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Abstract
A whole head finite element model for simulation of bone conducted (BC) sound transmission was
developed. The geometry and structures were identified from cryosectional images of a female human
head and 8 different components were included in the model: cerebrospinal fluid, brain, three layers of
bone, soft tissue, eye and cartilage. The skull bone was modeled as a sandwich structure with an inner and
outer layer of cortical bone and soft spongy bone (diploë) in between. The behavior of the finite element
model was validated against experimental data of mechanical point impedance, vibration of the cochlear
promontories, and transcranial BC sound transmission. The experimental data were obtained in both
cadaver heads and live humans. The simulations showed multiple low-frequency resonances where the
first was caused by rotation of the head and the second was close in frequency to average resonances
obtained in cadaver heads. At higher frequencies, the simulation results of the impedance were within one
standard deviation of the average experimental data. The acceleration response at the cochlear promontory
was overall lower for the simulations compared with experiments but the overall tendencies were similar.
Even if the current model cannot predict results in a specific individual, it can be used for understanding
the characteristic of BC sound transmission in general.

PACS numbers: 43.64.Bt, 43.40.At
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I. INTRODUCTION

Bone conduction (BC) sound is vibration of the bones and soft tissues in the human head that
ultimately causes a hearing sensation. Bone conducted sound is important as it is used for hearing testing
(BC thresholds), communications, and hearing rehabilitation. One example of the latter is BC hearing aids
for people with large conductive hearing losses or for patients needing amplification who cannot use
conventional hearing aids (Snik et al., 2005). Even if it is different from air conduction (AC) sound
transmission, BC sound is transmitted to the inner ear and causes a wave motion of the basilar membrane
(Stenfelt et al., 2003), similar to that caused by AC sound (Békésy, 1932; Stenfelt, 2007). Due to the
structural and geometrical complexity of the human head, the transmission of BC sound in the human
head is complex and several physical phenomena are involved in hearing BC sound (Stenfelt and Goode,
2005).

Since the beginning of the twentieth century, different aspects of BC response during vibratory
stimulation have been described in the literature using experimental investigations of the human head with
BC excitation in dry skulls, cadaver heads, and living humans (Eeg-Olofsson et al., 2008, 2011, 2013;
Franke, 1959; Håkansson et al., 1986, 1994, 2008; Khalil et al., 1979; Stenfelt, 2012; Stenfelt and Goode,
2005a, b; Stenfelt et al., 2000). One often studied parameter of the human heads was the mechanical point
impedance and another was the free resonances of the human head. Franke (1959) investigated dry skulls
and reported the lowest resonance frequency of the human skull to be 500 Hz when it was filled with gel.
Khalil et al. (1979) investigated two dry skulls (male and female) by experimental modal analysis and
they found 11 resonance frequencies for the male skull and 6 for the female in the frequency range 20 Hz
to 5 kHz. The Håkansson group conducted extensive investigation on the parameters of the human head
in live humans equipped with titanium fixtures in the skull bone for anchoring BC hearing aids. They
reported the first two free skull resonance frequencies based on the mechanical point impedance of heads
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in live humans to be on average 1000 Hz and 1500 Hz with standard deviations of 200 Hz and 270 Hz,
respectively (Håkansson et al., 1986). Later, Håkansson et al. (1994) used modal analysis to extract the
first two free resonance frequencies from six human skulls in vivo and reported the averages as 972 and
1230 Hz, respectively.

Other investigations have focused on the vibration transmission of BC sound from the skull surface to
the bone enclosing the cochlea. Stenfelt et al. (2000) measured the vibration of the bone close to the
cochlea in a human dry skull in three orthogonal directions when the excitation was at the ipsilateral and
contralateral mastoids as well as the forehead. The mechanical point impedance of the dry skull and the
acceleration response of the bone at the cochlea (arcuate eminence of the temporal bone) were reported.
Stenfelt and Goode (2005a) extended the study to human cadaver heads. They used six intact cadaver
heads and reported the mechanical point impedance and the acceleration response of the cochlea
promontory in three perpendicular directions with 27 stimulation positions over the occiput, vertex and
forehead. Similar measurements but only in one direction were conducted by Eeg-Olofsson et al. (2008,
2011) on seven human cadavers and similar mechanical point impedance patterns were observed as well
as BC sound transmissions. The vibration data from cadaver heads were extended to live humans by EegOlofsson et al. (2013). They used hearing thresholds as well as the vibration response of the cochlear
promontory in 16 live humans to predict the BC sound transmission. Håkansson et al. (2008) presented
measurements in one cadaver for the comparison of the cochlear promontory vibration between
percutaneous and transcutaneous BC stimulations. Stenfelt (2012), in unilateral deaf participants, reported
the transcranial attenuation of BC sound to depend on the stimulation position and frequency.

Due to practical as well as ethical reasons, most experiments involving direct measurement in living
human participants to investigate BC sound are not possible. Also, the complexity of the experimental
manipulations as well as the large number of test subjects to estimate the variability of the results are
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difficult to achieve. Moreover, because of the individual differences of test objects, the reproducibility
and comparability of experiments are other problematic. One way to overcome some of these problems is
to use a simulation model for BC sound transmission in the human skull.
Several finite element (FE) whole head models have been presented with the aim to investigate stress
patterns from head injuries (Kleiven and Hardy, 2002; Luo et al., 2012; Ji et al., 2013; Sahoo et al., 2013).
Some tissues and geometries important for BC sound transmission were ignored in these models. In a 3D
FE model by Kim et al. (2014) BC sound analysis was reported for a human dry skull. The drawback of
that model was that only the dry skull response was captured and that does not represent the true response
of BC sound in a human head. Taschke and Hudde (2006) presented another 3D FE model of the human
head and reported the vibration pattern of the middle ear and inner ear. However, this head model only
includes two parts: the skull and the soft tissues. Other pathways of BC sound were excluded. In a 3D FE
model of the human external ear by Brummund et al. (2014) the BC occlusion effect was investigated.
The limitation of such model is that a partial model is unable to describe the real vibration response of BC
sound in the head. For example, the transcranial transmission and the effect of contralateral stimulation
were ignored.
The aim of the current study was to develop a FE model of the human head that can simulate BC sound
transmission. The FE model should have the real geometry and structure of a human head and the
comprised tissues should be represented by their real mechanical parameter values. The FE model should
simulate vibration patterns of the human head similar to those found with experiments in cadaver and live
human heads.
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II. MATERIALS AND METHODS
Through the Visible Human Project© (http://vhnet.nlm.nih.gov/), cryosectional images of an adult
female cadaver head were obtained and used to reconstruct the geometry of the FE model (FIG. 1). The
original cryosectional images have a voxel size of 0.33x0.33x0.33 mm. To get the intact geometry of the
human head, 703 images were used, from the top of the head to the bottom of the chin. The FE model
contained eight domains: (1) the brain, (2) cerebrospinal fluid (CSF), (3) eye balls, (4) inner ears, (5)
cartilages, (6) cortical bone (including teeth), (7) soft bone (diploë), and (8) soft tissues (FIG. 2).

