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ABSTRACT 

Traumatic injuries are the leading cause of death of 

children aged one to nineteen in the United States. 

These unintentional injuries are principally caused by 

motor vehicle collisions, with the head being the 

primary region injured. The neck, though not 

commonly injured, governs head kinematics and 

influences head impact location and velocity. Vehicle 

design improvements necessary to reduce or prevent 

these injuries are evaluated using anthropomorphic 

testing devices (ATDs). The head and neck properties 

of the current pediatric ATDs were established by 

scaling adult properties using the size differences 

between adults and children. Due to the paucity and 

limitations of pediatric head and neck biomechanical 

research, computational models are the only available 

methods that combine all existing biomechanical data 

to produce injury-relevant biofidelity specifications 

for pediatric ATDs. The purpose of this study is to 

provide the first frontal impact biofidelity corridors 

for neck flexion response of six and ten year olds 

using computational models incorporating pediatric 

cadaveric data. These corridors are compared with 

response of the Hybrid III (HIII) ATD necks and the 

Mertz flexion corridors. 

Our six and ten year old head and neck multibody 

models used pediatric biomechanical properties 

obtained from pediatric cadaveric and radiological 

studies.  The computations included the effect of 

passive and active musculature, and were validated 

with data including 3 g dynamic frontal impact 

responses using pediatric volunteer tests. Because 

ATD pendulum tests are used to calibrate HIII neck 

bending stiffness, we simulated these tests to 

compare the pediatric model and HIII ATD neck 

bending stiffness, and to compare the model flexion 

bending responses with the Mertz scaled neck flexion 

corridors. Additionally, pediatric response corridors 

for both pendulum calibration tests and high speed 

(15 g) frontal impacts were estimated through 

uncertainty analyses on primary model variables. For 

the frontal impacts, adult boundary conditions and 

muscle activations, validated against 15 g volunteer 

tests, were applied to the pediatric models. Response 

corridors for each loading scenario were calculated 

from the average ± standard deviation response over 

650 simulations.  

We found that the models were less stiff in dynamic 

anterioposterior bending than the pediatric ATDs, as 

the secant stiffness of the six and ten year old models 

was 53% and 67% less than that of the HIII ATDs. 

At higher rotation angles the ATDs exhibited 

nonlinear stiffening while the models demonstrated 

nonlinear softening. Consequently, the models did 

not remain within the Mertz scaled flexion bending 

corridors, especially for rotations above 60 degrees of 

flexion. The more compliant model necks suggest an 

increased potential for head impact via larger head 

excursions. In contrast with the Mertz corridors, no 

interactions between the head and chest were 

modeled in these simulations since the loading 

conditions used (pendulum calibration testing) do not 

include chin-on-chest contact. The pediatric 

anterioposterior bending corridors developed in this 

study are extensible to any frontal loading condition 

through calculation and sensitivity analysis. Our 

corridors are the first based on pediatric cadaveric 

data and provide the basis for future, more biofidelic 

designs of six and ten year old ATD necks.  
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INTRODUCTION 

Traumatic injuries are the leading cause of death of 

children ages one to nineteen years in the United 

States (CDC 2007). The main source of these 

traumatic injuries is motor vehicle crashes (MVC), 

with the head being the primary body region injured 

(Durbin et al. 2001). The pediatric neck, although not 

commonly injured, governs head excursion and 

acceleration, thus influencing head impacts and 

injury during automobile collisions. Additionally, 

pediatric cervical spinal injuries are debilitating and 

often fatal. Of children sustaining these cervical 

injuries, the mortality rate was 27% and the overall 

incidence of neurological deficits was 66% (Platzer et 

al. 2007). While seating children in the rear seat of a 

vehicle in an age-specific restraint can decrease the 

likelihood of injury, additional pediatric MVC 

injuries can be prevented by design improvements to 

vehicle passenger compartments and restraint 

systems.  

The principal tool used to evaluate these restraint 

systems and passenger compartment advances are 

anthropomorphic testing devices (ATD). While very 

useful, these child ATDs were developed with 

limited human pediatric biomechanical data. The 

head and neck dynamic response of the current 

pediatric ATDs are adult properties scaled using size 

differences between adults and children with limited 

incorporation of the material differences with age. 

The assessment of pediatric ATD biofidelity and 

injury criteria is limited by the paucity of pediatric 

head and neck biomechanical research. Common 

sources of this data include studies with human 

volunteers, cadavers, animal surrogates, and 

computer models. While valuable, each of these 

approaches has inherent limitations.   

For instance, human volunteer studies are restricted 

to non-injurious loading scenarios. To date, only a 

single pediatric volunteer study at the Children’s 

Hospital of Philadelphia (CHOP) has been published 

in which volunteers were subjected to frontal impact 

loading. During this study, adults and pediatric 

volunteers, aged six to fourteen years, were subjected 

to low-speed (<4 g) frontal impacts (Arbogast et al. 

2009).   

Moreover, cadaver studies are limited by the rare 

availability of pediatric cadavers, their lack of live-

active musculature, and their inability to demonstrate 

minor injury, such as pain or loss of consciousness. 

Only a handful of pediatric cadaver studies of frontal 

impact tests have been conducted (Kallieris et al. 

1976; Wismans et al. 1979; Dejeammes et al. 1984). 

Though the pediatric cadavers in these studies were 

less stiff than their respective ATDs, the authors 

conclude that determining ATD performance criteria 

and injury values from their results would be 

speculative.  

Animal surrogate studies provide valuable insights 

into the biomechanical response of the cervical spine. 

However, they are limited by interspecies differences 

in functional anatomy and the absence of scaling 

relationships from animal to human responses.  

