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2. Abstract and Keywords 23 

Active neck musculature plays an important role in the response of the head and neck 24 

during impact and can affect the risk of injury. Finite element Human Body Models (HBM) 25 

have been proposed with open and closed-loop controllers for activation of muscle forces; 26 

however, the controllers in many current models are often calibrated to specific 27 

experimental loading cases, without considering the intrinsic role of physiologic muscle 28 

reflex mechanisms under different loading conditions. The goal of this study was to 29 

develop a closed-loop controller for a contemporary male HBM to represent muscle 30 

activation mechanisms based on the vestibulocollic and cervicocollic reflexes. Dual PID 31 

controllers were implemented, with head rotation and muscle stretch used for input. 32 

Controller parameters were optimized using volunteer data and then independently 33 

assessed across twelve impact conditions. The kinematics from the closed-loop controller 34 

simulations showed good average correlations to the experimental data (0.699) for the 35 

impacts. Compared to a previous optimized open-loop activation strategy, the average 36 

difference was less than 9%. The incorporation of the reflex mechanisms using a closed-37 

loop controller can provide robust performance for a range of impact directions and 38 

severities, which is critical to improving HBM response under a larger spectrum of 39 

automotive impact simulations. 40 

 41 

Keywords: Muscle activation, vestibulocollic reflex, cervicocollic reflex, human body 42 

model, finite element method, head kinematics, neck model 43 
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3. Introduction 45 

The natural reflex mechanisms of the cervical musculature play an important role in the 46 

stabilization of the head and neck34, increasing the stiffness of the neck column and 47 

potentially influencing the risk of injury under impact conditions, particularly for lower 48 

severity impacts.46 Rising interest to develop active safety systems in the automotive 49 

industry has increased the need to better understand the role of active musculature 50 

contraction during the impact response of the human body. Post-mortem human subjects 51 

(PMHS) and anthropometric testing devices (ATD), commonly used to assess risk of 52 

injury for vehicle safety tests, cannot represent physiologic muscle activation.3,20,46 As 53 

occupants in real-life crash scenarios could have their kinematic response altered by 54 

muscle activation, vehicle safety tests may be limited when extrapolating post-mortem 55 

results.1 Characterizing this phenomenon under a range of conditions, from low severity 56 

accelerations in autonomous braking to high severity frontal impacts, is not experimentally 57 

feasible and an alternate approach is required.  58 

Computational finite element (FE) Human Body Models (HBM) can be used to predict the 59 

response and potential injury risk following impact; yet, the efficacy of these models 60 

depends on the underlying implementation of human physiology. In general, active 61 

musculature implementations in HBM use pre-defined muscle activation parameters for 62 

open-loop control of muscle onset time and activation level.10 However, an open-loop 63 

approach limits the robustness of the model to effectively adapt to different impact 64 

scenarios or requires optimization to specific impact scenarios. Implementation of a 65 
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closed-loop control approach could enable automation of the muscle activation allowing 66 

for adaptation of the parameters to suit different impact scenarios.37  67 

Closed-loop control for muscle activation has typically been implemented using a 68 

proportional–integral–derivative (PID) controller with feedback based on global 69 

kinematics, such as the head center of gravity rotational angle.22,41 The parameters for 70 

these closed-loop controllers are usually calibrated to specific experimental loading cases 71 

using inverse methods, reducing their generalizability to adapt to different loading 72 

conditions. This limitation is largely due to a lack of electromyography (EMG) data for 73 

higher severity impacts (>8g), which has created a gap in understanding the role and 74 

complex interactions between different muscle activations during these events.29  75 

Muscle Activation 76 

Muscle tissue can produce both a passive restorative force and an active force. The 77 

passive force is intrinsic to the muscle without activation, exhibiting viscoelastic and 78 

anisotropic characteristics, as expected for biological tissues with fibers.2,6,31,48 Passive 79 

response behavior has been modeled numerically using a linear-viscoelastic formulation, 80 

such as an Ogden formulation.17 In contrast, active muscle force is controlled by nerve 81 

impulses originating in the central nervous system and transmitted through motor neurons 82 

to the actuating cells, being a function of the muscle length and rate of change in length. 83 

In response to this stimulus, the contraction is developed by the intracellular structure 84 

