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ABSTRACT

Musculoskeletal injury of the lumbar spine and lower extremity is prevalent among military service
members, and results in more lost duty days than any other medical condition. Most of these musculoskeletal
conditions, such as muscle strains, stress fractures, and joint pain and degradation are attributed to overuse. A key
contributor to this overuse is the heavy load service members routinely carry during training and deployment, which
is often in excess of recommended maximum weights. Walking with heavy backpack loads causes postural changes
and increases the mechanical demand on the musculoskeletal system. In order to alleviate the effects backpack loads
on the spine, backpacks are often designed with hip belts in order to redistribute some of the total load from the
shoulders and the pelvis. However, it is unknown to what extent the internal forces related to injury risk in the

lumbar spine, such as muscle and joint contact forces, are affected by these mitigation strategies.

Therefore, the purpose of this study was to develop a musculoskeletal model incorporating backpack
attachment to the torso and pelvis in order to analyze lumbar spine and lower extremity injury risk. Joint contact
forces in the lumbar spine and hip were quantified while walking using (1) a shoulder-borne only and (2) a hip-belt
assisted backpack design. In addition, robustness of the model was assessed with a probabilistic sensitivity study to
investigate the uncertainty in joint contact force estimates due to assumed uncertainty in model parameter values.
The results from this work provide novel information regarding injury risk to the lumbar spine related to load
carriage. Lumbar spine and hip joint contact forces are greater when walking with backpack loads compared to
without. However, implementation of a hip-belt to distribute half of the load from the shoulders to the pelvis does
not influence lumbar spine or hip joint contact forces. In addition, backpack attachment parameter values did not
substantially effect joint contact force estimates. These results indicate that other factors such as, the total load
carried and walking speed, have greater influence on joint contact forces than backpack design. The load carriage
model developed will be useful for future analysis of various backpack designs during additional conditions such as

sloped walking or running.
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CHAPTER 1
INTRODUCTION

Military service members encounter a wide variety of environment, terrain and physical requirements,
which require varying movement and muscle activation patterns. For example, steep uphill or downhill slopes and
heavy (> 30 kilogram) carried loads are commonly encountered during training and deployment. Non-combat
musculoskeletal injuries are a substantial problem among military service members with up to 75% of all
hospitalizations due to disease and non-battle injury, half of which are musculoskeletal (Belmont Jr. et al., 2010) and
are often attributed to overuse (Hauret et al., 2010). In addition, injuries to the lumbar spine comprised 20% of all
musculoskeletal injuries related to overuse (Hauret et al., 2010). Detailed biomechanical analyses are critical for
understanding the mechanical stresses placed upon the structural tissues. However, many relevant in vivo quantities
are difficult or impossible to measure directly.

Computational modeling and simulation techniques can be used to estimate muscle forces and joint contact
forces (e.g., Piazza, 2006; Zajac et al., 2003) such as the compressive forces in the lumbar spine during activities of
daily living (e.g., Actis et al., 2018b; Yoder et al., 2015). In addition, models incorporating backpack loads have
been used to predict adaptation of lower-limb muscles (Dorn et al., 2015) and estimate knee joint loads during
dynamic tasks (Ramsay et al., 2016). However, these load carriage models have simplified representations of
backpack-human interactions and torso kinematics, which are likely insufficient for accurate estimates of trunk
muscle and joint forces.

In this research, a musculoskeletal model of the trunk and lower limbs that incorporates spinal rhythm to
describe lumbar joint rotations and robust backpack attachments capable of distributing load between the shoulders
and hips was developed. This model is needed to quantify joint contact and muscle forces in the lower limbs and
lumbar spine during load carriage. I combined a full body model (Actis et al., 2018a) with backpack interactions
(e.g., Foissac et al., 2009; Ramsay et al., 2016; Selk Ghafari et al., 2010). With this model, I developed
musculoskeletal simulations of walking with and without load on level as well as sloped surfaces. To validate this
model, I compared experimentally measured muscle excitations (electromyography) to estimated activation patterns
from the simulations for each walking condition. In addition, I quantified the effect of backpack attachment
parameter uncertainty on joint contact force estimates. This work will facilitate further development of backpack
interaction models to evaluate backpack performance across a range of walking slopes and will provide insight into

overuse injuries in military service members.



CHAPTER 2
REVIEW OF THE LITERATURE

A review of the literature regarding the biomechanical characteristics of walking with backpack load
carriage, as well as the current state of modeling and simulation techniques is provided in this chapter.
2.1 Walking with Loads

The neuromusculoskeletal system adapts to carrying heavy loads, evidenced by differences in kinematics,
kinetics, and muscle activity compared to unloaded walking. These biomechanical adaptations may be a strategy to
support greater body mass and/or to maintain balance by keeping the body center of mass (COM) over the base of
support. There is substantial prior work investigating lower body biomechanics during loaded walking compared to
unloaded walking. However, while there are also studies regarding trunk, or torso, biomechanics during loaded
walking, the results are limited by simplification of spinal motion and/or a small number of back and abdomen
muscles included in the analyses. Musculoskeletal modeling and simulation has been increasingly used to study
lower body biomechanics during loaded walking and running (Dorn et al., 2015; Lenton et al., 2018a; Ramsay et al.,
2016). However, the models used have thus far utilized simplified representations of spinal kinematics and/or
backpack interactions, and a greater level of detail is needed to quantify relevant lumbar joint contact forces and
back and abdominal muscle forces. Therefore, the goal of this research was to develop a full body, musculoskeletal
model that incorporates lumbar spine motion and realistic backpack attachments that estimate muscle excitations
that are similar to signals reported in the literature under similar walking conditions.
2.2 Lower Body

Lower body biomechanical changes due to load carriage are reflective of the increased mechanical demand
in an effort to support and balance a greater total mass. For example, the ankle, knee, and hip are all more flexed at
heel strike and more extended in late stance while carrying a load, resulting in greater hip and ankle ranges-of-
motion over the gait cycle and knee range-of-motion during stance (Attwells et al., 2006; Seay et al., 2014; Wang et
al., 2013). However, the maximum knee flexion during swing decreased with loads of more than 20% body weight
(Ghori and Luckwill, 1985), resulting in an overall decreased range-of-motion (Harman et al., 1999). To support the
carried load, net joint moments at the hip, knee, and ankle are all significantly greater compared to unloaded walking
(Krupenevich et al., 2015; Seay et al., 2014). However, joint moments are likely dependent on the amount of load
carried. For example, when the carried load was less than 22 kilograms, there were greater hip flexion, early stance
knee flexion and extension, and ankle plantarflexion moments, yet no changes for hip extension, late stance knee
flexion, and ankle dorsiflexion moments compared to unloaded walking (Krupenevich et al., 2015; Seay et al.,
2014). When loads greater than 32 kilograms have been carried, all peak flexion and extension moments were
greater than unloaded walking (Seay et al., 2014; Wang et al., 2013). Further, one study found that the knee
extension moment was disproportionately increased compared to the ankle and hip moments. When total mass (body
plus backpack) increased by 49%, the ankle peak plantar-flexion moment increased 28%, hip peak extension
moment increased by 47%, and knee peak extension moment increased by 98%, which suggests heavy reliance on

the quadriceps muscles for load carriage (Harman et al., 2000). Similarly, ground reaction forces are greater when



walking with load. One study found that peak, average, and impulsive forces for the vertical, braking, propulsive,
and medial directions were all greater as the carried load increased from 6 up to 47 kilograms while the lateral
direction remained unchanged (Harman et al., 2000). In addition, power generation in late-stance is greater at the hip
and ankle joints while walking with load compared to unloaded (Krupenevich et al., 2015). Power absorption at the
knee is greater when walking with load compared to unloaded (Krupenevich et al., 2015; Wang et al., 2013). These
increased lower body joint power requirements when walking with a backpack load suggest greater activity from the
muscles spanning each joint. This is further evidenced by the knee absorbing more power with increased load while
the duration of activity from the vastus lateralis is also increased (Ghori and Luckwill, 1985). However, the duration
of activity in the semitendinosus/semimembranosus is not different from level walking (Ghori and Luckwill, 1985).
Average activation amplitude of the rectus femoris and gastrocnemius is greater during loaded compared to
unloaded walking, while biceps femoris long head and tibialis anterior amplitudes remain unchanged between
loaded and unloaded walking (Harman et al., 2000).

In summary, loaded walking results in substantial kinematic differences and greater magnitudes of joint
moments and powers in the lower body compared to unloaded walking. However, the effect of added load may not
be evenly distributed among the lower limb joints, as the knee moments are increased disproportionately more than
the ankle and hip.

