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ABSTRACT

Bone adapts its mass and architecture in response to its mechanical environment. Yet control of

this process by mechanical cues is poorly understood, particularly for unloading. Defining the

fundamental mechanoregulation of bone adaptation is critical for the better understanding and

mitigation of bone loss in astronauts as well as clinical conditions such as spinal cord injury, stroke,
muscular dystrophy, and bed rest. The overall goal of this work was to study skeletal adaptation to

varying amounts of reduced loading to help delineate the relationship between mechanical stimuli and

skeletal adaptation.

We first examined the relative contribution of muscle and gravitational forces to the

maintenance of skeletal health in mice, using botulinum toxin (BTX) to induce muscle paralysis and

hindlimb unloading to eliminate external loading on the hindlimbs, alone and in combination. BTX led to

greater bone loss than hindlimb unloading, while the combination of interventions led to the most

detrimental effects overall, suggesting that both muscle and gravitational forces play a role in skeletal

maintenance, with greater contributions from muscle forces.

We then characterized skeletal adaptation to controlled reductions in mechanical loading of

varying degrees employing a novel model that enables long-term exposure of mice to partial

weightbearing (PWB). We found that declines in bone mass and architecture were linearly related to the

degree of unloading. Even mice bearing 70% of their body weight exhibited significant bone loss,
suggesting that the gravity of the moon (0.16 G) and Mars (0.38 G) will not be sufficient to prevent bone

loss on future exploration missions.

Finally, since bone remodeling is highly site-specific, we used gait analysis and inverse dynamics to

determine the mechanical environment during PWB, and then developed a finite element model of the

tibia to resolve the local strain-related stimulus proposed to drive changes in bone mass. We found

modest correlations between cortical bone architecture at different PWB levels and strain energy

density. Altogether this work provides a critical foundation and rationale for future studies that

incorporate detailed quantification of the mechanical stimuli and longitudinal changes in bone

architecture to further advance our understanding of the skeletal response to reduced loading.

Thesis Supervisor: Mary L Bouxsein, PhD

Associate Professor of Orthopedic Surgery, Harvard Medical School
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1 INTRODUCTION

Bone is sensitive to its mechanical environment, adapting its architecture and material properties to

efficiently resist loads and maintain structural integrity with minimal mass. Perhaps one of the most

striking examples of this adaptive process is the rapid and extensive bone loss in astronauts living in

microgravity. To develop interventions to prevent bone loss and the associated increased fracture risk in

such settings of disuse, it is crucial to identify the mechanical cues that trigger this adaptation response

and the molecular machinery that enacts it. Animal models of disuse, in which the mechanical

environment is experimentally manipulated and the corresponding bone response is measured, have

been an essential tool but they typically characterize a single unloading state. As a result, the control of

bone remodeling as a function of reduced mechanical loading is poorly understood. Defining the

fundamental mechanoregulation of bone adaptation is critical to being able to understand and mitigate

bone loss in astronauts and many clinical conditions associated with disuse, such as spinal cord injury,

stroke, muscular dystrophy, cerebral palsy, Parkinson's disease, and bed rest.

The overall goal of this thesis is to explore skeletal adaptation to varying amounts of reduced loading, in

humans and in murine models, in order to help delineate the relationship between mechanical stimuli

and skeletal responses throughout the range of activity from complete disuse to normal activity.

1.1 SIGNIFICANCE

A fundamental axiom of bone mechanobiology is the existence of a constitutive relation between bone

loss and low mechanical stimulus (and conversely bone gain and high mechanical stimulus), controlled

locally within bone. Yet, very little data exist on bone remodeling's dependence on different magnitudes

of mechanical stimuli over a range of underloading, as much of the focus in the field has been on

overloading. Consequently, computational models of bone adaptation to disuse rely on (often

competing) assumptions and untested theories proposed decades ago. This thesis will provide

experimental data on how bone responds to different degrees of unloading, on an organ scale and

tissue scale, enabling a better understanding mechanoregulation that can aid in the development and

verification of in silico models to predict bone loss with disuse.

As NASA moves forward with plans of exploration class missions to the surface of the moon and/or

Mars, it is crucial to characterize musculoskeletal adaptation to these environments. NASA must be able

to estimate the likelihood of bone fracture with reasonable certainty and determine that the risk is
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acceptable with proper mitigation before embarking on any mission. Little experimental data on

responses to partial unloading currently hinders the ability to predict how skeletal adaptation will

proceed on the surface of the moon and Mars. This thesis employs a mouse model simulating partial

weightbearing to gain insight into the skeletal health risks of partial gravity and explore the controlling

principles underlying bone adaptation.

Understanding the most effective means of maintaining bone health via mechanical loading has

important clinical implications for prescribing physical activity and exercise for the treatment or

prevention of osteoporosis. Which mechanical cues are most osteogenic and whether there is a

threshold of mechanical stimulus below which bone resorption occurs remain unanswered questions.

With further insight into mechanoregulation of bone, exercise prescriptions can theoretically be

designed based on the osteogenic potential of different loading regimes.

1.2 SPECIFic AIMs

This thesis explores the adaptive response of bone to varying degrees of unloading, through

experimental studies in astronauts and in multiple mouse models of partial and complete disuse. A

computational framework is dPvPInnPd tM etend the experimental findings and begin to quantify the

sensitivity of local adaptation to tissue-level mechanical cues.

The specific aims of this thesis are the following:

I To quantify femoral bone loss and the risk for hip fracture in astronauts who

lived on the International Space Station

2 To determine the extent of bone loss in extreme unloading and the relative

influence of muscle forces and gravitational loading on skeletal health in

mice

3 To characterize the musculoskeletal adaptation to a full range of partial

weightbearing as compared to normal loading and complete unloading in

mice

4 To determine, experimentally and computationally, the local mechanical

environment in vivo in partial weightbearing in mice

5 To relate local strains engendered during partial weightbearing to resultant

bone adaptations in a murine model of unloading

12



1.3 THESIS OUTLINE

Chapter 1 introduces the importance of exploring the functional adaptation of bone to reduced

mechanical loading and its dependence on mechanical strain. The second chapter briefly describes the

physiology of bone mechanobiology and what is known about mechanotransduction stimuli, including a

survey of animal models used to investigate bone adaptation, and gaps in current knowledge. Chapter 3

focuses on bone adaptation in the unique environment of spaceflight, measuring femoral bone loss and

estimating the risk of hip fracture in astronauts following long-duration missions in microgravity.

Challenges to predicting the risk of fracture on exploration missions to planetary surfaces under partial

gravity are discussed, motivating the need for a better understanding of the dependence of bone

adaptation on magnitude of mechanical loading.

Chapters 4 and 5 report the response of bone to varying degrees of unloading in different mouse

models. In Chapter 4, a novel mouse model of extreme disuse, combining muscle paralysis and hindlimb

unloading, is used to unravel the relative importance of muscle forces and external forces for skeletal

maintenance. This Chapter was recently published [44]: Ellman, R., Grasso, D. J., van Vliet, M., Brooks, D.

J., Spatz, J. M., Conlon, C., & Bouxsein, M. L. (2014). Combined effects of botulinum toxin injection and

hind limb unloading on bone and muscle. Calcified Tissue International, 94(3), 327-337. In Chapter 5, the

Partial Weight Suspension mouse model, with its unique underloading capabilities that simulate partial

gravity, was used to determine the relationship between weightbearing level and musculoskeletal

changes. This work was published [45]: Ellman, R., Spatz, J., Cloutier, A., Palme, R., Christiansen, B. A., &

Bouxsein, M. L. (2013). Partial reductions in mechanical loading yield proportional changes in bone

density, bone architecture, and muscle mass. Journal of Bone and Mineral Research, 28(4), 875-885.

An analysis of the mechanical environment of the hindlimb in the partial weight suspension model was

undertaken in Chapters 6-8 to further detail the tibial loading and corresponding bone architecture at

multiple weightbearing conditions. Specifically, Chapter 6 reports the experimental measurements of

gait kinematics and kinetics during partial weight bearing and employs an inverse dynamics model to

estimate the hindlimb internal loading. In Chapter 7, a finite element model is developed to quantify the

gait-induced tibial strains at multiple weightbearing levels. In Chapter 8, local changes in bone

architecture from the partial weightbearing adaptation study in Chapter 5 are compared to the 3D strain

environment from Chapter 7 to determine the relationship between local changes in bone mass and a

strain energy density-based stimulus. Conclusions, this work's contributions and implications, and

recommendations for future work are discussed in the final chapter.
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2 BACKGROUND

2.1 FUNCTIONAL BONE ADAPTATION TO THE MECHANICAL ENVIRONMENT

The skeleton provides a structural framework to the body that enables locomotion, respiration, and

protection of delicate tissues. Essential to the proper function of bone is structural integrity, and

avoidance of skeletal failure warrants strategies to adapt its structure to accommodate functional

demands. Bone remodeling is the process by which the mature skeleton actively renews itself and

shapes its structure to adapt to the loads of its environment through the coordinated processes of bone

resorption and bone formation. The loads applied to bone derive either from muscle contractions or

externally applied forces. Together, they supply the mechanical loading necessary for the proper growth

and maintenance of the skeleton. High loading, such as through resistive exercise, results in larger and

stronger bones by forming bone where it is need. Conversely, reduced loading, such as with spaceflight,

bed rest or reduced activity with aging, accelerates losses in bone quantity and quality and leads to

weaker bones aligned with the lower physical demands. Bone adapts its mass distribution efficiently

through site-specific adaptations rather than a global response.

This principle of mechanically-driven adaptation is referred to as "Wolff's Law" after Julius Wolff, who in

1892 observed the alignment of trabeculae in the proximal femur with principal stress trajectories and

formulated strict mathematical rules governing the process [148,193]. However, it was actually Wilhelm

Roux in 1881 who first proposed the concepts of functional adaptation [144]. What has followed is over

a century of experimental and computational bone biomechanics research towards the understanding

of precisely how bone adaptation is regulated by mechanical stimuli.

The "mechanostat" theory, introduced by Frost [53,55,56], is generally accepted as the conceptual basis

for bone adaptation. It describes bone as a feedback control system (Figure 2.1), driving mechanical

strain to an optimum customary level by responding to decreased strain with bone loss and increased

strain with bone formation. Much of the field has embraced the concept of a "lazy zone" in which the

bone is equilibrium, and is bounded by thresholds above which net bone formation occurs and below

which the balance is tilted in favor of bone resorption [28,177].
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BONE DEPOSITION

Increased strain Decreased strain

PTIMUM CUSTOMAR
STRAIN LEVEL

Decreased strain increased strain

BONE LOSS

Figure 2.1. Simple feedback model of bone functional adaptation (reproduced from [98]).

Many qualifications to and variations on this general model have been put forward over the years. One

of the most important qualifications is that the "customary strain level" to which bone tissue is adapted

varies by skeletal location [75,82,117] as well as by systemic factors such as age, disease state, hormonal

status, and genetic background [85,104,128,157,163,167]. Also, the particular characteristics of strain

(see following discussion), as well as the site-specific loading history [23,143,174], are important

variables influencing the magnitude of bone response. Thus, the ability of a given loading regimen to

elicit changes in bone mass and architecture is determined by the degree to which the critical

characteristics of the strain stimulus differ from those that the bone has recently encountered and to

which it is habitually adapted. Nevertheless, studies have shown that customary strain levels endure

throughout growth [11], and characteristic strain distributions are maintained under different

physiologic loading conditions [12].

2.2 PROPOSED MECHANOTRANSDUCTION STIMULI

For bone to react to its loading environment, first the loading itself must impart some physical change

that, second, is perceived by the bone cells that can initiate a response in a process called

mechanotransduction. There are many physical aftereffects of loading that could serve as a stimulus,

such as direct deformation, streaming potentials, hydrostatic pressure, and microcrack accumulation

(reviewed in [31,40,142,169]). While other factors may contribute, there is mounting experimental

evidence that strain-induced fluid shear is the dominant musculoskeletal adaptation stimulus [31] and

that osteocytes are responsible for the transduction of mechanical signals into biochemical ones that

then cue osteoblasts to build bone or osteoclasts to remove bone [16]. Osteocytes live within lacunae in

the bone matrix [52] and their long, branched cellular processes form an interconnected network within
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bone canaliculi that are on the order of 0.1 pm wide (Figure 2.2)[189]. The

fluid within the lacunar-canalicular system, pumped into motion when bone is

strained [129], is proposed to induce fluid shear stress on the membranes of

the osteocyte that then initiates signaling [66,108,124]. While in vitro studies

have shown that osteocytes respond to direct deformation of the substrate

on which they are cultured, the magnitude of the strain required to elicit a

response is supraphysiologic and, hence, direct cellular deformation is not

considered a primary method of mechanotransduction [81]. Nevertheless,

fluid shear forces are directly coupled to bone strains [134]. Therefore, this

thesis will focus on the resultant tissue strains from physiologic loading since

they are amenable to measurement.

Figure 2.2. Osteocytes in
their lacunae with
interconnecting cell
processes (Reproduced
from [47]).

In vitro and in vivo studies have confirmed that strain-induced fluid shear is osteogenic, but the precise

nature of the strain stimulus has not been fully unraveled [43]. Certainly a dynamic strain is more

osteogenic than static strain [71]; and peak strain magnitude [147] is predictive of the bone adaptation;

but many other parts of the strain signal contribute to the adaptive response, such as strain frequency

[176], rate [175], number of cycles [146], rest insertion [164], and strain history [29].

2.3 MODELS FOR THE STUDY OF SKELETAL ADAPTATION TO LOADING

Numerous mechanobiological experiments have explored the relationship between bone remodeling

and various mechanical stimuli by introducing controlled variations (either an increase or a decrease) in

the mechanical loading and then measuring the corresponding bone response. Most commonly used are

models of overloading in which external loading is applied to a long bone at a controlled frequency,

magnitude, rate, cycles, and rest period [64,104,117,195]. The bone response is typically quantified

grossly on an organ level in terms of aspects of the artificial load applied, such that the influence of each

loading parameter on bone morphology may be studied independently. Much of our insight into the

osteogenic potential of strain stimuli (discussed above) derive from these studies. However, since the

applied loading is non-physiologic, interpretation of the resultant adaptation is complicated by the

superposition of the externally applied loading on habitual loading.
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Several animal models have been developed to study complete or nearly complete unloading, such as

limb immobilization via casting or taping [51], sciatic nerve crush or transection [178], tenotomy [168],

botulinum toxin paralysis [186], hindlimb unloading[114] and spaceflight [194]. With the availability of

these models, much is known about the mechanisms of bone and muscle atrophy in response to nearly

complete lack of mechanical stimulus. Furthermore, the influence of important factors on the adaptive

response, such as age, sex, and genetics, can be explored with these

models. However, the models create only a single unloaded state

and, in contrast to overloading models, do not allow for the control

of different strain parameters to explore their influence on the

magnitudes of bone loss. The partial weight suspension (PWS)

system (Figure 2.3), developed by Wagner et al. partly in our lab

[184], is the first model that enables the study of multiple levels of

reduced loading rather than a single unloaded state. The PWS

system uses a two-point adjustable harness around the forelimbs

and tail of a mouse to offload a tunable amount of body weight

while maintaining quadrupedal locomotion. Thus, the loading

Figure 2.3. Schematic of the Partial pattern of the hindlimbs is maintained, but the weightbearing
Weightbearing System that provides
adjustable weightbearing, tuned with magnitude is scaled down by the desired amount. The PWS model
the mouse standing quietly on a is uniquely capable of studying the effects of physiologic loading
scale.

across a range of reduced levels.

The outcomes of overloading studies have lent support to the "lazy zone" theory, demonstrating

increases in bone mass only when strains induced by external loading exceed a particular threshold

[147], which can vary by location [40,75]. However, the bones are still receiving loading from normal

daily activity, and as such the applied stimulus will only cause an adaptive change in bone structure

when applied loads engender strains higher than (or distributed differently from) those already

habitually experienced. Furthermore, externally applied loading does not replicate the strain pattern

resulting from normal activity - rather it overlays an unfamiliar strain distribution onto a bone adapted

to normal activity - the response to which is complex and non-representative. Therefore, these historic

studies using the overloading models cannot distinguish between a "lazy zone" and a zone which has

already responded to the strains associated with normal activity.
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Two recent studies support an alternative hypothesis [99] that bones have a minimum mass determined

genetically, and that the functional adaptation of the bone structure occurs as an essentially linear

response to the strain-related stimulus they receive. Sugiyama et al. eliminated normal loading to one

mouse hindlimb through sciatic nerve transection and added back incremental amounts of strain via in

vivo externally applied compression [166]. Across the full spectrum from no loading through high

overloading, they found that bone mass/strength scaled linearly with the peak externally-applied loads.

Schulte et al. looked on a finer scale at individual trabeculae in mouse caudal vertebrae, to which they

applied cyclic axial compression loading to a single magnitude through two pins inserted in adjacent

vertebrae [150]. Linking the microscale mechanical environment, in terms of strain energy density, to

sites of bone resorption and formation, they found no evidence of a lazy zone. The latter is the only

study so far that has measured or modeled the dynamic strain distribution, how it differs from normal

habitual strain, and explored the bone microarchitectural changes as they relate to the local stimulus.

Thus, even the fundamental theories of bone mechanoregulation are being called into question with the

introduction of new animal models and new techniques. Certainly, much remains unexplored, with

important implications for how to treat and prevent pathologic conditions of bone loss.

Most of the computational models of bone functional adaptation, which seek to apply mathematical

laws to describe the change in bone structure in response to mechanical stimuli, rely on the

mechanostat as their theoretical foundation [7,28,32,37,49,78,133,151,187]. However, these predictive

models are based on a number of (partly competing) assumptions, including whether areas of

resorption are uniformly distributed or load-driven [149], and whether the dependence of formation on

mechanical stimulus is linear, a step-function, exponential, or any other plausible shape [41].

Furthermore, they presume the existence of a lazy zone. The lack of fine-scale experimental data on

bone adaptation paired with measurements of the local mechanical environment has hampered the

ability to improve and validate such computational models. Essential to their further development are

measurements of three-dimensional mechanical strain under well-defined loading linked to the

functional adaptation in a corresponding bone volume on a small spatial scale, as pioneered recently

[150,1511. As technology has become more available to image bone on a microscale, such as micro-

computed tomography (pCT), and accurately model internal strains that are not possible to measure,

such as with Finite Element Analysis (FEA), there are sure to be further advancements in the

understanding of fundamental bone mechanobiology. The PWS model can be an essential tool in

unraveling functional adaptation to underloading when employed in this manner.
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2.4 SKELETAL BIOLOGY

Bone tissue is a composite material containing about 65% inorganic mineral, mostly calcium-containing

hydroxyapatite [Ca 1 (P04) 6(OH)2], and 35% organic bone matrix, composed of 90% type I collagen and

10% of non-collagenous proteins. The tissue is categorized as either cortical (or compact) or trabecular

(or cancellous) bone based on its macroscopic organization. Cortical bone is dense and solid, and forms

a shell surrounding the marrow space. Trabecular bone is "spongy" and comprised of a honeycomb-like

interconnected network of trabeculae, rod- and plate-like struts, surrounded by bone marrow.