(sarcomeres) through sliding filaments of actin and myosin parallel to the longer 85 

dimension of the muscle fibers. The Hill-type active muscle model is a widely used 86 

approach to model muscle activation and the resulting contractile force4,25, and is 87 
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implemented in many commercial FE codes, often using two-dimensional elements 88 

joining two points to represent the muscle. The activation of the muscle in this formulation 89 

is represented by a curve describing the magnitude of activation with respect to time. A 90 

recent study identified optimized activation onset times for the flexors and extensors 91 

muscles in the neck using experimental data from a series of rear impacts and frontal 92 

impacts sled tests conducted with volunteers.10 The use of optimized muscle activation 93 

curves was found to improve the resulting head kinematics of a detailed FE head and 94 

neck models over a wide range of impact severities in comparison to the best available 95 

data.10 These optimized muscle activation onset times and magnitudes can provide 96 

guidance for the implementation of a more robust closed-loop controller of the cervical 97 

muscles. 98 

Muscle Reflex Mechanisms 99 

An important physiologic factor for the development of a closed-loop muscle activation 100 

controller is the natural human reflex mechanisms. The vestibulocollic reflex (VCR) and 101 

cervicocollic reflex (CCR) are primarily responsible for head and neck stabilization and, 102 

therefore, a crucial focal point for muscle activation during impact.16,40,41,43 103 

The VCR system receives input from the semicircular canals and cochlea in the inner ear, 104 

with a delayed onset time relative to the external stimulus and is directly related to the 105 

angular and linear accelerations of the head. The CCR receives signals from modified 106 

muscle fibers diffusely distributed in the muscles and presents a fast onset time, with 107 

muscle stretch and stretch rate as the input. The CCR is activated in two stages, a fast 108 
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initial response and a slower later response that can be related to the head rotation 109 

magnitude (θ) (Figure 1).40 110 

 111 

Figure 1: Idealized muscle activation, based on electromyographic (EMG) 112 

measurements, due to the combination of cervicocollic (CCR) and vestibulocollic 113 

reflexes (VCR) versus the head rotation angle. Before a head rotation angle of θ is 114 

reached mainly CCR is active, after which a combination of VCR and CCR are 115 

active. 116 

Experimental Impact Data 117 

Validation of computational models representing physiologic muscle activation patterns 118 

using available experimental data presents several challenges. Diverse experimental 119 

studies have investigated car and sled tests with volunteers in low severity autonomous 120 

braking and impacts (1g to 4g) and reported the effect of muscle activation on the 121 

response.9,11,14,18,26,33,45 Relevant conclusions have included an observed increase in the 122 
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neck muscle activation during impacts, a higher angular head rotation for females during 123 

impacts, as well as challenges in terms of measuring muscle activation magnitudes using 124 

normalized EMG data. Further, many of these studies have not reported important 125 

experimental boundary conditions (i.e. seat inclination, presence of headrest, etc.), 126 

making it difficult to reproduce the experiments in a simulation environment or to quantify 127 

the effects of muscle activation. 128 

An experimental dataset containing a wide range of volunteer impact severities32 129 

conducted by the Naval Biodynamics Laboratory (NBDL) includes head and neck 130 

kinematic data. Data were collected from 16 volunteers subjected to 119 frontal and 72 131 

lateral impact sled tests.47,50 The experimental peak accelerations ranged from 2g to 15g 132 

and demonstrated low variability within a specific impact condition, owing to the restraint 133 

system used in the experiments. A limitation of the experimental data was that no 134 

measurements of the volunteer’s muscle activation were recorded during the impact tests. 135 

There is a scarcity of higher severity rear impact studies owing to volunteer injury risk. 136 

One detailed rear impact study was performed over a series of 3g and 4g sled tests35,44 137 

with 12 human volunteers used to assess the global head kinematics response. The rear 138 

impact tests in this study did not include a headrest so that free motion of the head could 139 

be assessed; however, muscle activation levels were not measured during the tests. 140 

HBMs with Active Musculature 141 

Neck muscle activation has been examined in FE HBM including the Global Human Body 142 

Models Consortium (GHBMC), Royal Institute of Technology model (KTH), Japan 143 

Automobile Manufacturers Association model (JAMA), Total Human Model for Safety 144 
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(THUMS), and simTK models.8,12,21,49 Considering contemporary HBM, only the GHBMC 145 

and THUMS models incorporate a combination of skin, adipose tissue, 3D passive 146 

muscles, and active 1D muscles. The soft tissues are relevant for the head and neck 147 

kinematics because of the increase in stiffness of the system resulting from these tissues. 148 

