and peak/fracture force were
reported in studies with a focal contact area1,4,6,46

compared to a larger contact area9,22 (Fig. 3). Further
studies are required to understand the effect of the
contacting object’s geometry in other regions of the
head.

Head Constraints

For impact studies, the heads were rigidly con-
strained using an embedding compound, to either
partially submerge the head (N = 4 studies;
Figs. 4a24c),1,4,6,7 or to conform a steel post to the
foramen magnum (N = 3 studies; Fig. 4d).9,41,42

When large portions of the heads were rigidly secured,
the authors assumed that deformation would only
occur at the site of loading1,2,6,28; however, there is
little consensus on whether substantial stresses occur
only at the site of loading, or propagate substantially
from the location of load application.17 The latter head
constraint technique was thought to provide a more
realistic boundary condition by rigidly securing only
the articular surfaces of the occiput (Fig. 4d).41 No
study explored differences in mechanical response
when altering head constraint configuration. However,
representing the physiological constraints likely allows
the head to deform in a more realistic manner, which
should produce a more biofidelic loading response and
fracture type.

In cadaveric free-fall studies the heads were
unconstrained (Fig. 4e) resulting in translations and
rotations prior to impact20,22; this likely produced an
erroneous acceleration-time response (obtained via
force data normalized by the head mass), from which
deformation was calculated. Freefall experimental
methods could be improved by constraining the head
to a rigid surrogate neck and allowing only one degree

of freedom motion, as in porcine34 and surrogate head
freefall studies (Fig. 4f).44 With the heads constrained
to the apparatus, local deformation can be directly
measured rather than inferred from accelerometer
data.

Bilinear Loading Response

All studies reported linear and/or bilinear force–
deformation relationships. For a bilinear response, the
force–deformation curve progressed through an initial
toe region, into a higher stiffness region, followed by a
lower stiffness region until failure. This response was
observed for some destructive quasistatic and dynamic
tests, and with dry, embalmed and fresh-frozen
heads,42 and was thought to arise from rate-dependent
fracture mechanics of the skull.9 The bilinear response
was absent in non-destructive21,22,35 and destructive4,6

studies that calculated deformation from acceleration-

FIGURE 3. Frontal region mean (left) stiffness and (right) fracture force, vs. loading rate, with studies classified as focal1,4,7,46 or
large9,22 impactor area. Error bars represent one standard deviation. QS quasistatic, ND non-destructive test.

FIGURE 4. Head constraint techniques used in frontal region
loading studies. The heads were partially embedded with the
head (a) supine,1,6,7 (b) upright,46 or (c) right lateral
recumbent.4 Alternatively, the heads were embedded
proximal to the foramen magnum (d, f)9,42 or unconstrained
(e).20,22,45
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time data, which is likely a limitation of the instru-
mentation. For studies that measured deformation
directly during frontal impacts1,2,9,46 the peak force
was achieved in approximately one millisecond. Deyle
et al.9 observed the bilinear response when sampling at
65 kHz, but the earlier studies likely captured at an
insufficient rate over the short duration (2.7–4.3 m/s,
5 kHz; 5 data points1,2; 7.1–8 m/s, 8 kHz; 8 data
points46). Further investigation is needed to under-
stand the bilinear force–deflection response, as it may
have implications for modelling the mechanical
response of the skull during destructive loading.

Comparison of Adult Cadaveric and Surrogate Head
Model Stiffness

Four studies evaluated the stiffness of adult cadav-
eric and ATD heads in the same apparatus.1,4,6,22 One
study compared the stiffness of a custom surrogate
head model and cadaveric heads,37 but this study was
not included in this review as the heads were impacted
by a small, high velocity, ballistic.

The Hybrid III head was designed to produce a
biofidelic frontal impact response, but it is often used
to investigate injury risk from direct impacts to various
regions of the head. Allsop et al.1 reported the frontal
and midface stiffness for the adult cadaveric head and
the Hybrid III head, citing similar stiffness (without
statistical comparison) for frontal, but not maxilla or
zygoma impacts (Fig. 5). Loyd et al.22 compared the
stiffness of the adult male head and Hybrid III head,
using generalized linear models with head type, impact
location (frontal, occiput, frontal, left parietal and
right parietal) and drop height (15 and 30 cm) as
independent variables. Although stiffness was not
dependent on head type (p = 0.12), the Hybrid III and
adult male head stiffness differed for 15 cm vertex
(p = 0.032) and 30 cm right parietal (p < 0.001, see
Footnote 2) impacts (Fig. 5). The application of these
findings to the broader population in an injurious
loading scenario may be limited by the non-destructive
loads, small number of specimens and unisex cadaveric
population. Generally, the Hybrid III compared well
to destructive and non-destructive frontal impacts, and
non-destructive occipital impacts, in cadaver heads.
However, its response was non-biofidelic in facial,
vertex and parietal impacts, and the response to lateral
impacts was not reported.