Long bones are composed of a hollow shaft, or diaphysis; flared, cone-shaped metaphyses below the

physes (growth plates) at the ends; and rounded epiphyses between the growth plate and below the

articular surface. Trabecular bone is typically found in the epiphysis and metaphysis surrounded by a

thin cortical shell while the diaphysis is composed of denser, thick-walled cortical bone.

As Chapters 6 through 8 will focus in-depth on the mouse tibia, an introduction to mouse tibia anatomy

is provided here. The tibia, colloquially referred to as the shinbone, is found in the lower leg. In mice

(Figure 2.4), the tibia and fibula are fused along their distal half, forming a single bone complex more

aptly named the tibio-fibular complex. However, for simplicity I will refer to the two-bone unit as the

"tibia" throughout this thesis. The tibia is approximately 17.2 mm long in a young adult mouse. The

proximal surface of the tibia articulates with the femur to form the knee joint, and is split into femoral

and medial condyles. The proximal end of the bone retains a growth plate throughout skeletal maturity,

unlike humans and other mammals. At the distal ankle joint, the tibia and fibula are not fused and each

articulate with the talus and calcaneum bones of the foot through the medial and lateral malleoli,

respectively. The shape of the tibia is by no means uniform, possessing many crests and ridges typically

at sites of muscle attachment. Furthermore, the tibia is curved in its unloaded state, which leads to

predictable bending under load [9].
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Figure 2.4. Mouse tibia anatomy indicating bony landmarks and epiphysis (e), metaphysis (m)

and diaphysis (d) regions (adapted from [5]).

While obvious care must be taken when extrapolating from mice to humans, bone tissue is very similar

across animals. Two important differences are the maintenance of open growth plates into skeletal

maturity and the lack of intracortical remodeling in mice. Nevertheless, across terrestrial mammals of

every size, peak stresses during strenuous activity are independent of size [13] and their bone tissues

have similar material properties and organization [15,25]. There is a marked similarity in the peak strains

during normal locomotor activity in long bones of different mammals [145], suggesting that bone

structure operates within a small range of strain magnitudes. Altogether, it is reasonable to propose that

a relationship between mechanical strain magnitude and bone functional adaptation may be conserved

across species.
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3 SPACEFLIGHT-INDUCED BONE LOSS AND THE RISK OF HIP FRACTURE

3.1 BACKGROUND

3.1.1 SKELETAL HEALTH AND THE CHALLENGE TO HUMAN EXPLORATION OF SPACE

Astronaut health is a leading concern for NASA in its mission to explore space. On par with the technical

challenges of engineering spacecraft systems that can realize the journey to more distant destinations

are the physiologic challenges to the human system that must be mitigated in order for the astronauts

to make the journey in good health [36,80]. It is perhaps consolation that, while these alterations in

human physiology limit the ability of humans to explore space, they shed light on fundamental biological

mechanisms of medical and scientific interest on Earth.

Skeletal health is at risk in the space environment [1551 due primarily to the low loads imparted to the

skeleton when living in the weightlessness of microgravity. Without drug treatment or sufficiently

intensive exercise to prevent bone loss, astronauts lose bone at about 1.5% per month at the hip

[95,102], an alarmingly high rate considering postmenopausal women typically lose bone at a rate of 1%

per year [46]. These reductions in bone mass weaken the bone structure and thereby increase the risk of

fracture [19,152]. The hip is a critical site of bone loss because of the morbidity and mortality associated

with hip fracture [88]. While an astronaut would not be likely to fracture in microgravity, where loading

is low except when performing exercise, the risk for fracture is greater when returning to home or

possibly on Mars [121].

The vast majority (about 90%) of hip fractures in the normal adult population occur from standing height

or less [197]. Even in healthy populations, such falls can result in fracture [87]. The astronaut population

may be uniquely at risk considering that the overall rate of orthopedic injuries is higher in astronauts

than for an age-matched population [83], owing to their more athletic and competitive lifestyle, and

their hips are weakened from spaceflight [89].

A hip fracture on the surface of Mars, with few medical resources available, could potentially be

catastrophic to the mission [79]. Furthermore, bone healing is impaired in microgravity, and thus a bone

fracture would be a several medical issue in spaceflight [90].

3.1.2 PREDICTING THE RISK OF HIP FRACTURE ON FUTURE EXPLORATION MISSIONS

Before embarking on a mission to Mars, NASA must be able to predict the likelihood of bone fracture

with reasonable certainty and determine that the risk is acceptable with proper mitigation [80]. One of
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the gaps in knowledge that contributes a great deal of uncertainty to that prediction is "if fractional

gravity, present on the moon and Mars would mitigate the loss" of bone [79]. From our four decades of

human spaceflight, we have learned a considerable amount about bone remodeling in microgravity, but

we lack any firsthand knowledge about bone adaptation to partial gravity, since the longest Apollo lunar

surface stay was only three days. Therefore, predictions of bone's behavior in partial gravity must be

based on an understanding of the fundamental relation between the applied loads and bone

remodeling.

One current risk prediction model by Nelson et al. assumes, conservatively, that the same rate of bone

loss as in microgravity will occur during surface stays on the moon and Mars until a plateau is reached

[121]. The plateau at a minimum bone mass was established based on studies of patients with chronic

spinal cord injury (SCI) who experience minimal skeletal loading on account of their paralysis [107,113].

In the longest mission scenario analyzed, a 2.5 year round-trip to Mars with a 540-day surface stay, the

estimated risk of hip fracture from a fall was less than 4% (95th percentile). While the risk during the

mission is estimated to be low, a crewmember is predicted to return with only about 40 17% of his/her

original bone mass left. Understanding whether partial gravity mitigates bone loss can help refine these

estimates.

3.1.3 CURRENT RISK REDUCTION STRATEGY

The current standard countermeasures for the prevention of bone loss in NASA astronauts are exercise,

vitamin D supplementation, and optimal nutrition. Ever since the early space-faring days on Mir,

astronauts have used exercise to combat the musculoskeletal atrophy that occurs in weightlessness

[123]. Minimal external loading to the body occurs when living in space outside of time spent exercising

[30,122]. Bone is most responsive to high-magnitude, repetitive loading [100], so exercise prescriptions

have emphasized resistance training, especially for the lower body. Even with improvements to the

loading capacity of exercise equipment on board the International Space Station (ISS), some bone loss

persists (see Section 3.2). Whether the currently employed countermeasures will be available and/or

adequate for missions of longer duration are unknown.

Vitamin D, which is important for calcium metabolism, was found to be diminished in spaceflight due to

the lack of ultraviolet light and decreased dietary intake [159], so it is now supplemented at 800 IU/day

[158]. Once replete, though, additional vitamin D will not benefit skeletal health.

22



Pharmaceutical agents are being considered as an adjunctive countermeasure [126]. Alendronate

(Fosamax*), a type of bisphosphonate commonly used for the prevention of osteoporosis, has been

shown to prevent microgravity-induced bone loss better than exercise alone [101]. However,

bisphosphonates may not be an ideal drug for use in astronauts, since two out of ten crewmembers

enrolled in the alendronate study dropped out due to dyspepsia, and the very prolonged skeletal half-

life (>10 years) [59] leads to concerns of oversupression of bone remodeling in the relatively young

astronaut population. No other drugs have been tested in astronauts in spaceflight yet, but zoledronic

acid and denosumab have been suggested as alternatives [101,126]. Other newly emerging drug

candidates may be considered for use in astronauts after thorough testing in bed rest and animals in

spaceflight. Agents already tested on mice in space to assess efficacy in mitigating disuse-induced bone

loss include sclerostin antibody [17], osteoprotegerin [6], and myostatin antibody [48].

3.2 STUDY OF SEX-SPECIFIC DIFFERENCES IN SKELETAL EFFECTS OF SPACEFLIGHT AND RISK OF

HIP FRACTURE

3.2.1 INTRODUCTION

Astronauts are at risk for rapid bone loss due in part to dramatically reduced ground reaction forces and

muscle forces in the microgravity environment of low Earth orbit. To compensate for the deficit in

loading and to mitigate bone loss, astronauts are allotted up to 2.5 hours per day for intensive exercise,

though actual exercise time is typically only about 45 minutes, with the remainder taken up by set-up

and tear-down activities [301. Despite this exercise regimen, trabecular and cortical bone density decline

[95], leading to greater femoral fragility, as estimated by finite element analysis [89].

In 2009, the exercise equipment available to crews on the International Space Station (ISS) was

improved when the interim resistive exercise device (iRED) was replaced with the advanced resistive

exercise device (ARED), offering enhanced capabilities including higher loading (272 kg with ARED vs.

136 kg with iRED) [106]. Additionally, an improved treadmill (T2) was added in 2009 that can achieve

higher belt speeds (19.9 kph) with a more comfortable harness [39]. Studies have shown that higher

intensity exercise with ARED has better success in preventing bone mineral density losses at most

skeletal sites [101,160]. Likewise, running at higher belt speeds on T2 has been shown to increase

loading, but peak impact forces and peak propulsive forces are still lower than running at comparable

speeds in 1G [39]. Overall, inter-individual variability in the skeletal response to spaceflight is large and

there remains concern about persistently high markers of bone resorption markers and the substantial

bone loss in some crewmembers [126,160].
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On Earth, low bone mass and osteoporotic fractures are more common in elderly women than men,

driven by women's lower peak bone mass and higher rate of bone loss after menopause. However, it

cannot be presumed that female astronauts are more susceptible to bone loss in spaceflight since the

mechanism for postmenopausal osteoporosis is distinct from that of disuse-induced bone loss. Little

ground-based research has been performed on sex differences in the rate of bone loss resulting from

reduced loading in healthy middle-aged populations, since most reported bed rest studies are restricted

to a single sex [3,137,161]. However, one bed rest study in 22-56 year old men and women found a

trend toward less bone loss in women than men at the femoral neck and total hip, though statistical

tests were not performed [1541. Despite the potential significance, only one recent study has examined

sex-specific differences in the skeletal response to spaceflight [158]. Smith et al. found that rates of

bone loss did not differ between men and women using either exercise equipment. However, their

study was underpowered to be able to detect differences between men and women. All other prior

studies of the effect of spaceflight on bone report findings in mixed-sex cohorts consisting of a minority

of women or in men only.

Bone loss leads to reductions in bone mineral density and strength, but is only one of the components

contributing to fracture risk. Fractures occur when the forces applied to a bone exceed its strength.

Thus, a convenient metric for likelihood of fracture in a given loading condition is the factor-of-risk,

defined for hip fractures as the ratio of fall force to femoral strength [69]. Theoretically, when the

factor-of-risk exceeds one, a bone would fracture should it receive the estimated force. One of the

greatest risks for hip fracture in astronauts may be a sideways fall onto a weakened hip soon after

returning from a long-duration mission. However, the risk of hip fracture has not been quantified nor

compared between male and female astronauts.

Thus, our objective was to investigate the sex-specific differences in the effects of spaceflight on bone

health with the following research questions:

1) Is spaceflight-induced bone loss different in men and women?

2) Are men or women at greater risk of fracture after extended spaceflight exposure?

3) Does improved exercise equipment prevent bone loss and reduce the risk of

fracture in men and women?
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To address these questions, we measured the change in femoral bone mineral density and

estimated the risk of hip fracture in all NASA astronauts who had flown more than 90 days on the ISS

from its inception until the end of 2013.

3.2.2 METHODS

Subject description

All NASA astronauts who served as crewmembers on the ISS from Expedition 1-37 (October 2000 -

December 2013) were included in this study (n=45). Mission durations averaged nearly 6 months.

Repeat flyers (three men and two women) were treated as separate subjects. Subject height and weight

were measured before and after flight. No subjects received any pharmacologic drug treatment for the

prevention of bone loss; those participating in a trial of bisphosphonates as bone loss countermeasure

were excluded from this study [101]. The subjects were stratified into two groups by exercise equipment

availability: 1) all subjects who flew prior to 2009 and had access to the iRED (n=20 men, 5 women) and

2) all subjects who flew in 2009 or later and had access to the enhanced exercise devices ARED and T2

(n=15 men, 5 women). Two subjects (one man, one woman) who flew during the transition of exercise

equipment were included in the pre-2009 group, since they would not have gotten the full benefit of the

upgraded exercise equipment. These data represent the most complete sample of NASA astronauts who

exercised on iRED, since the device has been decommissioned. This retrospective analysis of DXA scans

and astronaut data was approved as a minimal risk protocol by the chair of the Johnson Space Center

Institutional Review Board.

Bone mineral density measurements

Dual-energy X-ray absorptiometry (DXA) scans were performed (Hologic QDR4500 for Expeditions 1-8,

Hologic Discovery QDR4500W for Expeditions 9-18) before and after flight to assess areal bone mineral

density (aBMD, g/cm 2) of the total hip, trochanter, and femoral neck regions, as previously reported

[160]. Thickness of soft tissue overlying the greater trochanter was measured on whole body DXA scans

as the lateral distance from the greater trochanter-soft tissue boundary to the soft tissue-air boundary,

as previously described [20]. The coefficient of variation for repeat measurements of soft tissue

thickness (STT) was 2.3%. Preflight scans were acquired 31 to 454 days before launch (median: 97 days)

and postflight scans were acquired 5 to 45 days after landing (median: 8 days).

Estimation of factor-of-risk
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The factor-of-risk for fracture is defined as the ratio of applied force to bone strength. In this study,

applied force is taken to be the impact force to the hip resulting from a sideways fall from standing

height. Peak impact force was estimated from previously published studies [20,139,140,179] that used

kinematic and empirical analyses to establish the following relationship:

Peak Fall force [N] = sqrt(2*g*h*m*k) (1)

where g is 9.81 m/s2, m is effective mass (50% of body mass), h is height of center of gravity

(51% for women and men, [179]), and k is the sex-specific empirical stiffness of the hip (k= 71060 and

90440 N/m for women and men, respectively, [139]). We also calculated an attenuated fall force that

accounts for the cushioning properties of the muscle and connective tissue that pad the hip: for every

millimeter of soft tissue overlying the greater trochanter, the effective fall force was reduced by 71 N

[140].

Attenuated fall force (N) = Peak fallforce - 71 (N/mm)*STT(mm) (2)

where STT = trochanteric soft tissue thickness (mm).

The failure load of the proximal femur in a sideways fall configuration was estimated from an

empirically-determined linear regression between trochanteric aBMD and femoral strength, as

established in a prior study [138] of 76 cadaver femora that were scanned with DXA then tested to

failure in a sideways fall configuration. The resulting femoral strength was linearly correlated (r 2 =0.74)

with trochanteric aBMD:

Estimated femoral strength [N] = 10118*(Trochanteric aBMD) -1512.5 (3)

Finally, factor-of-risk was calculated by dividing the individual's "attenuated fall force" by his/her

estimated femoral strength at each timepoint.

Factor of risk = Attenuated fall force (N) / Estimated femoral strength (N) (4)

Statistical Analyses

All statistical analyses were performed using SAS JMP PRO software (v 11.0, Cary, NC) with values of

p<0.05 considered statistically significant. Data are presented as mean SD, unless otherwise noted. To

test for a significant effect of spaceflight on aBMD and factor-of-risk parameters, we used paired t-tests

by group. To test whether the effect of spaceflight was different between men and women who had
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access to the same exercise equipment, the data were stratified by exercise device (pre-2009, 2009-

2013) and a repeated measures ANOVA with between-subject factor sex was used.

To test whether the effect of spaceflight was influenced by exercise equipment, the data were stratified

by sex and a repeated measures ANOVA with between-subject factor exercise device was used. To

determine whether there were any group differences at baseline, we tested preflight measurements

using an ANOVA with exercise device and sex as between-subject factors, with Tukey's HSD post-hoc

test.

The coefficient of variation for the measurement of soft tissue thickness was based on three repeated

measurements of every subject at preflight.

3.2.3 RESULTS

At preflight, male astronauts weighed more (p<0.001), were slightly taller (p<0.05) and older (p<0.005)

than female astronauts, but there were no sex-specific differences in mission length (Table 3.1). The

only difference in subject characteristics across the two exercise groups within sex was that women had

lower baseline body mass in the Post-2009 group.

Height did not change from preflight to postflight. In the pre-2009 group, weight decreased an average

of -1.2 2.3 kg (p<0.05), but this change did not reach significance when analyzing men (-0.7 1.8 kg,

p=0.09) and women (-2.9 3.3 kg, p=0.12) individually. In the post-2009 group, there was no significant

decrease in body mass.

Table 3.1. Subject characteristics at baseline. Reported as mean standard deviation or (range).

Pre-2009 2009-2013

Women Men Women Men
(n=5) (n=20) (n=5) (n=15)

Weight (kg) 67.5 4.2c 81.4 8.5a 60.3 1.4 83.6 11.7a

Height (m) 1.69 0.03 1.75 0 .0 7b 1.69 0.02 1.80 0.06a

Age (years) 43 (41 to 47) 46 (37 to 54) 45 (40 to 46) 49 (36 to 56)

Mission 175 (134 to 195) 170 (95 to 215) 144 (90 to 176) 163 (125 to 199)

Length (days)
Difference between men and women within an exercise group: ap < 0.05; bp = 0.06
Difference between exercise groups within sex: cp < 0.05
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Before flight, aBMD was lower in women than men at the total hip (p<0.05, Table 3.2) but was not

different at the femoral neck or trochanter. Within sex, baseline aBMD was not different across exercise

groups.

Pre-2009, total hip aBMD declined by 6.0 2.9% on average as a result of spaceflight (p<0.0001). Bone

loss was greater in men (-6.5 2.6% vs. preflight, p<0.001), than women (-3.7% 3.6% vs. preflight, p =

0.07; p=0.04 8 for difference between men and women, Figure 3.1). There was no correlation between

change in aBMD and mission duration (r 2=0.03). Sex-specific differences in BMD loss at the trochanter

and femoral neck were similar to that of the total hip (Table 3.2).

Post-2009, total hip aBMD still declined significantly by 2.7 2.5% on average from pre- to postflight

(p<0.001). However, total hip bone loss was similar in men (-2.9 + 2.9% vs. preflight, p<0.01) and women

(-2.2 0.6% vs. preflight, p<0.001; p=0.39 for the difference between men and women, Figure 3.1), as

for other hip sites. At the femoral neck, decreases in aBMD were not statistically significant for either

sex (p>0.09), but at the trochanter there was a significant loss of aBMD in men only (-3.3 2.9%,

p<0.001).

pre-2009 2009-2013
0

-2

-6

7 Women
*

-8 OMen
**

Figure 3.1. Change in areal bone mineral density (aBMD) of the total hip region from pre- to
postflight of three hip regions in women and men (mean SEM) who flew on ISS pre-
2009 and from 2009-2013. There was a greater decrease in aBMD following spaceflight
in men than women pre-2009 only. *change from preflight to postflight (p<0.01),
**difference between men and women (p<0.05)
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Table 3.2. Pre- and postflight values for bone mineral density measurements at three hip sites and factor-of-risk parameters in

men and women.

