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Abstract: This paper presents the validation of a 50th-percentile male multi-body human
model specifically developed for rear-impact simulation. The aim is to develop a biofidelic
model with the simplest architecture that can simulate the interaction of the human body with
the seat during rear impact. The model was validated using the head-and-neck and torso
responses of seven volunteers from the Japanese Automobile Research Institute sled tests,
which were performed at an impact speed of 8 km/h with a rigid seat and without head
restraint and seat belt. The results indicate that the human-body model can effectively mimic
the rear-impact response of a 50th-percentile male with a good level of accuracy and has the
potential to predict whiplash injury.
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1 INTRODUCTION

Whiplash is a neck injury caused by the sudden

differential movement between the head and torso.

It has been found that rear-end collisions in car

accidents pose a high risk of sustaining whiplash [1,

2]. Whiplash can lead to long-term disablement and

discomfort associated with substantial economical

cost which has been estimated to be £1.2 billion in

the UK [1] and US $8.2 billion in the USA [3]

annually.

Biofidelic human-body models are invaluable

tools in evaluating car seat designs for rear-impact

whiplash mitigation and in predicting injury. In

comparison with finite element models, multi-body

human models are computationally efficient tools

and capable of predicting successfully the global

responses of the human body under impact loading

[4]; hence they can enable the designer to shorten

the development and optimization of car seat

models and other safety systems. However, there is

a lack of complete and reliable data on the mechan-

ical properties of the human body due to the

difficulties involved in the full characterization of

the constitutive behaviour of individual soft tissues

such as ligaments, muscles, and intervertebral disks.

Although tissue mechanical properties are highly

complex and strain rate dependent, the rate beha-

viour is not fully established since the current

experimental facilities are not fully capable of

identifying the properties at the high strain rates

that occur during impact. The reported mechanical

properties vary considerably, depending on the test

and specimen-preserving conditions, the post-mor-

tem time, and the age and gender of the cadaveric

specimens [5]. Also, human response to impact is

controlled by complex neural feedback mechanisms

which can involve voluntary and reflex muscle

contractions, and such mechanisms are still not

completely understood [6].

In spite of these difficulties, volunteer and cadaver

impact test data and the reported soft tissue proper-

ties are the only available sources that can be used

for the validation of human body models. Multi-

body human models [4, 7] are effective tools in this

respect since they have fewer number of parameters

than finite element models do [8]; hence, when new

and complete biomechanical data become available,

the properties of the model can be more readily

updated and rectified. Therefore, the main focus of

this study is to develop a biofidelic multi-body

human (BMH) model with the lowest complexity

which can be economically used to evaluate the
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protection offered by car seat designs under rear-

impact conditions. The proposed multi-body human

model studied in this paper is the BMH model.

2 BACKGROUND

2.1 Rear-impact multi-body human models

The most prominent multi-body human models

specifically designed for rear impact are presented

in this section. Jakobsson et al. [9] built a two-

dimensional multi-body human model using MA-

DYMO in which the spine consisted of 24 vertebral

bodies connected by one-degree-of-freedom rota-

tional joints. The time dependence of the muscle

reflexes was not considered and the validation of this

model included only qualitative comparisons made

for a single-impact severity with DV 5 7.83 km/h.

van den Kroonenberg et al. [10] developed a rear-

impact multi-body human model by modifying the

entire spine of a 50th-percentile male Hybrid III

MADYMO model. This model formed the basis of the

TNO multi-body human model. The modified spine

was composed of 24 vertebral bodies. The thoracic

and lumbar spine model and the posture were based

on the anthropometry of a 50th-percentile male in a

typical driving posture [11]. The spine model was

built as a three-dimensional model, but only two

degrees of freedom (flexion–extension and axial

elongation–compression) were allowed between

each vertebral body. Linear stiffness and damping

properties were used for each spine joint. The

mechanical properties of these joints represented

the equivalent resistance of the local soft tissues and

surrounding muscles at each spine joint. The model

was subjected to three different crash severities (at

DV 5 5.7 km/h, 20 km/h, and 30 km/h) using a seat

model with and without a head restraint. However,

the validation of the model was incomplete because

of a lack of experimental data available at the time.

Eriksson [12] built a multi-body model of the

mechanical biofidelic rear-impact dummy I (BioRID I)

[13] in MADYMO. The computational model did

not have the muscle substitute cables of the

mechanical counterpart, but their effect was inte-

grated into the mechanical properties of the

cervical spine joints. Rear-impact sled tests at

DV 5 17 km/h were conducted using the mechanical

BioRID I and four different car seats. The computa-

tional model was then subjected to the same

impact conditions using the validated models of

the car seats. The behaviour of the computational

BioRID I was not found to be satisfactory for some

of the responses, especially the accelerations of the

first thoracic vertebra (T1).

Using experimental modal analysis, Willinger et al.