A. Finite element model of a human head

The eight domains were identified in the cryosectional images. The space between the brain and the
skull was assumed to be CSF. The brain, cerebellum, and part of the brainstem were modelled as brain
tissue. The nerves, like the optic and auditory nerves, were also modeled as brain tissue. The skull bone
was reconstructed as a three-layer structure comprised of two different materials. The inner and outer
layers were cortical bones with diploë (spongy bone structure) inbetween. The teeth were modeled as
cortical bone. The vertebrae were removed, as well as the extension of the brainstem towards the spinal
cord, and this space was filled with soft tissue. The auricular cartilages were included as both the pinna
and the ear canal can influence BC sound (Stefan and Goode, 2005a). Also, the nasal cartilages were
included in the model. Due to the limited resolution of the cryosectional images and the complex anatomy
of the human head, other tissues such as skin, fat, muscle, blood, lymph, etc., were all classified as soft
tissue. This simplification was also done to reduce the demands on memory and time consumption for the
computations.

The meshes for the different structures in the FE head model were created by Hypermesh© (Altair
Engineering, Troy, MI, USA). The final FE model consists of 87,000 nodes and 481,000 four-noded
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tetrahedron elements. The structures and components of the FE model are shown in FIG. 2. The model
was computed by an FE solver (ACTRAN, www.fft.be, MSC Software Corp., Newport Beach, CA, USA)
and solved the coupled Helmholtz equation and force-equilibrium equation for acoustic and solid
materials, respectively. The simulation was performed in the frequency domain from 0.1 to 10 kHz with
a frequency resolution of 25 Hz up to 0.5 kHz, 50 Hz resolution between 0.5 and 1.0 kHz, and 100 Hz
resolution above 1.0 kHz.

The material properties in the FE model were obtained from previously published experimental data
and other FE human head models. The CSF is treated as liquid and the eyeballs and the inner ears are
filled with liquid. These liquids have essentially the same properties as water (Levin et al., 1981) and their
material properties are modeled as water. In most FE head models for head injury simulations, the brain
has been modeled as a hyperelastic or viscoelastic material with high Poisson’s ratio (close to 0.5)
(Kleiven and Hardy, 2002; Luo et al., 2012; Sahoo et al., 2013). However, compared with the excitation
level used in head injury models, the stimulation intensity of BC sound is low and the structure of the
brain is intact during the excitation. Therefore, the brain was modeled as an elastic material with low
Young’s modulus. It should be noted that in the current version of the model, the inner ear only contains
fluid and the minute details of the inner ear structures such as the basilar membrane and the organ of Corti
were omitted from the model. These fine structures were not identifiable in the cryosectional images.

The human skull bone has a three-layered sandwich structure, where the middle layer consists of liquid
filled spongy bone (diploë), whereas the outer and inner layers consist of hard (cortical) bone. Fry and
Barger (1978) measured the densities and found them to be 1,870 kg/m3 for the outer layer, 1,910 kg/m3
for the inner layer, and 1,740 kg/m3 for the middle layer (diploë). In a more recent study, Peterson and
Dechow (2003) reported the density of the cortical bone to be 1,869±104 kg/m3 for the outer layer and
1,813±127 kg/m3 for the inner layer. In most FE models of the human head, the density of the cortical
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bone ranges from 1.500 to 1,900 kg/m3 and that of the diploë ranges from 1,000 to 1,500 kg/m3 (Kleiven
and Hardy, 2002; Luo et al., 2012; Sahoo et al., 2013). Most FE models for head injury have used a high
Young’s modulus of the bones, about 15 GPa for the cortical bones and 5 GPa for the diploë. However,
the Young’s modulus of a live human skull may not have such high stiffness. McElhaney et al. (1970)
measured the Young’s modulus in fresh human cranial bone to be on average 2.4±1.5GPa. Motherway et
al. (2009) reported the average elastic modulus of cranial bone, tested at dynamic speeds of 0.5, 1 and 2.5
m/s, to be 7.467±5.39 GPa, 10.777±9.38 GPa and 15.547±10.29 GPa. Auperrin et al. (2014) measured the
average Young’s modulus as 3.81±1.55 GPa in the frontal bone, 5.00±3.12 GPa in the parietal bone, and
9.70±5.75 GPa in the temporal bone. Thus, according to the experimental data, the fresh human skull has
a lower Young’s modulus than used in previous head models. In the current model a Young’s modulus of
4 GPa and a density of 2,200 kg/m3 was used for cortical bone (Table I). Due to the spongy structure of
the diploë, the Young’s modulus of the diploë of most head injury models is normally modeled as one or
one and a half orders of magnitude lower than the cortical bone at the same position (1 GPa for Kleiven
and Hardy, 2002; 4.665 GPa for Sahoo et al., 2013; 1.370 GPa for Valášek et al., 2014). One model
reported by Wang et al. (2014) used a Young’s modulus of the diploë as low as 40 MPa. However, based
on experimental data, Jaasma et al. (2002) reported Young’s modulus of 0.431±0.217 GPa for the diploë
of the human mandible, Keaveny et al. (1997) reported 0.075±0.032 GPa for the human vertebra, and
Hamed et al., (2012) reported 0.0435±0.023.7 GPa for the human tibia. Experimental results for Young’s
modulus of trabecular bone are on the lower side of the values reported in most head injury models.
Therefore, the Young’s modulus for the diploë in the current study was set to 0.4 GPa and the density was
1,000 kg/m3 (Table I).

The soft tissue in the FE model is mainly composed of fat, muscle, blood and lymph. The densities of
blood and lymph are similar to that of water. The fat has a slightly lower density than water (900 kg/m3,
Farvid et al., 2005) and muscle has a slightly higher density (between 1,050 and 1,100 kg/m3, Ward and
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Lieber, 2005; Urbanchek et al., 2001). Accordingly, the density of the soft tissue should be close to that
of water. In a FE model of the human head, Taschke (2005) used a density for the soft tissue of 890 to
1,170 kg/m3 and 0.05 MPa as the Young’s modulus. In another model, Kim et al. (2010) used a Young’s
modulus of 0.003 MPa for fat and 0.5 to 0.79 MPa for muscle. As the elasticity parameter of the soft tissue
primarily depends on the fat and muscles, the Young’s modulus was chosen as an intermediate value.
Here, the soft tissue is modeled with a density of 900 kg/m3 and the Young’s modulus was set to 0.7 MPa
(Table I). For simplicity, blood and lymph that are liquids, were included in the soft tissue part that is
modeled as a soft solid. These structures are small compared to the wavelength for sound important for
hearing, and this simplification is believed to have a small impact on the simulated results.
In previously published models, Taschke (2005) used 1,100 kg/m3 and 3 MPa as density and Young’s
modulus for the cartilage while Brummund et al. (2014) used 1,080 kg/m3 and 7.2 MPa for the same in
their FE model. Experimental data for the material properties of cartilage have also been published.
Maroudas et al. (1969) measured the density of human adult auricular cartilage as 1,080±10 kg/m3 and
Cox and Peacock (1979) measured the density of the ear cartilage in rabbits as 1,060±40 kg/m3. Grellmann
et al. (2006) measured the Young’s modulus of the nasal septum cartilage to be 7.2±3.4 MPa for adult
humans. The values of the cartilage for the current model were chosen as 1,000 kg/m3 for the density and
7.5 MPa for the Young’s modulus.