Pre-2009
Women

Preflight Postflight
Men

Preflight Postflight

1.008 : 0.121*10.971 0.138 1.077 0.104 1.007 1 0.095t

p<0.0001

2009-2013
Women

Preflight Postflight
Men

Preflight Postflight

0.934 0.148 0.914 0.150tl 1.066 0.134 1.035 0.125t

p<0.001 p<0 .0 0 0 1

Trochanter 0.781 0.124 0.755 0.139 0.828 0.113 0.771 0.102t 0.722 0.137 0.715 0.150 0.812 0.119 0.785 0.1121

p<0.0001 p=0.0005

Femoral Neck 0.882 0.105 0.857 0.125 10.889 0.116 '0.828 0.107t

p<0.0001

___________________ ________ - I.
Soft tissue

thickness (mm) 57 12*

p<0.0001

56 11 35 9 36 11

0.841 0.119

49 7

0.836 0.132

47 9

0.889 0.128

30 9

0.872 t 0.115

31 10

Peak fall force 6360 160* 6220 180 8020 540 7980 550 5969 102 5918 108 8182 680 8143 678
(N)

p<0.0001
Attenuated fall 2320 760* 2240 730t 5560 700 5410 700 2495 592 2603 686 6050 800 5944 714

force (N)
p<0.0001 p=0.038

Femoral
sength 6390 1250 6130 1400 6870 1140 6290 10301 5795 1390 5722 1514 6704 1206 6426 1133

strength (N)
p<0.001

Factor-of-risk 0.36 t 0.05*

p<0.0001
0.36 0.05 0.82 0.12 0.88 1 0.14

p=0.004

0.43 1 0.05 0.46 0.04 0.92 1 0.16 0.95 1 0.19t

p=0.0005

tindicates significant changes from pre- to postflight. *indicates significant differences between men and women at preflight.

Total Hip
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Trochanteric soft tissue thickness was 62% greater in women than men at preflight (p<0.01) and was not

affected by spaceflight (Table 3.2). The estimated peak force applied to the hip in a sideways fall was

31% higher in men than women, due mostly to their greater body weight. After accounting for the

attenuating effect of soft tissue, the estimated force applied to the hip in a sideways fall decreased by

29% and 61% in men and women, respectively, as women had a greater STT. The resulting attenuated

fall force was 2.4 times higher in men than women (p<0.0001).

The factor-of-risk for hip fracture (Table 3.2) was substantially greater in men than women (p<0.001)

both pre- and postflight regardless of exercise device use, and increased as a result of spaceflight only in

men in both the pre-2009 (p<0.0001) and post-2009 groups (p<0.05). A histogram of the distribution of

postflight factor-of-risk values (Figure 3.2) in all subjects illustrates the differences between men and

women: all women had a factor-of-risk less than 0.51 while all men exceeded that value. The postflight

factor-of-risk exceeded 0.9, indicating a high risk of fracture, in 21 male astronauts and 0 female

astronauts. A greater proportion of male astronauts from post-2009 were considered at high risk for

fracture (67% vs. 55% from pre-2009).

14 1

12 * Women

OMen
0
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4
0

2

0

0 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1 1.1 1.2 1.3
Factor-of-Risk

Figure 3.2. Distribution of postflight factor-of-risk in all male and female astronauts who flew on
ISS from its inception until 2013.

3.2.4 DIscusSION
In this study, we compared the amount of spaceflight-induced bone loss and the estimated risk of hip

fracture in men and women who exercised on the iRED prior to 2009 or ARED and T2 from 2009 to 2013.

We found that male astronauts had a greater decline in hip aBMD than women prior to 2009, but there
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were no sex-specific differences in bone loss among the subjects who had access to the upgraded

exercise devices post-2009. Contrary to a prior report that aBMD did not decline in men or women who

exercised on ARED [158], this study, which included a greater number of subjects, did find that both

men and women continue to lose aBMD from some hip sites. Therefore, while the ARED and T2 partially

ameliorate the skeletal effects of spaceflight, they still fail to completely protect from bone loss. Likely

due to the lack of statistical power, the sex-specific differences in the changes due to spaceflight did not

depend on exercise device in a statistically significant way (pinteraction>0.32).

Since women have greater rates of age-related bone loss than men [136], we did not expect that women

would lose less bone than men during spaceflight prior to the improvement in exercise device capability

in 2009. A possible explanation for our observation that men had higher rates of bone loss is that the

iRED may have provided insufficient loading for the men but was more adequate for the women. In the

setting of spaceflight where loading of the skeleton is minimal to non-existent except when exercising

[30], high magnitude cyclic loading required for skeletal maintenance [92] must be deliberately applied

with resistance exercise or treadmill running [154]. The intensity of the skeletal loading must be

comparable to the daily habitual loading to which the astronaut is adapted on Earth, or adaptation to

the reduced mechanical environment will lead to bone loss [45]. In the lower-body exercises designed to

target mechanical loads to the femur and other weightbearing skeletal sites displaying the greatest

declines in bone mass, the exercise equipment must also replace the loading of body weight. Since the

male astronauts weighed more than the women did, men had less net resistance weight with which to

exercise on average. Also, while we lack muscle strength data from these specific subjects, men tend to

have greater muscle strength than women [68,105] and thus their skeletons would be adapted to

habitually higher muscle loading. Therefore, the 136 kg maximum loading capacity of iRED may not

have provided sufficiently high magnitude loading to prevent bone loss in men, whereas it was more

adequate in women. In support of this theory, we showed that ARED use led to reduced bone loss in

male astronauts to the same levels seen in women.

Reports that exercising with ARED have nearly eliminated bone loss [101,158,160] have led to the

suggestion that exercise countermeasures may be sufficient to prevent bone loss and that other

countermeasures, such as bisphosphonate or other pharmacologic therapy, may not be necessary [160].

It is important to highlight that even when the optimum exercise equipment is available on ISS, hip bone

loss and negative bone remodeling balance persist [158,160]. While ARED may be a suitable

countermeasure for the approximately 6-month missions on the International Space Station with 388
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cubic meters of habitable volume [57] to accommodate the device, it will be very technically challenging

to design equally capable equipment to accompany crewmembers on exploration missions. As NASA's

future plans entail missions to distant destinations in the Orion Multi-purpose Crew Vehicle with

estimates of 8.9 cubic meters of habitable volume [120], physical constraints may limit space available

for exercise equipment. In the event that adequate exercise cannot be performed and underloading

occurs, concerns about mitigating bone loss will again come to the fore. Therefore, insight into

individual and sex-specific differences in the skeletal response to spaceflight that we gain from

experience with iRED will continue to be useful. Our results suggest that, when the skeletal mechanical

stimulus is limited due to inadequate loading from exercise equipment, a loss of aBMD can occur in the

hip. This highlights the importance of increased loading capacity of future exercise devices and/or use of

pharmacologic therapies designed to mitigate bone loss, especially for missions of longer duration.

The factor-of-risk for hip fracture was substantially higher in men than women both preflight and

postflight, mainly due to considerably higher fall forces resulting from the combination of greater height

and weight, and less trochanteric soft tissue padding in men. The postflight increase in factor-of-risk for

men was due exclusively to a decrease in estimated femoral strength and not an increase in fall force

since height, weight, and trochanteric soft tissue thickness did not change in flight while aBMD

decreased. The difference in FOR between men and women at baseline greatly exceeded any increases

during spaceflight in either sex. Taken altogether, the data suggest that men may be at greater risk for

hip fracture if they were to experience a sideways fall from standing height following long duration

spaceflight.

The sex-specific differences reported here contrast with studies in non-astronaut populations. Prior to

spaceflight, we found that aBMD is equal in male and female astronauts, except for a lower aBMD at the

total hip in women. This conflicts with population-based studies where men have greater aBMD than

women in their fourth decade [136]. Additionally, baseline factor-of-risk is greater in male vs. female

astronauts, which is the opposite in the general population. Thus, it is likely that the highly selected

astronauts are not representative of the general population and the results presented here should be

used only in reference to the musculoskeletal health of long duration astronauts.

This study had a number of limitations. While this study included every NASA astronaut who flew a long

duration mission on the ISS and exercised on iRED, the total sample size of 25 - and only 5 women - was

still small, and may have affected our ability to detect a change in hip aBMD in women due to
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spaceflight. Likewise, there were fewer men in the post-2009 group compared to pre-2009. This dataset

can be increased as more astronauts complete ISS missions with the current exercise equipment.

Second, femoral strength was estimated from hip DXA scans, which do not take into account all the

factors that influence whole bone strength [19]. In the future, QCT-based finite element models may

provide a better approach for predicting femoral strength and strength changes than DXA [126]. Finally,

the factor-of-risk was only computed for a single type of sideways fall with direct impact to the greater

trochanter. Whereas sideways falls result in an increased risk of hip fracture versus forwards and

backwards falls [61], the fall configuration that we used may not be representative of all possible falls.

These limitations notwithstanding, this study includes the largest possible long-duration aBMD data set

to date that is not confounded by exercise equipment and bisphosphonate use, allowing for

comparisons between men and women. Furthermore, we accounted for other biomechanical factors

leading to hip fracture, such as body mass, height, and trochanteric STT, to better estimate the impact of

aBMD changes on risk of hip fracture.

In conclusion, we describe for the first time, to our knowledge, differences between men and women in

the skeletal response to spaceflight and risk of hip fracture. Male astronauts undergo about twice the

amount of bone mineral density loss at the hip for the same mission duration as women. Men also have

a two-fold greater estimated risk of hip fracture than women if they were to fall sideways onto their hip.

Even with improved exercise capability, there is still measurable, and statistically significant, bone loss at

the hip in both men and women. Future work should evaluate whether this bone loss continues

unabated with longer duration exposure to microgravity; whether the bone loss is due to persistent

deficits in mechanical stimulus relative to habitual daily loading on Earth, and whether factors other

than mechanical loading, such as hormonal abnormalities, contribute to bone loss. This knowledge is

necessary to fully understand the risks associated with long-duration spaceflight and to properly

mitigate the risk for missions of increasing duration.
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4 SKELETAL ADAPTATION TO EXTREME UNLOADING

This work was previously published in:
ElIman, R., Grasso, D. J., van Vliet, M., Brooks, D. J., Spatz, J. M., Conlon, C., &
Bouxsein, M. L. (2014). Combined effects of botulinum toxin injection and hind limb
unloading on bone and muscle. Calcified Tissue International, 94(3), 327-337

4.1 INTRODUCTION

Mechanical forces on bone, which are critical to skeletal health, derive from two primary sources:

external gravitational loading via ground reaction forces and internal loading via muscle contractions.

The relative contribution of muscle forces and external loading to skeletal health is still debated

[84,91,141], calling into question the theory advanced by Frost [54] that muscle forces dominate bone

adaptation since they exert the largest forces on the skeleton. Understanding the most effective means

of stimulating bone formation or maintaining bone health via mechanical loading has important clinical

implications for prescribing physical activity for the treatment or prevention of osteoporosis.

Many different experimental unloading methods have been used to manipulate the mechanical

environment of bone in rodents to improve understanding of how bone responds to mechanical forces.

Rodent disuse models can roughly be divided into two categories: 1) those that remove or reduce

external ground reaction forces but spare muscle activation (e.g., hindlimb unloading (HLU) [114], limb

immobilization [170], cast immobilization [51], partial weight suspension [184]), and 2) those that

eliminate muscle contractions but permit external forces (e.g., botulinum toxin [186], neurectomy [178],
tendon resection [168]). Although these two categories are useful for generally characterizing the disuse

models, it is clear that the in vivo situation is more complex than implied by these two broad categories.

Indeed, muscle and external forces are intricately linked in vivo and thus it is impracticable to

manipulate one loading modality without affecting the other. For instance, muscle contractions are

permitted in the HLU model, but muscle forces are theoretically reduced since they need not oppose the

torque of the ground reaction forces. Analogously, in the botulinum toxin (BTX) model, intramuscular

injection of BTX in hindlimbs elicits temporary muscle paralysis, which secondarily alters gait and

impacts external forces such that peak ground reaction forces are reduced by 11% 4 days after BTX

injection and are recovered by 14 days post-injection [109]. These limitations notwithstanding, these

models are valuable tools to study the relative musculoskeletal effects of the removal of ground

reaction forces versus the removal of muscle forces.
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In this regard, bone deterioration following muscle paralysis via BTX injection is purportedly more rapid

and extreme than that seen with removal of ground reaction forces via HLU [63,186]. In contrast with

this assertion, Warden et al. [185] concluded that HLU has a greater skeletal effect than BTX injection

based on a study combining HLU and BTX-injection. However, Warden et al. did not include normally

loaded or HLU control groups without BTX-injection to be able to address the independent effects of

muscle paralysis relative to hindlimb unloading.

To address the gap in knowledge regarding the relative influence of external forces and muscle forces on

skeletal health, we removed one or both sources of mechanical stimulus and studied the resulting bone

and muscle changes in adult mice. Botulinum toxin A injection into the primary extensors of the left

hindlimb was used to eliminate internal muscle forces, whereas hindlimb unloading was used to

eliminate external ground reaction forces. An uninjected normal cage dwelling group was also included

as a control. We included a group receiving both interventions combined to evaluate if either

mechanical stimulus acting alone, i.e. in the groups receiving a single intervention, limits bone loss

relative to a condition of extreme disuse. We hypothesized that BTX-induced muscle paralysis would

have a more detrimental effect on the skeleton than hindlimb unloading, and that the combination of

paralysis and unloading would have a worse effect on muscle mass, bone mineral density and bone

microarchitecture than either intervention alone.

4.2 METHODS: HINDLIMB UNLOADING AND UNILATERAL MUSCLE PARALYSIS VIA BTX

INJECTION

Experimental Design

Eleven week old, female C57B1/6J mice (Jackson Laboratory, Bar Harbor, ME) were assigned by body

mass and total body bone mineral density (TBBMD) to one of two housing conditions (n=20 each): 1)

cage control group-housed in standard vivarium cages or 2) hindlimb unloading (HLU). These groups

were then further divided (n=10 each) with half receiving injections of botulinum toxin A (BTX) in one leg

(CON+BTX, HLU+BTX) and the other half receiving no injections (CON, HLU; Figure 4.1). This study

design allows for the assessment of the effect of unloading of GRFs, by comparing CON and HLU; the

direct effect of BTX-induced muscle paralysis, by comparing paired injected and contralateral limbs

within BTX treated groups; and any unintended indirect effect of BTX, by comparing the uninjected limb

of the BTX treated group to their respective control.
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CON Unloading HLU

BTX

BTX (indirect)
(rndirect)

CON+BTX HLU+BTX
U Leg injected with BTX

Figure 4.1. Schematic of experimental design of four groups: CON, untreated and cage dwelling;
HLU, untreated and hindlimb unloaded; CON+BTX, injected with BTX in left leg and cage

dwelling; HLU+BTX, injected with BTX in left leg and hindlimb unloaded. Multiple

comparisons (arrows) allow for the assessment of the effects of unloading (blue), BTX-

induced muscle paralysis (gold) and any indirect effects of BTX treatment (red).

HLU was initiated on day 0, and BTX injections were performed three days prior so that the mice would

have maximal paralysis at the start of the unloading period. All groups were provided with standard

chow and water ad libitum. The diets of BTX-injected groups were supplemented with DietGel 76A and

Hydrogel (ClearH20, Portland, ME) on the cage bottom to aid in access to food and water. Body mass

was monitored daily for the first week and three times weekly thereafter. On day 21, mice were

euthanized via carbon dioxide inhalation. The protocol was approved by the Beth Israel Deaconess

Medical Center IACUC.

Unilateral hindlimb muscle paralysis by botulinum toxin A injection

Three days prior to the start of the experiment, under inhaled isoflurane anesthesia, the left leg of

CON+BTX and HLU+BTX mice was injected with botulinum toxin A (2.5 U/100 PL, BOTOX, Allergan,

Irvine, CA) in the quadriceps muscle group and the triceps surae, or calf, muscle group (10 pL/muscle

group). A total dose of 2U/100 g was chosen to be consistent with past studies [130,185,186]. The

contralateral leg served as an internal control, and was not injected with saline since past studies

showed no negative effects from saline injection [110,186]. On day one of hindlimb unloading (i.e. day 4

post-BTX injection), the HLU+BTX group had significant weight loss and low activity so each mouse was

given a subcutaneous injection of 0.6 mL lactated Ringer's solution for 2 days.
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The degree of muscle paralysis was assessed in HLU+BTX and CON+BTX groups on days -2, 0,4, 7, 11, 14,

and 18 using digit abduction scoring (DAS) and a custom wire hang test. DAS was performed as per the

specifications of Aoki [2], in which mice are briefly suspended by the tail to elicit a startle response

comprising hindlimb extension and hind digit abduction. Hindlimb unloaded animals, already tail

suspended, were raised further by their tail until startled. The DAS assay was scored on a scale of 0 to 4,

where a score of 0 indicated normal digit abduction and a score of 4 indicated maximal reduction in digit

abduction with a curved foot and all five digits touching. A custom wire hang test was also used to

evaluate upper hindlimb strength and complement the DAS in the event that HLU+BTX groups were

unable to be startled after growing accustomed to tail suspension. In this test, mice were individually

placed on top of a wire cage insert, then the insert was overturned and the animal's ability to grip and

support its body weight with its injected hindlimb was scored on a scale of 0 to 3, where 0 indicated

normal ability to grip wire and hang body weight from the injected hindlimb and 3 indicated inability to

flex hip and/or extend leg to touch foot to wire cage insert. An intermediate score of 2 indicated ability

to bring leg towards wire cage insert but not accurately place foot on wire, and with a score of 1 the

mouse could place foot on wire but not grip and support its weight. Two observers independently

performed the DAS and wire hang test assessments at each timepoint, and their scores were averaged.

Hindlimb unloading

On day 0, mice in the HLU and HLU+BTX groups were hindlimb unloaded via tail suspension following

the recommendations of Morey-Holton and Globus [45,115,162]. Briefly, under isoflurane anesthesia,

the tail was taped to a freely rotating harness connected to a wheel that could move along the central

axis of the cage. The harness was adjusted such that the mouse could not touch its hind paws to the

floor nor the walls of the cage, leading to complete removal of all ground reaction forces. However,

muscle contraction remained active in the non-BTX-injected limbs.

Bone mineral density by dual-energy X-ray absorptiometry

Bone mineral density (BMD, g/cm2) of the total body (exclusive of the head) and both hindlimbs (from

femoral neck to ankle) was assessed by peripheral dual-energy X-ray absorptiometry (DXA, PIXImus 11;

GE Lunar, Madison, WI, USA), as described previously [45], at baseline (day -3 or -4) and sacrifice.

Ex vivo muscle measurements

Immediately after sacrifice, the gastrocnemius and soleus muscles were dissected bilaterally and wet

mass was measured ( 0.01 mg). Left and right muscle masses in untreated mice were averaged

together.
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Bone microarchitecture by micro-computed tomography

Tibiae and femora were collected bilaterally from BTX-injected groups, while only right-sided bones

from CON and HLU groups were analyzed as BMD and muscle data confirmed there were no bilateral

differences in the untreated groups. The bones were dissected, cleaned of soft tissue, and fresh frozen

at -20*C. Cortical and trabecular bone microarchitecture of the tibia and femur were assessed according

to published guidelines [18] using high-resolution micro-computed tomography (pCT40; Scanco Medical,

Switzerland) with a 12-pm isotropic voxel size, as described previously [45]. Images were acquired at 70

kVp and 114 mA, and 200 ms integration time. Three volumes were analyzed: proximal tibia metaphysis

(beginning 120 pm distal to the end of the proximal growth plate, extending 1200 pm distally, midshaft

tibia (600 pm long beginning 2 mm proximal to the tibio-fibular junction), and distal femur metaphysis

(beginning 240 pm from the proximal end of the distal growth plate, extending 1800 pm proximally).