2.3 Torso

Postural adaptations at the trunk while carrying load position the backpack plus body COM over the feet
(Muslim and Nussbaum, 2016a). A more forward tilted trunk and pelvis are consistent postural adjustments made
when loads are carried posteriorly, such as with a backpack. Mean and peak torso angle increase progressively with
load (Goh et al., 1998; Muslim and Nussbaum, 2016a), and pelvic anterior tilt at heel strike is greater (Wang et al.,
2013) with posteriorly carried loads compared to unloaded walking. However, trunk range-of-motion in the sagittal
plane is similar between loaded and unloaded walking, suggesting the primary response of the trunk is to reposition
the body COM (Attwells et al., 2006). In one study, the change in trunk angle between loaded and unloaded walking
was found to be greater for female subjects than it was for male subjects (Krupenevich et al., 2015). However, this
effect may be due to body size as both groups carried the same fixed load, and the female group was on average
shorter and lighter than the male group. To control the motion of the additional carried load, mean and peak moment
about the lumbosacral (L5S1) joint increased with the mass of the load (Muslim and Nussbaum, 2016a). A greater
lumbosacral moment suggests a change in trunk muscle activity, which plays a critical role in providing spinal
stability to maintain equilibrium (Granata and Orishimo, 2001; Lee et al., 2006). However, at certain loads, there is a
decrease in muscle activity, which suggests a load mass threshold between 30 and 40-kg, above which activity from
erector spinae is greater than unloaded walking (Knapik et al., 1996). For example, when 20-kg backpack loads were
carried, a lower activation of erector spinae was found compared to carrying no load (Bobet and Norman, 1984).
People may regulate balance in a fundamentally different way during load carriage, indicated by a more posterior
position of the trunk-plus-load COM during loaded compared to unloaded walking, which reduces the net extensor
torque requirement compared to keeping the COM position unchanged (Harman et al., 2000; Knapik et al., 1996).

At low loads, this reduced extensor moment lessened erector spinae activity, but may have increased the abdominal



muscle activity to prevent backward rotation of the trunk (Harman et al., 2000). As erector spinae activity decreased
with loads up to 15% body weight, greater activity from rectus abdominus and external oblique muscles was
required to maintain posture (Devroey et al., 2007). However, erector spinae activity increased when loads above
20-kg were used, and one study found a significant load effect on erector spinae activity for progressive loads from
20-47 kg (Harman et al., 2000). Further, when carrying loads greater than 35% body weight, muscle activity from
erector spinae, rectus abdominus, and external obliques all increased compared to lighter or no load (Muslim and
Nussbaum, 2016a). Together, this body of work suggests non-linear responses of the erector spinae to walking with
an added load.

In summary, the primary torso adaptation to walking with carried loads is a change in sagittal angle to
position the COM over the base of support. While the kinematic changes between unloaded walking and loaded
walking are consistent, changes in muscle activation are likely nonlinear due to the posterior shift in position of the
body COM during loaded walking.

2.5 Backpack Interaction

Movement of a backpack load results in an externally applied force to the musculoskeletal system. Various
modeling and experimental approaches have been used to study this interaction between the backpack and the
human as it relates to a variety of metrics such as stability and intersegmental forces (e.g., Ackerman et al., 2017;
Foissac et al., 2009; LaFiandra and Harman, 2004; Goh et al., 1998; Ren et al., 2005a). During walking, the vertical
force applied by the backpack to the body was increased proportionally greater to the increased mass of the load
(LaFiandra and Harman, 2004). Further, this external force will affect the internal joint forces, which have been
estimated at the lumbosacral joint using inverse dynamics and found 26.7% and 64% greater intersegmental forces
in response to carrying 15% and 30% body weight compared to no load (Goh et al., 1998). These findings
demonstrate that differences in intersegmental forces are not be proportional to the change in external loads.

Load distribution systems that transfer a portion of the total carried mass from the shoulders to the pelvis
have recently been investigated for their effect on lower limb quantities (e.g. Lenton et al., 2018a, 2018b, 2018c).
While these studies focused on body armor loads and not backpack loads, the usage of various hip belt
implementations did not influence knee joint contact loads (Lenton et al., 2018a). However, differences in postural
adaptations were found with less trunk flexion while using a hip belt compared to shoulder borne for 15 kg but not
for 30 kg loads (Lenton et al., 2018c). In addition, hip abduction moment was lower while using a hip belt compared
to shoulder borne for 30 kg but not for 15 kg loads (Lenton et al., 2018c).

In summary, backpack attachment design has an effect on the external moment that is balanced out by the
lumbar spine and hip joint moments during walking. These differences will cause changes in the muscle forces
required to produce net joint moments. Quantification of joint contact forces, which are larger than the joint
intersegmental forces because they include these muscular contributions, in the low back is important for
understanding injuries resulting from load carriage. Little is known about the response of erector spinae, rectus

abdominus, and external oblique muscles to walking while carrying loads and with different load distributions.



24 Musculoskeletal Modeling and Simulation

Internal forces such as those in muscles and tendons or the contact forces between joint surfaces are
important metrics to quantify potential mechanisms of injury, yet measurement of these forces in vivo requires
invasive procedures (e.g., Wilke et al., 1999). In addition, muscle forces are large contributors to joint contact
forces, although these contributions are not present in the calculation of intersegmental forces using inverse
dynamics approaches (Sasaki and Neptune, 2010). Traditional inverse dynamics and electromyographic analyses
can reveal variations in net joint moments and muscle activation patterns and are often used in clinical diagnosis and
prescription (e.g., Piazza, 2006; Sutherland, 2001). While electromyography can provide information regarding
whether a muscle is active or not, it does not provide estimates of muscle force. Further, these analyses cannot
establish causal relationships between muscle action and the resulting kinematics and kinetics of movement because
many different muscle activation patterns could produce the same movement at a single joint due to the redundant
nature of the musculoskeletal system (Zajac et al., 2002). In addition, muscles affect loads and motions at joints they
do not span due to dynamic coupling of the musculoskeletal system (Piazza, 2006; Zajac et al., 2002). In contrast,
computational modeling and simulation approaches can be used to estimate these forces (Piazza, 2006). For
example, static optimization approaches minimize a cost function (such as instantaneous metabolic power, muscle
stress, or the sum of squared muscle activations) at every time step to compute the muscle activations required to
produce the net joint moment determined by inverse dynamics (Anderson and Pandy, 2001a). These optimization
results can then be used to calculate the total joint contact force as the sum of the total force generated by the
muscles spanning the joint and the intersegmental force computed using inverse dynamics (Sasaki and Neptune,
2010; Yoder et al., 2015; Zajac et al., 2002).

To quantify muscle and joint contact forces in the lumbar spine, models must account for the multi-
segmented motion of the low back. However, most musculoskeletal models have used a single rigid body to
represent the head, arms, trunk and sometimes pelvis. While these models are sufficient for analyses regarding the
lower body, they clearly have limitations when applied to upper body analyses. Recent musculoskeletal models have
incorporated detailed representations of the torso (Actis et al., 2018a; Bassani et al., 2017; Christophy et al., 2012;
Yoder et al., 2015), and have been used to study low back mechanics among lower limb amputees who have
asymmetric movement patterns (Actis et al., 2018b; Yoder et al., 2015). However, when new models are created,
confidence in simulation outputs is dependent on whether model validation can be performed via relevant in vivo
information from a similar movement (Hicks et al., 2015). Joint contact forces from a lumbar spine model have been
validated during multiple movements, including four conditions wherein a 20kg load was lifted, against in vivo
intradiscal pressure measurements (Bassani et al., 2017). A similar full body model having 19 independent degrees
of freedom with five lumbar joint motions defined relative to trunk-pelvis motion has produced simulations to
predict joint contact forces during trunk range-of-motion movements that were validated with experimental in vivo
intradiscal pressure measurements (Actis et al., 2018a). This model was also used to quantify differences in lumbar
joint contact forces between lower limb amputees and non-amputee controls during a sit to stand motion (Actis et

al., 2018b).



Simulation studies involving backpack load carriage predominantly model the backpack as a point mass
with a rigid or stiff attachment to the torso offset by a fixed distance posterior to the torso (Dorn et al., 2015;
Ramsay et al., 2016). In some cases the backpack slides axially along the torso, but is otherwise constrained to move
with the trunk (e.g., Selk Ghafari et al., 2010). Using these modeling assumptions, static optimization was used to
estimate muscle forces and quantify knee joint contact force during a run-to-stop maneuver while carrying
increasing backpack loads (Ramsay et al., 2016). Forward dynamic simulations using this backpack interaction
model predicted distinct patterns of leg muscle mechanical power distribution to the trunk, ipsilateral, and
contralateral legs when carrying load compared to unloaded walking (Selk Ghafari et al., 2010). However, the
interaction between the backpack and torso can be modeled with greater complexity, which can better inform
backpack design and identify mechanisms of musculoskeletal injury. In the sagittal plane alone, dynamic equations-
of-motion account for relative axial, anterior, and angular motion between the mass centers of the load and torso
(e.g., Ren et al., 2005). Redundancy in the suspension interface and nonlinear stiffness and damping properties at the
attachment points further complicate the pack-torso interaction and biomechanical response of the musculoskeletal
system in response to backpack attachments (Ren et al., 2005).