Viscoelasticity of the soft tissues and the diploë were represented by using a complex Young’s
modulus. Specifically, the loss factor was defined as the ratio between the real and imaginary part of the
complex Young’s modulus. Then, the loss factor was modeled to be proportional to the excitation
frequency. For example, for a viscoelastic material, if the loss factor was 0.01 at 1 kHz, the values at 0.1
kHz and 10 kHz were 0.001 and 0.1, respectively.
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All values of the material properties of the current FE human head model are shown in Table Ⅰ. With
the chosen densities of the included materials the total mass of the model is 4.96 kg. The dimensions of
the whole head and the skull bone is shown in FIG. 3.

B. Simulation setup

Several experiments investigating BC sound transmission have used human cadaver heads or living
subjects (Eeg-Olofsson et al., 2008, 2011, 2013; Håkansson et al., 1986, 1994, 2008; Stenfelt et al., 2000;
Stenfelt and Goode, 2005b; Stenfelt, 2012). In all these studies except Eeg-Olofsson et al. (2013), screws
were implanted into the skull-bone to attach the vibrator providing the stimulation. The positions of the
screws were also the spots for the mechanical point impedance measurements. Although numerous
stimulation positions were used in the experiments, a few positions were common to most studies. These
were (1) the forehead position, which is in the center of the forehead; (2) the bone conduction hearing aid
position, also known as the BAHA position, which is positioned approximately 55 mm behind the ear
canal opening in line with the upper part of the pinna; (3) the mastoid position, which is approximately
20-25 mm behind the ear canal opening, as close to the pinna as possible; and (4) a position between the
mastoid and BAHA positions. These four positions were used for stimulation for the validation of the
current FE model. The forehead position was termed P0 while the others were termed P1 to P3 from
furthest away to closest to the ear canal. The stimulation positions are shown in FIG. 4A.

Except for the forehead position, all positions were located on both sides of the skull. In the
experimental studies, mini-transducers or vibrators were rigidly attached to the screw-skull system to
excite the skull. In the simulations of the FE model, a small steel structure was added at each stimulation
position on the skull to simulate the effect of the screw. This simulated screw has approximately the same
depth and cross sectional area as the screws used in the experiments (most experiments used screws with
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a diameter of 3 mm). Figure 5 shows the screw inserted in the bone where the screw starts at the outer
surface of the skull bone, through the outer layer of cortical bone and the middle layer of diploë, and attach
to the inner layer of the cortical bone. This ensured that the excitation were in all three layers of the bone.

In the previously reported BC experiments, the human head was placed on a soft pillow resulting in a
decoupling of the head from the support. The same boundary condition was used for the simulations where
the FE model was freely movable at the outer boundary, even for the boundary condition at the bottom
(cut) surface of the neck.

A common outcome from experiments in human cadavers or living humans is the acceleration of the
cochlear promontory (Eeg-Olofsson et al., 2008, 2011; Håkansson et al., 2008; Stenfelt & Goode, 2005b)
which is related to the perception of BC sound (Eeg-Olofsson et al., 2013). In the current study, nodes at
the positions of the ipsilateral and contralateral cochlear promontories in the experiments were used for
the calculation of the acceleration. These positions are indicated in FIG. 4B. Most of the experimental BC
studies the stimulation and response directions were not explicitly stated, or it was just stated that the
response was measured in the direction of the stimulation. Stenfelt and Goode (2005b) was the only study,
to our knowledge, which presented data on the vibration response in three well-defined orthogonal
directions.

In the current study three perpendicular directions were defined for the calculation, according to the
definition in Stenfelt and Goode (2005b), shown in FIG. 4. The directions are: the x direction (towards the
middle of the head; medial), the y direction (towards the top of the head; superior) and the z direction
(towards the front of the head; anterior). The x directions on both sides are defined to be aimed toward the
center of the head.
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The surface of the skull is curved. In the experiments, where stated, the inputs were perpendicular to
the surface of the skull. This means that the inputs may not be aligned along just one coordinate direction
(x, y, or z). A similar approach was used in this study and the direction of the stimulation is perpendicular
to the skull surface at the stimulation position. The vector components of the stimulation directions are
given in Table Ⅱ.

C. Mechanical point impedance
The mechanical point impedance (Z mech ) is defined as the quotient of the excitation force 𝐹𝐹 and the

response velocity 𝜐𝜐 at the same position and in the same direction as the applied force:
Z mech =

F

υ

.

(1)

Z mech is a measure of the structure’s resistance to motion when an excitation force is applied and is a
complex value as it depends on both magnitude and phase of the force and the resulting velocity. The
higher the magnitude of the impedance, the lower the vibration magnitudes for a given force. In the current
study, the Z mech was measured at all seven stimulation positions. The head was hypothesized to be
symmetrical about the sagittal plane and the simulations on the right and left sides of the skull were
averaged; the results from the forehead position are based on a single position.

D. Mesh convergence

A mesh convergence analysis of the model was conducted. Besides the adaptive meshing in Hypermesh,
the model was re-simulated with three different numbers of elements, similar to Srinivasa et al. (2012).
The number of elements were decreased by 4.4% and 6.0%, and increased by 12.8% compared with the
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original simulations. For the analysis, stimulation at position P1 was used with the measures of mechanical
point impedance (Z mech ) and acceleration of the cochlear promontory.

E. Parameter studies

The simulation result depend on the parameter values presented in TABLE I. Therefore, the sensitivity of
these parameters for the sound transmission in the model were investigated. This investigation was
conducted by analyzing the mechanical point impedance and acceleration of the cochlear promontory
while varying the mechanical properties of several components in the current head model such as soft
tissues, cortical bone, diploe, CSF, and brain tissue. For the solid elements the Young’s modulus,
Poisson’s ratio, and density were varied whereas sound speed and density were varied for fluid elements.
The values were increased and decreased by a factor of 10 except for the Poisson’s ratio that was set to
0.15, 0.3, and 0.45. The analysis was done with stimulation at position P1.
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III. RESULTS

In the present study, the stimulation positions P0, P2 and P3 were similar to positions “forehead 0”,
“occiput 3” and “occiput 4” in the Stenfelt and Goode (2005b) study. The mechanical point impedance
results from the current model are compared with the Stenfelt and Goode (2005b) data at those three
positions. Also, the acceleration of the cochlear promontory in three perpendicular directions when the
stimulation are at positions P0, P2 and P3 are compared to the results from Stenfelt and Goode (2005b).
According to Eeg-Olofsson et al. (2008, 2011 and 2013) their measurement direction was towards the
middle of the head, similar to the x direction here. In this study, cochlear vibration response with
stimulation at the P1 position was compared with the data measured with the stimulation at the BAHA
position in Eeg-Olofsson et al. (2008, 2011) for cadaver heads and in Eeg-Olofsson et al. (2013) for live
humans. All cochlear vibration responses from the above experimental studies with stimulation at the
BAHA position were only measured in the x direction (the lateral-medial direction). Moreover,
experimental data with stimulation at the BAHA position in live humans from Håkansson et al. (1986)
and Håkansson et al. (1994) were used for comparison and these were also measured in the x direction.

