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a b s t r a c t
A biomechanical model for traumatic brain injury and soft tissue damage is presented. A variational constitutive model for soft biological tissues is utilized to reproduce axonal damage and cavitation injury
through inelastic deformation. The material response is split into elastoplastic and viscoelastic components, including rate effects, shear and porous plasticity, and ﬁnite viscoelasticity. Mechanical damage
of brain tissue is classiﬁed as volumetric (compression/tension) and shear-type. Finite element simulations of brain injuries are presented, examining frontal and oblique head impacts with external objects.
Localization, extension, intensity and reversibility/irreversibility of tissue damage are predicted. Future
directions of this work, relating mechanical damage and physiological brain dysfunction, and application
to relevant medical and engineering problems are discussed.
Ó 2008 Elsevier B.V. All rights reserved.

1. Introduction
Brain damage resulting from traumatic brain injuries (TBI) under impact/acceleration loading is often classiﬁed as focal and/or
diffuse in the medical literature. The ﬁrst consists of contusions,
lacerations, haematomas (extradural or intradural), and tentorial/
tonsilar herniation. Focal damage may also occur as coup or contrecoup (opposite to the site of impact). On the other hand, diffuse
damage encompasses diffuse axonal injury (DAI), cerebral swelling,
cerebral ischemia, and is often associated with focal damage. Alternatively, according to the process that contributes to the neuronal
damage after injury, brain damage can be classiﬁed as primary or
secondary. Direct (primary) brain injury results from both the direct impact of the brain against the inner contours of the skull
and the forces occurring from acceleration, deceleration and rotation of the brain inside the cranium. On the other hand, secondary
injury indicates brain damage that occurs within days of the immediate trauma, due to the long-term effects of the impact.
Some of the frequent causes of damage are the relative motion
of the brain with respect to the skull (brain retarded or set into motion subsequently by the skull); striking and bouncing of the
parenchyma against inner skull protrusions; cavitation phenomena induced by negative pressures (volumetric or compression–tension damage); rupture of bridging veins, axonal ﬁbers and vascular
tissue (shear damage).
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Fig. 1 (adapted from Kleiven [17]) shows the dynamics of a frontal impact injury and the associated compression–tension damage.
The translational cranial motion causes relative brain movements
and short-term intracranial pressure gradients. High positive pressures are observed at the coup site, together with marked negative
pressures at the contrecoup site (cf. Lindgreen and Rinder [19], Nahum et al. [28], Johnson and Young [15]). Coup contusions are produced by the slapping effect of the skull hitting the brain;
contrecoup lesions follow from the bouncing of the brain against
the inner posterior surface of the skull and the possible development of cavitation bubbles within the brain due to high negative
pressures. The growth and collapse of these bubbles may induce
local tissue damage. This phenomenon, known as contre cavitation,
is well recognized in the literature (cf., e.g., Lubock and Goldsmith
[20], Hardy et al. [13]; Nusholtz et al. [29]; Brennen [5]; Johnson
and Young [15]).
Cavitation effects can also be observed in the coup region (coup
cavitation), due to high negative pressures, which immediately follow a severe shock wave front in both the coup and contrecoup
areas [12,19,10,35]. Coup lesions are usually prevalent in the case
of an impact by a small object, while contrecoup lesions are typically more severe under impact from large objects. The development of coup and/or contrecoup lesions is also dependent on the
part of the skull which is impacted. There is some evidence that
frontal impacts always result in frontal lobe injuries and that
occipital and temporal impacts cause prevalent contrecoup lesions
(cf. Leestma [18]). However, in many cases, both coup and contrecoup lesions are observed.
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tissue. Elastoplastic and viscoelastic material responses are combined in parallel to reproduce both permanent (time inﬁnity) and
transient damage. Both are of volumetric (tension or cavitation
damage) and/or deviatoric (shearing damage) types. The presented
TBI simulations include maps of intracranial pressure, shear strain,
and mechanical damage parameters. Promising applications of this
work to relevant medical and engineering problems are discussed
in the closing section.
2. A mechanical model of brain tissue

Fig. 1. Coup–contrecoup injury (adapted from Kleiven [17]).