Gaussian filtration was applied to the gray-scale images (a = 0.8, support = 1). The trabecular and

cortical bone were identified using automated algorithms and segmented using a global threshold of

276 and 708 mg HA/cm 3, respectively. Morphological analyses were performed on the binarized images

using direct, 3D techniques that do not rely on any assumptions about the underlying structure [72-74].

Morphometric variables of cancellous bone included bone volume fraction (Tb.BV/TV, %), trabecular

thickness (Tb.Th, mm), trabecular number (Tb.N, mm'1), structure model index (SMI), and degree of

anisotropy (DA). Cortical bone morphology measurements included average cortical thickness (Ct.Th,

mm), total cross-sectional area (Tt.Ar, mm 2 ), cortical bone area (Ct.Ar, mm 2 ), cortical area fraction

(Ct.Ar/Tt.Ar, %), and polar moment of inertia (p, mm4 ).

Statistical analysis

We used paired t-tests within each group to determine whether body mass, BMD, and paralysis scores

changed from baseline to final. Differences in paralysis scores between HLU+BTX and CON+BTX groups

were analyzed using unpaired t-tests at each day. Differences in body mass among groups on a given

day were analyzed using a two-way analysis of variance (ANOVA) for days 0, 1, 3, 7, and 21.

We defined a 'direct effect' of BTX as the difference in outcomes between the BTX-injected leg and the

uninjected (contralateral) leg within a mouse. To test for a direct effect of BTX and the influence of

unloading, we performed a two-way ANOVA on data from both legs of the CON+BTX and HLU+BTX

groups, with unloading (HLU vs. cage control) as a between-subject factor and BTX injection (BTX-

injected vs. uninjected) as a within-subject factor. We interpreted a significant unloading x BTX injection

interaction term to indicate that the direct effect of BTX depended on loading status. A paired t-test
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between right and left limbs of BTX-injected mice was used to test for the direct effect of BTX within the

HLU+BTX and CON+BTX groups.

We defined an 'indirect effect' of BTX as the difference in outcomes between the uninjected leg of the

BTX-treated mice and their respective untreated control groups. To test for an indirect effect of BTX and

the influence of unloading, we performed a two-way ANOVA using data from only the uninjected legs of

the CON+BTX and HLU+BTX groups, and the legs from the CON and HLU groups, with unloading (HLU vs.

cage control) and BTX treatment (BTX-treated vs. untreated) as between-subject factors. A significant

unloading x BTX treatment interaction term indicated the indirect effect of BTX depended on loading

status. An unpaired t-test between the CON and HLU groups was used to test for the simple effect of

unloading.

To examine the contribution of weight loss to the indirect effects of BTX, we performed a linear

regression between percent change in body mass and musculoskeletal outcomes from CON, HLU, and

the uninjected leg of CON+BTX and HLU+BTX groups.

Differences were considered significant when p <0.05.

4.3 RESULTS: MUSCULOSKELETAL EFFECT OF BTX AND HLU ALONE AND IN COMBINATION

One HLU+BTX mouse died before study completion and was excluded from all analyses.

Body Mass

Body mass was similar in all groups at baseline. CON+BTX and HLU+BTX lost weight steadily after BTX-

injection, such that on unloading day 0 (3 days after the BTX injection) both groups weighed 11% less

than the CON and HLU groups (Figure 4.2). Following initiation of suspension, HLU+BTX mice

experienced further weight loss, reaching a nadir of -22% two days after suspension, before rebounding

to equal the weight of the CON+BTX group at the completion of the study. A small deficit in body mass

remained in both BTX treated groups by the end of the study (p<0.001, day -3 vs. day 21). HLU mice had

transient weight loss up to -10% on day 3, similar to the effect of suspension on the HLU+BTX group, but

by day 21 returned to their baseline weight and were equal to the weight of the CON group, whose body

mass did not change throughout the experiment.
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Figure 4.2. Body mass changes following injection of BTX on day -3 and initiation of HLU on day 0
(mean SE). *Difference between day 21 and initial measurement. On a given day:
adifference between CON and CON+BTX, difference between HLU and HLU+BTX,
'difference between CON and HLU, ,difference between CON+BTX and HLU+BTX

Paralysis

Limb paralysis as assessed by DAS ensued within one day of BTX injection and was maximal after three

days (i.e. at the start of HLU), with complete loss of digit abduction in almost all mice (CON+BTX: 3.80 +

0.42, HLU+BTX: 3.94 0.17; Figure 4.3a). Recovery was gradual over the three weeks of the study, with

initial improvements in CON+BTX outpacing the HLU+BTX group (day 4, p<0.01). DAS observations in

HLU+BTX were unreliable after day 11 because it was not possible to elicit a startle response in all mice.

Deficits in wire hang ability appeared more gradually than DAS but maximal paralysis also occurred on

day 0 (three days after BTX injection), with a complete inability to reach their foot to the wire in almost

all mice (CON+BTX: 2.75 0.42, HLU+BTX: 2.83 0.35; Figure 4.3b). There was a rapid recovery

between days 0 and 7 that slowed thereafter, and only small deficits remained by day 18.

No paralysis was observed in the contralateral limb of the BTX-injected mice.
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Muscle mass

HLU alone led to large decreases in soleus mass (-41.6%, HLU vs. CON, p<0.001; Figure 4.4a), with no

further decrease when HLU was combined with BTX treatment (p=0.14). In contrast, BTX injection in

normally loaded mice led to a substantial decrease in soleus mass (-35%, p<0.001). Thus the direct

effect of BTX on soleus mass was greater in normally loaded mice than those exposed to HLU

(Pinteraction<0.001).

Gastrocnemius mass (Figure 4.4b) was less affected than soleus mass by hindlimb unloading in

untreated mice (-21.1%, p<0.001, HLU vs. CON). BTX did have a direct effect on the gastrocnemius when

combined with HLU (-41.1%, p<0.001 R vs. L leg). In normally loaded mice, the BTX-induced decrease in

gastrocnemius mass was even greater (-52.1%, p<0.001) than HLU+BTX mice (Pinteraction<0-0001).

Furthermore, there was no difference in gastrocnemius mass in injected limbs of CON+BTX and

HLU+BTX, suggesting that BTX overwhelmed the effect of unloading. There was an indirect effect of BTX

treatment on the gastrocnemius, such that gastrocnemius mass of the uninjected leg was 25 to 30%

lower (p<0.0001) than their respective untreated controls (Figure 4.4b).
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Bone mineral density

All groups were matched at baseline by total body BMD,

averaging 0.0461 0.0013 g/cm 2. All further BMD data

are from measurements of the hindlimbs, since the

experimental disuse was intended to locally affect the

hindlimb.

In untreated mice, hindlimb BMD increased in the CON

group (+4.6% vs. baseline, p<0.001) and declined in the

HLU group (-4.9% vs. baseline, p<0.01; Figure 4.5) equally

in both legs. The BMD decline in the injected leg of

CON+BTX (-19.1% vs. baseline, p<0.0001) exceeded the

decrease due to unloading alone (p<0.001).

Hindlimb BMD

U0ir

10.

0
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L
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Uninjected leg U BTX-injected leg

Figure 4.5. Effect of BTX and HLU on hindlimb
BMD (percent change from baseline,
mean SD). Brackets indicate significant
differences (p<0.05) from respective
control group. * p<0.05, BTX-injected vs.

+ tAdl ithi I d; rou"
BTX injection had a profound direct effect on BMD, as U"ILj I%:VVI"IJ0 "5 5 V

hindlimb BMD declined approximately 6-fold more in the injected leg of the HLU+BTX group (-30.2% vs.

baseline, p<0.0001) than the HLU group. However, BMD also declined in the uninjected leg of the

HLU+BTX group (-17.8% vs. baseline, p<0.0001), which exceeded the effect from HLU alone, confirming

an indirect effect of the BTX injection. Further, the indirect negative effect of BTX was greater in the
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significant direct-effect of BTX (injected vs. uninjected leg within loading group, p<0.05).
Red brackets indicate significant indirect effect of BTX (uninjected leg vs. respective

control, p<0.05).



HLU+BTX group than in the CON+BTX group (Pinteraction <0.01). In both BTX-treated groups, there was a

greater BMD decline in the injected vs. the contralateral leg (p<0.0001); however the direct effect of BTX

was greater for the CON+BTX group than the HLU+BTX group (Pinteraction<0.001).

Bone microarchitecture

At the end of the 21 day unloading period, the untreated HLU mice had significantly lower Tb.BV/TV (-

28.2%, Figure 4.6a), Tb.Th (-11.0%) and DA, and higher SMI in the proximal tibia than the untreated CON

group (p<0.01 for all), with no differences in Tb.N (Table 4.1).

The direct effect of BTX injection on trabecular bone microarchitecture was twice that of unloading

alone, as Tb.BV/TV and Tb.Th of the CON+BTX injected leg were -46% and -24% lower, respectively, than

the contralateral leg. In the HLU+BTX mice, Tb.BV/TV (-42.1%) and Tb.Th (-26.3%) were also lower in the

BTX-injected limb than then contralateral limb. The direct effect of BTX was significantly less in

HLU+BTX mice than in the normally loaded CON+BTX mice for Tb.BV/TV and SMI (pinteraction<0.0001).
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20 Da
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010
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CON CON+BTX HLU HLU+BTX CON CON+BTX HLU HLU+BTX

Figure 4.6. Effect of BTX and HLU on trabecular bone volume fraction of the a) proximal tibia and
b) distal femur (mean SD). Brackets indicate significant differences (p<0.05) from
respective control group. * p<0.05, BTX-injected vs. uninjected leg within loading group

However, there was a substantial indirect effect of BTX leading to deficits in Tb.BV/TV, Tb.N, Tb.Th, SMI

and DA in the uninjected leg of both BTX-treated groups compared to their respective HLU and CON

untreated control groups (p<0.02 for all, Figure 4.6a, Table 4.1). This indirect effect tended to be worse

when combined with unloading (Pinteraction<0.05). For example, the deficit in Tb.BV/TV due to the indirect

effects of BTX was -36.5% for CON vs. CON+BTX uninjected leg and -73.9% for HLU vs. HLU+BTX

uninjected leg. The indirect effect of BTX in the HLU+BTX group exceeded the direct effects of BTX, thus

the differences in trabecular bone microarchitecture between the paired limbs of HLU+BTX were much
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smaller than the differences between the uninjected leg in the HLU+BTX group and the HLU group.

Overall, the worst trabecular architecture was seen in the injected leg of the HLU+BTX group.

The differences in Tb.BV/TV at the distal femur were consistent with those at the proximal tibia (Figure

4.6), with significantly lower trabecular bone resulting from unloading and indirect BTX treatment, but

with less of a direct BTX treatment effect than at the tibia.

At the tibia midshaft (Table 4.1), the HLU group had lower Ct.Th, Ct.Ar, Ct.Ar/Tt.Ar, and J than the CON

group (p<0.05), but did not differ in Tt.Ar. Greater deficits between the CON+BTX injected vs.

contralateral legs were observed for Ct.Th, Ct.Ar, and Ct.Ar/Tt.Ar (p<0.01 for all) as a result of direct BTX

treatment compared to unloading alone. As noted for prior outcomes, the effect of BTX was

significantly less in the HLU+BTX group than the CON+BTX group for Ct.Ar and Ct.Th (Pinteraction<0.02).

There was a significant indirect effect of BTX on cortical bone morphology for every measure except

Tt.Ar in both the CON+BTX and HLU+BTX groups, as the uninjected legs of the BTX groups differed from

their respective CON and HLU untreated controls (Table 4.1, p<0.01).

Indirect BTX effect and body mass

Since the BTX-treated groups experienced a decline in body mass while the CON and HLU groups did

not, we used linear regressions to examine whether weight loss contributed to the indirect effects of

BTX on bone and muscle outcomes. The percent change in body mass explained 38%, 57% and 63% of

the variation in percent change in BMD, final Tb.BV/TV and final gastrocnemius mass (p<0.0001 for all),

respectively. Notably, when unloading, BTX treatment and percent change in body mass are all included

as independent variables in the regression model, the model R 2 improved to >0.9, and unloading and

BTX treatment were both significant predictors, whereas the effect of body mass did not remain

significant. Therefore, the indirect effect of BTX injection is not completely explained by body mass

changes.
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Table 4.1. Trabecular and cortical bone microarchitecture of the tibia (mean SD). +BTX signifies

BTX-treated groups and -BTX signifies untreated controls. Inj = Injected with BTX, Non =

noninjected.

CON

Trabecular +BTX -BTX
HLU

+BTX -BTX

Tb.BV/TV Inj 5.03 1.0abcd 1.86 0.7d

[%] Non 9.34 1.2 14.72 1.8 e 2.99 0.7 10.57 2.9

Tb.N Inj 3.79 0.21a 2.85 0.31
[1/mm] Non 3.93 0.30 4.24 0 .4 3el, 2.84 0.40 3.86 0.61

Tb.Th Inj 0.037 0.00 3 abd 0.030 0.002 d

[mm] Non 0.049 0.003 0.056 0.003ef 0.040 0.003 0.050 0.005

nj 3.31 0. 2 0acd 3.68 0.1 7d

Non 3.04 0.18 2.48 0.24 3.95 0.30 2.84 0.30

Inj 1.64 0.10abd 1.27 d0 0 6 d

D A .-.--.-
Non 1.88 0.11 2.00 0.156e 1.57 0.11 1.82 0.09

CON HLU

Cortical +BTX -BTX +BTX -BTX

Ct. Th Inj 0.134 0.012abcd 0.121 0.012d

[mm] Non 0.163 0.009 0.178 0.005 0.136 0.007 0.158 0.011

Tt.Ar Inj 0.845 0.0 49b 0.859 0.045 d

[mm 2 ] Non 0.832 0.060 0.891 0.062 0.831 0.046 0.837 0.035

Ct.Ar Inj 0.386 0.025abcd 0.352 0.029 d
[mm 2] Non 0.455 0.020 0.506 0.025 0.391 0.021 0.446 0.035

Ct.Ar/Tt.Ar Inj 45.8 3 .9abd 41.1 3 .7 d

N% Non 54.9 3.2 57.1 5. 8 ef 47.1 2.0 53.3 4.9

J Inj 0.081 0.007 bd 0.078 0.008d

[mm4] Non 0.090 0.011 0.105 t0.013 0.081 0.008 0.089 0.011

By ANOVA among both legs of BTX-treated groups, significant:
aeffect of unloading
beffect of BTX injection
cunloading x BTX injection interaction

dpaired t-test between uninjected and BTX-injected legs within group.

By ANOVA among untreated controls and uninjected leg of BTX group, significant:
eeffect of unloading

feffect of BTX treatment

gunlooding x BTX treatment interaction
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4.4 DiscUssION

In this study, we generated an experimental model of extreme disuse by combining hindlimb muscle

paralysis and elimination of ground reaction forces to study musculoskeletal atrophy. We hypothesized

that combining hindlimb paralysis and unloading would have a greater deleterious effect on bone and

muscle losses than either intervention alone. In support of our hypothesis, the combined HLU+BTX

intervention had detrimental effects beyond that of either intervention alone for most measurements

including hindlimb BMD, trabecular bone volume fraction and thickness at the proximal tibia and distal

femur, and midshaft tibia cortical bone area and thickness. Contrary to our initial hypothesis, the

combination of HLU+BTX caused soleus atrophy equal to that of unloading alone and gastrocnemius

atrophy equal to that of BTX alone.

Effect of Direct effect Indirect effect Effect of Direct effect Indirect
unloading of BTX of BTX unloading of BTX effect of BTX

0 cON cON HJU CON cON HU
4-J 4)

C Ml Fl
El 4-.

'V-60

-8 -8

0 C _IIV
4-6

-8o
-20

Figure 4.7. Relative effect of unloading, direct BTX treatment, and indirect BTX treatment on a)
hindlimb bone mineral density and b) proximal tibia trabecular bone volume fraction.
The magnitude of the effect of unloading (blue bars) was calculated as the difference
between average values of HLU and CON groups. The direct effect of BTX alone and BTX
combined with unloading (gold bars) was calculated as the difference between the
injected and contralateral limbs of the CON+BTX and HLU+BTX groups, respectively. The
indirect effect of BTX alone and combined with unloading (red bars) was calculated as
the difference between the contralateral leg of the CON+BTX or HLU+BTX group and the
untreated CON or HLU group, respectively.

However, these conclusions are limited by our observation of a marked indirect (systemic) effect of BTX

treatment, manifested as lower BMD and worse bone architecture in the uninjected legs in both BTX-

treated groups compared to their respective control groups with no exposure to BTX. Moreover, the

indirect effects on hindlimb BMD and tibia microarchitecture were nearly as profound as those of direct

BTX treatment of the injected leg, and often exceeded the effects of hindlimb unloading alone (Figure

4.7). These results were unforeseen given that other investigators encountered only minor and

negligible indirect effects using the same BTX dose as that used here [130,186]. Ultimately it was
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difficult for us to evaluate the relative potency of muscle paralysis and unloading on bone and muscle,

since the indirect effects seen in the contralateral limb were likely contributing to the changes seen in

the BTX injected limb.

The combined intervention used here was also recently studied by Warden et al. [185], though they

carried out the hindlimb unloading for six weeks compared to our three weeks. Many of our results are

similar to theirs, such as some additional skeletal effects of BTX-induced muscle paralysis when

combined with hindlimb unloading and a diminished effect of BTX-treatment in hindlimb unloaded

animals relative to BTX-injected cage controls. Importantly however, Warden et al. did not include

control groups without BTX injection, neither cage controls nor hindlimb unloaded mice, and thus could

not account for possible indirect effects of the BTX injection. Their conclusions might be reconsidered in

light of the results of the current study demonstrating non-negligible indirect effects with BTX

treatment. For instance, Warden et al. state that hindlimb unloading has a greater effect on bone than

BTX treatment, which they conclude by comparing the contralateral leg of their hindlimb unloaded and

BTX treated group (subject to indirect effects that were not quantified) to the treated leg of the cage

control group. We demonstrate that this reasoning may be flawed, since our hindlimb unloaded group

that did not receive a BTX injection fared better for every outcome than the cage controls with BTX

treatment. In fact, our results point to an opposite conclusion to that of Warden et al, namely that BTX-

induced muscle paralysis is more deleterious to bone than hindlimb unloading. As we hypothesized, the

direct effect of BTX exceeded the effect of unloading on hindlimb BMD (Figure 4.7a), trabecular bone

volume fraction (Figure 4.7b) and thickness, and cortical area fraction and thickness.