[14] represented the human head-and-neck by a

two-degrees-of-freedom system and identified its

mechanical properties. Following this, Bourdet and

Willinger [15] developed a lumped-parameter multi-

body human torso model using the experimental

results of Kitazaki and Griffin [16], which had been

obtained by subjecting eight healthy male volun-

teers, aged between 20 and 35 years old (height,

1.78 ¡ 0.07 m, mass, 74.6 ¡ 7.8 kg), to vertical ran-

dom vibrations while adopting erect, normal, and

slouched sitting postures on a rigid seat without a

seat back. Using modal analysis techniques, a torso

model consisting of five rotational joints of one

degree of freedom was developed. The torso joints

were placed approximately at the anatomical loca-

tions of T1, T6, T12, L3, and S2. The segments of the

human-body model were defined as rigid bodies.

The stiffness and damping properties of the torso

joints were linear and they were determined through

validation against the results of Kitazaki and Griffin

[16]. The torso model was able to capture the first

five experimental vibration modes in terms of

natural frequencies, damping, and mode shapes.

Using a finite element model of a typical car seat, the

human-body model was subjected to a rear-impact

pulse with a DV 5 16 km/h and its dynamic beha-

viour was compared with that of a completely rigid

torso. However, the developed model was not

validated against the published volunteer responses

in rear-impact experiments.

2.2 Validation data for rear-impact human-body
models

The number of whole-body cadaver and volunteer

rear-impact experiments is quite limited in the

literature. Also, detailed information about the

experimental conditions and the complete set of

responses required for validation are not recorded or

well documented [4]. The data from the Japanese

Automobile Research Institute (JARI) rigid-seat vo-

lunteer sled tests conducted by Davidsson et al. [17]

and Ono et al. [18] are the most comprehensive

published data that can be used to validate the rear-

impact response of human-body models. These sled

tests were conducted with seven healthy 50th-

percentile male volunteers (25 ¡ 4 years of age)

without head restraint and seat belt. In these tests, a

rigid wooden seat mounted on a sled was allowed to

slide on a long rail to engage an oil damper at the
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end at an impact speed of 8 km/h. As a result of the

impact, the sled attained DV 5 9.3 km/h with mean

and peak accelerations of 1.8 g and 3.8 g respectively.

The validation of a multi-body head-and-neck

model using the JARI rigid-seat sled test data has

been presented by Himmetoglu et al. [4] together

with some detailed information about the JARI test

method.

Ono et al. [18] presented the only experimental

data in the literature that can be utilized to validate

the rear-impact deformation of the thoracic and

lumbar spines by seat loading. In these experiments

[18], the same group of volunteers used in the study

by Davidsson et al. [17] were subjected to the JARI

rear-impact rigid-seat sled tests as described above.

A tape sensor was adhered to the skin over the spine

to record the rotations of each vertebra. Ono et al.

[18] provided the vertebra rotations of one repre-

sentative volunteer in which the initial angle was set

to zero for each vertebra, as shown in Fig. 1. These

data were utilized to validate the torso responses of

the BMH model.

3 DEVELOPMENT OF THE BMH MODEL

3.1 Geometrical and inertial properties of the
BMH model

The BMH model is designed to work only in the

sagittal planes since the validation data in the

literature pertain to non-oblique rear impacts in

which the occupant body segments are ideally

forced to move in a symmetrical fashion with respect

to the midsagittal plane (the median plane extending

in the fore–aft direction, dividing the human body

into right and left parts equally). The contour of the

BMH model is based on the research by the

University of Michigan Transportation Research

Institute (UMTRI) [11] and it represents the typical

or normal driving posture of an average 50th-

percentile male as depicted in Fig. 2. In defining

the normal driving posture, the human subjects were

seated in a typical seat with a fixed seat-back angle

which produced a torso back angle of 25u approxi-

mately from the vertical. The subjects were then told

to sit upright, with their back pressed against the

seat back and the head looking forwards.

The joint centres of the BMH torso model is

determined using the vertebra rotations (Fig. 1)

obtained from the spinal deformation experiments

[18]. The vertebrae which approximately rotate

together as a unit are grouped as one separate rigid

body. For each time interval of 50 ms, a sufficient

number of torso joints was identified to describe

approximately the relative motions within the torso.

Then, a final set of torso joints was selected that can

account for the whole time interval (i.e. from 0 ms to

300 ms). This final set of joints are placed approxi-

mately at the anatomical locations of T3, T5, T11–

T12 (between T11 and T12), and L3–L4 (between L3

and L4). Hence, the torso segments of the BMH

model (Fig. 3(a)) are modelled as rigid bodies and

defined as TS1 (which includes T1 to T3), TS2 (which

includes T3 to T5), TS3 (which includes T5 to T11),

TS4 (which includes T12 to L3), and TS5 (which

includes L4 to S1). As shown in Fig. 2, the centres of

these four torso joints of the BMH model are placed

on the vertebral column lines of the UMTRI body

situated on the midsagittal plane. These vertebral

column lines were constructed by connecting the

approximate centres of rotation of C7–T1, T4–T5,

T8–T9, T12–L1, and L5–S1 vertebra pairs only [11].