In view of the above limitations, computational 

modeling of the pediatric head and neck may prove to 

be the best method to provide biofidelity 

requirements and injury assessment reference values 

for child ATDs. Experimentally validated models 

incorporating accurate pediatric properties can 

simulate numerous loading conditions to investigate 

injury potential. While numerous models of the adult 

50
th

 percentile male have been created, a limited 

number of pediatric models exist (de Lange et al. 

2001; Liu and Yang 2002; Mizuno et al. 2005; 

Dupuis et al. 2006; Meyer et al. 2009).  

Accuracy of the computational model results is 

limited by the parameters—geometric and 

mechanical—upon which the model is founded. 

Thus, validation is critical to assess model biofidelity. 

Validation is the correlation of model responses to 

experimentally obtained result corridors, either 

cadaver or volunteer. Computer models of the head 

and neck have principally relied upon frontal impact 

simulations for validation, such as adult volunteer 

frontal impact experiments performed at the Naval 

Biodynamics Laboratory (NBDL) (Ewing and 

Thomas 1972; Wismans et al. 1986; Thunnissen et al. 

1995).    

To ensure repeatable and biofidelic response, 

dummies are also certified against such experimental 

or computational/scaled corridors. For example, the 

head and neck of the Hybrid III family of ATDs is 

certified before use in a frontal impact loading 

scenario (49 CFR 572, Subpart E). The ATD head 

and neck are attached to the end of a pendulum, 

which is raised and released. The pendulum arm is 

allowed to rotate under gravity until it impacts a 

block of aluminum (49 CFR 572, Subpart E). The 

pendulum deceleration results in head and neck 

flexion similar to a frontal impact. Computational 

models of the ATD head and neck have simulated 

this test for model validation (Doherty and Paver 

1988; Yang and Le 1992; Marzougui et al. 1997; 

Medri et al. 2004). Similarly, models of the pediatric 

head and neck have used this test to validate against
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scaled flexion corridors (de Lange et al. 2001; 

Mizuno et al. 2005; Dupuis et al. 2006).  

The objective of this study was to use validated 

pediatric head and neck computer models that 

incorporate biomechanical properties from pediatric 

volunteer and cadaver studies to provide frontal 

impact biofidelity corridors for pediatric ATDS. 

Specifically, neck dynamic bending corridors were 

developed using a statistical uncertainty analysis for 

six and ten year olds based on the dynamic bending 

stiffness response of validated pediatric 

computational models for the pendulum certification 

test and for 15 g frontal impacts. These corridors 

were compared to that of the adult, the Hybrid III 

pediatric ATDs, and the Irwin and Mertz (1997) 

scaled neck flexion corridor.  

METHODS 

Model Development 

The adult 50
th

 percentile male computational head 

and neck model developed and used in the current 

study is a hybrid multibody and finite element model 

(Dibb 2011), as shown in Figure 1. Previous models 

(Camacho 1998; Van Ee 2000; Chancey 2005) 

provided the foundation for the current model (Dibb 

2011). The osteoligamentous cervical spine was 

modeled with rigid body vertebrae connected by six 

degree of freedom non-linear viscoelastic beam 

intervertebral joints. A viscoelastic finite element 

head was implemented for head impact studies but 

was modeled as a rigid body for the purpose of this 

study. The material and inertial properties for the 

head, vertebrae, and muscles were developed from 

literature. Cervical musculature was modeled using 

Hill-type discrete beams. Muscle models were rate 

sensitive and included passive and active musculature 

(Hill 1938). Muscle wrapping was implemented to 

account for the interactions between individual 

muscles and vertebrae during bending (Dibb et al. 

2013). Modeling and analysis were performed using 

LS-DYNA (LSTC, Livermore, CA). This adult 

model was validated in low-speed (<4 g) frontal 

impacts (Dibb et al. 2013), using data from CHOP 

(Arbogast et al. 2009), and in 15 g frontal impacts, 

using from NBDL (Ewing and Thomas 1972).  

 
Figure 1. Lateral view of the adult and pediatric head 

and neck models. 

The pediatric head and neck models of the current 

study (Figure 1) represent a 50
th

 percentile six and ten 

year old and were created upon the same framework 

as the adult model, while incorporating pediatric 

biomechanical properties from pediatric volunteer 

and cadaver studies. The pediatric head models were 

developed using pediatric geometric and inertial 

properties reported by Loyd et al. (2010), while 

cervical vertebral geometric and inertial properties 

were developed from pediatric volunteer and cadaver 

radiology studies, respectively (Dibb 2011). 

Likewise, cervical muscle cross-sectional areas and 

attachment locations were developed from human 

pediatric and adult radiology studies (Dibb 2011). 

Intervertebral joint stiffnesses were derived from 

pediatric cadaver osteoligamentous cervical spine 

mechanical tests (Luck et al. 2008; Luck et al. 2012). 

These pediatric head and neck models were validated 

in frontal impacts (Dibb et al. 2013) using the only 

pediatric head and neck biofidelity validation 

currently available: the CHOP  low-speed (<4 g) 

human volunteer tests (Arbogast et al. 2009).  

Pendulum Certification Simulation 

Simulations of the ATD neck pendulum calibration 

test with the adult and pediatric models were 

performed to compare the neck sagittal dynamic 

bending stiffness between the pediatric models and: 

the adult model, the pediatric Hybrid III ATD necks, 

and the Irwin and Mertz (1997) scaled neck flexion 

corridor. In these simulations, the pendulum was 

modeled as a rigid solid with physical and inertial 

dimensions as detailed in the Hybrid III 50
th

 

percentile male ATD test procedure (49 CFR 572, 

Subpart E). It was constrained to rotate about the y-

axis only. The T1 vertebrae of the head and neck 

models were rigidly attached to the end of the 

pendulum such that the radial distance between the 

pivot and head CG was equivalent for the ATD and 

adult model. The pendulum with attached head and 

neck model was initiated in the vertical position, as 

specified in the certification test (49 CFR 572, 
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Subpart E), with the specified rotational velocity. 