In general, we found greater negative indirect effects of BTX treatment on muscle mass, bone mass and

bone morphology than previously reported in studies of unilateral BTX treatment in normally loaded

animals [110,111,130,186]. BTX-treated mice in the current study had a persistent deficit in body mass

compared to the control group that was also greater than that reported in past studies, and which may

have contributed to the observed indirect effects on bone and muscle. The only major difference

between the current study and prior work is our use of younger animals (11 weeks old rather than 15-16

weeks old). The BTX treatment might have been more debilitating for these late adolescent mice since

they are still growing, albeit slowly at this age [60]. Mice receiving both a BTX injection and hindlimb

unloading initially experienced early weight loss and lethargy despite the prophylactic addition of diet

supplements and the three day interval between injection and unloading to foster accommodation to

the paralysis. Lactated Ringer's solution was given immediately on day 1 when their moribundity was
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apparent, and recovery thereafter was swift. The CON+BTX group had less weight loss, was more active,

and appeared to be in better health than HLU+BTX group.

The ill health of the BTX-treated mice, though transient, likely contributed to the indirect effects. The

decrease in body mass explained 38-63% of the variation in musculoskeletal outcomes among the

uninjected leg of the BTX-treated groups and their respective controls, accounting for much of the

observed indirect effects. It is possible that a general reduction in activity in the BTX-injected groups

could also have contributed to bone and muscle atrophy, particularly in the cage-control group,

although we did not quantify activity levels. Acute starvation with a concomitant metabolic acidosis is

known to cause a decline in bone formation and stimulate calcium release directly from bone [62] in

addition to muscle degradation [50], thus the effect of early body weight declines in the BTX-injected

groups on bone and muscle could be explained by this mechanism. Finally, the mice in the BTX groups

were handled more because they were weighed more frequently and paralysis assessments were

performed biweekly. This increased handling may have led to greater stress levels in the BTX groups and

contributed to muscle atrophy and bone loss. Distant effects arising from the local BTX injection itself

are also a possible, though less likely, contributor to the observed indirect effects, as there is evidence of

retrograde transport to the central nervous system [191], increase in mean jitter of distant muscles

[96,97], and cholinergic blockade [42]. There have not been any investigations into the influence of BTX

on bone signaling pathways that would support a systemic effect. Since the indirect effect of BTX was an

unexpected finding, this experiment was not designed to address its underlying mechanisms. Future

studies should measure metabolic, adrenocortical and physical activity to better understand the acute

weight loss following BTX injection in the adolescent mice.

As use of the BTX injection model of disuse in rodents increases, our results suggest it is important to

bear in mind the potential for indirect effects that may confound the interpretation of how the

elimination of muscle contractions influences bone adaptation. It is possible that the potent skeletal

effects of BTX treatment involved mechanisms other than the direct action of muscle loading on bone.

Moreover, the contralateral leg may not serve as an adequate control, and thus groups of uninjected

animals may need to be included as additional controls.

Our study was limited in that we only studied a single time point of 24 days post-injection to coincide

with maximal muscle atrophy and bone loss [110], so we cannot discern whether the relative effects of

hindlimb unloading, BTX-induced paralysis and indirect BTX effects would be the same at earlier or later

time points. Furthermore, we lacked in vivo longitudinal measurements of bone microarchitecture and
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muscle that would have allowed a more comprehensive examination of the rate and timing of bone and

muscle changes. Additionally, is important to note that BTX-induced paralysis leads to slightly reduced

ground reaction forces [109,186] (-11 to -23%) so it is not purely a model of reduced muscle forces.

In conclusion, combining hindlimb unloading and BTX injection resulted in the greatest musculoskeletal

impairment, though the direct effect of BTX was diminished when combined with unloading.

Administered individually, BTX-induced muscle paralysis appeared to have a greater detrimental effect

on bone than hindlimb unloading, but strong indirect effects on the uninjected legs of BTX-treated mice

confounded our interpretation of the relative contribution of forces from muscle contraction vs.

external loading to skeletal health.
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5 SKELETAL ADAPTATION TO PARTIAL WEIGHTBEARING

This work was previously published in:
Ellman, R., Spatz, J., Cloutier, A., Palme, R., Christiansen, B. A., & Bouxsein, M. L. (2013).
Partial reductions in mechanical loading yield proportional changes in bone density, bone
architecture, and muscle mass. Journal of Bone and Mineral Research, 28(4), 875-885

5.1 INTRODUCTION

According to the basic tenets of Frost's mechanostat theory [55,56], bone adapts its structure to

maintain the strain engendered by physiological loading within a threshold range. Studies using animal

models of over-loading (mechanical loading above the threshold range) have allowed further refinement

to the mechanostat theory by describing the dependence of bone formation on mechanical parameters

such as strain rate, strain frequency, strain magnitude, loading history, daily strain stimulus, and rest

insertion [142]. Animal studies have also been used to investigate musculoskeletal adaptation to under-

loading (loading below the threshold range) using: complete unloading of the hindlimbs via tail

suspension [114], denervation [178], tendon resection [168], cast immobilization [51] and muscle

paralysis via botulinum toxin A [186]. However the musculoskeletal responses to lesser degrees of

unloading are still ill defined for lack of a suitable animal model. Thus, fundamental questions regarding

the rate, extent, and distribution of disuse-induced bone loss and their dependence on a particular

mechanical stimulus level are as yet unanswered. Delineating the relationships between mechanical

stimuli and skeletal responses along this unloading continuum is crucial for mitigating deleterious

skeletal effects of reduced weightbearing associated with clinical conditions such as muscular dystrophy,

cerebral palsy, and stroke. Additionally, understanding this association can aid in assessing the risks of

musculoskeletal atrophy and injury resulting from space exploration in partial gravity environments [36].

To address this gap in knowledge, our group previously developed the partial weight suspension (PWS)

system [184] that enables long-term exposure of mice to partial loading while maintaining quadrupedal

locomotion. We implemented this model for one loading condition, 38% weightbearing, and reported

bone and muscle atrophy that was less for this partial weightbearing condition than prior studies

employing tail suspension via tail suspension [184]. However, this work did not explore a range of

partial loading levels or compare outcomes directly to a traditional model of unloading, namely hindlimb

unloading (HLU) via tail suspension. Additionally, gait characterization was incomplete, as only gait

kinetics was measured without assessing how partial weightbearing (PWB) might affect gait kinematics.

Thus, the overall goal of this study was to employ the PWS model to further explore musculoskeletal

adaptation along the continuum of loading between disuse and normal weightbearing. Our primary
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question was whether variable partial weightbearing differentially influences muscle atrophy and bone

loss. In particular we hypothesized there would be a linear relationship between the extent of

weightbearing and the degree of bone and muscle loss. In addition, we furthered characterized the PWS

model by studying gait kinematics, systemic stress, and the effect of the harnessing apparatus itself on

bone and muscle outcomes.

5.2 METHODS

5.2.1 THREE-WEEK PWB STUDY DESIGN AND MUSCULOSKELETAL OUTCOME ASSESSMENTS

Overview of study design

We exposed adult mice to 21 days of partial weightbearing at 20%, 40% and 70% body weight, or total

hindlimb unloading and measured bone and muscle adaptation using dual-energy X-ray absorptiometry

(DXA), micro-computed tomography (iiCT), mechanical testing and muscle mass measurements. Two

additional fully loaded groups, one harnessed at 100% weightbearing and another in standard vivarium

cages, were included as controls. The protocol was approved by the Beth Israel Deaconess Medical

Center Institutional Animal Care and Use Committee.

Partial Weightbearing model

Two to three days prior to suspension, mice in the PWB

groups were placed in a forelimb vest and singly housed

in standard vivarium cages for acclimation. On day 0,

mice were placed in a two-point partial weight

suspension rig (Figure 5.1a), as described previously

[184]. Briefly, the harness was connected to the mouse

in two locations, using a tape wrap at the tail base and a

hook on the dorsum of the forelimb vest, and attached

through a spring to a wheel with linear freedom along a Figure 5.1a)

rail across the top of a cage. The same custom 12"-cube maintains th
orientation w

cages were used for both PWB and HLU groups. bodyweight
support rod ~

Adjustments to actual weightbearing, or effective mass, b) Hindlimb L

were made by threading the spring through its support mouse by thE
touching the

thereby changing the length of spring. Effective mass

was measured during stationary standing while harnessed over a scale.

b

Partial weightbearing harness
? mouse in a quadrupedal
hile partially offloading

using a spring connected to a
via a wheel. Reproduced from [184].
nloading harness suspends the
tail to prevent the hind paws from

ground.
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Hindlimb Unloading model

HLU animals were suspended by their tail for total unloading of the hindlimbs (Figure 5.1b), following

the recommendations of Morey-Holton et al. [115]. Briefly, under inhaled isoflurane anesthesia, wound

closure strips were used to tape the tail to a swiveling rig hung from a wheel that ran along a rail across

the top of a custom cage. The rig was adjusted such that the animal could not touch its hind paws to the

floor, thereby fully unloading the hindlimbs. In the resulting roughly 30 degree head down tilt, forelimb

contact with the cage floor was preserved, allowing the animal to move freely about the cage.

Animals and experimental design

One hundred thirty-one skeletally mature (11 weeks old at start of unloading) female C57BI/6J mice

were obtained from Jackson Laboratories (Bar Harbor, ME) and allowed to acclimatize for one week

before being assigned by body mass to one of 6 groups. We subjected four groups to decreased loading:

partial weightbearing at 20% of body mass (PWB20, n=20), 40% of body mass (PWB40, n=21) or 70% of

body mass (PWB70, n=18); or hindlimb unloading via tail suspension (HLU, n=25). We also included two

control groups: a 100% weightbearing group in the PWS harness (PWB100, n=10) to determine the

effect of the harness alone, and age-matched mice that were group-housed in standard vivarium cages

(CON, n=37). Standard rodent chow and water were provided ad libitum. Body mass was monitored

daily for the first 5 days of suspension in HLU and PWB groups. CON mice were weighed twice per week,

as were HLU mice after the initial 5 day monitoring period. Body mass measurements were continued

daily for PWB groups and adjustments to spring length were made as necessary to match each animal's

effective mass to the desired percentage of its body mass (i.e. 20,40, 70 or 100% weightbearing). At the

end of the 21 day study, mice were euthanized via carbon dioxide immersion and exsanguinated via

cardiac puncture.

Bone mineral density by dual-energy X-ray absorptiometry

Bone mineral density of the total body (exclusive of the head) and hindlimb (from femoral neck to ankle)

was assessed by dual-energy X-ray absorptiometry (DXA, PIXImus 11; GE Lunar, Madison, WI, USA) at

baseline and sacrifice.

Ex vivo muscle measurements

Upon sacrifice, the gastrocnemius and soleus muscles were dissected bilaterally and wet mass was

measured. Right and left muscle masses were averaged and normalized by terminal body mass (mg/g).

Micro-computed tomography
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Left femora were dissected, cleaned of soft tissue, and wrapped in saline soaked gauze. Samples were

stored frozen at -20*C until scanning. Cortical and trabecular bone microarchitecture of the femur were

assessed according to published guidelines [18] using high-resolution micro-computed tomography

(pCT40; Scanco Medical, Switzerland) with a 12-pm isotropic voxel size, as described previously [60].

Images were acquired at 70 kVp and 114 mA, and 200 ms integration time. Two volumes were analyzed:

distal metaphysis (beginning 240 pm from the proximal end of the distal growth plate, extending 1800

pm proximally) and midshaft (beginning at 55% of the bone length, extending 0.6 mm distally). Gaussian

filtration was applied to the gray-scale images (a = 1, support = 2 for distal metaphysis; a = 0.8, support

= 1 for midshaft). The trabecular and cortical bone were identified using automated algorithms and

segmented using a global threshold of 247 and 672 mg HA/cm 3, respectively, for all scans.

Morphological analyses were performed on the binarized images using direct, 3D techniques that do not

rely on any assumptions about the underlying structure [72-74]. Morphometric variables of cancellous

bone included bone volume fraction (Tb.BV/TV, %), trabecular thickness (Tb.Th, mm), trabecular number

(Tb.N, mm 1), structure model index (SMI), and degree of anisotropy (DA). Cortical bone morphology

measurements included average cortical thickness (Ct.Th, mm), total cross-sectional area (Tt.Ar, mm 2 ),

cortical bone area (Ct.Ar, mm 2 ), cortical area fraction (Ct.Ar/Tt.Ar, %), and polar moment of inertia (J,

mm 4).

Mechanical testing

Left femurs were mechanically tested to failure in three-point bending. Fresh-frozen femora were

thawed to room temperature then centered longitudinally, with anterior surface on the two lower

support points spaced 10 mm apart [22]. One of two materials testing systems (MTS Bionix 200 with 100

N load cell, MTS Systems, Eden Prairie, MN; Bose ElectroForce 3200 with 150 N load cell, Bose

Corporation, Eden Prairie, MN) was used to apply a flexion moment in the anterior-posterior plane at a

constant displacement rate of 0.03 mm/sec until failure. Force-displacement data were acquired at 30

Hz and used to determine maximum force (N), stiffness (N/mm), and estimated Young's Modulus (MPa).

5.2.2 MEASUREMENT OF ADRENOCORTICAL ACTIVITY WITH PWB

Following the same experimental design as described above, 34 mice were assigned to HLU (n=5),

PWB20 (n=4), PWB40 (n=5), PWB70 (n=5), PWB100 (n=5), and CON (n=5) groups. An additional control

group, CON1, consisting of mice singly-housed in standard vivarium cages (n=5) was included to test for

stress induced by single housing. Feces were collected from each individual animal on day 0 (pre-

suspension), and 1, 2, 3, 5, 8, and 10 days after suspension, except in the case of the CON group from
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which only one sample per timepoint could be acquired due to group housing. Cage flooring was

cleaned 24 hours before sampling.

A 5a-pregnane-33,110,21-triol-20-one enzyme immunoassay (EIA) for measuring fecal corticosterone

metabolites (FCM) was used to measure adrenocortical activity, as described previously [171,172]. The

fecal corticosterone metabolites reflect adrenocortical activity of prior 24 hours.

Statistical analysis

All data were checked for normality and reported as mean standard deviation, unless otherwise noted.

Group differences were considered significant at p0.05. We tested for group differences in body mass,

BMD and fecal corticosterone levels at baseline among groups using one-way ANOVA. Longitudinal

changes in body mass from day 0 were analyzed using repeated measures ANOVA with post-hoc testing

for pair-wise differences. One-sample t-tests were used to determine if percent changes in BMD from

baseline were different from zero. To test for any differences from the control group, we compared

unloaded groups to CON using ANOVA with a two-sided Dunnett post hoc analysis. We used ANOVA to

determine the effect of unloading level on ex vivo bone and muscle outcomes in the PWB20, PWB40,

PWB70, and PWB100 groups, with Scheffe post-hoc tests for pairwise comparisons. We used two-tailed

t-tests to determine whether bone and muscle outcomes differed between HLU and PWB20. To test for

linear association with weightbearing we used linear regression and confirmed that the residuals were

normally distributed with equal variance over the range of expected values.

Corticosterone metabolite measurements were averaged for each mouse from Days 1 to 3 and from

Days 5 to 10 and differences among groups for each timepoint were determined using ANOVA with

post-hoc testing. Missing data for one PWB100 animal on day 8 was filled in by averaging the values for

days 5 and 10.

5.3 RESULTS

5.3.1 EFFECTS OF PARTIAL WEIGHTBEARING ON THE MUSCULOSKELETAL SYSTEM

The unloading interventions were generally well-tolerated. Three mice (two HLU and one PWB20) were

removed from the study due to excessive self-inflicted injury at the harness attachment point(s).

Body mass

Baseline body mass (19.5 1.3 g) did not differ among groups. Body mass declined slightly (less than -

2%) in HLU, PWB20, and PWB40 groups within the first 7 days (p<0.05, Figure 5.2). By day 21, body mass
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returned to baseline levels in PWB20 and PWB40, but not in HLU (-3.7 4.8%; p<0.005). PWB70,

PWB100, and CON gained body mass transiently during the study (+ 1.5 to 2.7%, p<0.05), but each of

these groups concluded the study at their baseline body mass.

20.5

20

.19.5 -HLU

- PWB20

2 19 PWB40

'I 0<u PWB7018.5 PWB100

--- -CON

18

17.5 -

0 5 10 15 20 25

Figure 5.2. Effect of unloading intervention on body mass. Each data point represents the
average of +/- 2 days SE. Asterisk denotes significant difference (p<0.005) from
baseline at day 21.

Muscle mass

Compared to CON and PWB100, muscle weights were significantly lower in all partially unloaded groups

(i.e. PWB20, PWB40, PWB70; p<0.05 for all, Figure 5.3). Furthermore, final soleus and gastrocnemius

masses were linearly associated with weightbearing (p<0.0001, R 2 = 0.38 and 0.41, respectively, Figure

5.4). Soleus and gastrocnemius muscle mass were 30% and 4%, lower (p<0.05), respectively, in HLU than

PWB20. Muscle atrophy was greater in the soleus than the gastrocnemius. For example, soleus and

gastrocnemius weight were 22% and 10% lower, respectively, in PWB20 compared to PWB100.

The PWS harness itself had minimal effects on muscle mass, as soleus wet weight was similar in the

PWB100 and CON groups, though gastrocnemius wet weight was slightly lower in PWB100 vs. CON (-

3.3%, p=0.03).
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Figure 5.3. a) Soleus and b) gastrocnemius wet mass normalized by body mass (mean SE).
*=different from CON (p<0.05), #= HLU different from PWB20, PWB40, PWB70, and

PWB100 (p<0.05), brackets = pairwise differences between PWB groups (ANOVA with

Scheff6 post-hoc, p<0.05)

Bone Mineral Density

Total body and hindlimb BMD were comparable among all groups at baseline. Total body BMD increased

in CON mice (4.7 2.8% vs. baseline; p<0.0001), whereas PWB100 controls did not change significantly

from baseline (-1.7 + 2.7%, p=0.08 vs. baseline; p <0.001 vs. CON). Unloading, either by PWB or HLU, led

to declines in BMD that were different from CON (Figure 5.5). Further, within the PWB groups, the

declines in total body BMD were linearly related to weightbearing, with a 0.78 0.1% decrease in BMD

for every 10% decrease in percent weightbearing (p<0.0001, R 2=0.42, Figure 5.5a, Figure 5.4). Similar

patterns, but greater in magnitude, were seen for the leg region, with a 1.2 0.2% decrease in hindlimb

BMD for every 10% decrease in weightbearing (p<0.0001, R2=0.42, Figure 5.5b, Figure 5.4). BMD

declined less in HLU than PWB20 for the total body (-5.7 3.0% vs. -7.9 + 2.7%, p=0.02), but declined

similarly at the hindlimb (Figure 5.5b).

Of note, there was a strong correlation (r=0.75) between gastrocnemius mass and percent change in

hindlimb BMD of all groups.
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Figure 5.4. Relationship between weightbearing and the changes in bone and muscle outcomes

after 21 days of partial weightbearing at 20%, 40%, 70% or 100% body weight. a) Soleus

and gastrocnemius muscle mass normalized by body mass. b) Bone mineral density

(BMD) of the total body and hindlimb. c) Trabecular bone volume fraction (BV/TV) and

thickness of the distal femur. d) Cortical area and thickness of the femur midshaft.