The FOCUS head was designed to overcome the
poor facial biofidelity of the Hybrid III head; its

response was compared to adult male cadaveric data in
two studies. Brozoski4 performed non-destructive lat-
eral impacts (2 m/s) to the nasal bone (FOCUS n = 2,
cadaver n = 19), frontal bone (n = 10, n = 24) and
zygoma (n = 10, n = 17). Cormier et al.6 performed
non-destructive and destructive A-P impacts (FOCUS:
2–2.8 m/s, cadaver: 1.7–5.6 m/s) to the frontal bone
(n = 6, n = 20), nasal bone (n = 4, n = 19), and
maxilla (n = 9, n = 29). Two-sample t tests
(a = 0.05) were performed on those data in the cur-
rent study to compare the stiffness of the FOCUS and
adult male heads at each region for A-P and lateral
impacts. Compared to frontal region cadaveric data,
the FOCUS had similar stiffness in the A-P loading
direction (p = 0.549), but it was less stiff in lateral,
frontal region impacts (p = 0.001; Fig. 5). The FO-
CUS compared well to cadaveric data for midface
impacts at the maxilla (p = 0.260) and zygoma
(p = 0.376), but was significantly stiffer for nasal im-
pacts in the A-P (p < 0.001) and lateral (p < 0.001)
impact direction (Fig. 5). The force–deformation data
presented for the FOCUS indicated increased stiffness
with increasing deformation, suggesting the FOCUS
will produce higher forces, compared to the cadaveric
head, at greater impact severities.

The biofidelity of surrogate head models’ mechani-
cal response to various impact loading configurations
has not been comprehensively reported. The force–
deformation response of the Hybrid III has not been
reported for a broad range of impact conditions and
locations that would induce fractures in human heads.
Similar to the human head data synthesized herein, the
Hybrid III response is likely influenced by the experi-
mental end-conditions. For example, Hybrid III head
stiffness was substantially lower for a high energy im-

FIGURE 5. Summary of regional stiffness (mean 6 SD)
results for studies1,4,6,22 that impacted cadaveric heads and
either the Hybrid III (HIII) or FOCUS head models. *Significant
difference between cadaveric and ATD stiffness. xExcluded
from statistical comparison as only the mean stiffness for the
HIII was reported. The FOCUS stiffness results have been
labelled anterior–posterior (AP) or lateral (L) to distinguish
impact direction.

2Statistical difference without p values was reported in the original

publication.19 Two-sample t tests have been performed in the current

study to assess if the Hybrid III and adult cadaveric head stiffness

differ for these impact configurations.
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pact performed with the head constrained at the base
of a drop tower1 (1000 N/mm), compared to a freefall
impact22 (2918 ± 905 N/mm; Fig. 5). Future studies
that aim to validate the response of surrogate head
models should consider the impactor energy and
experimental end-conditions imposed on the cadaveric
and surrogate heads to produce a loading response
that is representative of a real-world head impact.

SUMMARY

Surrogate head models are used in a broad range of
experimental studies to investigate the potential for
skull, brain and cervical spine trauma (e.g. References
30, 38, 43). The impact response of commonly used
surrogate heads is only calibrated for specific loading
conditions (e.g. Hybrid III—frontal impacts,
FOCUS—facial impacts, NOCSAE—helmeted im-
pacts), and when used in alternative scenarios the
response can be non-biofidelic.1,22 Stiffness is a struc-
tural property derived from the force–deformation
relationship that is used in the design process for sur-
rogate heads. A review of all discoverable ex vivo
compressive head stiffness data was performed. Head
stiffness varied over an order of magnitude across the
studies and was broadly dependent on region and rate
of loading. The applied head constraints, and the
geometry and mass of the contacting body, varied
substantially between the experiments, which limited
inter-study comparisons. The findings from this review
indicate that further work is required to assess the ef-
fect of head constraints, loading region, and impactor
geometry, on head impact mechanical response, across
a range of real-world relevant scenarios. Such cadav-
eric response data will inform the design and validation
of surrogate head models with more biofidelic force–
deformation responses to a variety of direct head im-
pacts.
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32Öhman, C., E. Dall’Ara, M. Baleani, S. V. S. Jan, and M.
Viceconti. The effects of embalming using a 4% formalin
solution on the compressive mechanical properties of
human cortical bone. Clin. Biomech. 23:1294–1298, 2008.