Shear damage is mainly produced by rotational movements of
the parenchyma within the skull (angular acceleration injuries)
and bending/stretching of the craniospinal junction [1]. This type
of trauma is often associated with DAI, since rotational or bending
motions may lead to severe shearing of axons in different brain regions. DAI was deﬁned by Strich in [37], and is now widely recognized in the literature (cf., e.g., Perles and Rewcastle [33], Adams
and Graham [1]); it is observed in about 30% of the cases, with
varying degrees of severity, in the Glasgow brain trauma database
[1]. When DAI occurs, various and widespread regions of the brain
may no longer be able to function or intercommunicate.
Biomechanical modeling of traumatic brain injuries requires the
formulation of complex constitutive equations, accounting for
large strains, time and rate effects, and consistent damage models.
The current biomechanical literature is mainly concerned with
hyperelastic or ﬁnite viscoelastic models, accounting for small perturbations away from thermodynamic equilibrium (see, e.g.,
Prange and Margulies [34], Miller and Chinzei [23,24], Miller
et al. [26], Meaney [21], Brands et al. [3], Brands et al. [4], Velardi
et al. [39]). Nevertheless, some constitutive models which include
plasticity, hysteresis, permanent deformation, and biphasic (solid/
ﬂuid) behavior of soft biological tissues have appeared in recent
years [2,7,9,11].
The present study deals with the biomechanical modeling of the
brain tissue response to traveling impact waves, and the computational simulation of traumatic brain injuries. The model recently
proposed in [7,8] is employed, which is able to reproduce permanent brain tissue damage in the form of plastic sliding between
brain layers and irreversible growth of voids or bubbles in the
material. These features enable the simulation of DAI and cavitation injury. The model includes time-dependent viscous deformations and large perturbations of the material from
thermodynamic equilibrium via an exact ﬁnite viscoelasticity
theory.
Finite element simulations of two different traumatic brain
injuries are presented, examining a frontal (validated) and oblique
(predictive) impact events. In the ﬁrst case, the obtained results
were validated against an experiment on the intracranial pressure
dynamics in a human cadaver impacted by a rigid mass [28].
In contrast to other available simulations of TBIs which essentially relate brain damage to stress–strain intensity in elastic or
viscoelastic ﬁnite element models (cf. Zhou et al. [46], Zhang
et al. [43,44], Kleiven [17], Kleiven and von Holst [16], Horgan
and Gilchrist [14]), the current study attempts to describe brain
injuries through effective mechanical damage parameters. This attempt relates the damage to plastic and viscous deformation of the

A useful characterization of the mechanical behavior of brain
tissue is supplied by the constitutive model recently proposed in
[7,8] for large deformation of soft materials. The model inelastic response is decomposed into equilibrium and non-equilibrium components via an elastoplastic network acting in parallel with several
viscoelastic mechanisms. The elastoplastic component describes
long-term behavior and permanent material damage, while the
viscoelastic ones account for time-dependent viscous dissipation.
A thermodynamical variational approach to the constitutive
equations (cf. Ortiz and Stainier [32], Yang et al. [42]) is adopted
and the following free energy is introduced:

A ¼ W e ðeej ; he Þ þ W p ðep ; hp Þ þ

M
X

W ei ðeei;j ; hei Þ;

ð2:1Þ

i¼1

where ði ¼ 1; . . . ; MÞ is the number of viscoelastic mechanisms; W e
and W ei are elastic strain energy densities; W p is a plastic stored energy; ee , eei and ep are elastic and plastic logarithmic shear strains eej
and eei;j ðj ¼ 1; 2; 3Þ are the eigenvalues of the elastic logarithmic
shear strains ee and eei , respectively, which correspond to the principal stretches; he , hei and hp are elastic and plastic logarithmic volumetric strains, respectively [7,8]. In the following sections, the
subscript j indicates eigen-components and ranges over 1,2,3; i refers to the viscoelastic networks and ranges over 1; . . . ; M; the
superscripts e, p and v denote elastic, plastic and viscous quantities,
respectively.
The elastic strain energy W e rules the elastic part of the elastoplastic response and takes the following form:
3 X
N
X

W e ðeej ; he Þ ¼

j¼1

r¼1

lr
j
ð½expðeej Þar  1Þ þ ðhe Þ2 ;
ar
2

ð2:2Þ

where N is the number of Ogden’s functions [30] modeling the
shear deformation, lr and ar are shear moduli and dimensionless
stretch exponents ðr ¼ 1; . . . ; NÞ, and j is the bulk modulus, characterizing the volumetric deformation. The elastic strain energy densities W ei have the same structure.
The plastic stored energy W p is represented by