In summary, quantification of muscle and joint contact forces is important for understanding potential
injury mechanisms due to the stresses placed upon joints and tissues. Without optimization through computational
modeling and simulation, these internal forces would be impossible to estimate during dynamic tasks such as load
carriage. Recent work has demonstrated the success of using modeling and simulation approaches to quantify
lumbar joint contact forces during various tasks. In addition, these computational methods have also been used to
estimate lower limb quantities such as muscular power distribution and joint contact force during load carriage.
However, current load carriage models are extremely simplified, and are not suitable for estimating muscle and joint
contact forces in the spine.

2.5 Summary of Literature

Substantial kinetic, kinematic, and muscular changes are made in response to walking while carrying
posterior loads, and these biomechanical changes are well understood for the lower body. However, while there are
well documented postural changes made at the trunk during loaded walking, very little is known about the muscular
response of the trunk to walking with posterior loads. In addition, the effects of load distribution between the torso
and pelvis on back and abdomen muscle activity is unknown. These muscular responses are important to
understanding internal joint loads which can be estimated through musculoskeletal modeling and simulation
approaches. However, existing musculoskeletal models that incorporate a backpack are unsuitable for quantifying
trunk and abdominal muscle forces and joint contact forces in the lumbar spine. Therefore, the goal of this work was
to develop a musculoskeletal model for load carriage simulations to quantify these internal forces for greater

understanding of potential long-term injury risk.



CHAPTER 3
MUSCULOSKELETAL MODELING OF LUMBAR SPINE AND HIP JOINT CONTACT FORCES DURING
LOAD CARRIAGE WITH DIFFERENT BACKPACK DESIGNS
A paper to be submitted to the Journal of Biomechanics
Jordan T. Sturdy’, Pinata H. Sessoms?, and Anne K. Silverman®

3.1 Abstract

Musculoskeletal injuries of the lumbar spine and lower extremity are common among Military service
members who are required to carry heavy loads. However, the underlying biomechanics that may contribute to
injury risk are unclear. Quantifying muscle and joint contact forces through musculoskeletal modeling and
simulation is important for evaluating potential long-term injury risk in this population. Further, different military
backpack designs likely influence the biomechanics of load carriage and these internal forces, but these designs are
rarely evaluated biomechanically, especially in relation to lumbar and hip joint contact forces. To evaluate the
biomechanics of walking with different backpack designs, kinematic, ground reaction force, and electromyographic
data were collected from six US Marines while walking without load, with a traditional military backpack with
shoulder straps, and with a distributed load system incorporating a hip belt with a flexible spine. A musculoskeletal
model was developed with multiple backpack attachments modeled with spring and damper attachments between
the backpack and the wearer at the (1) shoulders or (2) shoulders and pelvis. This model incorporating the lumbar
spine and 294 muscles in the trunk and low back was developed and used to estimate muscle and joint contact forces
in each loading configuration. Carrying loads increased average L4-L5 force compared to unloaded walking by
52.8% and 41.5% during shoulder only and shoulder and pelvis backpack configurations respectively. Hip joint
contact forces were also greater during shoulder only and shoulder and pelvis backpack configurations compared to
unloaded walking in both axial (34.3% and 25.0%) and A/P (28.6% and 32.4%) directions. However, there were no
differences in contact forces between the two backpack designs, suggesting that these quantities are not significantly
influenced by how the backpack is attached to the body. Future research incorporating standardized walking speeds

and additional participants is suggested for further evaluation of different backpack configurations.

3.2 Introduction
Musculoskeletal injury is prevalent among US Military service members, with up to 50% of active duty
personnel sustaining such an injury each year (U.S. Army Public Health Center, 2017). Even during heavy periods

of Military engagement, non-combat related musculoskeletal injury remains the largest casualty category resulting
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in lost duty days or medical evacuation for active service members (Belmont Jr. et al., 2010). Musculoskeletal
injuries are often attributed to overuse due to the demanding physical requirements related to training and
occupational tasks (Hauret et al., 2010; Schuh et al., 2017). For example, Marine assault loads range from 97 to 135
Ibs, or more than double the recommended maximum of 51 Ibs (Bachkosky et al., 2007). Carrying these heavy loads
may be related to the high rates of musculoskeletal injury, specifically low back pain and spine injury, among
service members. The back and spine are the most common location of musculoskeletal injury (Armed Forces
Health Surveillance Branch, 2017), with many of these cases affecting the lumbar spine (Hauret et al., 2010). The
lower extremity as a whole suffers similar injury rates as the back and spine; however, the hip sustains the fewest
number of injuries of the lower extremity (Hauret et al., 2010).

Backpack dynamics likely influence spinal loads and with implications for musculoskeletal injury, as they
produce reaction forces at their points of attachment to the body (LaFiandra and Harman, 2004). Relative motion
between the backpack and torso are influenced by the stiffness and damping properties of attachments (Ackerman et
al., 2017; Foissac et al., 2009), and these properties will determine the reaction forces between backpack and body
(Ren et al., 2005). Recent work using musculoskeletal modeling and simulation for load carriage has focused on
lower extremity metrics rather than the lumbar spine (e.g., Lenton et al., 2018; Ramsay, Hancock, O’Donovan, &
Brown, 2016). Thus, it is not surprising that detailed load interactions between the backpack and body have not been
developed in a comprehensive musculoskeletal model. In addition, muscles must produce force to balance the
external forces and moments such as those created by a backpack in order to maintain postural control (Bobet and
Norman, 1984; Devroey et al., 2007). Backpacks are often designed with hip belts to reduce the amount of load on
the shoulders, which may reduce injury in the back as a portion of the carried load is transmitted to the pelvis
(Knapik et al., 1996). Transference of load from the shoulders onto the hips effectively brings the backpack load
closer to the body’s center-of-mass (Stevenson et al., 2000), which reduces the net back extensor moment imposed
by the backpack and the forward trunk lean that is required to maintain balance (Bobet and Norman, 1984; Goh et
al., 1998). Various methods of distributing the carried load have been explored including implementation of body
armor with a hip belt (Lenton et al., 2018b) and carrying a portion of the load anteriorly (Seay et al., 2014), yet large
backpacks remain the method of carrying marching loads up to 60 kg. Further, while implementation of hip-belts is
widely believed to reduce discomfort and injury at the shoulders and upper back, it is unknown how this method of
load distribution effects internal forces of the lower back and hip.

Detailed analyses of these internal muscle and joint forces, and their loading rates are important for
understanding the mechanisms related to musculoskeletal injury. That is, excessive loads and loading rates have
been associated with both acute and chronic injury (Milgrom, 2001; Schache et al., 2010). However, direct in vivo
measurement of these internal forces is difficult or impossible to perform in most studies because it requires invasive
procedures that can be painful, costly, and may damage the integrity of joint tissue (Wilke et al., 1999). Because of
these concerns, reported in vivo joint loads are often measured from instrumented joint prostheses, which may not
reflect biological joint loads (e.g, Hodge et al., 1986; Kutzner et al., 2010) and/or only include one or two people in
the analysis (e.g., Hodge et al., 1986; Wilke et al., 2001, 1999). For example, measurements of intra-discal pressure

during a variety of activities have been taken by inserting a pressure transducer into the disc between the 4® and 5"



lumbar vertebrae (Wilke et al., 2001, 1999). In contrast to direct in vivo measurement, musculoskeletal modeling
and simulation approaches can be used to estimate muscle and joint contact forces (e.g., Piazza, 2006; Zajac et al.,
2003), such as the compressive forces in the lumbar spine during activities of daily living (e.g., Actis et al., 2018b;
Yoder et al., 2015) and knee joint loads during dynamic tasks (e.g., Ramsay et al., 2016; Sasaki and Neptune, 2010;
Silverman and Neptune, 2014). Recently, detailed musculoskeletal models of the lumbar spine have been developed
(e.g., Bruno et al., 2015; Christophy et al., 2012) to include realistic musculature and incorporate lumbopelvic
rhythm, which affects estimates of lumbar joint contact force (Tafazzol et al., 2014). Full body models have
combined these detailed spine models with established lower body models to facilitate investigation of spinal loads
during activities of daily living (Actis et al., 2018b; Bassani et al., 2017; Raabe and Chaudhari, 2016). However,
these models have not been applied to analyze load carriage.

Muscle activation, which is related to muscle force, can be measured non-invasively and is useful for
validation of musculoskeletal models and simulations. Greater lower limb muscle activity has been well documented
in the vastii, rectus femoris, and gastrocnemius during loaded compared to unloaded walking (Ghori and Luckwill,
1985; Harman et al., 2000; Paul et al., 2016). While greater muscle activity in the lower limb may be expected
during load carriage compared to unloaded walking as the total mass that needs to be accelerated is greater, muscle
activity patterns in the low back and abdomen are not greater with all loads. For example, activation in the lumbar
paraspinals is smaller during loaded compared to unloaded standing (Devroey et al., 2007) and walking (Bobet and
Norman, 1984; Harman et al., 2000) when the weight of the backpack is small (less than 15% body weight or 20
kg), but the activation of these muscles increases during walking as loads increase from 20 to 47 kg (Harman et al.,
2000). In addition, abdominal muscles have greater activation during loaded standing (Devroey et al., 2007) and
walking (Muslim and Nussbaum, 2016b) compared to unloaded conditions. These varied results illustrate the
complex interaction between backpack loads and the muscle activity that directly affects joint contact forces.
Further, muscle responses to altered backpack configurations has not been investigated.