Specifically, the GHBMC neck model has been assessed and validated in a hierarchical 149 

manner at the motion segment5 and full neck levels4, and optimized open-loop muscle 150 

activations strategies have shown good correspondence to human volunteer data.10 The 151 

model was developed from MRI and CT scans of a living 26-year-old adult with the 152 

anthropometrics of a mid-size male.51  153 

The GHBMC 50th percentile male (M50-O v5.1) head and neck model used in this study 154 

was extracted from the full human body model (Figure 2) and includes 1D Hill-type 155 

elements representing the active portion of the muscles and 3D solid hexahedral 156 

elements with a hyperelastic material constitutive model representing the passive 157 

response of the muscle. The passive and active elements were connected to one another 158 

through a series of one-dimensional attachments or support elements to maintain 159 

connectivity and the line of action of each muscle.4 160 

 161 
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 162 

Figure 2: A) GHBMC 50th percentile male full human body model. B) Head and neck 163 

model with T1 coordinate system and muscle attachments. C) Frontal view of the 164 

3D passive component (transparent geometry) of the trapezius and 165 

sternocleidomastoid with the embedded active Hill-type elements (colored lines). 166 

The GHBMC average stature male model incorporates open-loop controls for the muscles 167 

with predefined muscle activation curves that mimic the muscle reflexes in a prescribed 168 

manner. The older versions of the model include an open-loop muscle activation scheme, 169 

defined as the Maximum Muscle Activation (MMA)4, corresponding to a neuronal impulse 170 

(step signal) of 100% for 100ms generating a maximum value of the activation function in 171 

the muscle of 0.87138. The onset time for this activation was 74ms, an average of the 172 

values presented in the literature for a series of tests with volunteers38. In a recent study, 173 

two additional open-loop muscle activation strategies were proposed10: Cocontraction 174 

Muscle Activation (CMA) and Optimized Muscle Activation (OMA). The CMA had a 175 



10 

 

generalized activation of 100% for flexors and 20% for the extensors representing a 176 

muscle contraction that would minimize head rotation when no other load was applied, 177 

based on simulation of a startle reflex. The OMA consisted of a specific activation curve 178 

for each simulated impact direction and severity, obtained from an optimization process 179 

of the muscle activation parameters to best achieve the average resultant head 180 

kinematics reported in the experimental data. However, closed-loop controllers present 181 

an opportunity to more effectively and efficiently address a wider range of impact 182 

severities and directions. A number of closed-loop controllers have already demonstrated 183 

promising results to simulate natural muscle reflexes.21,23,36,39 Current implementations 184 

based on the head rotation angle with respect to T1 and the muscle spindle 185 

response22,41,42,52 have provided head kinematics with good correlation to the 186 

experimental data for specific scenarios. A recent model incorporating a VCR and CCR 187 

feedback controller was fitted to experimental data for studying neck stabilization16, but 188 

only assessed for accelerations lower than 1g without consideration for the higher 189 

accelerations from impact scenarios. Further, the general applicability of these models is 190 

often limited as the controller parameters are often calibrated to specific impact scenarios 191 

without examining the performance of the controller against uncalibrated data sets.  192 

The goals of the current study were to: (1) develop a closed-loop controller for neck 193 

muscle activation based on the VCR and CCR reflex responses using a small subset of 194 

frontal impact conditions from human volunteer data to optimize the controller 195 

parameters, and (2) assess the performance of the controller using the frontal impact 196 

calibration data and uncalibrated human volunteer data from 12 scenarios representing 197 

three impact directions over a range of impact severities. 198 
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4. Materials and Methods 199 

The head and neck of a validated average male detailed HBM (M50-O v5.1, 50th 200 

percentile, GHBMC) (Figure 2) were extracted for the purposes of assessing the 201 

activation controller. The extracted model included the neck musculature, represented by 202 

passive 3D and active 1D Hill-type elements, the cervical vertebrae (C1 to C7), the first 203 

thoracic vertebra (T1), cervical spine ligaments, intervertebral discs, and skin. The 204 

cervical muscles in the model were grouped into four sets according to the respective 205 

anatomical region: the left extensors, the right extensors, the left flexors, and the right 206 

flexors (Figure 3). The axis system used as the global frame of reference had the X 207 

direction pointing forward, Y direction pointing to the left, and Z direction pointing 208 

downwards. 209 

Nine different frontal impact severities were simulated, ranging from 2g to 15g 210 