W p ðep ; hp Þ ¼


nþ1
nr0 ep0
ep n
nr0 ep0
4pa3
þ
1þ p
Nv
gðhp ; nÞ;
nþ1
nþ1
3
e0

ð2:3Þ

where r0 is the yield stress, ep0 is the reference plastic strain, n is the
hardening exponent, N v is the void density per unit undeformed
volume of the material, a is the void radius, hp is the volumetric
plastic strain, and
p

gðh ; nÞ ¼

Z
1

1=f

2
x
1 þ p log
30
x  1 þ f0 þexpf0 hp 1

!nþ1
n
dx

ð2:4Þ

f0 and f being the initial and current volume fractions, respectively.
Permanent shear damage of the tissue, as induced by diffuse axonal shearing, is modeled through the ﬁrst term on the right hand
side of (2.3), in the form of irreversible plastic sliding. Cavitation
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Fig. 2. Mid-sagittal and mid-coronal sections of the adopted head ﬁnite element model: (1) skull without facial bones; (2) CSF; (3) gray matter; (4) white matter; (5)
cerebellum; (6) corpus callosum; (7) telencephalic nuclei; (8) brain stem and (9) ventricles.

damage, associated with the instable growth of voids in the material is modeled through porous plasticity in the second term on the
right hand side of (2.3) [31,40,41].
Rate effects are described through the following dual kinetic
potentials:

w ¼
/i ¼

 mþ1
 mþ1
_m
m2 r0 e_ p0 e_ p m
m2 r0 e_ p0
4pa3
1  2a
 ;
m Þ
þ
N
ð1

f
v
p
p 

m þ 1 e_ 0
mþ1
3
e_ 0 a
Ni
3 X
X
gdev
i;n
j¼1 n¼1

ai;n

ð½expðe_ vi;j Þai;n  1Þ þ

gvol
i
2

_
ðhvi Þ2 ;

ð2:5Þ
ð2:6Þ

Table 1
Soft tissue material properties
GM

WM

BSCC

Mass density (kg/m3)

1040

1040

1040

Elastoplastic response
Ogden’s coefﬁcient l1 (kPa)
Ogden’s coefﬁcient a1
Long-term shear modulus l1 (kPa)
Bulk modulus j (kPa)
Yield stress r0 (kPa)
Reference plastic strain p0
Hardening exponent n
Reference plastic strain rate _ p0
Plastic strain rate exponent m
Void density N v (m3)
Initial void radius a0 (lm)

2.72
5.00
6.80
2190
20.0
0.05
10
0.001
10
108
100

3.28
5.00
8.20
2190
20.0
0.05
10
0.001
10
108
100

4.64
5.00
11.60
2190
20.0
0.05
10
0.001
10
108
100

First viscoelastic mechanism
Relaxation time s1 (s)
Ogden’s coefﬁcient l1;1 (kPa)
Ogden’s coefﬁcient a1;1
Bulk modulus j1 (kPa)

0.008
1.36
5.00
2190

0.008
1.64
5.00
2190

0.008
2.32
5.00
2190

Second viscoelastic mechanism
Relaxation time s2 (s)
Ogden’s coefﬁcient l2;1 (kPa)
Ogden’s coefﬁcient a2;1
Bulk modulus j2 (kPa)
Initial shear modulus l0 (kPa)

0.15
1.36
5.00
2190
13.60

0.15
1.64
5.00
2190
16.40

0.15
2.32
5.00
2190
23.20

which rule the time evolution of plastic and viscous internal forces;
the reader should refer to Eqs. (2.35) and (2.36) in [7] for the relationship between the kinetic potentials and their duals. In (2.5) and
(2.6), m is the plastic rate sensitivity exponent; e_ p0 is the reference
plastic strain rate; e_ vi;j and h_ vi are the shear and volumetric viscous
vol
are shear
strain rates of the viscoelastic mechanisms; and gdev
i;n , gi
and volumetric viscosities, respectively. Microinertia due to
expanding voids is also included, as described in [7,41].
At thermodynamic equilibrium, the internal forces in the viscoelastic networks are relaxed and the material behavior is ruled by
the sole elastoplastic response. When the material is away from
equilibrium, the current viscoelastic strain can be regarded as a
measure of transient shear tissue damage.
3. Finite element modeling of the human head
The injury simulations presented in this work make use of a ﬁnite element model of the human head recently developed at the
Bioengineering Laboratory of the University of Salerno [6].
A ﬁnite element mesh was reconstructed from the axial Magnetic Resonance Images available in ‘‘The Whole Brain Atlas” of
the Harvard Medical School (http://www.med.har-vard.edu/AANLIB/), via 3D image processing and editing, using the commercial
software Mimics (Materialise Group, Leuven, Belgium). The mesh

GM = gray matter; WM = white matter; BSCC = brain stem and corpus callosum.