Therefore, in the BMH model, the exact positions of

the torso-joint centres are located using the spine

models described by van den Kroonenberg et al. [10]

and Jernström et al. [19] which were also based on

the UMTRI-body contour. Figure 2 indicates that the
Fig. 1 Changes in vertebra rotations (adapted =from

reference [18])
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positions of all the BMH model joints are in

agreement with that of the UMTRI body, which

were estimated by using cadaver dissection and

radiographic analysis of torso movement [11].

Similar to the BioRID dummy [13], the torso joints

of the BMH model allow one degree of rotational

freedom between adjacent body segments. As in all

the other rear-impact multi-body human models in

the literature [9, 10, 12–17, 19], defining only

rotational freedom for the joints of the whole spine

can be considered to be an acceptable approxima-

tion to predict the overall motion of the human body

in the sagittal plane. Also, it does not seem to be

feasible at this stage to derive and justify the use of

Fig. 2 The BMH model superimposed on the UMTRI-body contour (adapted from reference [11])

Fig. 3 (a) The torso segments; (b) the kinematic structure of the BMH model
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translational stiffness and damping properties of the

joints of the BMH model owing to limited validation

data. Even in the spinal deformation experiments by

Ono et al. [18], no numerical data on the translations

of the vertebrae and pelvis relative to the rigid seat

were provided. In their multi-body human model,

van den Kroonenberg et al. [10] integrated axial

translational freedom between adjacent vertebrae

and defined axial stiffness and damping properties

based on the experimental studies carried out in the

mid-1970s. However, the results indicated that the

rotations at the spine joints were the main mechan-

ism for T1 motion in comparison with the axial

displacements, even at a high-severity impact with

DV 5 30 km/h.

Figure 2 shows the head-and-neck model given by

Himmetoglu et al. [4] integrated into the BMH torso

model. It can be seen that the initial configuration and

the geometry of the head-and-neck model (including

the locations of occipital condyles (OCs), C7–T1, and

head centre of gravity (CG)) match that of the UMTRI

body. The vertebrae orientations and the neck

curvature of the head-and-neck model are similar to

those of the BioRID dummy, but the novelty of this

model lies in the mechanical properties of the

intervertebral joints. Figure 2 also shows the limbs of

the BMH model superimposed on that of the UMTRI

body. In the BMH model, the hands and feet are fixed

to the forearms and shanks respectively as they do not

play a significant role in rear impact. The geometrical

properties of the limbs were obtained from the work of

Chaffin and Andersson [20]. The left and right hip and

shoulder joints are situated 82 mm and 173 mm apart

from the midsagittal plane respectively [11]. In the

JARI rear-impact rigid-seat sled tests [17], iliac crest

motion was tracked to quantify the pelvis motion.

However, the exact location of the iliac crest skin film

target was not reported. Therefore, the iliocristale (IC)

which is the most lateral and superior aspect of the

iliac crest is chosen to represent the iliac crest motion.

The location of IC in the BMH model is as defined in

the UMTRI body [11].

An overview of the kinematic structure of the BMH

model is depicted in Fig. 3(b), in which the joints

and the links are denoted by R* and L respectively.

The BMH model is composed of rigid bodies

connected by one-degree-of-freedom rotational

joints R*. The joint axes (i.e. the direction along

which the rotational freedom is allowed) are in the y

direction for all connections between adjacent

bodies. This allows the joints to accommodate a

rotational spring and a rotational damper which can

be connected in parallel.

The inertial properties of the limbs of the BMH

model were obtained from the work of Chaffin and

Andersson [20]. The masses of the five torso

segments were estimated using the mass distribu-

tion of the computational BioRID I model [12] and

the human-body torso segment mass data given by

Chaffin and Andersson [20]. Since there is limited

information on the inertial properties of the human

torso [20–22], the moments of inertia of the five

torso segments were estimated by distributing the

mass of each torso segment over the volume of the

segment using a homogeneous density assumption.

Although the density varies within a body segment,

this is regarded as a reasonable approximation in

estimating the inertial properties of human-body

segments [21–23]. The mass distribution of the BMH

model is presented in Table 1 for a 50th-percentile

male, i.e. a midsized male in terms of stature and

weight.

3.2 Range of motion of the torso joints of the
BMH model

The range of motion (ROM) of each torso joint of the

BMH model is based on literature data. Ono et al.