corresponding to the NBDL volunteer frontal impact sled test maximum accelerations13,47, 211 

for a total duration of 250ms. The NBDL experimental head kinematics were reported for 212 

individual cases; in the current study, head kinematics were averaged for all test subjects 213 

for a specific sled acceleration for comparison to the model output. The average response 214 

and standard deviation for each impact severity were calculated using point-wise analysis 215 

for each case within a specific impact severity.4 The average linear forward X-acceleration 216 

and Y-rotational displacement measured at the first thoracic vertebra (T1) in the volunteer 217 

experiments were applied to the T1 in the model.  218 

 219 
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 220 

Figure 3: Closed-Loop Activation (CLA) of the four muscle groups (left/right flexors 221 

and left/right extensors) were used to simulate the boundary conditions of frontal, 222 

lateral, and rear impacts over a range of severities (2g-15g).  223 

Four different lateral impact severities were simulated, ranging from 4g to 7g 224 

corresponding to the NBDL volunteer lateral impact sled test maximum accelerations13,47, 225 

for a total duration of 250ms. The average right to left Y-velocity and X-rotational 226 
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displacement measured at the first thoracic vertebra (T1) in the volunteer experiments 227 

were applied to the T1 in the model.   228 

Two rear impact severities were simulated, 3g and 4g, corresponding to sled test 229 

accelerations from 12 male volunteers44, for a total duration of 235ms. The average linear 230 

rearward X-acceleration, Z-acceleration, and Y-rotational displacement measured at the 231 

first thoracic vertebra (T1) in the volunteer experiments were applied to the T1 in the 232 

model. 233 

Closed-Loop Muscle Activation Implementation 234 

With previous literature demonstrating a good potential for a PID controller to model 235 

muscle activation19,22,30, a scheme embedding two PID controllers (Figure 4) was 236 

investigated to represent the VCR and CCR reflexes, as reported in experiments with 237 

cats, monkeys and humans.24,39,40,43 The VCR system was represented by a PID 238 

controller that monitored head rotational displacements as input while the CCR system 239 

was represented by a second PID controller that used muscle stretch as input. The input 240 

of the CCR was the sum of the stretches of all active Hill-type beam elements in series at 241 

the medial portion of the muscle with the highest volume (capable of producing the highest 242 

force) of each muscle group (Figure ). These elements were selected after observing 243 

which region had the highest deformation in frontal and rear impact simulations, 244 

representing the largest expected CCR neuronal signal.  245 

Using MATLAB Simulink (Mathworks, Natick, MA, USA), the VCR and CCR controller 246 

parameters were simultaneously calibrated to the OMA activation curves for three frontal 247 
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impact cases (2g, 8g, and 15g). The experimental head rotation and simulated OMA 248 

muscle stretches were defined as the controller input signals. The three impact scenarios 249 

were examined simultaneously, and the PID controller parameters were identified based 250 

on minimizing the average mean square error between the PID controller and optimized 251 

activation curves. It is important to note that the controller was not calibrated to a single 252 

impact scenario, and therefore, due to tradeoffs during the optimization process, it was 253 

not expected to precisely match any one of the OMA curves. For the VCR, the 254 

proportional gain obtained through this methodology was 0.29 and the derivative gain 255 

was equal to 1.4. For the CCR, the proportional gain was 0.05 and the derivative gain 256 

was equal to 0. The integral gains of both controllers were set to zero, supported by 257 

previous research demonstrating adequate controller performance for reflex behavior 258 

with only proportional and derivative gains.41 259 

A study on decerebrated cats (i.e. no CCR response) identified that the VCR started 260 

responding after a head rotation around 5°.40 Based on this physiological separation of 261 

the VCR and CCR, the controller was designed such that if the head rotation measured 262 

in all three axes was lower than 5°, only the CCR was actuating. For angles greater than 263 

5°, the CCR and VCR responses were both active. However, the maximum contribution 264 

of the CCR to the muscle activation was limited to 10% (fCCR, Figure 4), based on the 265 

lowest activation magnitude from the OMA.10 The VCR could provide a maximum of 90% 266 

muscle activation so that the total maximum activation was 100%. 267 
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 268 

Figure 4: Closed-loop controller flowchart for the extensors, demonstrating the 269 