Table 2
Skull and CSF properties

Mass density (kg/m3)
Shear modulus l (kPa)
Bulk modulus j (kPa)

Skull

CSF

1210
3280
4760

1004
0.50
2190

Fig. 3. Snap shots of the translational head motion following frontal impact
ðt ¼ 2; 4; 6; 8 msÞ.
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includes the following components (refer to Fig. 2): (1) skull without facial bones; (2) cerebrospinal ﬂuid (CSF) in the form of a 3mm thick layer; (3) gray matter; (4) white matter; (5) cerebellum;
(6) corpus callosum; (7) telencephalic nuclei; (8) brain stem; (9)
ventricles.
The entire model comprises 39047 tetrahedral composite elements [38], and is characterized by a detailed level similar to that
of the Wayne State Brain Injury Model [45]. The model resolves the

Frontal Pressure
150

smallest geometrical features (with exception of the ﬁner structure
of the cerebral cortex) with at least a few elements. Furthermore,
the simulations were performed with 10-noded composite tetrahedra, and therefore we believe that the discretization error plays no
signiﬁcant role. The brain measures 1508 cm3 in volume (CSF excluded) and has a mass of 1.40 kg. The modeled portion of the skull
is 678 cm3 in volume and has a mass of 0.82 kg. We refer the reader
to [6] for further details about mesh geometry, density, and
topology.
We employed the constitutive model described in the previous
section for the brain tissue components, considering two viscoelastic mechanisms and one-term Ogden functions. Viscoelastic material properties frequently used in the literature for head injury
simulations (cf. Zhou et al. [45], Zhang et al. [43,44], Kleiven [17],
Kleiven and von Holst [16], Horgan and Gilchrist [14]) were suit-
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Fig. 4. Predicted vs experimental intracranial pressure time-histories [28, experiment no. 37].
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Fig. 5. Frontal impact: intracranial pressure contours (Pa).
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Fig. 6. Frontal impact: cavitation damage ðhp Þ predictions.

ably adapted to the present model.1 We scaled by a factor of 1/2.5
the short-term shear moduli given by Zhang et al. [44] for white
matter, gray matter, and brain stem, to ensure consistency with
the short-term brain tissue model proposed by Mendis et al. [22].
In particular, we assigned shear stiffness ratios of 1/2, 1/4, 1/4 to
the elastoplastic and the viscoelastic networks, respectively. Following the results given in [7,8], we considered negative fl; ag couples.
We also adopted a yield stress of 20 kPa, amplifying by a factor of 2
the shear stress threshold deﬁned by Zhang et al. [44] as a tolerable
level for 80% probability of mild traumatic brain injury. The ﬁrst
approximation to the actual yield stress of brain tissue is due to
the current lack of extensive experimental results in terms of plastic
behavior, permanent deformation and regional dependence of damage properties in the brain tissue. This approximation proves to be
reasonable as seen in Section 4.1.
The volumetric viscosities gvol
were set to zero, assuming purely
i
elastic volumetric behavior in the viscoelastic networks, while the
shear (deviatoric) viscosities gdev
i;n were expressed in terms of the
=li , where gdev
and li are linear viscosities
relaxation times si ¼ gdev
i
i
and shear moduli. We prescribed s1 ¼ 0:008 s in the ﬁrst, and
s2 ¼ 0:15 s in the second mechanisms [22]. The ﬁrst mechanism
accounts for short-term viscoelastic response and essentially controls time effects in impact problems (cf. next section). The complete set of material properties employed for soft tissue
components is given in Table 1. As for the skull and the CSF, we
adopted the hyperelastic models described in Table 2 which correspond to those adapted by Zhang et al. [43]. Free boundary conditions were assumed in accordance to the literature (cf. Zhou et al.