[18] reported the data given in Table 2, on the

combined flexion–extension intervertebral ROMs for

in-vivo sagittal rotations between adjacent thoracic

and lumbar vertebrae. Table 2 indicates a large

variation in ROMs for a wide range of population,

therefore the mean or representative values should

be considered for a 50th-percentile male human-

body model design. In the BioRID design, Davidsson

et al. [13] determined the ROMs of the spine joints

by utilizing the literature data for the standing

posture since there is a lack of reliable ROM data

applicable for the typical driving posture. All the

BioRID thoracic spine joints were designed to have

3u of flexion and 3u of extension ROM but, in the

Table 1 The BMH model segment mass data <

Model Segment Mass (kg)

Head 4.6
Neck 1.63
TS1 2.6
TS2 2.3
TS3 10.2
TS4 8.365
TS5 13.08
Upper arm 2
Forearm 1.22
Hand 0.47
Thigh 7.4
Shank 3.11
Foot + Shoe 1.5

Total mass of BMH model 74.175
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human spine, the ROMs for the lower thoracic

vertebrae are higher than those of the upper thoracic

vertebrae, as shown in Table 2. Similarly, all the

BioRID lumbar spine joints were designed to have 5u
of flexion and 10u of extension ROM.

In the BMH model, since the vertebrae are

grouped into five torso segments, an equivalent

ROM is determined for each of the four torso joints

using the following procedure, which is also de-

picted in Fig. 4. For example, in determining the

equivalent flexion ROM of the torso joint T11–T12 of

the BMH model, the vertebrae (T12, L1, L2, and L3)

that are encompassed by the torso segment TS4, are

rotated counterclockwise by allowing maximal

counterclockwise joint rotations at the correspond-

ing human spine joints (T11–T12, T12–L1, L1–L2,

and L2–L3). These maximal joint rotations corre-

spond to the flexion ROMs of the human spine joints

within the torso segment TS4. The same procedure is

applied to calculate the equivalent extension ROM of

the torso joint T11–T12 of the BMH model. The

flexion and extension ROMs for each of the human

spine joints within the torso segment TS4 (i.e. T11–

T12, T12–L1, L1–L2, and L2–L3) are selected to be

5.5u and 9.5u respectively. This corresponds to a

combined ROM of 15u for each of these human spine

joints and this is in accordance with the BioRID

lumbar spine joint ROM. The locations of the

intermediate human spine joints (T12–L1, L1–L2,

and L2–L3) within the torso segment TS4 are

estimated using the spine models reported by van

den Kroonenberg et al. [10] and Jernström et al. [19].

As TS4 is a rigid body, it cannot deform; hence the

line drawn between the torso joints T11–T12 and

Table 2 The variation in the combined flexion–
extension ROMs for in-vivo sagittal rotations
of the human thoracic and lumbar vertebrae
[18]. Representative values are given in
parentheses

Vertebrae
Combined flexion–extension ROM
(deg)

T1–T2 3–5 (4)
T2–T3 3–5 (4)
T3–T4 2–5 (4)
T4–T5 3–5 (4)
T5–T6 2–7 (4)
T6–T7 3–8 (5)
T7–T8 3–8 (6)
T8–T9 3–8 (6)
T9–T10 3–8 (6)
T10–T11 4–14 (9)
T11–T12 6–20 (12)
T12–L1 6–20 (12)
L1–L2 5–16 (12)
L2–L3 8–18 (14)
L3–L4 6–17 (15)
L4–L5 9–21 (16)
L5–S1 10–24(17)

Fig. 4 Equivalent flexion–extension ROMs for the torso joint T11–T12 of the BMH model
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L3–L4 of the BMH model remains always fixed in

TS4. In Fig. 4, line 1 indicates the line connecting the

torso joints T11–T12 and L3–L4 of the BMH model in

its initial configuration. As the human vertebrae

(T12, L1, L2, and L3) rotate counterclockwise, line 1

transforms into line 2. Thus, the position vector

drawn from T11–T12 to L3–L4 along line 2 indicates

the new position of L3–L4 relative to T11–T12 in the

BMH model. The deformation of the human spine

and the corresponding change in the shape of the

human back between the human spine joints T11–

T12 and L3–L4 can therefore be approximated by the

rigid body rotation of TS4 as defined by the rotation

of line 1 into line 2 for the flexion motion. Similarly,

the rigid-body rotation of TS4, as defined by the

rotation of line 1 into line 3, approximates the

extension motion. As shown in Fig. 4, for both

the flexion and the extension motions, the initial

and the final configurations of TS4 are drawn by the

solid and the dashed lines respectively. Conse-

quently, the equivalent flexion and extension ROMs

for the torso joint T11–T12 of the BMH model

become 14u and 24u respectively. Hence, the torso

segments, which represent the vertebrae that rotate

in a similar fashion under seat-back loading, can still

approximate the change in the shape of the human

back even when the intervertebral rotations are

stretched to their limits.