A. Mechanical point impedance

The magnitude and phase of the mechanical point impedance (Z mech ) results are shown in FIG. 6. The
results at position P1 were compared with the average data from Håkansson et al. (1986) obtained from
seven live participants with implanted titanium screws for the BAHA. The results for the other positions
were compared with published experimental data from Stenfelt and Goode (2005b) (averages of six
cadaver heads).
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At frequencies below 600 Hz, the magnitudes of the calculated Z mech show a greater frequency
dependence than the averages of the experimental data. If the low-frequency resonances are ignored, the
general tendency of the simulated Z mech magnitudes at low frequencies are in good agreement with the
experimental data. Above 600 Hz, the simulation magnitude results are generally within 6 dB of the mean
experimental results. The phases of the simulation results are also influenced by the low-frequency
resonances with large deviations compared with the averages of the experimental data. At higher
frequencies, the phases of the simulation results agree with experimental data measured in cadavers (P0,
P2 and P3) and they are typically within 10 degrees below 3 kHz and up to 40 degrees above 3 kHz, except
for the highest frequencies with stimulation at P0 where the difference is closer to 60 degrees. When
stimulation is compared to live humans with stimulation at P1, there is a difference between the simulation
and experimental results at the highest frequencies where the simulation is close to 20 degrees while the
average experimental phase is approximately -80 degrees. The FE model used for the simulations follows
the trend of stiffness dominated high-frequency mechanical point impedance similar to the experimental
results. Also, most of the simulation mechanical impedance data are within the range of the experimental
data as indicated by the error bars showing the standard deviations from the experiments.

The fluctuations of the magnitude and phase of the simulated mechanical point impedance at low
frequencies indicate that there are several resonances close in frequency. This finding is similar for all
positions. At the lowest frequencies, the magnitudes of the Z mech obtained with the FE model increase
with frequency. Above approximately 600 Hz, the magnitude of the Z mech of the FE model shows a
negative slope and the phase is negative. This is similar to the experiments which indicate that the stiffness
influences the impedance at these frequencies. The experimental data shown are averages from 6 (P0) and
12 (P2 and P3) measurements (Stenfelt and Goode, 2005b). The second peaks of the magnitude of the
mechanical point impedance are closed to the peaks of the averaged experimental data. When investigating
the individual measurements of the mechanical point impedance in Stenfelt and Goode (2005b) there are
15

indications of several resonances in the low-frequency region similar to the simulation results seen here.
Håkansson et al. (1986) also reported a low-frequency double-peak in the magnitude response of the
mechanical point impedance of live humans (P1) indicative of multiple resonances in this frequency
region. Consequently, the multiple resonances in the 150 to 400 Hz range seen in the simulations are also
reported for Z mech in cadaver heads and live humans.

B. Accelerance responses

The accelerances (defined as response acceleration divided by the stimulation force) from the
simulations and previous experiments are presented in FIG. 7 and FIG. 8. The results are grouped
according to stimulation position and response direction. The P1 position (BAHA) is shown in FIG. 7 and
compared with experimental data from cadavers and living humans. The data from cadaver heads on
ipsilateral and contralateral cochlear responses were published by Eeg-Olofsson et al. (2008) and EegOlofsson et al. (2011), respectively. The data in living humans were measured by Eeg-Olofsson et al.
(2013). Only levels in the x direction are shown in FIG. 7. In FIG. 8, stimulation at the other three positions
are compared with the cadaver head data from Stenfelt and Goode (2005b) in three directions as magnitude
and phase. The panels labeled ipsilateral P2 and ipsilateral P3 are the accelerances of the ipsilateral
cochlear promontory while panels labeled contralateral P2 and contralateral P3 are the accelerances of the
contralateral cochlear promontory when stimulation is at positions P2 and P3, respectively. The results of
the FE model are represented by solid lines while the experimental data from cadaver heads and living
humans are indicated by dashed lines and dashed-dotted lines, respectively.

As shown in FIGs 7 and 8, although not equal, the accelerance results of the model show an overall
resemblance with the experimental data for both magnitude and phase. Among the stimulation positions
on the ipsilateral side including P0, the distance from the measurement position is greatest for P0, second
greatest for P1 and least for P3. The level difference between the ipsilateral simulation and experiment
16

results is smallest when the stimulation position is closest to the cochlea whereas it is greatest when the
stimulation is furthest away from the cochlea. However, this trend was not found in the results from the
contralateral stimulation positions.

In FIG. 7, the FE model accelerance level at both sides (solid line) is in better agreement with the data
obtained from the cadaver heads (dashed line) than the live human data (dash-dotted line). At frequencies
below 300 Hz, the simulation results have larger fluctuations due to the low-frequency resonances, but
the trend is similar to the experimental data. The difference between the simulation accelerances and the
cadaver head accelerances at frequencies below 2.5 kHz is mostly within 5 dB with a difference up to 10
dB in a few frequency areas. There are anti-resonances at 3 kHz and 10 kHz in the ipsilateral and at 5 kHz
and 9.5 kHz in the contralateral simulation data. At these frequencies the difference between simulation
and experimental averaged accelerances are greater than at the other frequency areas (up to 20 dB in the
ipsilateral and closed to 25 dB in the contralateral simulation). Otherwise, the difference between the
ipsilateral simulation and experimental accelerances are mostly below 10 dB and between the contralateral
simulation and experimental accelerances the difference is bound by 15 dB.

When the stimulation position is P0 (forehead) in FIG. 8, the orientation of the stimulation force was
primarily in the anterior-posterior direction (z direction, Table Ⅱ). At low frequencies, the response
accelerances of the cochlear promontory of the FE model was greatest in this directions and most similar
to the experimental results. The level difference between the experimental data and the simulated data in
FIG. 8 for P0 was up to 30 dB for frequencies below 0.3 kHz while it was mostly between 0 and 10 dB
for the higher frequencies. Larger differences appeared at anti-resonances of the simulated data giving
lower response accelerances than at surrounding frequencies. The response from the simulations gives
overall lower accelerances levels than those measured experimentally in Stenfelt and Goode (2005b), this
is also true for stimulation at positions P2 and P3, for both ipsilateral and contralateral responses.
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For the positions located on the side of the head (P2 and P3), the stimulation force acts mainly in the
lateral-medial direction. For these positions, results of the model in the x direction were overall most
similar to the published data, especially with contralateral excitation. In the x direction, the simulated
accelerances are within 5 dB of the average cadaver head data from Stenfelt and Goode (2005b) at
frequencies between 0.3 and 5 kHz, outside this frequency range the differences are around 10 dB but can
amount to 20 dB at the highest frequencies. For the directions perpendicular to the stimulation direction
the accelerances are within 20 dB of the Stenfelt and Goode (2005b) data with an overall difference for
the ipsilateral responses of 10 dB that is closer to 20 dB for the contralateral responses. One reason for the
greater differences in the perpendicular directions are the non-ideal one-dimensional excitation of the
transducer used for the experimental data while the simulations are purely excited in one direction.
According to Stenfelt et al. (2002) the difference between the in-line excitation and the perpendicular
directions was 10 to 20 dB at frequencies up to approximately 5 kHz and as low as 5 dB at higher
frequencies. The responses of the simulations in the x direction with P2 and P3 stimulation and in the z
direction with P0 stimulation show overall higher levels of the accelerances in comparison with results in
the perpendicular directions. This is also found in the experimental data.