Therefore, the purpose of this study was to develop a full body musculoskeletal model including a
backpack with multiple attachment points to quantify lumbar and lower extremity muscle and joint contact forces.
We hypothesized that a hip-belt assisted load carriage design that reduces the amount of load borne at the shoulders
would require less muscle activity from the paraspinals and abdomen, resulting in a lower lumbar joint contact force
compared to a shoulder-borne design. Further, we hypothesized that the hip joint contact force would be lower with
a hip-belt assisted compared to shoulder-borne design due to reduced required hip moment from the hip extensor
muscles to counteract the external moment of the backpack on the person. In addition, we expect less muscle
activation from the gluteus maximus and hamstrings during hip-belt assisted load carriage compared to shoulder-
borne. However, because the total mass above the pelvis will remain the same in either backpack design, no
differences are expected in rectus femoris activation, which contributes to forward acceleration of the trunk and

pelvis (Neptune et al., 2008).



3.3 Methods
3.3.1  Musculoskeletal Model

A full body load carriage model with backpack attachment parameters was developed in OpenSim v3.3
(simtk.org) using a baseline model that was previously validated for L4-L5 contact load prediction during trunk-
pelvis range of motion tasks (Actis et al., 2018a). This model, also developed in OpenSim 3.3 (Anderson and Pandy,
2001b, 1999; Delp et al., 2007, 1990; Yamaguchi and Zajac, 1989), consists of 294 Hill-type musculotendon
actuators with force-length-velocity properties (Zajac, 1989) and 19 independent degrees of freedom to describe the
lower extremities, pelvis, and torso, with detail of the lumbar spine motion relative to torso-pelvis motion
(Christophy et al., 2012). Muscle strengths for the base model were tuned to represent a young, active population
using magnetic resonance imaging data from 24 subjects and cadaveric data from 21 subjects (Rajagopal et al.,
2016).

Two models were created to represent shoulder-borne only and hip-belt assisted load carriage. Joints
between the backpack and the musculoskeletal system were defined to represent attachment to the torso as well as
the pelvis (hip-belt assisted model only). Passive linear springs were implemented on the vertical translational
degrees of freedom of the backpack-torso and backpack-pelvis joints as well as the anterior/posterior translational
degree-of-freedom of the backpack-torso joint (Figure 3. 1). The backpack-torso joint was defined at the torso
center-of-mass, and backpack center-of-mass location was 0.135 meters posterior and 0.0475 meters inferior to the
backpack-torso joint such that the load is packed close to the back and similar in height to the torso center-of-mass
(Hinrichs et al., 1982; LaFiandra and Harman, 2004; Pelot et al., 2000). Addition of a backpack-pelvis joint creates a
closed loop between the backpack and the wearer; however, OpenSim requires that the hierarchy of bodies is
represented as a tree (i.e., each body has a single joint leading toward the pelvis). Thus, in order to implement a
closed loop system, the backpack body was split into two identical and coincident bodies, fixed together with a weld
constraint, each with half the mass and inertia as the original backpack body. The backpack-pelvis joint was defined
0.1 m superior and 0.15 m posterior to the pelvic origin, and the relative location of the pelvis backpack body was
offset from the joint location such that its center-of-mass location corresponded with that of the shoulder backpack
body in the default pose. Each translational attachment force (Fp,r) was given by Equation 3. 1:

Fpor = k * qpor + Mpack * Gpor + € * dpor B.1
where qp,r is the horizontal or vertical backpack-torso joint motion or vertical backpack-pelvis joint motion, My
is the mass of the backpack, k is the spring constant, and c is the damping coefficient. Further, k and ¢ were
uniformly defined for all attachment parameters as 5060 Nm ™! and 320 Nsm™?, respectively (Foissac et al., 2009).
3.3.2 Experimental Data Collection

Kinematic, ground reaction force and electromyographic data were previously collected from active duty
U.S. Marines (6 males, 27.17£3.97 years; 1.81+0.04 m; 87.17+8.05 kg) during walking at self-selected speeds with
and without load and wearing two different backpack designs (shoulder-borne — SHO, and hip-belt assisted — HBA).

All participants provided written informed consent for the protocol approved by the institutional review board.
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Figure 3. 1. Representation of the force element interactions for the backpack attachment models. For the shoulder-
borne only model (Top) a backpack-torso joint with force elements acting on the vertical and anterior/posterior
translational degrees of freedom were defined. For the hip-belt assisted model, an additional backpack-pelvis joint
with a force element acting on the vertical translational degree-of-freedom was defined. The total backpack mass
and center-of-mass location was identical between models; however, the hip-belt assisted model required two
identical and coincident backpack bodies affixed with a weld constraint.
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During the loaded conditions, participants wore standard body armor (~15 kg) as well as a weighted standard
backpack resulting in a total added load of 38.56+0.83 kg. Kinematic data were collected in multiple 30 second
recordings at 120 Hz from an optical motion capture system with 14 cameras (Motion Analysis Corp. Santa Rosa,
CA). A set of 53 retroreflective markers were used to track whole body motion with marker clusters placed on the
thighs and shanks (Collins et al., 2009). An additional three markers were placed on the top, and left and right sides
of the backpack during loaded conditions. Ankle, knee, and hip joint centers were computed from the marker
clusters using a functional joint definition (Schwartz and Rozumalski, 2005). Three-dimensional ground reaction
forces were recorded at 1200 Hz from each foot using an instrumented treadmill (Motek-Forcelink, Amsterdam,
Netherlands). Muscle activity was also collected at 1200 Hz using surface electromyography (EMG) sensors
(Delsys, Boston, MA) from the dominant-side erector spinae (ES), vastus medialis (VAS), and gastrocnemius
(GAS).
3.3.3  Walking Simulation Development

Walking simulations were generated in OpenSim 3.3 using kinematics and ground reaction forcess from the
experimental data collection. First, uniform scale factors of each body segment were computed based on marker
position during a static standing trial for each participant. To represent the effect of body armor worn on the torso,
approximately 15 kg was added to the mass of each participant’s scaled torso body in the SHO and HBA models.
Because the backpacks used and loads carried were consistent for all participants, the backpack body was not scaled.
Muscle strengths for each participant were scaled based on a mass-length scaling law that multiplied the generic
maximum isometric force of each muscle by the ratio of scaled body mass to generic mass, and generic to scaled
musculotendon length (Correa and Pandy, 2011). Joint definitions for the backpack attachment model were changed
to reflect the load condition. Only the backpack-torso joint was defined during SHO, while the backpack-torso and
backpack-pelvis joints were both defined during HBA. Unloaded walking did not have a backpack or its associated
attachments. Then, an inverse kinematics solution was determined from the experimentally measured marker
trajectories using an eight segment model with 19 degrees of freedom for each walking trial using a least squares
optimization algorithm (Lu and O’Connor, 1999) in Visual3D (C-motion, Inc., Germantown, MD). We performed a
residual reduction algorithm (RRA) (Delp et al., 2007) in OpenSim to adjust model mass, torso center-of-mass
location, and the inverse kinematics solution to improve dynamic consistency. Motion of the backpack was not
tracked during simulations from the inverse kinematics solution and was created as the result of the model
attachment definitions and the pelvis and/or torso motion. A static optimization algorithm was then used to solve the
muscle recruitment problem to resolve the required net joint moments into individual muscle forces at each instant

of the gait cycle. The sum of cubed muscle activations was minimized at each time step (Equation 3. 2).

n
Minimize: | = Z (a,)? (3.2)
m=1
subject to the following constraint (Equation 3. 3) at each joint:
n
Z [amf(Frg' lm' Um)]rmj = Tj (3 3)
m=1
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where: a,, is the activation level from O to 1 of muscle m, the maximum force of a muscle (f) is a function of a
muscle’s maximum isometric force (EQ), length (I,;), and contractile velocity (v,,), and 7, ;j is the moment arm of
muscle m about joint j, and 7; is the net torque about joint j. In static optimization, an inextensible tendon is assumed
and the passive properties of the parallel elastic element are not considered, and thus the active muscle fiber force is
computed. Using these estimated muscle forces, we performed a joint reaction analysis to calculate three-
dimensional joint contact forces between the 4™ and 5" lumbar vertebrae in the 5™ vertebrae reference frame (L4-
L5) and between the pelvis and femur in the femur reference frame (Hip) in each walking condition. Axial L4-L5
and hip forces were inverted such that compressive forces were defined positively, anterior/posterior (A/P) and
medial/lateral (M/L) forces were positive in the anterior and lateral (right for L4-L5) directions respectively.
3.34  Analysis

Kinematic and ground reaction force data were filtered using a 4"-order, bi-directional low-pass
Butterworth filter with a 6 Hz cutoff frequency and were inputs to the simulations. EMG data were band-pass
filtered between 60 and 400 Hz, demeaned, and full-wave rectified and were used to validate model activations. A
10 Hz low-pass filter was applied to the rectified EMG signal. EMG data were processed and analyzed for 10
dominant-side (right) leg steps (right heel strike to right toe off) in each load condition per participant. Data from
each step were normalized to the maximum value of the processed signal observed during unloaded (OL) walking.
Time-series signals were averaged for each muscle, for each load condition per participant.