CCR and VCR PID controllers and summation of responses. 270 

 271 

Figure 5: Frontal view of the active muscle fibers (colored lines) used as input for 272 

the CCR portion of the control. For the extensors, the lateral fibers of the trapezius 273 

were used (left image); and for the flexors, the fibers of the sternocleidomastoid 274 

were used (right image). 275 

Previously, it was shown that maintaining an activation ratio of 1:5 between the extensor 276 

and flexor muscles improved the kinematic response of the model.10 Thus, in the current 277 
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model, the CCR and VCR contribution for the flexors was multiplied by five to maintain 278 

this ratio, so that the overall contribution of the flexors to the activation strategy was similar 279 

to the extensors. Each one of the four muscle groups received a specific input from the 280 

controller based on the change in length of the particular fibers within the monitored 281 

muscle. The VCR gains were positive for the antagonistic muscle groups, relative to the 282 

head rotation, and negative to the agonist muscles. The CCR gains were positive for 283 

lengthening and shortening of the muscles relative to the resting length. 284 

For each of the impact scenarios (Table 1), the proposed closed-loop activation (CLA) 285 

scheme was compared to three previous open-loop activation schemes (MMA, CMA, and 286 

OMA).10 The correlation between the activation schemes head kinematics and the 287 

experimental data was determined using cross-correlation analysis (CORA, Partnership 288 

for Dummy Technology and Biomechanics, R. 3.6.1, Germany). 289 

Table 1: Simulated impact cases with activation schemes, peak sled accelerations, 290 

and experimental data sets representing frontal, lateral and rear impact conditions. 291 

Case 
nomenclature 

Muscle activation 
schemes 

Peak sled 
acceleration (g) 

Experimental Data 

Frontal (FRT) 
Closed-loop: CLA 

Open-loop: MMA, CMA, 
OMA  

2, 3, 6, 8, 10, 12, 
13, 14, 15 

NHTSA 2012; 
Thunnissen et al., 

199532,47 

Lateral (LAT) 
Closed-loop: CLA 

Open-loop:  MMA, CMA, 
OMA 

4, 5, 6, 7 
NHTSA 2012; 

Thunnissen et al., 
199532,47 

Rear (REA) 
Closed-loop: CLA 

Open-loop:  MMA, CMA, 
OMA 

3, 4 Sato et al., 201444 

 292 

 293 
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5. Results 294 

The head kinematics obtained for the proposed CLA activation model, for each frontal 295 

impact direction and acceleration, were extracted and compared to the human volunteer 296 

test results as well as the three open-loop activation schemes (MMA, CMA, OMA) (Figure 297 

4). 298 

The head kinematics resulting from the CLA presented an average cross-correlation 299 

rating of 0.667 for frontal impacts, 0.777 for lateral impacts, and 0.690 for rear impacts 300 

(Figure 5), comparable to the respective correlation values of 0.691, 0.753, 0.703 for the 301 

open-loop CMA results. Average correlation results for all impact cases were within 2% 302 

for the CLA (0.699) and CMA (0.709) muscle activation strategies.  303 

The average correlation of the CMA was 9% lower than that of the OMA, where the latter 304 

strategy represented the highest possible correlation for the model since the open-loop 305 

activation parameters were calibrated for individual impact cases. The MMA presented 306 

the lowest average correlation for all impact scenarios, which may be expected since this 307 

method was not calibrated or optimized to the experimental data. 308 

 309 
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Figure 4: Comparison of the frontal impact head kinematics for the proposed CLA 310 

compared to NBDL human volunteer test data average (solid black line) and 311 

standard deviation (dotted black line). MMA, CMA, and OMA results are included 312 

for reference. The early interruption of the curves for the 15g impact is a result of 313 

bone fracture in the model. 314 
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Figure 5: Correlation ratings for the muscle activation schemes (MMA, CMA, OMA, 315 

CLA) in frontal, lateral, and rear impacts. The average correlation rating for all 316 

cases is shown in brackets. 317 
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6. Discussion 318 

Implementation of the head rotation (VCR) and muscle stretch (CCR) reflex responses in 319 

a closed-loop muscle controller demonstrated effective performance for simulating neck 320 

muscle activation across a broad range of impact scenarios, considering different impact 321 

directions and severities. In addition, this was the first study to examine independent 322 

assessment of a closed-loop controller for muscle activation over a wide range of impact 323 

severities and directions. The CLA scheme developed in this work produced similar head 324 

kinematics results to the open-loop CMA scheme.10 As a single open-loop activation 325 

strategy, CMA was based on a known reflex mechanism, compared to the OMA that used 326 

a specific activation strategy for each impact case, representing the maximum possible 327 

correlation for a given impact direction and severity. 328 

The CLA scheme with two PID controllers resulted in initial activation of the flexors 329 

followed by the activation of the extensors, which was observed in frontal and rear impacts 330 

with volunteers.7,11,14,27 However, the opposite was also observed in frontal impacts.14,28 331 