33Payne, T., S. Mitchell, and R. Bibb. Design of human
surrogates for the study of biomechanical injury: a review.
Crit. Rev. Biomed. Eng. 41:51–89, 2013.

34Powell, B. J., N. V. Passalacqua, T. W. Fenton, and R. C.
Haut. Fracture characteristics of entrapped head impacts
versus controlled head drops in infant porcine specimens. J.
Forensic Sci. 58:678–683, 2013.

35Prange, M. T., J. F. Luck, A. Dibb, C. Van Ee, R. W.
Nightingale, and B. S. Myers. Mechanical properties and
anthropometry of the human infant head. Stapp Car Crash
J. 48:279–299, 2004.

36Raymond, D., C. Van Ee, G. Crawford, and C. Bir. Tol-
erance of the skull to blunt ballistic temporo-parietal im-
pact. J. Biomech. 42:2479–2485, 2009.

37Raymond, D. E., and C. A. Bir. A biomechanical evalua-
tion of skull-brain surrogates to blunt high-rate impacts to
postmortem human subjects. J. Forensic Sci. 60:370–373,
2015.

38Saari, A., E. Itshayek, and P. A. Cripton. Cervical spinal
cord deformation during simulated head-first impact in-
juries. J. Biomech. 44:2565–2571, 2011.

39Sahoo, D., C. Deck, N. Yoganandan, and R. Willinger.
Influence of stiffness and shape of contact surface on skull
fractures and biomechanical metrics of the human head of
different population underlateral impacts. Accid. Anal.
Prev. 80:97–105, 2015.

40Seimetz, C. N., A. R. Kemper, and S. M. Duma. An
investigation of cranial motion through a review of
biomechanically based skull deformation literature. Int. J.
Osteopath. Med. 15:152–165, 2012.

BIOMEDICAL
ENGINEERING 
SOCIETY

THOMPSON-BAGSHAW et al.1760

https://hdl.handle.net/10161/4986
https://hdl.handle.net/10161/4986


41Van Lierde, C., B. Depreitere, J. Vander Sloten, R. V. Van
Audekercke, G. Van Der Perre, and J. Goffin. Skull
biomechanics: the energy absorbability of the human skull
frontal bone during fracture under quasi-static loading. J.
Appl. Biomater. Biomech. 1:194–199, 2003.

42Verschueren, P., H. Delye, B. Depreitere, C. Van Lierde, B.
Haex, D. Berckmans, I. Verpoest, J. Goffin, J. Vander
Sloten, and G. Van der Perre. A new test set-up for skull
fracture characterisation. J. Biomech. 40:3389–3396, 2007.

43Viano, D. C., R. Burnett, and C. S. Parenteau. Influence of
a combo side airbag on the risk for basilar skull fracture in
a far-side occupant. Traffic Inj. Prev. 15:726–733, 2014.

44Whyte, T., C. A. Stuart, A. Mallory, M. Ghajari, D. J.
Plant, G. P. Siegmund, and P. A. Cripton. A review of
impact testing methods for headgear in sports: considera-
tions for improved prevention of head injury through
research and standards. J. Biomech. Eng. 141, 2019.

45Yoganandan, N., and F. A. Pintar. Biomechanics of tem-
poro-parietal skull fracture.Clin. Biomech. 19:225–239, 2004.

46Yoganandan, N., F. A. Pintar, A. J. Sancer, P. R. Walsh, C.
L. Ewing, D. J. Thomas, and R. G. Snyder. Biomechanics of
skull fracture. J. Neurotrauma. 12:659–668, 1995.

47Yoganandan, N., J. Zhang, and F. Pintar. Force and
acceleration corridors from lateral head impact. Traffic Inj.
Prev. 5:368–373, 2004.

48Zhang, T. G., K. A. Thompson, and S. S. Satapathy. Ef-
fects of loading conditions and skull fracture on load
transfer to head. ASCE-ASME J. Risk Uncertain. Eng.
Syst. Part B 4, 2018.

Publisher’s Note Springer Nature remains neutral with re-

gard to jurisdictional claims in published maps and institu-
tional affiliations.

BIOMEDICAL
ENGINEERING 
SOCIETY

A Review of the Compressive Stiffness of the Human Head 1761


	A Review of the Compressive Stiffness of the Human Head
	Abstract
	Introduction
	Methods and Materials
	Results
	Overview of Experimental Methods
	Global Compression
	Varied Local Region Compression
	Local Frontal Region Compression

	Discussion
	Impact Energy
	Loading Region
	Geometry of the Contacting Object
	Head Constraints

	Bilinear Loading Response
	Comparison of Adult Cadaveric and Surrogate Head Model Stiffness

	Summary
	ACont
	Acknowledgements
	References