The equivalent ROMs for the torso joints T3, T5,

and L3–L4 of the BMH model are determined in the

same manner. For each of the human thoracic spine

joints encompassed by TS1 and TS2, the flexion and

extension ROMs are both selected to be 3u which

makes the combined ROM slightly higher than the

representative values given in Table 2. However, this

selection agrees with the BioRID thoracic spine joint

ROMs. Also, a slightly higher ROM can be considered

to represent the young healthy 50th-percentile males

better in the JARI sled tests. In determining the

equivalent ROM for the torso joint L3–L4 of the BMH

model, the flexion and extension ROMs for each of

the human spine joints encompassed by TS5 are

chosen to be 6u and 10u respectively since the

combined ROMs for the human lumbar spine joints

are higher for the lower lumbar spine. Table 3

presents the equivalent ROMs for the torso joints

of the BMH model.

3.3 Mechanical properties and validation of the
BMH model

The mechanical properties of the BMH model relate

to the resistances of the joints between adjacent

body segments. However, in contrast with head-and-

neck modelling [4], there is a lack of complete data

that can be used to validate the rear-impact motion

of both the limbs and the torso segments in relation

to the associated muscle activities. In the only

comprehensive work reported by Kingma et al. [6],

initially relaxed and unaware volunteers were sub-

jected to rear-impact sled tests while the surface

electromyography (EMG) of 11 different muscle

groups throughout the body were recorded. It was

found that the volunteers contracted all of the

muscles simultaneously, including those at the

chest, legs, and arms with considerable contraction

amplitudes. This indicates that, in addition to the

neck muscles, the motion of the torso is influenced

by the contraction of the muscles inside the torso

and the limbs. However, like many other studies in

the literature, Kingma et al. [6] presented the

responses of the head and upper torso only.

It is common practice in human-body modelling

to combine data from different sources [4, 5, 23]

since there are limited data on the mechanical

properties of human-body segments. Considering

these limitations, the mechanical properties of the

four torso joints of the BMH model are determined

through validation against volunteer response data.

During this process, the overall effects of torso and

limb muscle contraction are lumped to the four

torso joints. For the joints associated with the limbs

(shoulder, elbow, hip, and knee joints), passive

resistance (i.e. the restraining effect of the soft

tissues without any voluntary or reflex muscle

contraction) is considered. There are also other

approximations involved in human-body modelling.

For instance, lumped-parameter models, such as the

BMH model, do not incorporate the extension and

compression of soft tissues and the associated

volume changes within the abdomen and lower

thorax when the torso segments rotate relative to

each other. However, determining the mechanical

properties of joints through validation can also

compensate for such approximations.

Joint passive resistance properties of human limbs

pertaining to midsized healthy males are well

Table 3 The equivalent ROMs for the torso joints of
the BMH model

Torso joint

Equivalent ROM (deg)

Flexion Extension

T3 4.3 4.3
T5 4 4
T11–T12 14 24
L3–L4 10 16

A multi-body human model for rear-impact simulation 7
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established in the literature. The shoulder-joint, hip-

joint and elbow-joint passive stiffness functions of

the BMH model are obtained from the work of

Robbins [21, 22], whereas the corresponding passive

damping functions are derived from the studies by

Engin [24], Tafazzoli and Lamontagne [25] and

Hayes and Hatze [26] respectively. The knee-joint

passive stiffness and damping functions are based

on the studies of Robbins [21, 22] and McFaull and

Lamontagne [27].

The BMH model was validated against the JARI

rigid-seat volunteer responses [17, 18]. First, a

previously validated multi-body head-and-neck

model by Himmetoglu et al. [4] was integrated into

the BMH torso model, and then the whole body was

subjected to the JARI impact conditions. As shown in

Fig. 5, the initial posture of the BMH model suiting

that of the JARI volunteers was determined from the

volunteer photographs taken prior to impact. The

limb angles, seat, and sled dimensions were taken

from reference [28]. The volunteer posture differed

from that of the UMTRI-body geometry; therefore

TS4 is rotated clockwise by 2u relative to TS3 and,

similarly, TS5 is rotated clockwise by 2u relative to

TS4.

The segments of the BMH model, the seat, and the

sled are modelled as rigid bodies using MSC

VisualNastran 4D-2001 multi-body dynamics simu-

lation software. The contacts between rigid bodies

can be manipulated by the default contact model of

VisualNastran [29] in which the programme calcu-

lates the forces and impulses to prevent interpene-

tration of rigid bodies when they are selected by the

user to collide with each other. However, in the

default contact model of VisualNastran, the user

does not have much control, other than entering

single values of restitution and friction coefficients.

Therefore, a contact model was developed specifi-

cally for the torso segments to replace that of

VisualNastran. The developed contact model allows

interpenetration of rigid bodies and it was formu-

lated using MATLAB/Simulink integration in Visual-

Nastran. Considering that the rigid seat was covered

with a special mat covered with pressure sensors in

the JARI sled tests, the developed contact model is

also capable of simulating the compliancy of the

human back, the buttocks, and the mat. Thus, a

sufficient number of rectangular contact surfaces (S1

to S8) which follow the geometry of the human back

are defined on the torso segments, as shown in

Fig. 6. As the human body contacts the rigid seat, the

human back conforms to the planar rigid surfaces,

therefore using rectangular contact surfaces should

be a good approximation. The breadth of the contact

surfaces (i.e. the width of the rectangles when

viewed in the y–z plane of the inertial coordinate

system shown in Fig. 6) were estimated from the

measurements taken on the subjects in the UMTRI

study [11]. The breadth of the contact surfaces on

TS3, TS4, and TS5 are 350 mm, 325 mm, and 350 mm

respectively. The interaction of the limbs with the

seat surfaces are handled by the built-in contact

models of VisualNastran.