Each model was ran with the appropriate pendulum 

impact velocity, according the model’s age: 7.01 m/s 

as specified by the Hybrid III (HIII) 50
th

 percentile 

male ATD (49 CFR 572, Subpart E) certification test 

procedure, 4.95 m/s as specified by the HIII six year 

old ATD (49 CFR 572, Subpart N) test procedure, or 

6.10 m/s as specified by the HIII ten year old ATD 

(49 CFR 572, Subpart T) test procedure (Figure 2). 

Additionally, the adult and 10 year old models were 

ran at the HIII six year old certification velocity of 

4.95 m/s for comparison between model responses. 

Decelerations were defined at the specified 

accelerometer attachment radius for both impact 

velocities. 

 

 
Figure 2. Applied pendulum deceleration and 

subsequent velocity time histories with the Hybrid III 

50th percentile male, six year old ATD, and ten year 

old ATD certification specifications. The adult 

Hybrid III 50th percentile male standard specifies an 

acceleration corridor while the Hybrid III six and ten 

year old standards specify a velocity corridor. The 

corresponding pediatric acceleration and adult 

velocity profiles are plotted for comparison. 

Biofidelity corridors for the pendulum certification 

tests were created from uncertainty analyses of the 

pediatric models with their corresponding pendulum 

velocity by varying the thirteen pediatric model input 

parameters ± one standard deviation (Table 1). These 

input values were scale factors developed from the 

ratio of the measured child to measured adult values 

for each parameter. For example, the adult model 

neck length, defined as the distance between the 

occipital condyle-C1 joint center of rotation and the 

C7-T1 joint center of rotation, was 14.08 cm. The ten 

and six year old model neck lengths were 12.35 and 

9.80 cm, respectively. Input parameter values were 

selected using Latin hypercube sampling and 50 

simulations were run per variable (Iman et al. 1981a; 

Iman et al. 1981b), for a total of 650 simulations. 

Correlation of stiffness to input variable was 

quantified through Pearson correlation with 

significance levels of p < 0.05. Model uncertainty 

corridors were created from the average ± one 

standard deviation over all simulations.  

Muscle activations were initially set to a relaxed 

activation state (Dibb et al. 2013), since pediatric 

motor vehicle occupants are likely not aware of 

impending impacts. However, the dynamics result in 

muscle activations due to stretch mediated activation, 

so the extensor muscles as a group were activated to 

100% at the pendulum impact, with no delay time. 

Muscle activation dynamics were modeled using 

Hill-type muscle models and two first-order systems 

(Hill 1938; Winters and Stark 1985; Winters and 

Stark 1988), and 100% was chosen to bracket the 

response. A delay time was not incorporated for the 

pendulum certification test. Similarly, chin-on-chest 

contact was not modeled in these simulations as this 

contact is not accounted for in the pendulum 

certification test, and thus peak head excursions in 

the simulation were unimpeded. Gravity was 

modeled in the inferior to superior direction to 

simulate an inverted posture, and simulations were 

run for 200 ms.  

The model head rotation was measured relative to the 

pendulum longitudinal centerline. The model sagittal 

moment at the occipital condyle (OC) joint was 

calculated from the ligamentous joint and the sum of 

all the muscle moments about the O-C2 joint center 

of rotation (COR). Therefore, the OC moment 

reported in this study is the total neck moment (sum 

of the ligamentous loads and all muscle moments 

about the O-C2 joint COR), not the moment seen by 

the OC joint alone. Secant stiffness was calculated at 

peak OC moment, as the slope of the line between 

zero and peak on a plot of OC moment versus head 

rotation.
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Table 1. Pediatric Head and Neck Uncertainty Analysis Parameters (average ± one standard deviation; each 

value given is a ratio of the pediatric to adult* value and thus is unitless) 

Parameter Age 

Six Years Ten Years Pediatric Value 

Reference 

Head mass 0.75 ± 0.02 0.80 ± 0.02 Loyd et al. 2010 

Head inertia 0.58 ± 0.09 0.62 ± 0.10 Loyd et al. 2010 

Head size x 0.92 ± 0.03 0.93 ± 0.03 Loyd et al. 2010 

Head size y 0.92 ± 0.03 0.93 ± 0.03 Loyd et al. 2010 

Head size z 0.74 ± 0.06 0.77 ± 0.06 Loyd et al. 2010 

Vertebra mass 0.47 ± 0.07 0.62 ± 0.07 Dibb 2011 

Vertebra inertia y 0.26 ± 0.05 0.44 ± 0.05 Dibb 2011 

Vertebra size x 0.73 ± 0.08 0.80 ± 0.08 Dibb 2011 

Vertebra size y 0.82 ± 0.06 0.85 ± 0.06 Dibb 2011 

Vertebra size z 0.70 ± 0.09 0.88 ± 0.11 Dibb 2011 

Intervertebral joint stiffness 

(Upper cervical spine) 

0.44 ± 0.11 0.58 ± 0.09 Luck et al. 2008, Luck 

et al. 2012 

Intervertebral joint stiffness 

(Lower cervical spine) 

0.75 ± 0.12 0.88 ± 0.13 Luck et al. 2008, Luck 

et al. 2012 

Muscle PCSA 0.47 ± 0.09 0.57 ± 0.12 Dibb 2011 

*Adult values, previously cited during development of the Duke Adult Head and Neck Model, can be reviewed in 

Dibb 2011, Chancey 2005, Van Ee 2000, and Camacho 1998 

NBDL 15 g Frontal Impact Simulation 

The adult and pediatric head and neck models were 

subjected to 15 g frontal impact loading (Figure 3). 