Three walking simulations were developed for each condition per participant. Strides with clean,
consecutive force plate strikes were selected from the 30-second recordings. Each walking simulation began at left
mid-stance, contained one full stride, and ended at right mid-stance (approximately 1.5 strides total). Within each

simulation, the portion of data between the first right heel strike and right toe off (right stance) was isolated for

Table 3. 1. Model muscle groups and their abbreviations. Individual muscles from the model that comprise the
group as well as the total number of musculotendon actuators in each muscle group are given. Muscles
corresponding to EMG signals are denoted with the superscript “E”. Dominant (right) side muscles were
evaluated.

# of musculotendon

Muscle group Abbreviation Individual muscles
actuators
Paraspinals® ES Multifidus and erector spinae: iliocostalis pars 29
lumborum and longissimus pars lumborum

Obliques OBL External and internal obliques 12
Rectus abdominis RA Rectus abdominus 1
Psoas Major PM Psoas Major 11
Iliacus IL Iliacus 1
Gluteus Medius GMED Gluteus Medius, Gluteus Minimus 6
Gluteus Maximus GMAX Gluteus Maximus 3
Hamstrings HAM Semimembra;nosus., semitendinosus, biceps 3

emoris long head
Rectus Femoris RF Rectus femoris 1
VastiE VAS Vastus lateralis, Vastu's iptermedius, vastus 3

medialis

Gastrocnemius® GAS Gastrocnemius: medial and lateral heads 2
Soleus SOL Soleus 1
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analysis because the left and right leg stance phases were assumed to be symmetric and it was expected for hip loads
to be higher during stance compared to swing. Movement amplitude of the backpack relative to the torso in the
global reference frame was extracted from the simulations as well as the segmental locations defined in Visual3D by
marker positions. Individual muscles from the model were grouped based on anatomical location and function and
their summed activations were extracted for analysis (Table 3. 1). Model muscle activations were low-pass filtered
at 10 Hz and normalized to their peak activation during the unloaded condition for each person, and participant
averages of activation time-series were computed for each load condition. Average activations estimated from static
optimization were compared with EMG signals (Hicks et al., 2015). Three-dimensional L4-L5 and hip joint contact
forces were low-pass filtered at 10 Hz and normalized by each participant’s body weight (BW). Average joint
contact forces during stance were compared in each coordinate direction, as well as peak forces in the axial and A/P
directions. To interpret the joint contact force results, peak value and area under the curve (AUC) of processed EMG
signals and muscle activations from the walking simulations were computed over stance and compared across
walking conditions. Differences in outcome metrics between backpack load conditions were evaluated using
repeated measures ANOVAs (a = 0.05). We performed pairwise comparisons with Bonferroni corrections for
multiple comparisons to evaluate differences between individual load conditions when significant main effects were

found.

34 Results
Average self-selected walking speeds during experimental data collection were 1.575+0.212, 1.384+0.041,
and 1.298+0.122 m/s for OL, SHO, and HBA respectively.

34.1 Simulation Quality

Residual forces and moments from RRA (Table 3. 2) were generally low and similar across conditions with
the largest root-mean-squared (RMS) force (FX: 1.096£0.872 %BW, or 9.157+6.710 N) and moment (MZ:
3.977+1.832 %BW-m, or 33.509+13.605 N-m) occurring during SHO. Kinematic tracking errors from RRA (Table
3. 3) were also low, and the largest RMS error in each condition was in pelvis tilt (0.632+0.687 deg, and
0.811£1.091 deg) during OL and SHO respectively, and in trunk lateral bending (1.669+0.307 deg) during HBA.
Average torso center-of-mass adjustments from RRA were less than 0.02 m in both the A/P and M/L directions for
all load conditions. Simulated muscle activations compared well with experimental EMG measurements from GAS,
VAS and ES in all conditions (Figure 3. 2). In general, ES simulated activations were greater than ES EMG

especially during the loaded conditions.

Table 3. 2. Mean (standard deviation) RMS residual forces and moments from RRA applied to the pelvis during right
side stance. Forces and moments were normalized to a percent of each participant’s body weight (%BW) and then
averaged for each walking condition.

RMS Residual Forces (%BW) RMS Residual Moments (%BW-m)
FX FY Fz MX MY Mz
OL 0.530 (0.394) 0.833 (0.270) 0.537 (0.362) 3.175 (1.056) 2.695 (0.903) 2.739 (0.820)
SHO 1.096 (0.872) 0.590 (0.280) 0.239 (0.224) 2.235 (0.800) 3.490 (0.860) 3.977 (1.832)
HBA| 0.805 (0.322) 0.770 (0.410) 0.517 (0.272) 2.726 (0.785) 2.968 (0.921) 2.428 (1.083)
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Table 3. 3. Mean (standard deviation) of RMS and maximum kinematic tracking errors for each tracked model

coordinate during RRA, averaged across participants for each load condition. All coordinates are in degrees
except for pelvis mediolateral, anterior, and vertical translation, which are in meters.

RMS tracking Error

OL SHO HBA
Translational Error (m)
Pelvis mediolateral 0.013  (0.006) 0.011 (0.008) 0.018 (0.006)
Pelvis anterior 0.015 (0.008) 0.029 (0.018) 0.020 (0.008)
Pelvis vertical 0.025 (0.008) 0.023 (0.009) 0.025 (0.009)
Rotational Error (deg)
Pelvis tilt 0.632  (0.687) 0.811 (1.091) 0.156 (0.364)
Pelvis list 0.498 (0.550) 0.291 (0.435) 0.014 (0.028)
Pelvis rotation 0.062 (0.144) 0.028 (0.032) 0.024 (0.023)
Right hip flexion 0.309 (0.302) 0.660 (0.737) 0.340 (0.543)
Right hip adduction 0.009 (0.007) 0.028 (0.053) 0.012  (0.008)
Right hip rotation 0.025 (0.023) 0.020 (0.015) 0.010 (0.009)
Right knee angle 0.022 (0.035) 0.033 (0.031) 0.020 (0.020)
Right ankle angle 0.078 (0.047) 0.123 (0.101) 0.062 (0.107)
Left hip flexion 0.242 (0.410) 0.367 (0.520) 0.102 (0.179)
Left hip adduction 0.018 (0.013) 0.058 (0.169) 0.009 (0.004)
Left hip rotation 0.027 (0.025) 0.018 (0.017) 0.010 (0.008)
Left knee angle 0.039 (0.045) 0.046 (0.056) 0.045 (0.136)
Left ankle angle 0.067 (0.064) 0.107 (0.094) 0.027 (0.023)
Trunk extension 0.241 (0.765) 0.274 (0.488) 0.453 (0.233)
Trunk bending 0.060 (0.121) 0.079 (0.177) 1.669 (0.307)
Trunk rotation 0.030 (0.066) 0.055 (0.016) 0.085 (0.043)
Normalized Muscle Activity
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Figure 3. 2. Average processed electromyographic data (grey shaded region) and corresponding muscle activations
from the walking simulations (blue dashed line with error bars) plotted over stance. Time-series data were

normalized to the highest value observed during OL for each muscle and subject.
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Compared to experimentally determined backpack motion, average relative backpack motion in the vertical
direction from walking simulations was 3.69x greater during SHO and 1.76x greater during HBA (Table 3. 4).
Simulated backpack motion relative to the torso in the A/P direction was 0.383x the experimental amplitude during
SHO. During HBA, A/P backpack motion from simulations was 0.941x the experimental amplitude. All average
relative translations of the backpack from both the simulations and the experimentally tracked kinematic data were
less than 5 cm. Backpack attachment parameter peak and average forces during walking were extracted from
simulations for the SHO and HBA conditions (Table 3. 5). During HBA the vertical forces were distributed nearly
evenly between the torso and pelvis attachments for both peak and average forces and they were approximately half
the value of the respective vertical force at the torso attachment during SHO. Although the backpack attachment
forces were not measured experimentally, these results are between measurements from an instrumented backpack
with a rigid frame carrying 13.6 and 27.2 kg (LaFiandra and Harman, 2004). Average anterior/posterior force from
the torso attachment was in opposite directions for the two pack conditions. During SHO, average A/P force was
pushing the backpack load away from the torso; whereas, during HBA, this force was pulling the backpack load
toward the torso. LaFiandra and Harman, 2004, using a hip-belt assisted backpack, found the average A/P force
from the backpack COM to be approximately O N, but A/P forces between the upper(shoulder) and lower(pelvis)

attachment points were nearly identical in magnitude and opposite in direction.

Table 3. 4. Relative amplitude of the motion between the backpack and the torso. The difference between the center-
of-mass locations of the backpack and the torso in the global frame was extracted from simulations and 3D marker
positions. Amplitudes were calculated as the range of this difference in the vertical and A/P directions. Results from
all participants are averaged for both SHO and HBA.