For the P2 and P3 positions, the results of the phase in the x direction for ipsilateral stimulations are
nearly identical to the experimental data while they show an increasing difference with frequency
amounting to about 1 cycle less phase accumulation at the highest frequencies. This may indicate that the
wave speed for BC sound in the simulations is higher than in the experiments indicating shorter time
delays and less phase accumulation. It could also be due to resonance frequencies causing rapid phase
decay present in the experimental data not found in the simulations. In the other directions, there are larger
differences between the experimental reported phase and the phase from the simulated accelerances. Part
of this difference is attributed to isolated resonances and/or anti-resonances in either the experimental or
the simulated data causing rapid phase shifts. Consequently, part of the difference might be explained by
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different phase wrapping in the simulation and experimental data and not necessarily by significant
structural differences such as differences in pathways or wave speed.

An alternative method to compare the acceleration at the cochlear promontory for different stimulation
positions is to calculate a total acceleration for each frequency (Stenfelt et al, 2000; Stenfelt and Goode,
2005b). The total acceleration can be calculated as a quadratic summation of the three orthogonal
components. The computation is:

atot2 = a x a *x + a y a *y + a z a *z .

where the

(2)

atot is the total acceleration and ax , a y and a z represent the acceleration components in the

x, y and z directions, respectively. The * in Equation (2) indicates the complex conjugate. The total
accelerance (the total acceleration divided by applied force) of the cochlear promontories when a force is
applied to the P2, P3, and P0 are displayed in FIG. 9 (responses from P1 is only in one direction and is
omitted here).

With the stimulation at the sides, the simulation results for all positions are 5 to 15 dB lower than the
experimental data. When the stimulation is at P0, the simulated total accelerance level is up to 20 dB
lower than the experimental data, with a difference of around 30 dB at 250 Hz. This difference between
the simulation and experiment diminish with frequency and at frequencies above 1 kHz, the difference is
between 5 and 10 dB with the simulated data having the lowest levels.

C. Transcranial transmission
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If the stimulation level at a position is high enough, the BC sound can be heard by both the ipsilateral
and contralateral cochleae. The difference in sensitivity between the two sides of the transmitted BC sound
is often termed transcranial attenuation (Stenfelt, 2012). Because the human skull is fairly symmetrical,
the transcranial attenuation is assumed to be the same whether it is measured as the difference at the two
cochleae with stimulation from one stimulation position, or measured at one cochlea with the stimulation
positions at the ipsilateral and contralateral side of the skull. In this study, the transcranial transmission,
the opposite of transcranial attenuation, is defined as the acceleration response at the contralateral cochlear
promontory relative to the acceleration response at the ipsilateral cochlear promontory for a specific
stimulation position. Transcranial transmissions for positions P2 (solid line) and P3 (dashed-dotted line)
are presented in FIG. 10. Also included in FIG. 10 are the experimental data from Stenfelt and Goode
(2005b), the dashed line and dotted line for P2 and P3, respectively. The analysis is conducted for the total
acceleration according to Eq. (2) as well as the magnitude and phase of the acceleration in the x direction
(the main direction of the stimulation). The simulation results are calculated by taking an average from
the results at both sides of the FE model to reduce the effects of bilateral differences of the head geometry.

For the total accelerance in FIG. 10A, if the slight fluctuations are ignored, the overall levels of the
simulation results are similar to the experimental data at frequencies below 2 kHz. At frequencies above
2 kHz, the simulation results are slightly lower than the experimental data except at the highest
frequencies, above approximately 6 kHz, where the simulated levels of the total accelerance show about
10 to 25 dB greater interaural separation than the experimental data. In the x direction the overall levels
of the simulation results and experimental data are similar and within 6 dB. This suggests that the main
source of the differences in the total accelerance is the other directions. The phase of the simulation result
in the x direction is slightly lower than the experimental data for P3. For P2, the differences between the
simulation results and experimental data are small below 2.5 kHz but increase at frequencies above 2.5
kHz with more accumulated phase in the experimental data. The rapid decrease in the simulated P2 phase
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at 2.5 kHz result in a phase difference between simulation and experimental data of approximately 1 cycle.
This great difference is probably due to the sharp anti-resonance seen in the magnitude data at 2.5 kHz
(FIG. 10B) for the simulation data not present in the averaged experimental data. Moreover, the simulation
result show that when the stimulation is closer to the cochlea, greater interaural differences are obtained
at higher frequencies, in line with the experimental data.

Håkansson et al. (1994) published measurements of six living humans with bilateral implants for the
use of BAHAs where a vibrator was attached to the skull at one BAHA position to provide the stimulation.
The accelerations were recorded at the contralateral BAHA position. The point and transcranial
accelerances were reported. To enable comparison with the data obtained from the live humans,
simulations of the FE model was configured to match the experiment and the results are compared in FIG.
11.

Håkansson et al. (1994) did not report the stimulation and response directions. However, based on the
phases of the experimental data, we conclude that the contralateral measured response directions were
opposite to the stimulation directions. In the experiment, the stimulation vibrator was only attached on
one side of the heads. For the response measured at the stimulation position, the level of the simulated
point accelerance is within 10 dB of the experimental result (FIG. 11A). When the response position was
on the contralateral side of the head, the level of the simulation results shows about 15 dB more
transmission loss than the experimental data (FIG. 11B). Even so, the results show similar trends and the
frequencies of peak values are almost the same. The phase of the simulation results agrees well with the
experimental point accelerance data with only a slight discrepancy at frequencies above 6 kHz (FIG. 11C).
However, the simulation phase of the transcranial accelerance accumulates less phase than the
experimental results at frequencies above 1 kHz resulting in almost 5 cycles difference at 10 kHz (FIG.
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11D). This is believed to be a result of higher wave speed in the simulation data and the sharp resonances
and anti-resonances seen in the experimental data.

D. Mesh convergence

The number of elements in the mesh was evaluated by increasing and decreasing the mesh size. When
the mesh was decreased by 4.4% and 6.0% the maximum deviation for the mechanical point impedance
were 2 dB and 15 degrees at frequencies close to 0.3 kHz. At the same frequencies, the deviation was 3
dB and 5 degrees for a 12.8% increase. At all other frequencies, the deviation of the mechanical point
impedance was less than 1 dB and 2 degrees for both the decrease and increase of mesh size.

When the analysis was conducted for the cochlear promontory acceleration in the x direction, the
maximum deviation also occurred at frequencies around 0.3 kHz. The maximum deviation was 2 dB for
both ipsilateral and contralateral stimulation and for both increase and decrease of the mesh size. At other
frequencies the deviation for increasing or decreasing the mesh size was less than 1 dB.