To simulate this loading, the average T1 x-direction 

accelerations and y-direction rotational displacements 

from the NBDL volunteer tests (Ewing and Thomas 

1972; Thunnissen et al. 1995) were applied to the T! 

vertebra of the models (Figure 3). The same adult 

volunteer NBDL T1 boundary conditions were 

applied to the pediatric models (Figure 3) as well as 

the same muscle activation dynamics (Figure 4) 

(Dibb 2011). Muscle activation dynamics were 

modeled using Hill-type muscle models and two first-

order systems (Hill 1938; Winters and Stark 1985; 

Winters and Stark 1988). The simulations were 

initiated with relaxed muscle activation states that 

maintained an upright posture against gravity (Dibb 

2011; e.g. Dibb et al. 2013). Extensor muscles were 

then activated to 100% (Figure 4), again chosen to 

bracket the response, after a reflex delay time. As 

muscle reflex delay times range in the literature from 

10 to 120 ms (Colebatch et al. 1994; Foust et al. 

1973; Reid et al. 1981; Schneider et al. 1975; 

Tennyson et al. 1977; Siegmund et al. 2003), a time 

of 50 ms was used in this simulation. Gravity was 

simulated as a constant body load in the superior to 

inferior direction. 

 

 
Figure 3. Imposed T1 horizontal acceleration and 

sagittal rotation time history from 15 g NBDL human 

male volunteer frontal impact tests, average ± one 

standard deviation (adapted from Thunnissen et al. 

1995). The average histories were applied in all of 

our simulation. 



Dibb 6 

 

Biofidelity response corridors were developed 

through uncertainty analyses of the adult and 

pediatric models, since pediatric volunteer high speed 

frontal impact experiments cannot be conducted due 

to the possibility of serious injury. The thirteen 

pediatric model input parameters were varied plus 

and minus one standard deviation (Table 1). Input 

parameter values were selected using Latin 

hypercube sampling and 50 simulations were run per 

variable (Iman et al. 1981a; Iman et al. 1981b), for a 

total of 650 simulations. The dependence of peak 

model responses and OC neck loads on input 

variables were quantified through Pearson correlation 

with significance levels of p < 0.05. Pediatric model 

response corridors were created from the average ± 

one standard deviation over all simulations.  

Adult model kinematic and kinetic responses were 

validated against the NBDL volunteer response 

corridors (Dibb 2011) defined as the average 

response plus and minus the standard deviation 

(Thunnissen et al. 1995). Accelerations were defined 

relative to the global coordinate system while 

displacements were defined relative to a local 

coordinate system fixed to the midsagittal anterior-

superior corner of the T1 vertebral body. Head 

accelerations and displacements were defined at the 

head CG. Neck rotations were defined as the rotation 

of a linkage that connected the T1 local coordinate 

origin to the OC center of rotation. Neck loads were 

calculated at the vertebral joints, including the OC, 

by summing the ligamentous and the muscular 

contribution about the vertebral joint COR. Neck 

loads were relative to the head anatomical coordinate 

system. The secant head and neck bending stiffness 

was calculated from the head rotation and OC joint 

neck moment.  

 
Figure 4. Activation dynamic time history of the 

extensors during 15 g frontal impact, modeled using 

Hill-type muscle models and two first-order systems. 

Initial activations, A0, maintained an upright head 

posture against gravity. Activations were then 

increased to 100% after a reflex time (t = 50 ms).  

RESULTS 

Pendulum Certification Simulation 

The response of the pediatric six and ten year old 

models during pendulum induced frontal impact with 

the HIII six year old certification velocity (49 CFR 

527, Subpart N) was similar to the adult response at 

the same velocity (Figures 5 and 6). The adult 50
th

 

percentile male model first went into extension 

rotation, followed quickly by flexion rotation upon 

impact (Figure 6). Extension peaked at -4° head 

rotation. Peak head flexion of 111° occurred 97 ms 

after impact, while peak flexion moment of 51.2 Nm 

occurred earlier, at 85 ms after impact. The flexion 

moment reached 90% of its peak magnitude by 55 ms 

and increased the final 10% during the next 27 ms. 

OC moment decreased by 17% at the time of peak 

head rotation. The pediatric model heads also initially 

extended, reaching a peak of -3° head rotation. The 

head of the pediatric models then rotated into flexion 

with greater rotational displacements and lower OC 

flexion moments than the adult model, indicating that 

the pediatric necks were less stiff than the adult.  



Dibb 7 

 

 
Figure 5. Adult and pediatric kinematic time-lapse during the six year old pendulum certification test. The pediatric 

models had larger peak head rotations than the adult.  

   
Figure 6. Pediatric and adult model head rotation and OC moment during the six year old pendulum certification 

test. The pediatric models are more compliant than the adult, as indicated by the slope of the loading curve. Both the 

pediatric and adult models rotated first into extension before rotating into flexion. 

Pediatric model uncertainty analysis corridors are 

presented in Figure 7. The six year old average peak 

OC moment was 22 ± 1.7 Nm at 85 ± 10 degrees of 

head flexion. The ten year old average peak OC 

moment was 28 ± 2.1 Nm at 110 ± 14.6 degrees of 

head flexion. The average secant stiffness during the 

uncertainty analysis was 0.27 ± 0.05 Nm/deg for both 

the six and ten year old models, respectively. 

Pediatric model bending stiffnesses were most 

sensitive to muscle physiological cross-sectional area 

(PCSA). Increasing the muscle PCSA significantly 

increased the bending stiffness, as this increased the 

force-generating capacity of the muscles. Bending 

stiffness correlation coefficients to pediatric model 

parameters are presented in Table 2. The next most 

significant parameters were vertebral and head 

geometry scale factors in the x and z directions, 

which altered muscle attachment locations and thus 

their effective moment arms. Increasing these factors 

also increased the bending stiffness of the models. 