In order to define the normal forces applied by the

rigid surfaces on the torso segments, the experi-

ments of Viano et al. [30] were utilized in which

unembalmed cadavers were impacted by a pendu-

lum at the back just below T1 and T6. Utilizing the

impact force versus penetration characteristics ob-

tained from these tests, the function given in Fig. 7

was constructed through BMH model response

validation together with the torso-joint mechanical

properties. The function describes the pressure

developed as the BMH model contact surfaces

Fig. 5 The seating posture of the BMH model

Fig. 6 Definition of the contact surfaces and forces
(SB, Seat back; T, Top edge; B. bottom edge; C.
geometrical centre of each contact surface)
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penetrate into the rigid-seat surfaces and it employs

a hysteresis model. When the penetration rate

changes sign, the contact surfaces load and unload

the rigid seat along the hysteresis slope until the

loading and unloading curves are reached. The

shape and energy-absorbing characteristics of this

function are similar to those of the pendulum impact

tests.

The contact forces can be formulated by defining

two or more parallel lines on each rectangular

contact surface. As the BMH model is designed to

work only in the x–z plane (see Fig. 6), these parallel

lines can be selected to be vertical to the x–z plane.

The generation of the contact forces can be

described simply by the example shown in Fig. 6.

When a contact surface penetrates into the rigid-seat

back or seat pan, the pressure distribution developed

on the contact surface can be approximated by using

the penetrations of the top and the bottom edges

denoted by dT and dB respectively. dT and dB lead to

the pressures PT and PB as defined by the function in

Fig. 7. The pressure distribution as defined by PT and

PB produces a resultant normal force SN, a resultant

moment SM, and a resultant frictional force SFf

which can be expressed at the geometrical centre of

each contact surface. In cases where one of the edges

of the contact surface is not in contact with the seat

surface, the contact algorithm finds the edge that

forms the intersection between the seat and contact

surface and, then, the pressure is distributed

accordingly. The simulations revealed that model-

ling the contact forces as such provides more

realistic interaction, and hence better prediction of

JARI volunteer responses in comparison with using

the default contact model of VisualNastran.

The linear stiffness and damping properties of the

thoracic and lumbar spine model given by van den

Kroonenberg et al. [10] were utilized to make the

initial estimates for the mechanical properties of the

four torso joints of the BMH model. Linear stiffness

and damping values resulted in satisfactory re-

sponses up to 100 ms. However, from then on,

similar to the method which was previously applied

to the head-and-neck section of the BMH model [4],

variable damping coefficients were required to

accompany the linear stiffness functions to obtain

better responses. As shown in Fig. 8, the time-

varying damping coefficient functions were con-

structed by tuning the values of the parameters A, B,

C, and t1 to t4. The variations in the damping

coefficients are in fact similar to the muscle EMG

response patterns recorded in rear-impact experi-

ments [6, 31–33]. In the human body, there are

different muscle groups with different attachment

points, which can produce different EMG responses.

Therefore, the variations in joint stiffness and

damping functions which were mathematically

determined through validation also have physical

significance with regard to mimicking the muscle

activity and the increase in the resistance of the

human body under dynamic conditions. The final

set of torso-joint stiffness and damping functions is

presented in Fig. 9. After the initial linear stiffness

region, the torso-joint static torques were increased

using higher stiffness values in accordance with the

volunteer responses. This represents a non-linear

increase in the torques as the equivalent ROMs are

reached. Similar types of stiffness functions with the

same order of magnitude were used for the spine

joints in the BioRID design [12, 13].

The ROMs for each of the neck joints of the BMH

model are 12.5u in extension and 6u in flexion. Thus,

mathematically, for the eight neck joints, the total

extension and flexion ROMs of the neck become 100u
and 48u respectively. This is in agreement with the

reported ROM values for young healthy males and

the corresponding human-body models [13, 34, 35].

In constructing the joint end limits for the neck

joints, the static torque values were increased steeply

after 150 N m similar to the neck-joint stiffness

function variation of the computational BioRID

Fig. 7 The contact pressure function

Fig. 8 Time-varying damping coefficients

A multi-body human model for rear-impact simulation 9
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model [12]. The BMH model was subjected to high-

severity rear-impact pulses up to DV 5 35 km/h to

ensure that the stiffness functions do not bottom out

in simulating high-injury-risk scenarios.