1

Remark: The decision to refer to modeling papers for material properties, and not
to experimental studies on swine or human brain tissue (like those presented in
[9,27,23,24,34,39]), is due to the fact that the latter often do not account for very high
strain rates comparable to those observed in traumatic brain injuries.

Fig. 7. Frontal impact: shear stress contours (Pa).

[46], Kleiven and von Holst [16], Horgan and Gilchrist [14]) and
due to the short duration of the impact.
4. Impact simulations
The present section illustrates two different head injury simulations concerning a frontal and oblique head impacts with an external object. In the ﬁrst case, validation is established with available
experimental results. Attention is focused on intracranial pressures, shear stresses, and related brain tissue damage.
4.1. Frontal impact
We simulated experiment no. 37 by Nahum et al. [28] on the
intracranial pressure dynamics in a human cadaver impacted by
a rigid mass. The impact was not modeled via contact, however,
it was reproduced by applying the experimental pressure
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load-history over a frontal region of the skull, with semi-sinusoidal
time distribution for a duration of 6 milliseconds and a peak force
of 7.90 kN [28] (Fig. 3). The impact direction n had components
nx ¼ 0:0166, ny ¼ 0:8060 and nz ¼ 0:5917 with respect to the global Cartesian frame X; Y; Z shown in Fig. 3. Similar simulations have
been performed by other authors for validation of different ﬁnite
element models (cf., e.g., Ruan et al. [36], Zhou et al. [45], Kleiven
and von Holst [16], Horgan and Gilchrist [14]).
Fig. 4 shows the predicted pressure time-histories in three different brain regions (frontal, posterior-fossa and parietal lobes)

versus the corresponding experimental results given in [28]. A very
good correlation between the model and experiment is observed;
peak values and time distribution of the intracranial pressure partially validate the present constitutive and ﬁnite element models.
During the simulation, as well as in the referenced experiment
by [28], positive (compressive) peak pressures were observed in
the frontal brain region beneath the impact site, together with negative (tensile) pressure in the posterior-fossa area opposite to the
impact site (Fig. 4). Those peaks approximately occurred in correspondence with the peak of the external pulse ðt ¼ 3 msÞ. After
that time, the frontal pressure started to decrease toward zero,
while the posterior pressure began to increase toward positive values. A pressure proﬁle similar in shape to that of the frontal region,
but reduced in amplitude, was observed in correspondence with
the parietal lobe region (Fig. 4).

Fig. 8. Frontal impact: viscous shear deformation predictions.

Fig. 9. Snap shots of the translational–rotational head motion following oblique
impact ðt ¼ 2; 4; 5; 6; 7; 8 msÞ.
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Fig. 10. Oblique impact: intracranial pressure contours (Pa).
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Fig. 12. Oblique impact: shear stress contours (Pa).
Fig. 11. Oblique impact: cavitation damage ðhp Þ predictions.

Contour plots of the intracranial pressure over a mid-sagittal
section of the head model are shown in Fig. 5 at the peak
ðt ¼ 3 msÞ, during the decreasing phase ðt ¼ 4:5 msÞ, and soon
after the end of the pulse ðt ¼ 6:5 msÞ. One observes that the traveling stress wave reﬂects against the skull at the contrecoup site
and then moves back toward the interior of the parenchyma. It is
then followed by a tensile ‘‘tail” (negative pressure wave), which
produces irreversible cavitation damage (volumetric plastic strain
hp ) in different brain regions, especially within the contrecoup region (Fig. 6). Cavitation initiates when the traveling tensile stress
reaches a threshold value pc (critical cavitation pressure) [41,40,7],
and determines instable growth of voids in the tissue. This phenomenon is locally ampliﬁed by the superposition of primary
and reﬂected tensile waves.

The dynamics of the shear deformation are slightly different.
Fig. 7 shows contour plots, at different times, of the total effective
shear stress s, which continues to rise after the peak of the pulse. It
is observed that the shear stress assumes extreme values at the
parietal lobe, the corpus callosum, the thalamus, and the midbrain
(cf. Zhang et al. [43,44], Horgan and Gilchrist [14]). Its highest value, however, remains below the adopted plastic threshold
(s 6 r0 ¼ 20 kPa, cf. Fig. 7), and hence no permanent shear damage
is predicted by our model in the present case. Nevertheless,
remarkable elastic and viscous shear deformations arise in different brain regions. Contour plots of the viscous shear strain v in
the ﬁrst viscoelastic mechanism are depicted in Fig. 8. In the current example, v can be regarded as a measure of transient (axonal)
shearing damage of brain tissue, which will be released after the
end of the pulse in a time duration sufﬁciently larger than the
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Fig. 13. Oblique impact: permanent shear damage predictions.