Increasing the osteoligamentous bending stiffness 

increased the neck bending stiffness too; however, 

the muscle parameters and geometric scale factors 

mentioned previously had greater effects. 

The pediatric models with muscle tension were less 

stiff than the Hybrid III six year old (NHTSA 1998; 

Saul et al. 1998) and ten year old ATD (Mertz et al. 

2001), as shown in Figure 8. The secant stiffness of 

the six year old model was 0.24 Nm/deg and of the 

ten year old was 0.25 Nm/deg. This was 53% and 

67% less than the HIII six and ten year old ATD 

stiffnesses of 0.50 and 0.75 Nm/deg, respectively. In 

addition, the qualitative response of the model and 

the Hybrid III were different; the pediatric model 

flexion bending stiffnesses were nonlinear softening 

while the HIII were nonlinear stiffening. Due to these 

differences in nonlinearity, the pediatric models did 

not remain within the Irwin and Mertz (1997) scaled 

flexion bending corridors (Figure 8).  
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Table 2. Pediatric Model Bending Stiffness 

Pearson Correlation Coefficients During 

Pendulum Uncertainty Analysis (* indicates 

statistically significant; the three most important 

parameters for each model are in bold) 

Parameter Stiffness Correlation 

Six Years Ten Years 

Vertebra geometry – x     0.18*    0.11* 

Vertebra geometry – y  -0.03 -0.07 

Vertebra geometry – z    -0.16*   -0.16* 

Vertebra mass    0.07  0.07 

Vertebra inertia    0.02  0.02 

Head geometry – x    0.09    0.12* 

Head geometry – y    0.00 -0.01 

Head geometry – z    -0.18* -0.10 

Head mass  -0.07 -0.04 

Head inertia   0.09  0.05 

Intervertebral joint 

stiffness (Upper 

cervical spine) 

  -0.14* -0.04 

Intervertebral joint 

stiffness 

(Lower cervical spine) 

-0.01   -0.01 

Muscle PCSA   0.88*    0.88* 

 

 
Figure 7. Pediatric model flexion stiffness 

uncertainty analysis corridors for pendulum 

certification tests. Plotted are all 650 simulations with 

response corridors created from the average ± 

standard deviation. Model stiffness for both pediatric 

models was most sensitive to muscle PCSA. 

 

 
Figure 8. The pediatric head and neck models demonstrated qualitatively different behavior than the Hybrid III six 

and ten year old ATD in pendulum certification tests. The models were less stiff than the Hybrid III ATDs and their 

behavior was not predicted by the Irwin and Mertz (1997) scaled flexion corridor. 
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NBDL 15 g Frontal Impact Simulation 

The response of the pediatric six and ten year old 

head and neck models to 15 g frontal impact was 

similar to the adult model response (Figure 9), which 

reproduced the kinematic response of adult human 

volunteers to 15 g frontal impact (Dibb 2011). During 

the first 80 ms there was little head motion and the 

relaxed state muscles maintained an upright posture 

against gravity. From 80 to 106 ms, the head began to 

translate but did not begin to rotate.  This 26 ms 

delay in head rotation is termed head lag. Afterwards, 

the head rotated into flexion. After reaching peak 

angular displacement, the head started rebounding.  

 
Figure 9. Pediatric and adult model response time-lapse in 15 g frontal impact. The pediatric models had larger peak 

head rotations than the adult. 

As in the pendulum certification tests, the pediatric 

models had smaller head excursions but greater 

rotations than the adult (Table 3 and Figure 10). 

Specifically, the six and ten year old models 

displaced 30% and 14% less in the x-direction and 

21% and 5% less in the z-direction. This is not 

unexpected given the shorter overall lengths of the 

pediatric necks. The head of both the six and ten year 

old models rotated 11% more than the adult. This is 

not unexpected, since rotation is dependent on the 

head mass and moment of inertia (MOI). The ratio of 

head MOI to head mass is very similar for the six and 

ten year old models, leading to a very similar amount 

of rotation. On the other hand, the adult ratio of head 

MOI to head mass is less than that of the pediatric 

models, and consequently demonstrates less rotation. 

The pediatric models had greater head translational 

and rotational accelerations than the adult (Table 3 

and Figure 10). Head x-direction translational 

accelerations for the six and ten year old models were 

17% and 6% greater than the adult, respectively. 

Head sagittal rotational accelerations for the six and 

ten year old model were 68% and 44% greater than 

the adult, respectively. These higher accelerations 

resulted in earlier peak excursions and rotations, and 

the six and ten year old models reached peak head 

rotation 19 and 11 ms earlier than the adult. 

 

Table 3. Pediatric and Adult Model Peak 

Responses During 15 g Frontal Impact 

Response Six Years Ten 

Years 

Adult 

Head 

displacement x 

10.1 cm 12.5 cm 14.5 cm 

Head 

displacement z 

12.2 cm 14.6 cm 15.4 cm 

Head rotation 76.1 deg 76.2 deg 68.4 deg 

Head 

acceleration x 

286 m/s
2 

258 m/s
2 

243 m/s
2 

Head 

acceleration z 

174m/s
2 

185 m/s
2 

172 m/s
2 

Head rot. 

acceleration 

2571 

rad/s
2 

2208 

rad/s
2 

1534 

rad/s
2 

Neck rotation 65.6 deg 67.9 deg 62.5 deg 

Head lag 26 ms 26 ms 26 ms 

 

Furthermore, the pediatric models sustained lower 

cross-sectional neck flexion moment and tensile 

loads than the adult (Figure 11). The total cross-

sectional peak flexion moment at the OC was only 

20.9 and 25.5 Nm in the six and ten year old models 

compared to 46.5 Nm in the adult. The total cross-

sectional peak tensile force at the OC was 648 and 

713 N in the six and ten year old models compared to 

859 N in the adult. On the other hand, the pediatric 

models sustained higher peak shear loads than the 
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adult model. The total cross-sectional peak shear 

force at the OC was 950 and 861 N for the six and ten 

year old models compared to 835 N for the adult. 