E. Parameter sensitivity

FIG. 12 shows the level difference (in dB) of the mechanical point impedance (A – E) and the
accelerance of the ipsilateral cochlear promontory (F – J) between the normal case and the cases varying
the density of the brain tissue (A and F), CSF (B and G), cortical bone (C and H), diploe (D and I), and
soft tissue (E and J). Except for the cortical bone, a ten-fold increase of the density causes about 5 dB
increase of the Z mech level at frequencies above 1.5 kHz and a 10-fold decrease of the density shows almost
no change of the Z mech level. However, increasing the density in the cortical bone by a factor 10 gives 8
to 10 dB increased impedance level at frequencies above 1 kHz while decreasing the density gives a minor
effect at frequencies above 2 kHz.
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Although a decrease of the density of the brain tissue, CSF, diploe, and soft tissue gives almost no
change of the cochlear vibration, an increase of the density and a decrease of the cortical bone density
shows a shift of the resonant frequency. The resonant frequency shifts from 2 kHz to 1.5 kHz by a 10 time
increase of the brain, CSF, and diploe density. An increase of the cortical bone density shifts the resonance
frequency to 1 kHz while decreasing the density shifts it to 3.5 kHz.

A similar analysis was done for the Poisson’s ratio in the solid components (bone and brain and soft
tissues). Since Poisson’s ratio cannot be defined in a fluid component, the sound speed was changed in
the CSF. The change of Z mech and cochlear promontory acceleration levels with any change of Poisson’s
ratio or sound speed were less than 1 dB at any frequency.

The effects of Young’s modulus on the Z mech and cochlear promontory accelerance are presented in
FIG. 13. Changing of Young’s modulus in brain and diploe shows almost no effect on the Z mech level or
cochlear promontory motion. Also, a decrease of Young’s modulus in the soft tissues gives no effect.
However, the effect of varying Young’s modulus of the cortical bone is significant. An increase of the
Young’s modulus by 10 increases the Z mech level by 5 to 25 dB while decreasing Young’s modulus by 10
decreases the Z mech level by 5 – 15 dB. According to Stenfelt and Goode (2005b), the impedance of the
head is dominated by the stiffness of the bone around the stimulation position. The current analysis of the
Young’s modulus of the cortical bone is consistent with Stenfelt and Goode (2005b). According to the
analysis of the cochlear promontory vibration, a 10 times higher Young’s modulus shifts the resonance
frequency from 2 kHz to 6 kHz whereas a 10 times lower Young’s modulus shifts the resonance frequency
to below 0.5 kHz.
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IV. DISCUSSION

In this study, results are obtained from a FE model of the human head. Four positions commonly used
in experiments are defined at the skull bone surface. The accelerations are calculated at the stimulation
positions, contralateral skull surface, and cochlear promontories. The magnitudes and phases of the
mechanical impedances (Z mech ) and cochlear responses are compared with experimental data in the
literature, measured in human cadaver heads and living subjects.

There are several differences between the simulations and the experiments. The most noticeable is that
the FE model only contains the head; the body below the neck was removed. According to Stalnaker and
Folge (1971), the head-neck junction is insignificant for frequencies above 400 Hz. Although it may affect
the results at low frequencies, it is assumed that using an isolated head for the simulations did not affect
the overall trend or responses. Also, adding the neck and upper torso would increase the model size leading
to greater demands on computational power and increase simulation times. It should be noted that some
of the cadaver head experiments also used severed skulls.

Another difference is the measurement method for the vibration of the cochlear promontories in
cadavers. The most common method in experiments is to remove the auricle and open the ear canal. The
FE model in this study, however, is a whole head with intact anatomy. In the experiments by Stenfelt and
Goode (2005b) both an accelerometer and a laser Doppler vibrometer (LDV) were used. The vibration of
the intact ear measured by the LDV was compared with the response of the opened ear measured by the
accelerometer in the x direction (the auricle was still removed). The experimental results show that the
phase difference of the accelerance between the two measurement methods increases with frequency but
the pattern for the magnitude of the accelerance was similar. Although the influence of the auricle was
unknown, the influence of an intact ear canal may explain some phase differences between the simulations
and experiments at high frequencies found in the current study.
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A. Mechanical point impedance of the head

In this study, point impedance data measured on cadaver heads (Stenfelt and Goode, 2005b) and live
humans (Håkansson et al., 1986) were compared with the model (FIG. 6). It was found that both
magnitudes and phases of the simulations were overall similar with experimental data except with
stimulation at position P1. For P1, especially the phase differed between the simulation and experiment at
frequencies above 2 kHz (FIG. 6). One possible explanation for this greater difference is that the
experimental data for P1 were measurements from live humans. Characteristics of living subjects (e.g.
temperature) and different boundary conditions (e.g. skull-neck interface) might be, at least partially, a
source for the greater difference between simulations and experiments. However, the simulation data are
from a single subject while the experimental data are averages from several subjects. Therefore, the
differences seen could originate in the specific geometry of the model that is unspecific for the population
of live humans used in the Håkansson et al. (1986) study.

The head geometry of the FE model was based on the images of a female cadaver head and the
mechanical properties were identified from the literature. Therefore, the simulation results are not
expected to equal the averaged results in the above mentioned experiments. Moreover, for the experiments
the excitations were provided by vibration transducers and the accelerations were measured by
accelerometers. Both transducers and accelerometers were rigidly attached to the skull which means they
may change local parameters like mass or stiffness. In this study, a metal structure was used to simulate
the attachment position in the bone for the vibration source. However, other parts of the transducer or
accelerometer were ignored.
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In FIG. 6, the point impedance magnitudes and phases of the simulation results at low frequencies
show large fluctuations. As stressed previously, these fluctuations, indicative of multiple resonances, were
also reported for the experimental data of live humans (Håkansson et al., 1986) and cadaver heads (Stenfelt
and Goode, 2005b). Due to the averaging of multiple subjects in these studies where the different
resonances appeared at slightly different frequencies, they are not visible in the averaged data. It is here
hypothesized that these multiple low-frequency resonances in the point impedance data are the result of
rotational modes in addition to the translational motion of the skull.

The effect of rotational response on the mechanical point impedance was investigated. One reason for
a rotational response is that the stimulation direction is not through the center of mass of the head.
Therefore, the directions of the stimulation forces were changed to align with the center of mass. The
vector components for the stimulation directions aligned to the head’s center of mass are given in Table
III and the simulation results are shown in FIG. 14. Each force is applied at the previous positions but
the directions of the forces are changed so as to point through the center of mass of the FE model. In FIG.
14, the magnitude of the Z mech for each position are shown as dashed-dotted lines. Even if the directions
of the stimulation forces were not the same as in the experiments, the resonance frequencies should be the
same. The change of directions altered the mechanical point impedance response slightly, and in relative
terms, the level of the first peak diminished. Moreover, for most positions, the second peak, which is close
in frequency to the reported resonance frequency of the experimentally obtained mechanical point
impedance, has the highest value. However, there are still multiple low-frequency resonances even if the
rotational motion was reduced. Consequently, it is not only the rotational motion that is responsible for
the multiple low-frequency resonances. Their origin needs to be investigated further.