Amplitude of Backpack Movement (m)

Simulations Experimental
Vertical Anterior/Posterior Vertical Anterior/Posterior
SHO 0.0439 0.0106 0.0119 0.0277
HBA 0.0294 0.0174 0.0167 0.0185

Table 3. 5. Mean (standard deviation) of average and peak forces in the vertical and anterior/posterior directions
reported from the backpack attachment parameters (spring and damper pairs) in N. Only torso attachment
parameters are defined for the SHO model, while torso and pelvis attachment parameters are defined for the HBA
model. Results from all participants are averaged for each load condition.

Average Interaction Forces (N) Peak Interaction Forces (N)
Torso_Vert Torso_A/P Pelvis_Vert Torso_Vert Torso_A/P Pelvis_Vert
SHO 177.04 (8.81)  -35.77 (10.01) N/A 283.46 (23.13) -278.39 (90.52) N/A

HBA 99.01 (11.16)  44.74(39.25)  92.82(10.92) 143.66 (12.63) 113.33 (40.54) 147.53 (11.41)

3.4.1 Joint Contact Forces
A significant main effect of backpack condition and post hoc pairwise comparisons were found for both

average and peak joint contact forces (Table 3. 6). Carrying loads increased average axial L4-L5 force by 52.8%
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(p=0.003) and 41.5% (p=0.022) during SHO and HBA compared to OL respectively. Peak axial L.4-L5 force was
51.2% greater (p=0.015) during SHO compared to OL (Figure 3. 3). Peak and average hip axial force was
approximately 30% greater during SHO (peak: p=0.020, average: p=0.011) and HBA (peak: p=0.008, average:
p=0.031) compared to OL (Figure 3. 3). Average hip A/P force was 34.1% (p=0.016) greater during SHO and 45.1%
greater (p=0.022) during HBA compared to OL. Peak hip A/P force was directed posteriorly and was approximately
30% greater during SHO (p=0.054) and HBA (p=0.050) (Figure 3. 3); however, SHO was not significantly different

from OL. No differences in joint contact forces were found between SHO and HBA.
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Figure 3. 3. Three-dimensional L4-L5 and Hip joint contact forces plotted over stance. OL: grey shaded region
representing the mean + one standard deviation, SHO: orange dot-dashed line mean with vertical lines indicating +
one standard deviation, HBA: blue dashed line mean with vertical lines indicating & one standard deviation. Forces
were normalized to each participant’s bodyweight and then averaged across participants. For L4-L5, the axial force
is the compressive force between the two vertebrae, with the anterior and lateral (right side) directions defined
positively. Hip joint contact forces between the pelvis and the femur are expressed in the femoral coordinate frame,
with positive axial force being the compressive force along the direction of the femur, and anterior and lateral
directions defined positively.

3.4.2  Muscle activity

From static optimization, only GAS model activation yielded a significant main effect for AUC (p=0.021),
and post-hoc tests revealed that SHO was greater than OL (p=0.005). This difference was attributed to the burst of
GAS activity in the latter half of stance (Figure 3. 4). Main effects were found for peak model activations from static
optimization in RF (p=0.048), BFSH (p=0.019), and GAS (p=0.028). Pairwise comparisons did not reveal any

differences between individual conditions for peak RF activation, which was due to the conservative correction for
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Table 3. 6. Main effects and pairwise comparison results for joint contact force metrics. p-values reported for
main effects of backpack and pairwise comparisons between conditions are reported for average forces in L4-L5
and hip during stance (Top) and peak L4-L5 and hip forces during stance. Significant results are in bold.

Main Effects Pairwise Comparisons
F P value 0L/SHO OL/HBA SHO/HBA
Average Joint Contact Force Results

L4-L5 Axial 23.738 0.000 0.003 0.022 0.490
L4-L5 A/P 1.179 0.347

L4-L5 M/L 2.170 0.165

Hip Axial 9.958 0.004 0.011 0.031 1.000
Hip A/P 12.611 0.002 0.016 0.022 0.995
Hip M/L 1.662 0.238

Peak Joint Contact Force Results

L4-L5 Axial 11.031 0.003 0.015 0.065 0.533
L4-L5 A/P 3.760 0.061

Hip Axial 11.280 0.003 0.020 0.008 1.000
Hip A/P 9.829 0.004 0.054 0.050 1.000
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Figure 3. 4. Mean muscle activations (+ 1 standard deviation) from static optimization over the stance phase for
each walking condition averaged across participants. OL — grey shaded region, SHO — orange dotted lines, HBA —

blue dashed lines. Activations for each muscle were normalized to the highest value observed in OL and averaged
across participants.
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multiple comparisons and large standard deviations as peak RF activation was 62% and 45% greater during SHO
and HBA compared to OL respectively. Peak BFSH and GAS activations were 127% (p=0.020) and 52% (p=0.029)
greater during SHO than OL respectively. In general, standard deviations of model activations from static
optimization were greater during SHO and HBA than during OL, and this increased variation was apparent in ES,
RA, OBL, PM, and VAS (Figure 3. 4). Experimentally, for each EMG signal, there was one participant/condition in
which the data were corrupt or non-salvageable due to artifact or noise. Therefore, the EMG signal from five
participants was included for the statistical analysis of each experimentally measured muscle. One participant was
removed for ES and another participant was removed from the analysis for GAS and VAS. A main effect for EMG
metrics was found in peak ESEMS activity (p=0.037), which was likely driven by lower values during SHO
(0.619+0.159) and HBA (0.501+0.147) compared to OL (0.788+0.044). However, pairwise comparisons for peak
ESEMS did not result in any significant differences between conditions, although HBA compared to OL approached
significance (p=0.078).
3.5 Discussion

The overall goal of this study was to quantify L4-L5 and hip joint contact forces during walking while
unloaded and with different load carrying configurations. We achieved this by applying simulation techniques to a
novel load carriage model. Residual forces and tracking errors from our simulations were low, and muscle activation
patterns matched well with comparable EMG signals. Simulated ES had greater activation compared to EMG
throughout stance during SHO and HBA, which may be due to passive muscle force properties that are not
implemented during static optimization. Simulations resulted in a greater amplitude of vertical backpack motion and
less A/P motion than was observed from the motion capture data during SHO, although translations were small (less
than 5 cm on average). Backpack motion from simulations during HBA was generally similar to the motion capture
data as the vertical range of backpack motion was greater, but A/P motion was nearly the same. These results
indicate that the HBA model attachment parameters represented the corresponding physical backpack better than the
SHO model did. Attachment parameters in the model could be tuned to replicate the motion amplitude from
experimental data. However, it is difficult precisely measure the center of mass motion within a somewhat
deformable backpack. In addition, the extent to which joint contact force estimates are influenced by the modeled
attachment stiffness should be assessed through a parameter sensitivity analysis (see Chapter 4). Vertical backpack
attachment forces were appropriate based on previous literature (LaFiandra and Harman, 2004) and distributed
approximately equally between the pelvis and torso during the HBA condition. In addition, while vertical attachment
forces at the pelvis and torso both acted to lift the backpack center of mass, average horizontal backpack forces were
in opposite directions for the SHO and HBA conditions. During SHO, the horizontal attachment force was on
average pushing the backpack away from the torso, which may be reflective of body contact that was not modeled.
In the HBA condition, the average force was pulling the backpack toward the torso as may be expected when
considering the nature of a physical backpack strap. This difference in behavior between SHO and HBA conditions
may indicate an interaction between the shoulder and pelvis attachment points due to the model definition that

results in keeping the backpack center-of-mass more posterior.
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Our hypothesis that hip-belt assisted backpack condition would reduce lumbar joint contact forces
compared to the shoulder-borne condition was not supported as both peak and average L4-L5 axial force was similar
between HBA and SHO (peak: p=0.533, average: p=0.490) even though peak L4-L5 compressive force was 0.3 BW
higher in SHO compared to HBA (Figure 3. 3). In addition, peak L.4-L5 axial contact force during SHO was
significantly greater than during OL, while this force during HBA was not greater than OL. However, peak L4-L5
axial force during HBA compared to OL approached significance (p= 0.065), and this result should be further
investigated in future studies with additional participants. The relative increases in average L4L5 axial force
observed in this study (SHO: 52.8% and HBA: 41.5%) are similar to a 52.5% increase in intradiscal pressure
measured during walking while carrying crates in both hands (Wilke et al., 2001, 1999). Recent work has observed
that lower limb mechanical power and the relative contributions to this quantity from individual joints can be
influenced by the design of load attachments (Lenton et al., 2018b), which suggests there may be differences in
muscle force requirements as the joint power distribution is changed. However, we did not observe differences
between SHO and HBA in activations of muscles spanning the hip joint such as GMAX, HAM, and RF. In addition,
we found that hip joint contact forces increased by approximately 30% in both SHO and HBA compared to OL, but
were not different between the two backpack types. Therefore, our second hypothesis that hip-belt assisted designs
would decrease hip joint contact forces and muscle activation in GMAX and HAM, while not affecting RF muscle
activity was only partially supported because RF activity was similar between SHO and HBA.