In all models, the neck muscles were the primary 

moment and force-carrying component of the total 

neck during 15 g frontal impacts (Figure 11). As 

illustrated by comparing the ligamentous, muscular, 

and total Fz neck loads, the osteoligamentous spine 

was loaded in compression during peak neck flexion 

at the same time the total neck was loaded in tension. 

 

 
Figure 10. Pediatric and adult model kinematic response to 15 g frontal impact. The heads of the six and ten year old 

models displaced less but rotated more than the adult. 
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Figure 11. Pediatric and adult model O-C2 spinal segment osteoligamentous, muscular, and total neck loads during 

15 g frontal impact. The cervical muscles bore a majority of the loading during this impact. At peak neck flexion, 

the osteoligamentous spine was loaded in compression while the total neck was loaded in tension. 

From the uncertainty analysis, the kinematic response 

of the pediatric models was most sensitive to the z- 

direction vertebral geometry scale factor. Correlation 

coefficients of model parameters to kinematic 

responses are presented in Table 4. Increasing the z-

direction scale factor—which in turn increased the 

length of the pediatric neck—significantly increased 

peak head displacements, head rotation, and z-

direction translational accelerations; increasing this 

value also significantly decreased the peak x-

direction translational acceleration and head 

rotational acceleration. 

The next most significant parameters affecting the 

kinematic response were muscle PCSA and the z-

direction head geometry scale factors. Increasing 

these scale factors increased the muscle size and the 

muscle attachment distance from the spine, or 

moment arm. Increases in these parameters 

significantly decreased peak head flexion rotation 

and decreased head rotational accelerations. 

Increasing the intervertebral joint stiffness did not 

significantly affect peak head excursion or rotations; 

however, increasing the joint stiffnesses did increase 

peak head accelerations. Additionally, cross-sectional 

neck loads measured at the OC spinal segment were 

most sensitive to pediatric muscle PCSA, vertebral 

and head z-direction geometry, and head inertial 

property scale factors (Table 5). As before, 

intervertebral joint stiffnesses only significantly 

affected peak OC tensile forces. 

Six and ten year old pediatric response corridors 

during 15 g frontal impact are presented in Figures 12 

and 13. 
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Table 4. Pediatric Model Uncertainty Analyses Kinematic Pearson Correlation Coefficients During 15 g 

Frontal Impact, Presented and Ranked Against Other Model Parameters  

(* indicates statistically significant; the top three parameters in each column of each age are in bold) 

 Parameter Peak CG 

displace- 

ment x 

Peak CG 

displace- 

ment z 

Peak  

head  

rot. 

Peak CG 

accel. 

x 

Peak CG 

accel. 

z 

Peak  

head 

rot. 

accel. 

Peak  

neck 

rot. 

Head 

lag 

time 

S
ix

 Y
ea

rs
 

Vertebra geometry - x -0.08 -0.22* -0.24* -0.02 -0.45* -0.07 -0.43* -0.33* 

Vertebra geometry - y 0.04 0.07 0.05 0.00 0.04 0.04 0.09 0.13* 

Vertebra geometry - z 0.94* 0.76* 0.37* -0.73* 0.69* -0.41* 0.63* 0.59* 

Vertebra mass 0.01 -0.01 -0.04 -0.04 -0.01 -0.04 0.01 0.03 

Vertebra inertia 0.00 -0.01 0.00 0.01 -0.01 -0.06 -0.04 0.02 

Head geometry - x -0.08 -0.06 -0.14* 0.07 -0.05 0.00 0.01 -0.01 

Head geometry - y 0.05 0.03 0.01 -0.08 0.04 -0.01 0.00 -0.05 

Head geometry - z 0.28* 0.25* 0.23* -0.33* -0.13* -0.06 0.08 -0.34* 

Head mass 0.00 0.10 0.13* 0.04 0.07 0.18* 0.17* 0.01 

Head inertia -0.02 0.04 0.14* 0.24* -0.28* -0.53* -0.08 0.47* 

Joint stiffness - upper 

cerv. spine 

0.01 0.02 0.01 0.05 0.08 0.20* 0.03 -0.14* 

Joint stiffness - lower 

cerv. spine 

0.01 -0.09 -0.03 0.04 0.33* 0.08 -0.28* -0.09 

Muscle PCSA -0.07 -0.55* -0.85* -0.43* -0.21* -0.65* -0.54* -0.08 

T
e
n

 Y
e
a
r
s 

Vertebra geometry - x -0.07 -0.19* -0.19* -0.39* -0.52* -0.10 -0.36* -0.19* 

Vertebra geometry – y 0.05 0.06 0.05 0.05 0.07 0.03 0.08 0.10 

Vertebra geometry - z 0.96* 0.78* 0.43* -0.41* 0.73* -0.45* 0.66* 0.71* 

Vertebra mass 0.01 -0.01 -0.04 -0.01 0.01 -0.03 0.00 0.04 

Vertebra inertia 0.00 0.00 0.01 -0.01 -0.01 -0.06 -0.03 0.01 

Head geometry - x -0.09 -0.06 -0.12* -0.07 -0.03 0.01 -0.02 -0.04 

Head geometry - y 0.05 0.02 0.01 0.07 0.02 -0.01 0.01 -0.03 

Head geometry - z 0.23* 0.21* 0.24* 0.27* -0.18* -0.08 0.06 -0.29* 

Head mass 0.01 0.09 0.11 -0.08 0.04 0.16* 0.15* -0.03 

Head inertia -0.01 0.05 0.12* -0.25* -0.11 -0.51* -0.03 0.47* 

Joint stiffness - upper 

cerv. spine 

0.01 0.01 0.01 0.28* -0.05 0.12* 0.02 -0.10 

Joint stiffness - lower 

cerv. spine 

0.02 -0.06 -0.01 0.25* 0.30* 0.04 -0.19* -0.04 

Muscle PCSA -0.13* -0.57* -0.85* -0.04 -0.28* -0.65* -0.62* -0.07 
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Table 5. Pediatric Model Uncertainty Analyses Kinetic Pearson Correlation Coefficients During 15 g Frontal 