Qualitatively, the simulation results agrees with the experimental data. For the same position, below
the resonance frequency, the impedance of the simulation results increases with frequency, indicating a
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mass-dominated system. Above the resonance frequency, the impedance shows a negative magnitude
slope, indicating a stiffness-dominated system. For different positions, the thicker the bone was at the
stimulation position, the higher the resonance frequency. The simulation results are mostly within 5 dB of
the average experimental results, and the slight discrepancies are in line with intersubjective differences
in the experiments, indicated by the standard deviations in FIG. 6.

B. Vibration of the cochlea

Figures 7 and 8 show the simulation results of the accelerances at the cochlear promontories when the
stimulation is at the skull surface. Figure 7 shows the levels of the accelerances when stimulation was at
position P1 in the x direction and FIG. 8 presents the results stimulated at other positions as level and
phase in three directions. At frequencies above 300 Hz, the simulation results are within 10 dB of the
experimental data in the stimulation directions. Similar to the experimental data, the simulations also
showed that the dominant vibration response at the cochlea was in the direction of the stimulation.
However, in the two perpendicular directions in FIG. 8, the results of the simulation and experiment
showed less agreement, with the experiments giving overall greater magnitudes than the simulations. One
possible explanation for this difference is that the stimulation directions in the simulations are
unambiguous and no excitation occurs in the plane orthogonal to the stimulation directions. However, the
vibration transducer used in the experiments gives, beside the excitation in the stimulation direction, also,
due to imperfections in the transducer, excitation in the plane orthogonal to the stimulation direction
(Stenfelt et al. 2002). It is therefore expected that the experiments give greater accelerance levels in the
orthogonal directions of stimulations than the simulation data.

When the level of the total accelerance is presented in FIG. 9, the levels from the simulation are
significantly smaller than the experimental data. At least part of this discrepancy can be explained by the
same mechanism: the orthogonal directions contribute more in the acceleration response of the
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experimental data giving greater total accelerance levels. Another difference between simulations and
experiments is that in the head used for the simulations seem to have a larger mas than the heads used for
the experiments. The head here had a mass of 4.96 kg while the average head mass in the study by Stenfelt
and Goode (2005b) was 3.51 kg. Such difference is expected to give lower responses in the simulations
compared to the experiments.

At frequencies above 3 kHz, the differences between simulation and experimental results increase.
There are several possible reasons for that. One such reason is that the model itself is a simplification of
reality. For example, the skin, muscles and fat were all modeled as one homogeneous tissue (soft tissue).
Another difference is that the spongy bone (diploe) in a real head is fluid filled while it is here only
modeled as soft bone. In addition, the mechanical parameters depend on the position in the skull
(McElhaney et al., 1970; Motherway et al., 2009; Auperrin et al., 2014), but in this study the values for
the different parameters were independent of position. Moreover, the geometry of this model is obtained
from one single head while the results are compared to average values from several heads. Even if the
results were mostly within the range of the experimental studies, they sometimes differed from the average
results. Another possibility is that due to the destruction of the ears in some of the experiments, the
changed geometry alters the responses while intact ears were used in the simulations.

There are limitations in the FE model itself that may be responsible for some of the differences. At
higher frequencies, a finer mesh is required to obtain more exact results. However, in the mesh
convergence analysis, an increase of elements by 12.8 % did not change the high frequency results which
suggests that for frequencies up to 10 kHz that were analyzed here, the mesh is sufficient. The choice of
parameter values can also be an origin of the differences seen between the model simulations and
experimental data. In the analysis of parameter sensitivity, the results are insensitive to several of the
parameter values. The one component that influenced the results the most was the cortical bone. Both its
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density and its stiffness (Young’s modulus) affected the mechanical point impedance and the cochlear
promontory vibration. Therefore, these values are critical to give correct simulations. In the current model
the density of the cortical bone is slightly higher than those obtained experimentally. A lower density of
the cortical bone would give better high frequency response according to FIG. 12. Consequently, the
density of the cortical bone used in the current study may be too high to provide correct high frequency
results for the cochlear promontory vibration.

One similarity between the experimental and the simulated responses is the influence of stimulation
position. On the ipsilateral side, the response level decreases with the distance between the stimulation
point and cochlear promontory, and the accumulated phase shows the opposite trend. On the contralateral
side, no systematic differences were seen between the positions. These effects are similar to the
experimental data (Stenfelt et al., 2005b; Eeg-Olofsson et al., 2008; 2011).

C. Transcranial transmission

In FIG. 10, comparisons of transcranial transmission between simulation and experimental results are
shown. At frequencies above 6 kHz, the magnitude difference of the transcranial transmission between
simulation and experiment results increased. Based on the total accelerance data, simulation results
showed 10 to 25 dB greater separation between the cochleae than the experimental results at frequencies
above 7 kHz. Since these data are composed of the data shown in FIG. 8, the explanation for the
differences is the same as for the accelerance data mentioned above. Moreover, compared with the
transcranial transmission based on the total accelerance, the magnitude of the transcranial transmission
based on the accelerance in the x direction shows less difference at high frequencies. This again may be a
result of the imperfect one-dimensional stimulation by the transducer used in the experiments. The phases
of the transcranial transmission based on the accelerance in the x direction present a small deviation for
the whole frequency range. It may be due to the different directions between model simulation and
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experiment. Another reason could be that different geometries result in different centers of mass, which
affected the vibration response.

When the stimulation was at position P1 (BAHA position) the results were compared with data from
live humans (FIG. 11). The transcranial accelerance of the experimental data gave higher magnitudes than
the simulations. Again this could be the result of the imperfect one-dimensional excitation from the
transducers used in the experimental data. Also the mechanical characteristics of living subjects as well
as different support settings might be the origin for some discrepancies. Even so, both the experimental
and simulated curves of the accelerance magnitudes show similar tendencies. This is interpreted to mean
that the FE model presents a reasonable transcranial response at position P1. However, the phases of the
transcranial accelerance show large differences. Although no other phase data of the transcranial
transmission between the BAHA positions in live subjects have been reported, time delay results were
reported by Eeg-Olofsson et al. (2011) in cadavers. The stimulation position was at the BAHA position
and the time delay described a time difference between ipsilateral and contralateral stimulation where the
response position was at the cochlea. According to the results measured by Eeg-Olofsson et al. (2011),
the time delay between the ipsilateral and contralateral stimulation at the BAHA position in the cadaver
heads was less than 0.4 ms at 10 kHz, approximately equal to -4 cycles in phase. This is close to the results
in the current FE model. Even if the response positions differ slightly, the simulation results of the phase
from the FE model are in accordance with the data from cadaver experiments. Moreover, only one subject
was measured by Håkansson et al. (1994) and individual differences could affect the results as well. There
is also the possibility that vibration responses differ between live subjects and cadaver heads.

V. CONCLUSIONS

In this study, a FE model of a female human head was developed and validated with experimental data
from cadaver heads and live humans to gain insight into the response of the BC sound. Four stimulation
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positions were used and the mechanical point impedance, the vibration response at the cochlear
promontory, and transcranial transmission were calculated using this FE model. The results showed
similarity with published data from cadaver heads. Also, the simulation results are close to the limited
data from living subjects. Therefore, the current FE model could be used as a proxy for live humans when
evaluating sound transmission by BC. However, due to individual differences, the results may not match
a specific subject. Even so, the simulation results can be helpful to understand and analyze the transmission
and response of BC sound. Moreover, the FE model may also be used to predict the vibration pattern
surrounding the inner ear that is important for the perception of BC sound.
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FIG. 1. An example of the cryosectional images of the human head used for the identification of the
structures and geometries.