While significant changes in muscle activations from the simulations were not observed except in GAS, the
increases in joint contact forces are reflected by the collective increases in activation of muscle groups spanning
each joint (Figure 3. 4). ES, OBL, and IL had greater AUC during both SHO and HBA compared to OL to increase
L4-L5 contact force. Likewise, greater activation in GMED and RF contributed to the larger hip joint contact forces
during SHO and HBA compared to OL. While not significant, GMAX and PM generated greater activation during
SHO; whereas, these muscles had no change in activation between the HBA and OL conditions. In addition, RA had
less activation during SHO and greater activation during HBA relative to OL. While a significant effect was detected
in peak ESEMC, pairwise comparisons did not confirm which individual conditions were different from each other.
However, this conflicting result is likely due to a conservative correction for multiple comparisons as peak ESEMC
trended lower in both SHO and HBA compared to OL. While ES, VAS, and GAS are important for load carriage,
additional muscles should be measured to gain insight into the physiological demands of different types of
backpacks in future work. Paraspinal and abdominal muscle activity as well as trunk posture varies with load
placement in order to balance the different external moments from the added load (Bobet and Norman, 1984;
Devroey et al., 2007; Goh et al., 1998). While individual muscle activations may be increased or decreased under
specific loading configurations, the present findings suggest that the overall effect on joint contact forces remains
unchanged. Therefore, the results of this study indicate that internal forces of the lower limb and lumbar spine are
more greatly affected by the amount of load carried compared to backpack design.

The lack of a significant difference between SHO and HBA is likely due to the large standard deviation
across participants. The participants had varying responses to the different designs, with three out of six participants

having a peak L4-L5 load during SHO more than 0.3 BW greater than HBA, one participant having the opposite

20



relationship, and two participants whose peak L4L5 loads were very close in magnitude during both SHO and HBA.
This variation is likely due to multiple factors including differences including variations in the self-selected walking
speeds and the order of walking conditions (OL was always performed first, and the order of SHO and HBA was
randomized). Walking speed significantly affects joint contact forces (Lenton et al., 2018a) and was not controlled
in this study, which resulted in participants walking substantially slower overall in both SHO and HBA compared to
OL. This reduction in speed may be a strategy to mitigate peak joint loads and reduce metabolic cost. As a group,
participants walked faster during SHO (1.38 m/s) than during HBA (1.30 m/s), but this relationship was not
consistent across people and may be due to the order of walking conditions. Two participants had walking speeds
during SHO that were within 0.02 m/s of their HBA average speed, and one participant walked almost 0.1 m/s faster
during HBA than SHO. In addition, participants walked a total of 10 miles over the duration of the testing session,
and fatigue may have affected the later conditions. It is possible that participants walked slower during HBA due to
some restriction of motion imposed by the hip belt, and future studies should evaluate both stance and swing phase
to investigate this effect. Future studies should further explore the effects of walking speed and incorporate a larger
sample size given the large variation observed across participants. However, joint contact forces are expected to
increase with walking speed. In the present study, participants walked 0.08 m/s slower and axial L4-L5 force was
0.3 BW lower during HBA compared to SHO. Therefore, while controlling walking speed for all conditions may
reduce the deviations and increase the difference between loaded and unloaded conditions, we expect that the
already small differences between HBA and SHO for L4-L5 contact forces will be further reduced. In addition,
controlling walking speed may help elucidate whether these small differences between loading conditions are
meaningful.
3.6 Conclusions

We successfully implemented a musculoskeletal model of backpack load carriage that distributed the total
amount of load between the torso and pelvis based on attachment parameter definition in order to estimate joint
contact forces. Key findings from this work suggests that backpack design may not be as influential to
musculoskeletal injury risk during walking as the magnitude of load carried. However, small, but potentially
meaningful, differences between backpack designs may have been undetected due to large standard deviations.
Additional studies investigating joint contact forces and muscle activity during load carriage are warranted to
address some of the limitations of the present work and facilitate model improvements. For example, a fixed
walking speed or speeds should be controlled across load configurations for all participants as it can influence
muscle activity and joint contact forces. In addition, electromyography from additional abdominal and hip muscles
is important for further validation of the model implementation to ensure that the model responds appropriately to
the external moment from the backpack. In the present work, only stance phase was analyzed as lower limb joint
loads are greatest during this region. However, hip joint power may be affected by a hip-belt implementation during

swing phase (Lenton et al., 2018b) and future analyses should focus on the complete gait cycle.
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CHAPTER 4
EVALUATION OF BACKPACK ATTACHMENT PARAMETER UNCERTAINTY ON ESTMATES OF HIP
AND LUMBAR SPINE JOINT CONTACT FORCE

4.1 Introduction

Backpack dynamics likely influence spinal loads, as they produce reaction forces at their points of
attachment to the body (LaFiandra and Harman, 2004). Relative motion between the backpack and torso are
influenced by the stiffness and damping properties of attachments (Ackerman et al., 2017; Foissac et al., 2009), and
these properties will determine the reaction forces between backpack and body (Ren et al., 2005). The effective
stiffness and damping of backpack attachments (i.e. shoulder straps and hip belts) is greatly influenced by factors
other than the material properties of the backpack (Foissac et al., 2009). Therefore, parameter estimation for
backpack attachment stiffness in a musculoskeletal model is difficult as parameters may be non-linear, there are
multiple points of attachment to the body, and soft tissue interactions or individual participant differences will
change effective stiffness of the link. In addition, it is unknown to what extent this uncertainty affects estimates of
internal quantities such as joint contact and muscle forces.

Therefore, we performed a probabilistic sensitivity analysis to quantify the effect of backpack attachment
parameter uncertainty on L.4-L5 and hip contact force, and paraspinal and abdominal muscle activation. This
analysis provided a measure of model robustness, indicating the level of confidence in the outcome metrics when the

exact attachment parameters are uncertain.

4.2 Methods

Kinematic and kinetic data of a single walking trial each from two participants (P1: 31 years, 1.78 m, 86.64
kg; P2: 27 years, 1.83 m. 85.73 kg) while walking with a hip-belt assisted backpack load were used to drive
musculoskeletal simulations using the methods previously described in Chapter 3. Stiffness and damping coefficient
values for the hip-belt assisted backpack attachment definition were modeled as probability distributions and were
varied within 1000 Monte-Carlo trials. Randomly selected parameter values were used to define linear spring and
damper pairs attaching a backpack body to the torso and pelvis of a scaled and mass adjusted load carriage model
(Chapter 3). A residual reduction algorithm was performed with the modified attachment parameters to create
backpack motion; however, no additional mass or center-of-mass adjustments were performed.

Probability distributions were created for the stiffness and damping coefficients based on experimentally
determined properties for a rigid backpack across a range of walking speeds (Foissac et al., 2009). Vertical (Vert)
attachments to the torso and pelvis and an anterior/posterior (A/P) attachment to the torso were given identical
distributions of stiffness (K) (Normal ~ 5060, + 978 N m™!) and damping (C) (Log-normal ~ 320 + 125 N s m'}).
Outcome metrics calculated during each Monte-Carlo trial were peak hip and L4-L5 joint contact forces in the axial
and A/P directions over the stance phase of walking. The absolute value was taken for each force so that a larger

force corresponded to a greater positive value in each metric. A cumulative density function (CDF) was produced
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Figure 4. 1. Probabilistic analysis workflow. Backpack attachment parameter values are modeled as probability
distributions. In a 1000 trial Monte-Carlo analysis, the backpack model is defined for each trial (i) using randomly
selected values from the input distributions, then a musculoskeletal simulation is performed (ii) using this perturbed
model and outcome metrics are extracted (iii) from each iteration to create a probability distribution of each
outcome metric. This outcome distribution is then used to compute sensitivity factors attributed to each independent
model parameter.

for each outcome metric which describes the value of the outcome metric at a given probability level (0 — 1).
Coefficient of variation (COV) is the ratio of standard deviation relative to the mean as a percentage, and was
computed for each outcome metric. Sensitivity factors were calculated to quantify the influence of the values of each
independent backpack attachment parameter on each outcome metric (Equation 4. 1).
= f—;"’; 4.1)

where S, is the sensitivity factor for the mean of the outcome metric, p is the probability of the outcome metric and
u; and o; are the mean and standard deviation of attachment parameter i. Positive sensitivity factors indicate a
negative correlation between the outcome metric and the input parameter, which corresponds to an upward shift in
the CDF of the outcome metric. Likewise, negative sensitivity factors indicate a positive correlation between the
outcome metric and the input parameters. Sensitivity factors for the 0.1, 0.5, and 0.9 probability levels were output
for each outcome metric and were averaged across the two participants.
4.3 Results