Impact, Presented and Ranked Against Other Model Parameters  

(* indicates statistically significant; the top three parameters in each column of each age are in bold) 

 Parameter Peak OC  

Shear  

Force 

Peak OC 

Tensile 

Force 

Peak OC 

Flexion 

Moment 

S
ix

 Y
ea

rs
 

Vertebra geometry - x 0.02 -0.07  0.10 

Vertebra geometry - y 0.00 -0.05 -0.04 

Vertebra geometry - z 0.48* 0.01 -0.15* 

Vertebra mass 0.02 -0.04 0.05 

Vertebra inertia -0.02 0.03 0.01 

Head geometry - x -0.05 -0.28* 0.08 

Head geometry - y 0.07 0.07 0.01 

Head geometry - z 0.40* 0.53* 0.12* 

Head mass -0.37* 0.30* -0.03 

Head inertia -0.26* 0.35* 0.15* 

Intervertebral joint stiffness –  

upper cervical spine 

0.01 0.31* -0.02 

Intervertebral joint stiffness – 

lower cervical spine 

-0.06 0.21* 0.06 

Muscle PCSA 0.58* -0.25* 0.95* 

T
e
n

 Y
e
a
r
s 

Vertebra geometry - x 0.03 -0.21* -0.01 

Vertebra geometry – y -0.01 -0.01 -0.04 

Vertebra geometry - z 0.60* 0.20* -0.04 

Vertebra mass 0.02 -0.04 0.04 

Vertebra inertia -0.01 0.02 0.01 

Head geometry - x -0.09 -0.20* 0.11 

Head geometry - y 0.07 0.06 0.03 

Head geometry - z 0.33* 0.56* 0.28* 

Head mass -0.31* 0.28* -0.02 

Head inertia -0.21* 0.10 0.05 

Intervertebral joint stiffness – 

upper cervical spine 

0.02 0.20* 0.03 

Intervertebral joint stiffness – 

lower cervical spine 

0.01 0.13* 0.06 

Muscle PCSA 0.57* -0.49* 0.93* 
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Figure 12. Six year old model head CG translational 

and rotational responses during 15 g frontal impact 

uncertainty analysis. Plotted are all 650 simulations 

with the corridor created from the average ± standard 

deviation. 

 

 

 

 

 

 

 

 
Figure 13. Ten year old model head CG translational 

and rotational responses during 15 g frontal impact 

uncertainty analysis. Plotted are all 650 simulations 

with the corridor created from the average ± standard 

deviation. 
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DISCUSSION 

The purpose of this study was to utilize a pediatric 

head and neck multibody and finite element model to 

investigate the head kinematics and dynamic flexion 

bending response and stiffness of the neck during 

ATD neck certification pendulum testing. Also 

created and studied were flexion biofidelity corridors 

for future pediatric ATD design for both pendulum 

certification tests and 15 G frontal impacts.  

In the pendulum certification tests, the pediatric neck 

was less stiff than the adult neck. Likewise, the 

pediatric necks were less stiff in flexion bending than 

the Hybrid III ATD necks: the six year old was 53% 

less stiff than the ATD while the ten year old was 

67% less stiff. The difference between ATD and 

model bending stiffness was minimal below 40° of 

head flexion, while greater differences occurred at 

higher rotations. At higher rotations the ATD 

stiffness nonlinearly increased while the model 

stiffness nonlinearly decreased. The muscles and 

their strain rate dependence can explain this nonlinear 

softening of the models. Muscle force increases at 

higher elongation strain rates in both the passive and 

active elements (Hill 1938; Myers et al. 1998; 

Winters 1990; Winters 1995). Since higher muscle 

strain rates occurred during the higher head rotational 

velocities of the initial loading phase, and then 

decreased until peak head rotational displacement 

was reached, the muscle force decreased as peak head 

rotational displacements were reached. This is 

illustrated by the OC moment time histories (Figure 

6). The moments increased rapidly during the high 

muscle strain rate of the initial loading and peaked 

prior to peak rotational displacement, then decreased 

by peak rotation. A secondary explanation of the 

softening of model bending stiffness is the decrease 

in stress of the active muscle with increased strains 

(Hill 1938; Myers et al. 1998; Winters 1990; Winters 

1995). However, the active muscle strain dependence 

was less of a factor since muscle strains were 

relatively low with an average peak extensor strain of 

only 11%. Therefore, an important difference in 

stiffness between the models and the HIII ATD necks 

is the strain rate dependent effects that are not 

accounted for in the design of the ATD necks. 

In a similar fashion, the pediatric and adult model 

flexion bending response all passed outside of the 

Mertz corridors, primarily at higher head rotations. 

This is because the model bending stiffness did not 

increase at higher rotations, and instead decreased. 

This behavior was consistent for both the six and the 

ten year old, and illustrates that the Mertz corridors 

predict qualitatively different behavior than the neck 

models display.  

Though chin-on-chest contact was not modeled in 

these simulations, the pendulum flexion bending 

biofidelity response corridors created from 

uncertainty analysis of the models’ response (Figure 

7) are appropriate since this contact is not accounted 

for in the Hybrid III pendulum certification test. 