Equations of the best fit line are displayed for linear regressions that were significant

and residuals were normally distributed with equal variance over the range of expected

values.
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Figure 5.5. Percent change in a) total body and b) hindlimb bone mineral density from baseline to

day 21 (mean SE). *=different from CON (p<0.05), =HLU different from PWB20,
PWB100 (p<0.05), #= HLU different from PWB70, PWB100 (p<0.05), brackets = pairwise

differences between PWB groups (ANOVA with Scheffa post-hoc, p<0.05)

Bone Microarchitecture

The PWS harness alone had no influence on trabecular bone volume or microarchitecture, however a

few cortical bone parameters were slightly lower in PWB100 compared to CON, including femoral

midshaft and metaphyseal cortical thicknesses (-7 to 8%, Table 5.1).

As was seen with BMD, in the PWB groups, trabecular bone volume and microarchitecture at the distal

femur tended to deteriorate in proportion to the degree of unloading, such that Tb.BV/TV was 27%

lower in PWB20 than PWB100 (Table 5.1, Figure 5.6a). Indeed, distal femur Tb.BV/TV was linearly

associated with weightbearing level (R 2 =0.20, p<0.0001, Figure 5.4). Specific microarchitectural changes

associated with unloading included trabecular thinning resulting in more rod-like, less aligned

trabeculae. With regard to cortical bone morphology, unloading did not impact total bone cross-

sectional area, but did lead to significantly lower cortical bone area (-18 to -24%) and a thinner cortex (-

15 to -23%) at both the femoral mid-diaphysis and distal metaphyseal regions compared to PWB100
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(Table 5.1, Figure 5.6b). Partial unloading also led to significant reduction in polar moment of inertia

compared to CON. Cortical area of the femoral midshaft was linearly associated with weightbearing

(R 2=0.24, p<0.0001, Figure 5.4).

Mice exposed to HLU had significantly worse bone microarchitecture compared to CON, but either

similar or slightly better trabecular and cortical bone morphology compared to PWB20 (Table 5.1, Figure

5.6). For example, at the distal femoral metaphysis, HLU mice had higher Ct.Th, Ct.Ar, and Ct.Ar/Tt.Ar

and more plate-like trabecular structure than PWB20 (p<0.008).
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Figure 5.6. Femur microarchitectural measurements of a) trabecular bone volume fraction at the

distal metaphysis and b) cortical thickness of the mid-diaphysis (mean SE). *=different
from CON (p<0.05), #= HLU different from PWB100 (p<0.05), brackets = pairwise

differences between PWB groups (ANOVA with Scheff6 post-hoc, p<0.05)
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Table 5.1. Effect of HLU and PWB on cortical and trabecular bone microarchitecture at distal femur and
femoral midshaft (mean SD).

HLU

(n=23)

Trabecular
BV/TV [%] 8.00 1.9*

PWB20

(n=19)

PWB40

(n=21)

PWB70

(n=18)

PWB100

(n=10)
I' I

7.27 1.6*a,b 8.57 1.3* 8.88 1.9* 9.94 2.0

CON

(n=37)

10.31 1.4

Tb.N [1/mm] 3.72 0.23 3.62 0.24* 3.76 0.22 3.68 0.26* 3.76 0.30 3.86 0.14

Tb.Th [prm] 47.2 2.9* 47.2 3.0*a 48.9 3.2*a 49.5 3.7*a 53.5 1.3 53.1 2.5

SMI 3.03 0.20c 3.23 0.20* 3.07 0.14 3.05 0.22 3.05 0.23 2.97 0.21

DA

Cortical

Ct.Th [im]

Q)

1.25 0.06*

134 6*

1.24 0.05*a,b 1.27 0.05*

131 5*a

1.29 0.05

137 9*a 137 9*a

1.31 0.07

149 14*

1.32 0.05

161 8

Tt.Ar [mm 2 ] 1.56 0.10 1.55 0.08 1.54 0.10 1.59 0.06 1.59 0.08 1.57 0.07

Ct.Ar [mm 2 ] 0.55 0.03* 0.54 0.03*a 0.56 0.04*a 0.57 0.04*a 0.61 0.05* 0.66 0.03

Ct.Ar/Tt.Ar [%] 35.5 1.6* 34.8 1.1*a 36.2 2.2*a 35.7 1.9*a 38.6 3.0* 41.7 1.7

J [mm 4]

ru
U)

0.24 0.03*

Ct.Th [pmj 98 5*c

0.23 0.03*a

93 4*5

0.24 0.03*a 0.25 0.02*

98 5*5 98 7*'

0.27 0.03

111 9*

0.28 0.02

121 6

Tt.Ar [mm 2 ] 2.51 0.15 2.48 0.12 2.53 0.17 2.57 0.10 2.59 0.12 2.50 0.12

Ct.Ar [mm 2 ] 0.57 0.03*c 0.54 0.04*a 0.57 0.04*a 0.57 0.04*a 0.66 0.06* 0.71 0.05

Ct.Ar/Tt.Ar [%] 22.7 1.3*c 21.6 1.3*a 22.5 1.7*a 22.3 1.3*a 25.5 2.1* 28.5 1.9

*Different from CON by ANOVA among all groups, Dunnett post-hoc test (p<0.05)
aDifferent from PWB100; bDifferent from PWB70 by ANOVA among 4 PWB levels, Scheff6 post-hoc test
(p<0.05)
'Difference between HLU and PWB20 (p<0.05) by t-test
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Femoral Bone Strength

Femoral bone biomechanical properties were similar in CON and PWB100 (Table 5.2). Maximum force (-

19 to -21%) and stiffness (-14 to -20%) were lower in all partially and fully unloaded groups relative to

CON (p<0.0001 vs. CON, Table 5.2), but comparable to each other. Estimated elastic modulus did not

differ among all groups.

Table 5.2. Effect of unloading on femoral diaphysis three-point bend testing (mean SD).
HLU PWB20 PWB40 PWB70 PWB100 CON

Stiffness [N/mm] 43.1 6.4* 46.0 4.1*a 43.0 6.4*a 44.3 6.6*a 53.9 7.8 53.5 7.0

Maximum Force [N] 9.5 0.9* 9.6 0.8*a 9.8 0.9*a 9.8 0.9*a 11.5 1.0 12.1 1.0

Estimated Young's 7.9 2.0 9.2 3.1 7.9 1.8 9.5 2.3 8.4 2.2 8.7 2.6

Modulus [GPa]

*Different from CON by ANOVA among all groups, Dunnett post-hoc test (p<0.05)
a Different from PWB100 by ANOVA of 4 PWB levels, Scheff6 post-hoc test (p<0.05)

5.3.2 EFFECTS OF PARTIAL WEIGHTBEARING ON ADRENOCORTICAL ACTIVITY

All groups had the same baseline level of fecal corticosterone metabolites (FCM). CON1, the mice singly

housed in standard cages, had the lowest FCM levels for the duration of the experiment though we

could not determine if this was significantly less than the group-housed CON due to the single CON

measurement at each timepoint (Figure 5.7). All HLU and PWB groups had higher FCM levels than CON1

throughout the study (p<0.05). Further, for Days 1-3, FCM levels in HLU were higher than all PWB groups

(p<0.05). For days 5-10, FCM levels in HLU decreased to the same level as those in PWB20, PWB40, and

PWB100, but remained significantly higher than PWB70 (p<0.05). All PWB groups had the same

measured FCM levels for both time blocks, except concentrations in PWB20 were higher than PWB70

and PWB100 on days 5-10 (p<0.05).
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5.4 DIscussION

We investigated the influence of reduced weightbearing on the musculoskeletal system by comparing

the bone and muscle adaptation to three levels of partial weightbearing with that of hindlimb unloading

and fully weightbearing controls. We hypothesized that partial weightbearing would differentially

attenuate muscle atrophy and bone loss as compared to full unloading, and more specifically, that there

would be a linear relationship between percent weightbearing and degree of bone and muscle loss.

Further, we hypothesized that the partial weight suspension apparatus itself would have no effect on

bone and muscle tissue.

Within the PWB groups, we found a strong dependence of most bone and muscle outcomes on the

degree of partial weightbearing. Of the variables that were influenced by loading, all decreased

monotonically with decreasing weightbearing. Further, calf muscle mass, total body and hindlimb bone

mineral density, femoral trabecular bone volume and cortical bone area met statistical criteria to be

linearly related to weightbearing. For the longitudinal measurements (total body and hindlimb BMD)
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approximately 40% of the variation in bone loss was explained by the level of partial weightbearing.

Although highly significant, the partial weightbearing level explained less of the variation in bone and

muscle parameters measured at the end of the study, likely reflecting the inter-animal variation at

baseline not accounted for by end of study measures. It is not surprising that the PWB level did not

explain more of the variation in bone and muscle loss given the rough measure of bone loading that is

provided by the static ground reaction forces (e.g. PWB level). The variation in bone and muscle

outcomes at each weightbearing level are likely due to the heterogeneous loading experienced by the

mice since activity level, and therefore number of strain cycles and total strain stimulus, could not be

controlled.

We addressed whether the PWS harness alone influenced musculoskeletal outcomes. While most

outcomes did not differ between group-housed controls and mice harnessed in the suspension rig but

fully loaded to 100% of their body weight, there were minor differences in some parameters. These

differences were not observed previously when we used a jacketed, but not harnessed, control [1841. It

is possible that the changes we found were brought about by experimental conditions causing

disturbances in stress because harnessed mice had higher stress levels than singly housed mice, but

maintained total body mass consistent with the controls. Also, there are other mechanical factors that

may have contributed to these observations. The harness, while providing 100% loading as measured

during static weightbearing on a scale, could have affected the animals' overall physical activity leading

to a decrease in total dynamic loading. Additionally, whenever the animal ventured away from the

central axis of the cage thus stretching the harness, the restoring force of the spring would partially

unload the animal relative to its distance from the center. A low spring constant was chosen to minimize

this restoring force, estimated to be a maximum of 32% of body weight in the vertical direction at the

furthest edge of the cage. Taken altogether, there may have been a systemic or mechanical unloading

effect of the harness in the fully weightbearing control group and results should be interpreted with this

in mind. Still, only a few bone and muscle outcomes were altered with the harness and any differences

between PWB100 and CON were greatly exceeded by the impact of reduced weightbearing.

Comparison of partial weightbearing to hindlimb unloading led to several interesting observations.

Muscle atrophy was greater in HLU than PWB20, as expected. However, contrary to our initial

hypothesis, hindlimb bone mineral density and microarchitecture of tail suspended animals fared as well

or better than those of mice bearing 20% of their body weight. This result was unexpected based on the

paradigm that mechanical loading provides the primary stimulus for musculoskeletal maintenance, the
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high correlation between muscle and bone measures, and the assumption that mechanical loading is

less for HLU mice than PWB20. One possible explanation is that HLU mice were not truly loaded less

than PWB20, as the unloaded hindlimb continued to receive stimulation through muscular contractions

acting against limb inertia. Our previous study using a model of extreme unloading combining HLU with

botulinum toxin-induced muscle paralysis (Chapter 4) informs this speculation. We found that muscle

activity during HLU does provide a stimulus for skeletal maintenance relative to absolute unloading. The

removal of muscle forces with BTX injection led to an additional BMD loss of 12.4% in the hindlimb,

which greatly exceeds the difference in BMD loss between HLU and PWB20 of about 1% (NS).

Therefore, HLU is not a true "unloading" model and cannot be considered a reference point of "zero"

weightbearing.

Yet it is paradoxical that HLU mice experienced greater muscle atrophy but maintained higher bone

mass than PWB20. This discrepancy between relative changes in bone and muscle evokes an alternative

explanation that systemic factors influenced the muscle/bone interactions. Possible systemic factors

that may play a role include elevated corticosterone levels and cephalad fluid shift. High glucocorticoid

levels are catabolic to both bone and muscle. Based on our measurements of fecal corticosterone

metabolites, both PWB20 and HLU groups had elevated adrenocortical activity throughout the

experiment, but stress was higher in HLU for the first 3 days and thus is not consistent with lesser bone

loss seen in HLU. Cephalad fluid shift is induced by HLU due to the approximately 30* head-down tilt, but

is not duplicated by PWS. It has been proposed that this fluid shift leads to increased perfusion of the

cephalically located skeleton providing an osteogenic stimulus [35,176], which may cause the release of

anti-catabolic factors systemically. While speculative, this in turn might offset the skeletal effects of

unloading in the hindlimbs while not affecting muscle. Ultimately, we lack a suitable explanation for the

discrepant muscle and bone changes with HLU. Yet it is certain that hindlimb unloading is not equivalent

to 0% partial weightbearing; and that the PWB and HLU models are functionally different.

The PWS model is well suited to test the tenets proposed by Frost in the mechanostat theory.

Specifically, the theory asserts the existence of a "lazy zone" in which bone mass does not change over a

wide range of normal strain, bounded by a lower threshold of minimum effective strain at 50-200 pIE and

an upper threshold of 2000-3000 pE [56]. These values may not be as hard-and-fast as Frost originally

proposed; rather the thresholds vary with different skeletal locations, age, sex, and other factors [157].

Nevertheless, it is informative to explore the concordance, or lack thereof, between our results and this

simplistic theory. Thus, a conservative estimate of the width of Frost's lazy zone is 200 to 2000 pE, or in
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other terms, 18 to 182% of the median strain. However, we saw definitive reductions in bone mass,

architecture, and strength with a decrease in weightbearing by as little as 30% (i.e. PWB70). For bone

remodeling to have occurred, the lower threshold must be higher than 70% of normal weightbearing.

Thus the data support a physiologic window of normal strain stimulus, or "lazy zone," much narrower on

the underloading side than that proposed by Frost. Furthermore, if it were assumed that the bone

changes identified in the skeletons of PWB100 animals resulted from minor reductions in loading, then

the lower strain threshold would have to exist very close to normal weightbearing strain. This is

consistent with Lanyon's hypothesis of bone adaptation [99,147] and supported by a recent study in

which sciatic neurectomized mice received axial loading to different peak loads and resultant bone

mass/strength measures were linearly related to peak load, with no evidence of a lazy zone [166].

Another recent study using constrained overloading of mouse caudal vertebrae determined that local

mechanoregulation does not show any evidence of a lazy zone [150]. If this theory were true, extended

minor reductions in physical activity would be suggested to cause proportionate degrees of bone loss.

While bed rest has clearly been shown to reduce bone mass, periods of relatively reduced activity, such

as that which may occur during hospitalization [94] or winter months [8], should also be considered as

risks to bone health.

The relationship between magnitude of weightbearing and degree of bone loss is informative for

estimating bone loss in astronauts living in the 3/8 and 1/6 G environments of the moon and Mars. A

current fracture prediction model by Nelson et al. assumes, conservatively, that bone is lost throughout

moon and Mars missions at rates observed with microgravity exposure until a minimum bone mass is

reached [121]. These data can be incorporated in such a model to refine estimates of bone loss.

The maintenance of normal bone loading patterns - through preserved quadrupedal gait kinematics,

with a reduction in magnitude - through partial weightbearing, is an important advantage of this partial

weightbearing model. In other models that employ external loading to modify the mechanical

environment, there is a mismatch in strain distribution between normal loading and experimentally

applied loading, which often leads to regional variability in effects on bone and complicates

interpretation [116,117,166]. The expected preserved strain distribution in this model resolves the

problem of not knowing how the experimental loading differs from normal. Thereby, partial

weightbearing can be a powerful tool in discriminating regional differences in bone's sensitivity to

mechanical signals, an attribute that is explored further in subsequent chapters.
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This study has several limitations. The PWS harness could be improved by the use of a dual-axis rig that

would allow the mouse to move about all areas of the cage with a constant unweighting force. Second,

since it is putatively mechanical strain to which bone responds, it would be important to quantify the

strains engendered at varying weightbearing levels to relate bone adaptive changes reported here to

alterations in the local mechanical environment. Finally, we investigated only one timepoint and future

studies involving multiple timepoints are needed explore the time-dependence of musculoskeletal

adaptation. Despite these limitations, we showed that the PWS model is highly effective in applying

controllable, reduced, long-term loading that produces predictable, discrete adaptive changes in muscle

and bone of the hindlimb. This is the first study with the PWS model to include a concurrent hindlimb

unloaded group, allowing for comparison to an established model of disuse-induced loss, and a PWB100

control group, to account for the independent effect of the PWS harness. Finally, we demonstrated that

the PWS system is less stressful than hindlimb unloading by measuring fecal corticosterone metabolites.

In conclusion, this study used a partial unloading model to demonstrate that bone and muscle loss are

linearly related to the degree of unloading, as measured by static weightbearing. Using this tunable

model we were able to thoroughly describe bone and muscle adaptation for loading magnitudes in the

spectrum between total unloading and normal mechanical loading for the first time, and found that

even a load reduction to 70% of normal weightbearing was associated with significant bone

deterioration and muscle atrophy. The partial weightbearing model will be useful for future studies

investigating the specific local mechanical signals (Chapters 6-8), systemic hormones, and molecular

mechanisms that contribute to disuse-induced bone loss and muscle atrophy.
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6 LOCAL MECHANICAL ENVIRONMENT IN PARTIAL WEIGHTBEARING

6.1 INTRODUCTION

To further interpret bone adaptation following reduced mechanical loading in partial weightbearing, it is

necessary to examine skeletal loading and resulting strains during normal daily activity in PWB. In

Chapter 5, the functional adaptations of bone and muscle resulting from PWB were described as a

function of percent weightbearing, characterized only by the mouse's weight on four limbs during quiet

standing on scale during daily harness adjustment. To explore fundamental questions regarding bone

mechanobiology with underloading, it is necessary to translate the static reduced loading, as measured

by effective weightbearing on a scale, to the dynamic stimuli sensed by mechanosensors at the level of

the bone (Chapter 2).

In these studies, our overall objective was to quantify the dynamic in vivo mechanical environment of

the tibia for a mouse in the PWS harness. Assuming that walking provides the majority of loading to the

leg in caged mice, we focused on quantifying the biomechanics of mouse gait during PWB. Our specific

research questions were:

1. Gait kinetics: Do peak ground reaction forces decrease in proportion to static

weightbearing?

2. Gait kinematics: Is the walking motion affected by PWB?

3. Joint kinetics: Do joint forces and torques simply scale with PWB level?

To address these research questions, we measured gait kinetics and gait kinematics of mice walking in

the PWS harness at several levels of weightbearing. We then developed an inverse dynamics model of

the mouse hindlimb to estimate internal reaction forces and torques at the joints during gait.

In the following Chapter (Chapter 7), the net joint forces computed here serve as loading conditions in a

finite element model to compute the peak locomotory strains throughout the tibia at each PWB level.

6.2 EFFECT OF PWB ON GAIT KINETICS

6.2.1 METHODS: FORCE PLATE MEASUREMENTS

Animals

Two female C57BL/6J mice (Jackson Laboratory, Bar Harbor, ME) were housed in the BIDMC Research

North animal facility from 10 weeks of age. Beginning two weeks prior to testing, mice were trained on

five separate occasions to walk across the force platform without stopping. Nine days prior to testing,
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mice were placed in forelimb vests and allowed to accommodate for two days. One week prior to

testing, mice were fully harnessed in the PWS and allowed to accommodate at 100% weightbearing for

five days, then 20% weightbearing for two days. This gradual accommodation period ensured that mice

would be fully accustomed to the harness and exhibit the same gait characteristics as the mice in the

PWB skeletal adaptation study (Chapter 5). The mice were 12 weeks old at the time of the experiment.