Results from both participants were similar, and the average values across both participants are reported for

each metric. L4-L5 forces were more greatly influenced by changes in parameter values compared to hip forces.
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COV for L4-L5 A/P force was 2.853%, and COV for L.4-L5 axial force was 1.038%. Neither axial nor A/P forces in
the hip were affected substantially with COV of 0.033% and 0.097% respectively. CFDs were centered at the mean
for each outcome metric (L4-L5 Axial: 1615.05 N, L4-L5 A/P: 151.75 N, Hip Axial: 6719.03 N, Hip A/P: 1507.13
N) in order to compare visually (Figure 4. 2). The CDF for L4-L5 axial force was spread approximately 60 N
(3.72% of the mean value) from the 0.05 to 0.95 probability levels, which was the widest distribution of outcome
force (Figure 4. 2). The CDF width for L4-L5 A/P was the second widest at approximately 15 N (9.88% of mean
value) even though it was by far the smallest outcome metric in magnitude. CDFs for the axial and A/P hip forces
were less than 8 N (< 0.4% of mean values) wide. Sensitivity factors showed that both axial and A/P L4-L5 forces
were influenced most by the vertical stiffness (Kver) parameters of the backpack-torso and backpack-pelvis
attachments (Table 4. 1). Torso Kver and pelvis Kvere had opposite effects on outcome metrics with S, =

HTorso KVert
—1.171(1.032) and S, = 0.802(—1.087) for L4-L5 axial(A/P) averaged over the entire distribution

Pelvis KVert

(Table 4. 1). Hip A/P force was also most influenced by torso Kver (S,
(S

Hpelvis KVert

= —0.842) and pelvis Kver

Torso KVert

= 0.956). However, hip axial force was most influenced by changes in vertical damping (Cver) of the

backpack-pelvis attachment with S = 0.799.
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Figure 4. 2. Cumulative distribution functions (CDF’s) of each joint contact force outcome. The baseline value
(p=0.5 level) was subtracted from each CDF to center them at O and to represent the deviation from baseline rather
than overall value of each metric.
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Table 4. 1. Sensitivity factors for the mean value of each probabilistic model parameter at outcome probability
levels 0.1, 0.5, and 0.9 as well as the average sensitivity factor from the entire distribution. Parameters with the
greatest influence on

gzgi(;me PrObaIlfél\tg Torso Kap  Torso Cap  Torso Kyerr  Torso Cverr  Pelvis Kyerx  Pelvis Cyert
0.1 0.028 0.141 -1.444 -0.282 0.693 0.207

L4-L5 Axial 0.5 0.020 0.009 -0.629 -0.062 0.409 0.142
0.9 0.123 0.182 -1.209 -0.127 1.110 0.141

average 0.086 0.129 -1.171 -0.150 0.802 0.188

0.1 -0.002 -0.294 1.009 -0.136 -1.444 0.143

L4-L5 A/P 0.5 0.080 -0.053 0.575 -0.058 -0.529 0.116
0.9 0.187 -0.259 1.334 -0.039 -0.993 0.336

average 0.073 -0.198 1.032 -0.080 -1.087 0.220

0.1 -0.216 -0.357 -0.403 0.387 -0.069 0.808

Hip Axial 0.5 -0.017 -0.118 -0.106 0.129 -0.007 0.455
0.9 -0.078 -0.217 -0.340 0.303 0.253 0.925

average -0.140 -0.257 -0.311 0.296 0.048 0.799

0.1 0.168 0.294 -1.113 -0.928 0.848 0.009

Hip A/P 0.5 0.197 0.149 -0.365 -0.405 0.490 0.012
0.9 0.334 0.249 -0.851 -0.639 1.235 0.068

average 0.228 0.262 -0.832 -0.698 0.956 0.112

44 Discussion

The purpose of this study was to determine the effect of model parameter uncertainty L4-L5 and hip joint
contact forces through a probabilistic analysis. L4-L5 axial force was the most sensitive to parameter uncertainty
with a CDF width of 60 N; however, COV for L4-L5 axial force was only 1.038% indicating a small difference
relative to the mean. L4-L5 A/P force had the largest COV of 2.853%, while neither axial or A/P hip forces had a
COV greater than 0.01%. These relatively small variations indicate that L4-L5 and hip joint contact forces are not

greatly affected by changes in attachment parameter values. L4-L5 axial force S, . cvert
S

Hpelvis Kvert

was negative and

was positive at all probability levels, which indicates that increased stiffness of the torso and pelvis
attachment parameters increases and decreases L4-L5 axial (compressive) force, respectively. Increased stiffness of
the torso vertical attachment parameter increased L4-L5 A/P force, while increased stiffness of the pelvis vertical
attachment parameter decreased L4-L5 A/P force. This likely indicates that at the high end of the L4-L5 force
distributions, the torso attachment parameter was at the upper range of stiffness and the pelvis attachment parameter
was at the lower range of stiffness. In general sensitivity factors were had a v-shaped (or inverted v-shaped) pattern
across the outcome distribution as they were larger near the tails (p = 0.1 and 0.9) of the distribution compared to the

middle (p = 0.5). This effect was not as pronounced in S, for L4-L5 axial force which was larger at the top

Pelvis KVert
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of the distribution (p = 0.9) than at the middle or the bottom. These patterns, combined with the opposing effects of
torso Kverr and pelvis Kver, suggest that changes parameter values have greater effect onL.4-L5 axial and A/P force
when the parameter values were defined at opposite ends of the input distributions.

A limitation of this analysis is that the backpack attachment parameter distributions defined in this study
were estimated from a backpack with a mass rigidly fixed to a metal frame which was then attached to the body with
shoulder and hip straps (Foissac et al., 2009). These parameters may be different from the backpacks used during the
experimental data collection for the present analysis (see Chapter 3), and the outcome sensitivity to other parameter
distributions should be investigated. However, the modeled uncertainties resulted in narrow probability distributions
of all outcome forces. Therefore, while it is important to understand the approximate stiffness and damping of the
backpacks to be modeled, precise definition of backpack attachment parameters may not be necessary for estimation
of L4-L5 and hip joint contact force. This result is important for future load carriage modeling work as precise
quantification of attachment stiffness and damping coefficients that incorporates the variable interaction between
backpack straps and the person is difficult, and is likely not necessary to perform with high certainty.

44 Conclusion

Variation in L4-L5 joint contact forces was present due to the uncertainty modeled in the backpack
attachment parameters. Outcome sensitivity was primarily driven by the uncertainty in the vertical stiffness
parameters between the backpack and torso and the backpack and pelvis. The opposing interactions of torso and
pelvis attachment definitions may be informative to equipment design, as the influence of parameter values on L4-
L5 forces tended to increase at the tails of the outcome probability. However, the variation in L4-L5 force was low
compared to the average force. Further analyses are warranted to investigate whether outcome metrics sensitivities

are similarly affected by different attachment parameter distributions.
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CHAPTER 5
SUMMARY AND CONCLUSIONS

The purpose of this work was to investigate the effects of backpack load distribution on the internal forces
of the lumbar spine and the hip joints. In pursuit of this goal, a musculoskeletal model that incorporated a backpack
with attachments to the torso and pelvis parameterized by spring and damper forces. Load carriage simulations were
developed with this model using level walking data of US Marines using a shoulder-borne and a hip-belt assisted
backpack. While joint contact forces in the lumbar spine and the hip were greater while carrying heavy loads
compared to unloaded walking, there were no significant differences between the modeled backpack designs for any
outcome metrics. Muscle activations were similar across all conditions, loaded and unloaded; however, there were
large standard deviations in activation patters, which were likely due to variations in self-selected walking speed
between participants and walking conditions. In addition, backpack attachment parameter definitions better
represented the physical backpack in the hip-belt assisted design compared to the shoulder-borne design. To
quantify the effect of this parameter uncertainty on estimates of joint contact forces at L4-L5 and at the hip, a
sensitivity analysis was performed on the hip-belt assisted model using a 1000 trial Monte-Carlo approach. Lumbar
joint contact forces were only slightly influenced and hip joint contact forces were relatively unaffected by the
assumed uncertainty in the attachment parameter values. These overall findings suggest that backpack attachment
parameters may not substantially influence joint contact forces in the lumbar spine and hips while walking on level
ground. Rather, these forces are likely driven by the magnitude and position of carried load and walking speed.
However, effective stiffness and damping of backpack attachments can be influenced by the how the wearer fastens
the straps. Refinement of attachment parameters for each individual participant’s model may slightly improve the
accuracy of joint contact force estimates.

Walking on sloped surfaces causes postural and kinematic changes and increases mechanical demands on
the body similar to load carriage, and are frequently encountered by service members carrying backpack loads.
While the present work focused on load carriage on level ground, the interaction between load carriage and sloped
walking surfaces should be investigated in future work. The combined postural responses to carrying backpack loads
on inclined and declined surfaces may elicit differences between hip-belt assisted and shoulder-borne backpack
designs. In addition, future work should control walking speed during experimental data collection in order to
reduce variability in joint contact forces and muscle activations. Abdominal muscle activity was not measured
experimentally, but it is important in understanding how the body acts to stabilize and accelerate the torso. Further
validation of the musculoskeletal model used in this study should be performed incorporating electromyography
from abdominal as well as hip extensor and flexor muscles in addition to the paraspinals and knee extensors

evaluated in this work.
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