Therefore, these corridors represent the response of 

validated, biofidelic models under the same loading 

conditions used to certify the ATD neck, and can be 

used for future pediatric ATD neck design 

specification. Importantly, both the head extension, 

which occurs prior to flexion, and the nonlinear 

softening behavior were included in the corridors. 

Neither of these effects is represented by the current 

HIII ATD necks. Muscle parameters had the greatest 

effect on neck bending stiffness. Increasing the force 

generating capacity, effective moment arm, and 

stiffness of the muscles significantly increased the 

bending stiffness.  

Similarly, the first 15 g frontal impact pediatric 

biofidelity response corridors (Figures 12 and 13) 

were created for future pediatric ATD neck design 

specifications from uncertainty analysis of the 

models in this loading scenario. Uncertainty analysis 

demonstrated that the z-direction vertebral geometry 

scale factor had the largest effect on the pediatric 

kinematic translation response, as increasing this 

value increased the length of the pediatric neck. As 

can be expected because of their smaller neck length, 

the heads of the pediatric models translated less than 

the adult. Peak x-direction CG translations were 70% 

and 86% of the adult peak translations, which were 

essentially the same percentage as the vertebral z-

direction scale factors used to create the six and ten 

year old models, respectively. For the kinematic 

rotation response, the most significant parameter was 

muscle PCSA. Increasing this value decreased the 

peak head rotation, which is likely the result of an 

increased bending stiffness due to an increased 

muscle PCSA. As the ratio of head MOI to head mass 

is very similar for the two pediatric models, they 

experienced very similar flexion rotations. 

Additionally, since this ratio was larger in the 

pediatric models than in the adult, the pediatric model 

heads experienced more flexion rotation than the 

adult, each rotating 11% more than the adult.  

Both the pediatric six and ten year old models had 

higher head translational and rotational head 

accelerations than the adult, with the six year old 

having the highest accelerations. This can be 

explained by a simple mass spring on a moving base 
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model. Increasing the spring stiffness of the mass-

spring model decreases the acceleration of the mass. 

This was demonstrated during the uncertainty 

analysis in which increasing the muscle PCSA, which 

increased the neck bending stiffness, significantly 

decreased head accelerations. This is important as 

higher pediatric head accelerations could lead to 

pediatric head injuries that would not have caused 

adult injury under identical loading scenarios. 

However, further work needs to be done to 

understand pediatric accelerational head injuries to 

fully study this possibility. Currently, the Head Injury 

Criterion (HIC) threshold for the six year old is the 

same as the adult (Eppinger et al. 1999).  

Notably, in all models (pediatric and adult), the neck 

muscle protected the osteoligamentous spine by 

bearing a large portion of the cross-sectional neck 

loads during 15 g frontal impacts (Figure 11). At 

peak neck flexion, the overall neck was loaded in 

tension. However, at this point the osteoligamentous 

cervical spine was loaded in compression due to the 

tension in the muscles. Additionally, nearly all of the 

moment experienced by the total neck in 15 g frontal 

impacts was carried by the muscles. As a result, the 

moments experienced by the osteoligamentous spine 

were small, indicating that in frontal impacts the 

osteoligamentous spine is unlikely to fail in this 

mode. In fact, the high compressive loads 

experienced by the osteoligamentous spine suggest 

that the primary mode of neck failure in frontal 

impacts is compression.  

Finally, this study is not without limitation. For one, 

a limitation of the comparison of model responses 

during pendulum certification tests to the Mertz 

corridors was that head and chest interactions were 

not modeled in the simulations. The Mertz corridors 

were created from cadaver frontal impact sled tests in 

which the OC moment was calculated from inverse 

dynamics of head accelerations and included “the 

summation of the moments of the neck and chin 

forces” (Mertz and Patrick 1971). Mertz and Patrick 

reported a volunteer static head flexion rotation limit 

of 66 degrees and a dynamic rotation limit of 70 

degrees. The adult model surpassed these limits with 

a peak head rotation greater than 110 degrees, which 

would not have occurred with chin contact providing 

“a stop for forward head rotation” (Mertz and Patrick 

1971).  Another limitation of this study was that 

during the 15 g frontal impact simulation, the same 

T1 boundary conditions were applied to the pediatric 

models as those measured from adult volunteers. 

While doing this enables direct comparisons between 

adult and pediatric head and neck kinematics and 

kinetics, subjecting children and adults to the same 

sled accelerations would likely result in different T1 

accelerations, as demonstrated in low speed frontal 

sled tests (Arbogast et al. 2009). This study also 

removed the effects of muscle activation dynamics 

from the comparison by applying the same activation 

histories to the pediatric models as those of the adult 

model for 15 g frontal impacts. 

CONCLUSION 

Pediatric head and neck models were used to 

investigate the dynamic bending stiffness of the 

pediatric human neck during frontal impact induced 

via Hybrid III ATD neck certification pendulum 

loading. The neck response of both pediatric models 

(six and ten years old) was found to be qualitatively 

different from the pediatric HIII ATDs: the models 

demonstrated nonlinear softening behavior while the 

HIII ATDs experienced nonlinear stiffening. 

Additionally, the pediatric models’ response was less 

stiff than that of the pediatric HIII ATD: Specifically, 

the pediatric six and ten year old models were 53% 

and 67% less stiff than the HIII ATD, respectively. 

As a result, the models’ response was not predicted 

by the Irwin and Mertz (1997) scaled neck flexion 

corridors. Moreover, these validated pediatric models 

based on human pediatric biomechanical properties 

were used to create the first pendulum certification 

and 15 g frontal impact biofidelity corridors for 

future ATD design.  
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