Fig. 14. Oblique impact: viscous shear deformation predictions.

relaxation time of the ﬁrst viscoelastic mechanism (t  8 ms, cf.
Table 2).

the present case within the coup and contrecoup regions, as compared to the case of a frontal impact. Such high intracranial pressures induce intense and diffused cavitation damage (Fig. 11),
with peaks of hp being signiﬁcantly higher than those observed
in the previous example (cf. Fig. 6).
As for the shear stress s, we recorded the time-history represented in Fig. 12. It can be noticed that the s proﬁles extend within
the brain as concentric circular ripples moving inward from the
point of impact, thus qualitatively reproducing the contours of
the velocity gradient associated with the rotational motion of the
head (Fig. 9). Its peaks initially appear beneath the cortical surface,
and then evolve toward the core regions of the brain (cf. Zhang
et al. [44]). The shear stress values are up to 10 times higher than
those predicted in the frontal impact case, which implies the
attainment of the yield limit in the elastoplastic network and the

4.2. Oblique impact
A predictive oblique impact event was simulated by applying
the same pulse of the previous example on a lateral region of the
frontal bone to induce a mixed translational–rotational motion of
the head (Fig. 9). The impact direction was assumed to be inclined
at 45° in the X  Y plane (impact direction n components:
nx ¼ 0:707, ny ¼ 0:707 and nz ¼ 0, cf. Fig. 9).
This predictive simulation resulted in the intracranial pressure
proﬁles depicted in Fig. 10 over a section almost parallel to the impact direction through the center of the impact zone. One can observe markedly higher positive and negative pressures develop in
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development of permanent shear damage p , as shown in Fig. 13.
Therefore, occurrence of DAI can be predicted, evolving from the
periphery to the core of the brain. Viscous shear deformation v
in the ﬁrst viscoelastic mechanism is also observed, with analogous
time–space distribution to p (Fig. 14). In the present case, the difference v  p may be regarded as a measure of transient axonal
shearing.
5. Conclusions
We have illustrated that clinically relevant injuries, such as DAI
and cavitation, can be related to speciﬁc mechanical damage
modes of brain tissue, which involve plastic and/or viscous deformation. A constitutive model capable of capturing observed types
of damage mechanisms was utilized in two ﬁnite element simulations of TBIs in order to predict the distribution, intensity and
reversibility/irreversibility of tissue damage indicators. A partial
validation of the employed ﬁnite element model has been carried
out, comparing numerical predictions of intracranial pressure with
the outcomes of an experiment on a human cadaver impacted by a
rigid mass. The same experiment is largely used in the biomechanical literature for validation of ﬁnite element models of the human
head [14,16,36,46]. The determination of reliable plastic threshold
parameters and viscoelastic material properties remains an open
question for experimentalists to explore and modelers to utilize.
Future directions of this work should include secondary cell-damage and may lead to the study of the correlation between mechanical damage of brain tissue and physiological brain dysfunction and
the formulation of head injury criteria for medical, governmental
and industrial applications. These types of studies, which must
be carried out through collaborative mechanical–medical research,
should address the deﬁnition of clinical–biomechanical injury tolerances, biomechanical–clinical correlation studies, computer and
laboratory-based accident reconstruction, and micromechanical
approaches. Validation of the model against in vivo behavior of
brain tissue can be carried out simulating, for example, in vivo
indentation tests on swine tissue, as done in Miller et al. [25]. Comparison between in vivo and in vitro experimental results could
lead one to understand the existing relationship between material
parameter values in the two cases. Also, the CSF skull–brain interface is often modeled either through linear elastic solid elements
with low shear modulus, or via contact algorithms (cf., e.g., Kleiven
[17] and references therein); CSF viscosity could be thought to not
strongly inﬂuence the short-term response of the head model to
impact events with duration of a few milliseconds. Nevertheless,
a speciﬁc study about the CSF viscosity effects on head trauma is
left as future work.
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