Test set-up

A high precision force plate (HE6x6, AMTI, Watertown, MA), previously validated for use in mice [198],

was used to measure three-axis forces and moments at a digital resolution of 2.2 mN and 0.11 mN*m. A

1 cm long section of the force plate was isolated by covering the remainder of the force plate surface

with a raised wooden platform not in contact with the surface. This 1 cm long x 15 cm wide small active

area allowed for the isolation of individual footsteps, and was built up to the height of the raised

platform with lightweight plywood rigidly affixed to the force plate surface with strong double-sided

tape. Perforated plastic sheeting, the same material as the cage floor, was added to the top of both the

raised platform and the active strip to provide a grip-able surface and attain normal gait behavior from

the mice. A compact camera recorded all trials at 30 frames/second in order to later visually identify for

exclusion any trials in which the paw did not make full contact with the active area. The partial

weightbearing harness was suspended above the center axis of the force plate, at the same height

above the force plate surface as the height above the floor of the cage, on an extended rod to allow for

an unobstructed 60-centimeter range. A single transparent polycarbonate wall was erected along the

length of the walkway to encourage the mouse to walk in a straight line along the wall. As needed, a

hand was brought near the mouse to elicit movement, but otherwise the mouse walked freely at self-

selected speeds. Analog signals were collected with a data acquisition board (USB-6008, National

Instruments, Austin, TX) at 200 Hz using a custom-built LabVIEW (National Instruments) interface, and

voltages were converted to forces and moments based on a manufacturer-supplied calibration matrix.

Walking trials

The force plate was hardware-zeroed prior to testing to tare out the weight of the active strip.

Individual trials were recorded each time the mouse crossed the force plate. At least 10 trials were

recorded at each PWB level, beginning at 20% PWB then at 40%, 70% and 100%. Trials were then

repeated in the opposite order to account for any effect the preceding PWB level may have had on

walking behavior. Between sets of trials at each PWB level, the weightbearing was adjusted to the

desired PWB level with the mouse standing quietly on a scale, as was done in the adaptation study, and
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the mouse was given at least five minutes to accommodate at the new weightbearing level in its cage.

Following repeated PWB trials, the harness was removed piecewise and additional sets of trials were

conducted with the forelimb vest only ("Jacket") and finally with nothing on ("Normal").

Post-processing

Trials in which a forelimb and/or hindlimb paw made full contact with the active area of the force plate

were visually selected from the video recording and all others were excluded from analysis. In MATLAB

time series data were filtered at 20 Hz and peak anteroposterior, vertical and mediolateral GRFs of

forelimb and hindlimb footsteps were extracted. Forces were normalized by individual body mass and

reported as percent body weight (% BW). While hindlimb GRFs were of the greatest interest since the

skeletal adaptation in the femur and tibia are the focus of this thesis, forelimbs were also analyzed for

balance as the humerus, radius and ulna may be of future interest.

Statistical analysis

Means and pooled standard deviations were calculated, taking into account differences in the number

of trials per mouse at each condition. We used an unpaired student's t-test to test for differences

between the fore and hindlimb at a given loading condition. To test for any differences from the Normal

condition, we used an ANOVA with a two-sided Dunnett post hoc analysis, stratified by limb. We used

ANOVA to determine the effect of unloading level on GRFs in the 20%, 40%, 70% and 100%

weightbearing conditions, with Scheffe post-hoc tests for pairwise comparisons. All trials were treated

as independent observations.

To test for an association between normalized vertical GRFs and weightbearing, we used linear

regression and confirmed that the residuals were normally distributed with equal variance over the

range of expected values.

6.2.2 RESULTS: GROUND REACTION FORCES OF THE FORELIMB AND HINDLIMB WITH PWB

Vertical GRFs in the Normal condition were 61.3 10.3% and 56.6 7.8% BW for the fore- and hindlimb

(p=0.12, fore vs. hind, Figure 6.1), respectively. Vertical GRFs did not differ among fully-weightbearing

conditions (Normal, Jacket, PWB100), with the exception of a slight decrease for the forelimb at

PWB100 (-9%BW vs. Normal, p<0.01). Normal anteroposterior GRFs were 10.3 4.4% and 7.8 3.0%

BW in the fore- and hindlimb (p=0.18, fore vs. hind), respectively, and were the same at all fully-

weightbearing conditions except for a small increase in the hindlimb at PWB100 (+5% BW vs. Normal,
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p<0.01). Normal mediolateral GRFs were 9.0 2.9% and 13.6 4.8% BW in the fore- and hindlimb

(p<0.05, fore vs. hind), respectively, and did not differ among fully-weightbearing conditions.

As a percent of body weight, vertical GRFs in the hindlimb were 9.2 2.0% at PWB20, 19.8+3.0% at

PWB40, 38.66 .5% at PWB70, and 58.7 7.1% at PWB100 (p<0.05 between each PWB level, Figure 6.1).

As a percent of Normal (Figure 6.2), vertical GRFs were 16%, 35%, 68% and 104%, respectively. The

decrease in hindlimb vertical GRFs with decreasing PWB level was linear with R 2=0.77 and

slope=1.04 0.07 (p<0.0001). This demonstrates that the PWS model delivers the desired titration in

GRFs with a slight, but not significant, undershooting. Anteroposterior GRFs did not change with PWB

(p>0.08), but there was a trend towards an increase at the higher weightbearing levels. Mediolateral

GRFs decreased significantly and linearly with low PWB (p<0.001) in both the fore- and hindlimb.

In the forelimb, GRFs were very similar as in the hindlimb, exhibiting the same linear decrease in vertical

GRF with decreased weightbearing (R 2=0.87, Figure 6.2).

80 Vertical 80 Anteroposterior 80 Mediolateral
70 70 70 -

60 60 60 -
0 Fore

0 ~50-5
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40 40 40

30 30 30

20 20 20

10 10 10

Figure 6.1. Vertical, anteroposterior and mediolateral ground reaction forces of the

forelimb (blue) and hindlimb (red) as a percent of body weight (mean SD).
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Figure 6.2. Linear relationship between PWB level and vertical ground reaction force in
the forelimb (blue) and hindlimb (red).

6.3 EFFECT OF PWB ON GAIT CHARACTERISTICS

6.3.1 METHODS: GAIT KINEMATICS ANALYSIS IN THE VENTRAL PLANE

Gait characteristics were measured by high-speed video of the contact area of the paws (Figure 6.3)

while walking on a motorized transparent treadmill belt (DigiGait, Mouse Specifics, Quincy, MA), as

described in detail elsewhere [183]. Following a period of accommodation to the harness, five 12 week-

old female BALB/C mice were tested at a treadmill speed of 8.5 m/min at 5 different weightbearing

levels (20%, 40%, 60%, 80%, 100%) in a random order, then with the forelimb vest alone ("Jacket"), and

finally with no forelimb vest ("Normal"). Between each test, the mouse was given time to acclimate

while walking on the treadmill for about one minute. Gait parameters included stride length (cm),

stance width (cm), stance duration (% of total stride duration [% stride]), swing duration (% stride; equal

to 100 minus stance duration), and stance/swing ratio for both the forelimb and hindlimb. Left and right

limb measurements were averaged.
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Figure 6.3. Example ventral image of paw contact area on a transparent treadmill belt

for measurement of gait characteristics.

Statistical analysis

We assessed differences in gait parameters with repeated measures ANOVA in the 5 subjects, separately

for an effect of the harness (including 100% weightbearing, Jacket, and Normal only) and effect of

loading level (including 20%, 40%, 60%, 80%, 100% weightbearing trials only) stratified by limb (fore or

hind). Pairwise differences were determined using post-hoc tests with no correction for multiple

comparisons.

No data were collected from one mouse with the vest alone due to technical difficulties. Consequently,

that mouse was eliminated from repeated measures analyses involving that loading condition.

6.3.2 RESULTS: PWB GAIT BIOMECHANICS

Gait characteristics

There were no differences in gait parameters among the three 100% loading conditions (harnessed at

100% weightbearing, Jacket, Normal), except for stance width (p=0.03), which was modified with the

addition of vest alone (+30% and +6.5%, Jacket vs. Normal, p<0.05) and harness (+38% and -9.5%, PWB

vs. Normal, p<0.05) for the forelimbs and hindlimbs, respectively (Table 6.1). As expected due to the

design of the forelimb jacket, stance width was more affected at the forelimbs than the hindlimbs.

With decreased weightbearing, gait was characterized by a longer swing phase and shorter stance phase

(e.g., +27% and -10% at 20% PWB relative to 100% weightbearing, respectively), and a concomitant

decrease in stance/swing ratio for the hindlimbs only (Table 6.1). There were no changes in forelimb

stride time in swing and stance phases (p>0.2), though there was a trend towards decreased forelimb
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stride length with partial unloading (p=0.07). Stance width did not differ from the 100% weightbearing

(plus harness) condition for either fore- or hindlimbs during partial weightbearing (p>0.2).

Table 6.1. Gait measurements at different partial weightbearing conditions (mean SD).
20% 40% 60% 80% 100% Jacket* Normal

Forelimb

Stride length (cm) 3.92 0.65 4.96 0.33 4.56 0.40 4.56 0.30 4.24 0.70 4.91 0.40 4.16 0.59

Stance width (cm) 1.96 0.34 2.05 0.20 2.05 0.32 2.10+0.19 2.14 0.27 2.03 0.24 1.57 0.06"

Swing duration (%) 38.3 5.5 37.6 4.3 34.7 4.2 34.5 5.5 131.5 10.2 1 35.5 3.8 35.6 3.5

Stance/swing ratio 1.52 0.26 1.70 0.29 1.94 0.40 1.96 0.42 2.58 1.25 I 1.85 0.29 1.85 0.28

Hindlimb

Stride length 5.26 1.32 5.26 0.24 4.98 0.29 4.90 0.20 4.32 1.09 5.14 0.31 4.84 0.71

Stance width 2.75 0.37 2.69 0.21 2.80 0.25 2.82 0.16 2.54 0.15 3.00 0.22 2.77 0.17

Swing duration 33.9 6.3a 29.6 7.0 29.8 3.5a 27.4 4.6 26.6 3.3 23.9 2.3 26.0 3.7

abI a
Stance/swing ratio 2 .0 1 0 .68 b 2.55 0.91 2.44 0.37a 2.79 0.71 12.88 0.40 1 3.23 0.39 2.90 0.51

n=4 for Jacket condition

Among partial loading conditions: aDifferent from 100%, bdifferent from 80%; Among 100% loading

conditions: 'Different from 100%, 'different from Jacket

6.4 INVERSE DYNAMICS ANALYSIS

Since it is not currently possible to directly measure in vivo joint loads in animals as small as a mouse,

inverse dynamics is a convenient way to estimate internal loading of the hindlimb. Inverse dynamics is a

method to estimate joint forces and moments inversely from kinematic data (motion), anthropometric

parameters and external loading data. In this case of mouse gait, the input kinematic data are the joint

angles of the hindlimb and the external loading is the ground reaction forces measured via force plates,

and the limb is modeled as rigid interconnected segments of known length and inertia. The equations of

motion for each segment are solved iteratively from distal to proximal, deriving a net force and moment

at each joint necessary to produce the observed motions.

6.4.1 HINDLIMB JOINT ANGLES AND GRF INPUTS
6.4.1.1 METHODS

Test set-up

One C57B1/6 female mouse at 12 weeks old was video-recorded walking across the force plate using the

same test set-up as described in the Gait kinetics study (6.2.1), with some modifications. The mouse was

73



not, and never had been, in a PWB harness. A high-speed video camera (Phantom v7.1, Vision Research,

Wayne, NJ) positioned at the level of and perpendicular to the force plate was used to record footsteps

in the sagittal plane at 300 frames/second. Any out-of-plane motion was not quantified. Simultaneous

GRFs were recorded from the force plate and visually synchronized to the footstep based on the

precisely detectable events of initial foot contact and foot lift. A single hindlimb footstep was chosen as

representative and further analyzed.

Joint angle analysis

Angles of joints in the hindlimb throughout the stance phase of the single representative footstep were

measured from the digital video (Phantom Cine Viewer v2.5, Vision Research). The foot and distal end of

the lower leg were visible in the video, allowing for the direct measurement of ankle, metatarsal-

phalangeal (MTP), and toe-ground angles (Figure 6.4); loose fur-covered skin of the leg prevented the

visualization of the knee or hip joints. For the visible joints, reference points on the toes, foot, and distal

lower leg were tracked semi-automatically frame-by-frame and the angles between them were

measured. Hip and knee joint angle data from Leblond et al. [103] were used for the remaining obscured

joints, where slight adjustments were made via triangulation to maintain the expected hip height over

time. Time was normalized by step duration (time between sequential foot strikes), with time zero

corresponding to foot strike (beginning of stance).

Figure 6.4. Angle measurements of the toes-ground, MTP joint, and ankle joint on a single frame.

Synchronous ground reaction forces
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Simultaneous GRFs from the representative footstep were filtered at 20 Hz and post-processed in

MATLAB. For the first 20 ms of the hindlimb footstep, the ipsilateral forelimb was also in contact with

the force plate. GRF data points during this double stance phase were extrapolated by identifying on

video the moments of hindlimb foot strike and forelimb lift and linearly interpolating from 0 to the first

data point corresponding to hindlimb-only stance between the respective timepoints. The resulting

three-axis GRFs from foot strike to toe lift were normalized in time akin to the joint angles.

6.4.1.2 RESULTS

For the single representative footstep, stance duration was 184 ms and 65% of the step duration,

leading to a normalized stance time (as % of gait cycle) of 0.65. Joint angles of the hindlimb segments

during the stance phase vs. normalized time are shown in Figure 6.5a. Maximum angular excursion of

the joints throughout stance were 21, 37, 72 and 89 degrees for the hip, knee, ankle and MTP joints,

respectively.
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Figure 6.5.a) Hindlimb joint angles as a function of normalized time. b) Ground reaction forces

from the same footstep as a function of normalized time.

Ground reaction forces from the same footstep as measured by the force plate are shown in Figure 6.5b.

Vertical GRF peaked at 126 mN (66% BW) at 0.19 normalized time (29% of the stance phase), with a

faster loading phase than unloading phase. Anteroposterior GRFs were initially negative, or in the

direction of motion and corresponding to braking, then became positive at 0.28 normalized time (43% of

the stance phase) initiating the propulsive phase. Transverse forces were on the same order of

magnitude as the anteroposterior forces but principally directed laterally.

6.4.2 RIGID BODY MODEL OF THE MOUSE HINDLIMB
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A 2D multibody model (Figure 6.6) of the mouse hindlimb consisting of rigid segments connected at

simple pin joints was built in SimMechanics (Simulink, MATLAB R2010b, MathWorks, Natick, MA). The

rigid segments included upper leg, lower leg, foot and toes, whose length and mass were determined by

direct measurement of two female 16-week-old C57BL/6 mice with a body mass of 21.8 g (Table 6.2).

The inertia of each segment was estimated as a cylinder of uniform density, height equal to the segment

length and radius one-tenth its length. A pelvis segment was not included in the inverse dynamics model

since it was not necessary for determination of lower leg dynamics, so the hip joint center was

simulated as attached to the outside world via a prismatic joint with a vertical axis and actuated to

position the hip height at the desired level as a function of time. The hip angle, in turn, was defined as

the angle between the upper leg and the horizontal.

Longitudinal Table 6.2. Attributes of rigid body segments of
Shear Hip inverse dynamics model as measured directly from

Ankle Joint Joint two mice.

L Kn-tee To~i Segment Length Mass
oe oer Lg Ji(mm) (%BW)

Upper leg 14.55 3.38

Figure 6.6. Schematic of the four-link model of Lower leg 16.78 2.02

the mouse leg with longitudinal and shear axes Foot (ankle joint to MTP) 10 0.5

of the lower leg indicated. Toes (MTP to tip) 5 0.07

The model was then used to simulate normal and PWB gait at 20%, 40%, 70% and 100% weightbearing.

For every gait condition the same leg motion was used, since gait kinematics were found to be

consistent across different PWB levels. Joint angles and hip height as a function of normalized time from

one representative footstep (see 6.3.2) served as inputs to the joint actuators. Only vertical and fore-aft

(horizontal) GRFs were used as inputs to the 2D model; transverse forces were omitted. GRFs as a

function of normalized time (Figure 6.7) were derived from the same representative footstep of which

the gait kinematics were measured, such that kinematics and kinetics were properly synchronized. To

derive GRFs of each PWB condition, vertical GRFs were scaled from the representative footstep based

on the average peak vertical GRF of the PWB group as a percent of Normal, specifically 16.2%, 35.3%,

68.2% and 103.9% for PWB20, PWB40, PWB70 and PWB100, respectively (see 6.3.2). Horizontal GRFs

were the same for all PWB levels since peak horizontal GRF was unchanged with PWB. The point of

application of the GRFs was the center of mass of the toe segment.
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Figure 6.7. GRF inputs to inverse dynamics model for normal and PWB footsteps. Vertical GRFs
(green) of the PWB conditions were scaled from a normal footstep (bold) based on the
experimentally measured average peak GRF. Horizontal GRFs (blue) were the same for
all conditions and transverse GRFs (red) were set to 0.

Based on these external forces and leg motion, the resultant forces and moments at the joints were

computed. To account for the high force imparted on the tibia by the triceps surae (calf) muscle, an

additional longitudinal force component corresponding to the force in the calf muscle was added to the

resultant force. Since the ankle is a relatively simple joint in which only the calf muscle opposes the

ankle moment, the force in the calf muscle can be determined based on the muscle's moment arm (the

distance from the ankle joint center to the achilles tendon; r = 1.27 mm [132]) and the net ankle

moment (Met) with the equation [10]:

Fmuscie= -Mnet/r

6.4.3 RESULTS: INTERNAL JOINT FORCES AND MOMENTS AT THE KNEE AND ANKLE

Using a 2D rigid-body inverse dynamics model, we computed the internal forces and moments acting on

the tibia at the knee and ankle joints during the stance phase of gait under conditions of 20%, 40%, 70%

and 100% weightbearing as well as normal gait (Figure 6.8). For normal walking, longitudinal

(compressive) forces on the ankle peaked at 1298 mN at 19% of the gait cycle, the same point in time at

which the vertical GRF peaked. Shear (anteroposterior) forces at the ankle peaked at -110.1 mN at 21%

of the gait cycle, slightly after the peak of the longitudinal force. Corresponding to the proportional

decrease in vertical GRF with decreasing PWB, peak longitudinal joint forces were 18%, 37%, 69% and
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104% of normal for 20%, 40%, 70% and 100% PWB, respectively, at both the ankle and the knee. Shear

forces were lower than predicted by direct proportion, at 11%, 31%, 66%, and 104%. Joint forces were

slightly higher in magnitude at the ankle than the knee, generally. Overall, the peak net joint force

occurred at 19% of the gait cycle.