4 EVALUATION OF THE BMH MODEL
RESPONSES

The responses of the BMH model have been

compared with the responses of the JARI volunteers

and the BioRID P3 dummy which was also subjected

to the same JARI rear-impact rigid-seat sled tests as

described in section 2. Three coordinate systems, as

shown in Fig. 10, are attached to the head and upper

torso to display the responses. The trajectory and the

rotation of T1 are displayed relative to the sled and

expressed in the inertial coordinate system shown in

Fig. 5. T1 accelerations are expressed in the coordi-

nate system attached to the T1 accelerometer

centred on the T1 spinous process (T1sp). The head

angle is displayed both with respect to both the sled

and T1. OCs with respect to T1 displacements are

expressed in the T1 anatomical coordinate system

[4] attached to T1. Head accelerations are expressed

in the head coordinate system located at the head

CG. The IC trajectory is displayed relative to the sled

and the spine elongation is defined as the change of

distance between IC and T1.

The responses together with the biofidelity corri-

dors established by calculating the mean respon-

se ¡ one standard deviation of the JARI volunteer

response data are presented in Figs 11 to 13. The

majority of the BioRID P3 responses have been given

in reference [17] and are denoted by BioRID P3(1).

The remaining BioRID P3 responses have been

provided in reference [36] and are denoted by

BioRID II P3(2). The complete set of volunteer

responses have been given in reference [28] and

are shown by the grey curves with the exception that

both the T1 accelerations and the IC responses

(Fig. 13) of the volunteers are available only in terms

of the biofidelity corridors and these were obtained

from reference [17]. The motion of the BMH model

is illustrated in Fig. 14. The maximum head retrac-

tion relative to the upper torso (also defined as the

most prominent S-shape) occurs at 89 ms.

The responses indicate that, when the separately

validated biofidelic head-and-neck model, as re-

ported by Himmetoglu et al. [4], is integrated into

the torso, the BMH model can predict T1 responses

with a good level of accuracy. The BMH model also

simulates spine elongation and straightening effects

successfully as indicated by the z displacements of

T1 and IC. Overall, the BMH model responses show

very good agreement with the volunteer data

especially within the first 200 ms of the impact

during which contact between the head and the

Fig. 9 Stiffness and damping functions of the BMH model torso joints

Fig. 10 Head and upper-torso coordinate systems

10 S Himmetoglu, M Acar, K Bouazza-Marouf, and A Taylor

Proc. IMechE Vol. 223 Part D: J. Automobile Engineering JAUTO985 F IMechE 2009

Un
co

rre
cte

d 
Pr

oo
f



Fig. 11 T1 responses: grey curves, volunteers; curves A and B, volunteer mean ¡ SD; 3 3, BMH
model; 3o3, BioRID P3(1)

Fig. 12 Head responses: grey curves, volunteers; curves A and B, volunteer mean ¡ SD; 3 3,
BMH model; 3o3, BioRID P3(1); 3 & 3, BioRID P3(2)
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head restraint has already been completed in a

typical rear-end car collision. Moreover, the BMH

model reponses are generally more biofidelic than

that of the BioRID which is the most biofidelic rear-

impact dummy to date. The BMH model also

performs better than Hybrid III and the TNO model

(i.e. the human-body model of TNO with a detailed

head-and-neck model [28]) whose responses to the

same JARI impact conditions can be found in

reference [4].

Figures 11 to 13 have shown the biofidelity of the

BMH model with regard to the volunteer responses

presented by Davidsson et al. [17]. Additionally, the

torso rotations of the BMH model (Fig. 15(a)) have

been compared with the spine deformation of one

representative volunteer (Fig. 1) given by Ono et al.

[18]. As shown in Table 4, the vertebra groups of the

representative volunteer are denoted by TSi* (i 5

1, …, 5) which in fact correspond to the torso

segments TSi (i 5 1, …, 5) of the BMH model. Table 4

also compares the largest rotations attained by the

torso segments TSi of the BMH model with that of

the representative volunteer TSi*. The largest rota-

tion of each TSi* is obtained by averaging the largest

rotations of the individual vertebrae within a group.

When Fig. 15(a) is compared with Fig. 1, it can be

seen that the TSi rotations of the BMH model are

generally higher than the TSi* rotations of the

representative volunteer. The response patterns of

TS1, TS2, and TS4 are in agreement with that of the

representative volunteer vertebra groups (i.e. TS1*,

TS2*, and TS4* respectively) but, for TS3 and TS5,

there are some differences. However, Fig. 15(b)

indicates that the T1 rotation of the representative

volunteer, given by Ono et al. [18], is not represen-

tative of the T1 rotations of the volunteers (shown by

the grey curves) given by Davidsson et al. [17] and it

is also outside the biofidelity corridors (shown by

curves A and B) in the latter half of the impact. (In

analysing the figures, it must be noted that the

Davidsson et al. [17] and Ono et al. [18] used

opposite sign conventions for sagittal rotations). In

Fig. 13 IC displacements and spine elongation: curves A and B, volunteer mean ¡ SD, 3 3,
BMH model; 3o3, BioRID P3(1)

Fig. 14 Motion of the BMH model
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fact, the T1 (or TS1) rotations of the BMH model

better represent the T1 rotations of the volunteers

(shown by the grey curves); hence it should be

reasonable to obtain larger rotations for TS1, TS2,

and TS3 in the BMH model.