The order of activation of flexors and extensors was attributed to the CCR reflex 332 

implementation that activated the flexors even when they were shortening. The overall 333 

CLA correlation was comparable to the CMA but lower than that of the OMA. The 334 

calibration of the control parameters using the three frontal impact cases resulted in 335 

performance trade-offs; therefore, the CLA activation could not match the correlation 336 

rating of the OMA for these specific accelerations. The PID controller is a linear 337 

simplification of a complex non-linear reflex system. Although previous studies have 338 

identified that a PID controller can generate good approximations to individual impact 339 
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cases41, it is evident that these controller parameters would need to be optimized for 340 

different impact scenarios. To address this concern, the current study optimized the 341 

controller parameters across a wider range of impact severities (2g-15g) and 342 

subsequently examined the controller performance across 12 uncalibrated impact 343 

conditions.  344 

The CLA also resulted in an activation onset time of up to 90ms relative to the 74ms of 345 

the CMA and MMA for the lower severity impacts. For context, the range of activation 346 

times of the trapezius and sternocleidomastoid reported in the literature vary from 55 to 347 

99ms in impact tests.10 Implementing delays in the activation can approximate the 348 

neuronal delays in the reflex mechanisms, but the PID parameters also control the 349 

activation timing. Therefore, the neuronal delay in this study was considered to be 350 

integrated within the PID controller and the overall activation time fell within the range of 351 

values presented in the literature.   352 

The CLA scheme presented similar kinematics to the CMA in rear impacts and better-353 

correlated kinematics than the CMA in lateral impacts, which indicates that the model is 354 

stable and functional in a variety of impact directions. Furthermore, even with the use of 355 

simplified muscle grouping, the CLA obtained a reasonable response in complex cases 356 

such as the lateral impacts. 357 

For frontal impacts, the lowest correlation ratings were obtained in the cases with the 358 

lowest accelerations. This result was consistent for open-loop and closed-loop activation 359 

strategies and may be the result of the skin and adipose tissue having overly stiff 360 

properties. The model includes material properties from porcine tissue, which have been 361 
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suggested to have a stiffer response to shear than the equivalent human tissues.15 Such 362 

findings demonstrate that control parameters and muscle activation strategies may be 363 

somewhat model-specific, with no single set of idealized parameters for HBM in general.  364 

The proposed closed-loop controller obtained similar kinematics to current commercial 365 

implementations of the CMA open-loop activation in multiple directions and impact 366 

severities, while also representing known muscle reflex mechanisms. The new controller 367 

may also provide an improved response in multi-directional impact scenarios, which will 368 

be the focus of future studies. Importantly, the inclusion of the new closed-loop controller 369 

did not significantly increase the computational time of the model, demonstrating a 370 

computationally effective solution for multidirectional impacts.      371 

There were three main limitations identified in the present study. First, the stiffness of the 372 

soft tissues (skin and adipose tissue) could have had increased the effective stiffness of 373 

the neck and affected the resulting global head kinematics, particularly for lower severity 374 

impacts. Second, the input of the CCR PID controller (muscle stretch) was taken from a 375 

specific row of active Hill-type elements in the midsection of the largest muscle in each 376 

muscle group, which may delay or change the activation magnitude in movements that 377 

do not stretch this specific muscle region. While not investigated in this study, interactions 378 

with seatbelts or a seat headrest may alter the distribution of deformation within the neck 379 

and could affect the resulting muscle activation. Third, individual motor units within each 380 

muscle are activated independently by a motor neuron, compared to the model with 381 

activated each whole muscle group in a similar fashion. However, the resultant head 382 

kinematics found in this study indicated adequate approximation for this global analysis 383 
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as well as reasonable performance trends within the respective muscle groups. The 384 

method of using the stretch of the active Hill-type elements of the muscles and head 385 

rotation as the input of a CCR and VCR controllers, respectively, could be improved in 386 

future work through higher muscle group discretization and more thorough optimization 387 

of the controller parameters. However, the presented results indicate that the application 388 

of a single controller calibrated only for a few impact cases generated reasonable head 389 

kinematics for impacts in three directions and over a wide range of impact severities. 390 
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