FIG. 2. The components of the FE whole head model. A) Outer skin layer of the head which is modeled
as soft tissue. B) The soft tissue is removed to expose the skull bone and cartilage. C) and D) The skull
bone is removed to show the CSF, brain tissue, eye and also the position of the inner ear. Also indicated
is the diploë that is positioned between the inner and outer cortical bone giving the skull bone a
sandwich structure.

FIG. 3. The dimensions of the whole head (upper part) and the skull bone (lower part) used for the
simulations.

FIG. 4. (A) The stimulation positions at the ipsilateral side. Position P0 was at the middle of the
forehead, P1 was about 55 mm posterior of the ear canal opening similar to the position where a BAHA
implant is positioned, P2 was 40 mm posterior of the ear canal opening, and P3 was approximately 20
mm posterior of the ear canal opening, which is approximately where a BC transducer is placed on the
mastoid. (B) The measurement positions on the ipsilateral and the contralateral cochlear promontories.
The position for the center of mass (CoM) is also indicated.

FIG. 5. Cross sectional view showing the insertion of the metal screw at a stimulation position.

FIG. 6. The mechanical point impedance as magnitude (left panels) and phase (right panels) for the four
stimulation positions. The simulated impedance results are the average values with stimulation from
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both sides except position P0. The solid line is the results from the current model and the dashed line
represents the experimental data where the error bars indicate +/- 1 standard deviation. The experimental
data at position P1 were from live subjects (Håkansson et al., 1986), the other positions used
experimental data measured in cadaver heads (Stenfelt and Goode, 2005b).

FIG. 7. The average accelerance (acceleration/force) measured at the cochlear promontory. The
stimulation position was at position P1. The results are the mean values with stimulation from both sides
of the head and show the level in the x direction. The simulation results are displayed with a solid line,
the results from cadaver heads (Eeg-Olofsson et al., 2008, 2011) are shown with a dashed line and data
from live humans (Eeg-Olofsson et al., 2013) are shown with a dashed-dotted line. (Color online)

FIG. 8. The average accelerance (acceleration/force) as level and phase measured on the cochlear
promontory. The results are the mean values from simulations from both sides of the head and are
shown for the stimulation positions P2, P3 and P0 and in three directions x, y, z. Data from stimulations
at positions P2 and P3 are shown with ipsilateral and contralateral stimulation while only one response is
shown with stimulation position P0. The simulation results are displayed with a solid line and the
experimental results (Stenfelt and Goode, 2005b) are shown with a dashed line. (Color online)

FIG. 9. The average of the total accelerance level calculated as the quadratic summation of the
accelerances in the three directions. The results are compared with experimental data from Stefan and
Goode (2005b). A) Ipsilateral and C) contralateral stimulation at positions P2 and P3. The curves are
shown as: P2 — solid line for simulation results and dashed line for experimental data; P3 — dashed37

dotted line and dotted line for simulation and experiment, respectively. B) The results obtained with
stimulation applied at position P0. Simulation results are displayed as a solid line and experimental data
are displayed as a dashed line. (Color online)

FIG. 10. The transcranial transmission with the stimulations at position P2 and P3. A) The total
accelerance level (quadratic summation of all three response directions), B) level and, C) phase for the x
direction. The simulation results are displayed as: P2 — solid line, P3— dashed-dotted line; the related
experimental data (Stenfelt and Goode, 2005b) are displayed as dashed line and dotted line. (Color
online)

FIG. 11. A) Level and C) phase of the point accelerances which is measured at the same position as the
stimulation position (P1). B) Level and D) phase of the transcranial accelerances (positions P1) where the
measurement position is contralateral to the stimulation position. The solid line is the simulation results
and the dashed line is the experimental results (Håkansson et al., 1994). (Color online)

FIG. 12. Level difference of the mechanical point impedance ((A) through (E)) and the accelerance of
the ipsilateral cochlear promontory in the x direction ((F) through (J)) between the normal case and the
cases with varying densities of the brain tissue ((A) and (F)), cortical bone ((B) and (G)), CSF ((C) and
(H)), diploe ((D) and (I)), and soft tissue ((E) and (J)). Solid line represents increasing the density by 10
times while the dotted line means decreasing the density 10 times.
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FIG. 13. Level difference of the mechanical point impedance ((A) through (D)) and the accelerance of
the ipsilateral cochlear promontory in the x direction ((E) through (H)) between the normal case and the
cases with varying Young’s modulus of the brain tissue ((A) and (E)), cortical bone ((B) and (F)),
diploe ((C) and (G)), and soft tissue ((D) and (H)). Solid line represents increasing the Young’s modulus
by 10 times while the dotted line means decreasing the Young’s modulus 10 times.

FIG. 14. The magnitudes of the mechanical point impedances for the four positions: A) P1, B) P2, C)
P3, and D) P0. The results are the average values from both sides except position P0. The dashed-dotted
line shows the results excited with the stimulation forces aligned with the center of gravity of the FE
model. The other curves are the same as in FIG. 6. (Color online)
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TABLE Ⅰ. Values of the parameters for the structures of the FE human head model. If the loss factor
depend on the frequency it is shows as a function of frequency (f) in Hz.
Young's
modulus E Density ρ

Poisson's

Loss factor

Sound speed

Component

(MPa)

(kg/m3)

ratio ν

η

C (m/s2)

Element type

Brain

0.035

1000

0.45

…

Tetrahedron solid

CSF

…

1000

…

3 ∙ 10−4 ∗ 𝑓𝑓
…

1500

Tetrahedron fluid

Eye

…

1000

…

…

1500

Tetrahedron fluid

Inner ear

…

1000

…

…

1500

Tetrahedron fluid

Cartilage

7.5

1000

0.45

0.3 (constant)

…

Tetrahedron solid

bone

4000

2200

0.3

0.1(constant)

…

Tetrahedron solid

Diploe

40

1000

0.1

…

Tetrahedron solid

Soft tissue

0.7

900

0.45

7.5 ∙ 10−4 ∗ 𝑓𝑓

…

Tetrahedron solid

Screw

200000

7850

0.33

…

…

Tetrahedron solid

Cortical

40

3 ∙ 10−5 ∗ 𝑓𝑓

TABLE II. The vectors at the stimulation positions when the directions of the stimulation forces were as
same as the experiments.
Position

x

y

z

P0

0

0.34

-0.94

P1

0.96

-0.06

0.27

P2

0.98

-0.14

-0.17

P3

0.98

-0.17

0.03
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TABLE III. The vectors at the stimulation positions when the directions of the stimulation forces were
through the center of mass.
Position

x

y

z

P0

-0.05

0.35

-0.94

P1

0.78

0.25

0.58

P2

0.92

-0.2

0.34

P3

0.83

-0.02

0.56
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