TS4 simulates the rotation of the upper lumbar

region successfully, but the lower lumbar and pelvis

rotations represented by TS5 are larger than those of

the representative volunteer. The IC displacements

are indicative of pelvis motion relative to the seat

back and, as shown in Fig. 13, the IC x displace-

ments of both the BMH model and BioRID P3 are

very similar up to 175 ms after which the pelvis loses

contact with the seat back. Thus, the BMH model

predicts pelvis loading reasonably well. It should be

noted that, in the BioRID P3 validation tests [17], a

thick 25 mm padding was attached to the back of the

pelvis to achieve the IC responses shown in Fig. 13.

Although the BMH model do not fully represent the

lower lumbar and pelvis motion, it is a model with

the simplest architecture which successfully satisfies

the rear-impact dummy biofidelity evaluation cri-

teria [37] based on the head and upper-torso

responses of the JARI volunteers recorded by

Davidsson et al. [17].

Considering the largest rotations at the torso joints

of the BMH model in response to the JARI impact

conditions, the average stiffness values of the BMH

model torso joints which can be obtained from

Fig. 9, are compared with the linear torso-joint

stiffnesses of the Bourdet–Willinger [15] model in

Table 5. It can be seen that the torso-joint stiffnesses

of the BMH model within the equivalent ROMs (i.e.

before the slopes rise steeply in the stiffness

function) agree quite well with that of the Bourdet–

Willinger model which were determined using

modal analysis. In the BMH model, there is one

more joint at the upper torso (i.e. T3), whereas the

Bourdet–Willinger model has one more joint in the

lower torso at S2 but with a high stiffness value.

However, in the Bourdet–Willinger model, constant

damping coefficients (ranging from 0.1 N m s/rad to

0.9 N m s/rad) were used for the torso joints without

any validation against the rear-impact response of

volunteers.

5 CONCLUSIONS

The BMH model was validated comprehensively

using head, T1, and torso responses of volunteers.

The BMH model response is more biofidelic than

that of the currently used models and dummies. A

satisfactory level of precision was achieved by

developing a model with the simplest architecture

Fig. 15 (a) Torso-segment rotations of the BMH model; (b) T1 rotation of the volunteers. Anti-
clockwise rotations are defined (+) in (a), but (2) in (b)

Table 4 The largest torso-segment rotations

BMH model
Representative volunteer
(see Fig. 1)

Torso
segment

Largest rotation
(deg)

Torso
segment

Largest rotation
(deg)

TS1 22.3 TS1* 17
TS2 19.4 TS2* 13
TS3 13 TS3* 5
TS4 27.3 TS4* 29
TS5 29.7 TS5* 24

Table 5 Torso-joint stiffness values

BMH model Bourdet–Willinger [15] model

Torso
joint

Stiffness
(N m/rad)

Torso
joint

Stiffress
(N m/rad)

T3 565 T6 625
T5 430 T12 92
T11–T12 100 L3 224
L3–L4 225 S2 643
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possible and introducing a practical method to

imitate muscle activity. The stiffness properties were

extended by defining equivalent ROMs, which

enables the BMH model to be used in higher-severity

rear-impact scenarios. The BMH model can there-

fore be used as a supplementary and economical

tool to investigate the feasibility of seat and head

restraint designs before proceeding to more complex

models and/or crash testing with the BioRID

dummy.
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APPENDIX

Notation

BioRID biofidelic rear-impact dummy

BioRID I biofidelic rear-impact dummy I

BioRID II commercial version of BioRID P3

BMH biofidelic multi-body human

CG centre of gravity

C1, C7 first and seventh cervical vertebrae

respectively

EMG electromyography

Hybrid III frontal crash test dummy

IC iliocristale (representing the iliac

crest)

JARI Japanese Automobile Research Insti-

tute

Li ith vertebra (i 5 1, …, 5)

MADYMO integrated multi-body finite element

package of TNO

OC occipital condyle

PB, PT pressures at the bottom and top

edges respectively of the torso

contact surface

ROM range of motion

Si sacral element i (i 5 1, …, 8)

Ti ith thoracic vertebra (i 5 1, …, 12)

TNO TNO Automotive, Crash Safety

Centre, Helmond, The Netherlands

TSi ith torso segment (i 5 1, …, 5)

T1sp T1 spinous process
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UMTRI University of Michigan

Transportation Research Institute

dB, dT penetrations of the bottom and top

edges respectively of the torso

contact surface

DV change in the velocity of a vehicle

subjected to a crash pulse

SN, SM, SFf resultant normal force, resultant

moment and, resultant frictional

force respectively on the torso

contact surface
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