For normal walking, joint torques at the ankle peaked at -1.57 mN-m at 19% of the gait cycle and at the

knee peaked at -0.58 mN-m at 39% of the gait cycle. Torques tended to be greater at the ankle than the

knee due in part to the larger moment arm between the joint center and the point of action of the GRF,

i.e. the center of mass of the toe segment. The late peak in knee torque was due in part to the increase

in the GRF moment arm later during stance as the knee joint center moves anterior to the toe. With

decreasing PWB level, ankle torques decreased by the same proportions as for the joint forces, while

knee torques were 23%, 40%, 71%, and 104% of normal for 20%, 40%, 70%, and 100% PWB,

respectively.
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Figure 6.8. Joint reaction forces (top) and torques (bottom) for the ankle (left) and
knee (right) joints determined with inverse dynamics. For PWB conditions
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6.5 DIScUSSION

In these studies, we characterized the dynamic mechanical environment of the mouse hindlimb through

experimental measurement and modeling. We quantified the ground reaction forces, hindlimb

kinematics, and hindlimb joint kinetics in mice in PWB, and their dependence on PWB level. Overall, we

found that reductions in partial weightbearing level led to titrated decreases in ground reaction forces

and hindlimb joint loading in proportion to the desired weightbearing level while preserving a normal

walking motion.

To address our first research question regarding the relationship between ground reaction forces and

static weightbearing, we conducted experiments in mice walking across a force plate in the PWS harness

at varying levels of suspension. In both the hindlimb and forelimb, average peak vertical ground reaction

forces as a percent of normal were nearly equal to simple weightbearing level (determined by static

quiet standing on a scale), while anteroposterior GRFs were generally unchanged. The high correlation

between weightbearing and peak force demonstrates the desired dynamic loading of harnessed gait.

These findings lend credence to the PWB system's ability to precisely manipulate the loading of the

appendicular skeleton in a controlled manner, allowing for the study of bone adaptation in four limbs

with load magnitude as an independent variable over a full range of weightbearing as low as 20% of

body weight.

The magnitude of peak vertical GRFs with normal gait correspond well to the observations of others

[33,34,198]. Clarke et al. [34] reported mouse forelimb and hindlimb vertical GRFs range from about 60-

70% BW and 57%- 65% BW, respectively, increasing with an increase in gait speed from 14 to 43 cm/s.

At the relatively slow, self-selected gait speeds in this study (not reported), our measurements are on

the low end of, but within, this range of vertical GRFs.

Our results contrast with a previous study by Wagner et al. [184] of a mouse walking in the PWB harness

at 16%, 38% and 60% weightbearing, in which the reduction in peak vertical GRFs were larger than that

predicted by level of weightbearing (Figure 6.9). However, those data come from only 3 hindlimb

footsteps by a single mouse. Furthermore, the investigators used a force plate platform that was

covered in only cloth tape to improve traction. We found that modifying the surface with cloth tape - or

other materials such as contact paper, dried glue, roughened plywood - provided insufficient traction, to

which mice reacted by increasing their stance width, flexing their toes to engage their nails, and walking

slowly with a light touch. We covered the force plate surface in the same plastic perforated material as
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the cage flooring to attain the same walking behavior as mice exhibited when living undisturbed in their

PWB cage. Therefore, our assessment of gait kinetics is more representative than that of Wagner et al.

because it incorporates more trials from more subjects and corrects issue with the test set-up to

measure walking behavior characteristic of actual daily living.
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Figure 6.9. a)From the work of Wagner et al.: change in peak hindlimb force as a function of
gravity level, i.e. percent weightbearing, based on three footsteps by a single mouse
(reproduced from [184]). b) Contrasting results from the current study, in which vertical
ground reaction forces as a percent of normal were closely related to partial
weightbearing level.

Our second research question addressed the effect of PWB on the walking motion of the hindlimb. We

found that gait characteristics were largely unchanged with PWB. Only a small decrease (<10%) in stance

width and stance duration of the hindlimb were found at any PWB level. Therefore, since there were

only minimal differences in gait characteristics while walking at different PWB levels on a treadmill, we

used the same gait kinematics to represent the walking motion in normal mice and mice at all levels of

PWB.

Our study of gait characteristics was performed on a treadmill at a single belt speed. While kinematic

parameters have been found to differ with gait speed [70,153], we would not expect that relationship to

depend on weightbearing. It is possible, however, that self-selected gait speed during daily living in the

harness is dependent on PWB level, but we have not monitored cage activity to be able to measure gait

speed. Therefore, PWB could indirectly affect gait characteristics via its effect on gait speed.

Additionally, any dynamic effects of the harness were masked on the treadmill, as the mouse was

effectively running in place and the harness was generally stationary. During normal cage activity, the
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mouse is pulling around the harness and the restoring force of the spring is directed towards the central

axis of the cage. To minimize the effect this might have on the mouse's gait, the harness was engineered

to be very light (17.3 g) and have a low spring constant. Nevertheless, the gait characteristics measured

herein do not take into account the dynamic effects of the harness or gait speed.

To address our final research question, internal net loading in the hindlimb throughout the stance phase

of gait was modeled with inverse dynamics. The input motion was derived from high-speed video

analysis of a single normal footstep across a force plate, such that simultaneously recorded GRFs were

used as the input external loading. Because it was technically challenging to repeat the high-speed video

and simultaneous GRF analysis for every PWB condition to generate unique inputs to the inverse

dynamics model, we instead scaled the measurements from a normal mouse to represent the PWB

conditions. Gait characteristics as well as anteroposterior GRFs were found to be consistent across PWB

conditions, so only vertical GRFs vs. time were scaled based on the average peak vertical GRF at each

PWB level relative to normal. We believe that this method, preserving the synchronicity of the gait

kinematics and kinetics, was likely to be more accurate than using the gait kinematics of the normal

mouse and asynchronous GRFs measured from different trials of different mice.

The resulting net forces and moments at the ankle and knee joints decreased with decreasing PWB level,

but not by simple proportion. This is predictable since the anteroposterior GRFs and segment inertia did

not change with PWB level. Longitudinal forces, dominated by the calf muscle component, did decrease

in direct proportion to the input vertical GRFs. However, the decrease in joint torques was less than that

predicted by the vertical GRFs by a few percent. Since all loading components did not simply scale

directly with weightbearing level, the resulting strain pattern will, in theory, differ accordingly.

Gait kinetics in mice have not been described comprehensively, since until recently no commercially

available force plate was capable of measuring the multi-axial forces of very low magnitude in rodents

[198]. Vertical ground reaction forces have been most extensively characterized in small animals using

custom-built force plates and sensors [14,33,34,67]. The temporal aspects of the vertical GRF reported

herein are in excellent agreement with that of Clarke et al. (Figure 6.10a) but less aligned with that of

Zumwalt et al. (Figure 6.10b), where there was a more gradual post-peak unloading. In one report of

multi-axial forces over time in a mouse [198], anteroposterior forces initially peaked at -10% BW then

became positive halfway through stance and transverse forces exhibited a dual peak of approximately

the same magnitude (Figure 6.10b). While the temporal aspects differ slightly from those of our
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representative footstep, the peak magnitudes coincide. However, these comparison data - the only

available in the literature - are from a single footstep and the variation was not quantified.

To our knowledge, there is only one published work calculating the net joint forces and torques in mice

[132]. Prasad et al. used values from the literature for mouse anthropometry, gait kinematics and

ground reaction forces from disparate studies, which may have introduced considerable error due to

asynchronicity between motion and forces, discrepancy between segment lengths and joint angles, and

between external forces and segment masses. The current analysis is an improvement on that study,

since gait kinetics and kinematics were measured for the same footstep, and hindlimb segment mass

and length were measured from the same subjects and scaled by body mass. The axial and shear forces

at the distal tibia that they report peak at similar magnitudes as we calculated, but follow a different

temporal pattern.
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Figure 6.10. Ground reaction forces in mice. a) Clarke et al. measured vertical GRFs on two
staggered load cells (reproduced from [34]). b) Zumwalt et al. measured vertical (black),
anteroposterior (white), and transverse (dashed) GRFs on a single multi-axis platform
(reproduced from [198]).

We made some simplifications in the inverse dynamics model including: 1) the 2D model neglected any

out-of-plane motion and transverse forces, 2) the limb segments were modeled as rigid cylinders with

uniform inertia connected at frictionless pin joints, and 3) the ground reaction forces were applied to

the center of mass of the toe segment, since the center of pressure (COP) could not be accurately

measured with the force plate. These simplifications are commonly used in inverse dynamics models

[14,127,192] and are expected to have a minor effect on the outcome since transverse forces were

much lower than vertical forces and inertial forces were small. Furthermore, it was observed on high-
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speed video that the mouse contacted the ground only with its toes, limiting the maximum error of COP

location to 2.5 mm.

As with all inverse dynamics models, the calculated resultant joint forces and torques are effectively the

minimum that produce the given motion, and do not represent the activations of the many muscles that

are physiologically causing the motion. Since muscles have very short moment arms across joints, they

develop high forces relative to the dynamic inertial forces and contribute considerably to the bone

loading [24,125]. To neglect muscle forces would be to underestimate severely the joint loading.

Therefore, we chose to include the forces contributed by a single muscle group, the triceps surae (calf)

which originates at the posterior distal femur and proximal tibia/fibula and inserts in the calcaneus via

the Achilles tendon. The triceps surae generates ankle plantar flexion almost exclusively, and therefore

the muscle force can be simply calculated based on the ankle moment. We made the simplifying

assumption that the muscle line of action is coincident with the long axis of the bone. Including the

triceps surae led to a nearly 10x increase in the resultant axial force over that from inertial forces alone

during normal walking. With inclusion of the triceps surae, our estimates of compressive and shear

loading at the ankle joint in normal walking compare closely to those of Prasad et al. [132], who used

simriiiar riethods.

While our model is improved by accounting for the activation of the triceps surae, it does not account

for other muscles or muscle co-activation that would lead to increased joint (bone-to-bone) loading [21].

Modeling all muscles was beyond the scope of this thesis, as it would require the development of a

musculoskeletal model of the mouse hindlimb like that which is commonly used in humans [127] but

does not exist yet for mice. Future work in this area could refine the magnitude, location, and direction

of loading to the bone during gait. The loading estimated in this study is likely an underestimation of the

physiologic environment since it doesn't account for antagonistic muscle activity, but captures the

general pattern of loading and the influence of partial weightbearing thereon, allowing us for the first

time to explore the local mechanical environment of the tibia for comparison to the local bone

adaptation.

In addition to those already discussed, these studies have some further limitations. The gait kinetics

analysis was performed in only two mice and the gait kinematics were based on a single footstep. Mice

were given a week to accommodate to the PWB harness, but only a few minutes to adjust to each new

weightbearing level in between trials of the gait kinetics and kinematics studies. It is possible that the

mice adapt different locomotor strategies after prolonged exposure to PWB. Finally, each study was
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conducted in a different set of mice (and different mouse strain in the case of the gait kinematics

analysis), which were distinct from the subjects of the adaptation study in Chapter 5. However, forces

were normalized by body mass to generalize across subjects. Nevertheless, the biomechanical effects of

PWB would not be expected to differ considerably by strain or subject.

Despite these limitations, this is the first comprehensive quantification of PWB gait biomechanics and

one of the first applications of inverse dynamics to the mouse. We demonstrated that the PWB model

provides the desired dynamic loading from 20% to 100% weightbearing in both the forelimbs and

hindlimbs corresponding to the static weightbearing level. The measurements of the hindlimb

mechanical environment sufficiently characterize the loading to the hindlimb such that the gait-induced

strain environment of the tibia may be calculated.

In conclusion, this study of in vivo gait measurements demonstrated that forelimb and vertical GRFs

were linearly related to the degree of unloading, while anteroposterior GRFs were constant.

Furthermore, hindlimb gait characteristics were not significantly affected by PWB, as desired. Hindlimb

joint reaction forces and torques were computed based on the measured gait biomechanics, yielding a

full characterization of the tibia loading at different PWB levels. These data provide the necessary inputs

to a finite element model of the tibia that will be used to determine gait-induced strains in Chapter7.
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7 GAIT-INDUCED STRAIN ENVIRONMENT OF THE MOUSE TIBIA IN PWB

7.1 INTRODUCTION

Resolving the local mechanical stimuli will help to understand how bones adapt to reduced mechanical

loading. In the partial weightbearing (PWB) model, the mechanical environment is manipulated by

partially suspending a mouse and allowing free activity at reduced weightbearing for a number of

weeks. Assuming that strains engendered during locomotion drive functional adaptation in this model,

we sought to quantify the pattern of peak gait-induced strains in the mouse tibia during PWB. Though

we did not measure mouse activity in PWB, a prior study [27] has shown that daily mouse activities in

normal vivarium housing consist of lying (39.9%), sitting (27.8%), standing (19.4%), walking (9.1%),

running (0.1%) and climbing (3.7%). Since bone responds to dynamic, not static, loads [174], and PWB

housing does not permit climbing, walking accounts for the vast majority of dynamic daily activity that

provides a mechanical stimulus to the tibia with PWB.

To estimate the physiologic strains throughout the tibia, we employed finite element analysis (FEA).

Micro-computed tomography (pCT) based-FEA, in which the 3D FE model geometry is reconstructed

from high-resolution CT images, is a well-established technique for analyzing bone biomechanics in

response to loading [77,156,181,182]. The model used here to simulate the gait-induced mechanical

environment associated with PWB was based on the geometry of a normal tibia at baseline. Thus, the

FE-calculated strain environment of PWB estimated the initial strain stimulus proposed to drive

subsequent bone remodeling. To develop the FE model, we first conducted ex vivo mechanical testing

on an isolated tibia and recorded surface strains. We then simulated this loading condition in our FE

model and compared model predictions to the experimental measurements of surface strain and whole

bone stiffness. Then boundary conditions simulating gait were applied to the FE model, with load

magnitudes (as determined from inverse dynamics, Chapter 6) adjusted for each PWB level. FE model

outputs (i.e., strain) were compared to in vivo strain gage measurements recorded during walking.

We hypothesized that the magnitude of peak strain would decrease with decreasing weightbearing and

furthermore, that the strain pattern would not vary with weightbearing level.

7.2 FINITE ELEMENT MODEL DEVELOPMENT

7.2.1 FEM VALIDATION MEASURES: EX VIVO MECHANICAL TESTING

Ex vivo mechanical testing methods
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Three tibiae from 11 week old female C57BI/6 mice (Jackson Laboratory, Bar Harbor,

ME) were dissected and cleaned of soft tissue. At the site of gage attachment, the

anteromedial surface approximately 4 mm from the knee surface (Figure 7.1), the

periosteum was scraped off with a scalpel and the bone surface was wiped clean with

acetone. A single element strain gage (FLK-1-11-1L, Tokyo Sokki Kekyujo, Japan) was

adhered to the bone surface with a cyanoacrylate adhesive (M-Bond 200, Micro-

Measurements Vishay Precision Group, Raleigh, NC). Bones were then tested in axial

compression (Bose ElectroForce 3200, Eden Prairie, MN) with a 150 N load cell and

custom loading cups. A single loading trial (Figure 7.2) consisted of pre-loading the

sample to 2 N, then performing 10 cycles of triangle wave load from 2N to 3N then to

progressively higher peak compressive forces 5, 7, and 9 N. Tests were performed in

load control at a rate of 4.5 N/s with a five second dwell time in between each set of

cycles. Stress relaxation is evident in the displacement and strain curves (Figure 7.2)

Bones were tested in quadruplicate, where the sample was removed and Figure 7.1. Medial view of

replaced in the fixtures between every trial, in order to quantify the effect of mouse tibia indicating
approximate location of

variation in bone orientation between the fixtures on strain and stiffness. gage placement.

Simultaneous strain signals were acquired using a custom LabVIEW interface.

First and last cycles at each load level were excluded from the analysis due to indiscernible initial and

final peaks (Figure 7.2). Whole bone stiffness [N/mm] was calculated for each trial as a linear fit of the

per-cycle peak-valley loads vs. peak-valley displacements. After testing, strain gage sites were identified

by micro-computed tomography.

For one tibia, additional trials at all loading levels were performed after removing the fibula to

determine bone stiffness and strain without the fibula.

87



0

-2

S-4

-8

0 10 20 30 40 50 60 70 80 90 100
Time (s)

0

E
0.05-

U

- -0.1

0 10 20 30 40 50 60 70 80 90 100
Time (s)

500-

100-

0
0 10 20 30 40 50 60 70 80 90 100

Time (s)

Figure 7.2. Example of simultaneous load, displacement, and strain recordings from a single trial
of vertical compression testing. Tibiae were pre-loaded to 2 N then 10 cycles of load to
3, 5, 7, and 9 N were performed with variable cycle frequency to maintain a constant
loading rate of 4.5 N/s.

Results from ex vivo mechanical testing

Average whole bone stiffness was 121.0 15.8 N/mm. Replacement between trials, allowing for slightly

variable bone orientation as the sample settled into the loading fixtures, led to a coefficient of variation

within a sample of 6-9%. The load vs. displacement and load vs. strain relationships (Figure 7.3) were

linear in all trials (R 2
>0.99 and >0.95, respectively), confirming linear elastic behavior over the range of

loads tested. Significant creep and strain drift was apparent throughout testing, but these effects did not

influence stiffness calculations which were based on peak-valley amplitudes at each load cycle.
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Strain gage position ranged from 3.64 to 4.42 mm from the superior surface of the tibia, but varied only

slightly along the medial-lateral axis and in rotation. One sample was excluded from analysis because

the strain gage did not remain affixed to the bone surface throughout testing. Of the two remaining

bones, the average strain amplitude at the highest compressive loading (7N magnitude) was 339 175

pE (range 168 to 658) in tension. Strain was 14% higher on average in the gage placed more distally, but

inter-trial variability was similar to inter-sample variability.

Removal of the fibula on one sample led to a reduction in stiffness by 31.8 N/mm (-26%) and increase

strain by 106% reaching a maximum strain amplitude of 1233 pE (Figure 7.3b).

These values establish a range of acceptable FE model behavior in simulated axial compression, taking

into account natural variation in bone anatomy and experimental variation introduced by slightly

different gage positioning and loading directions.

a -b
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1000 21*1000
00
a-a0

800 . 800 X

0 600 V 600

E 400 0-400
E

200 200

0 0
0 2 4 6 8 0 2 4 6 8

Load amplitude (N) Load amplitude (N)

Figure 7.3. Peak-valley strain amplitude vs. peak-valley load amplitude by individual trials in two
different tibiae (a and b). Each value represents the mean strain of the 2 through 9th

loading cycle at the given loading amplitude in the whole bone (square) and with fibula
removed (x). Inset images of microCT transverse slices mid-way through the gage
illustrate gage positioning.

7.2.2 MESH GENERATION

A whole tibia from a C57BL/6J female 11-week-old mouse was scanned at 6 pm isotropic voxel size using

microcomputed tomography from the knee surface to the ankle surface (uCT 40, Scanco Medical,

Switzerland). Grayscale DICOM images were exported to Mimics software (Materialise) for semi-

automatic extraction of the bone volume using a dynamic region growing algorithm with a threshold of
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220 mg HA/cm 3. Individual trabeculae were not segmented, as the fine structure of the trabecular bone

was not included in this model. Rather, the trabecular compartments were modeled as solid and

continuous with the cortex. The proximal and distal metaphyses were filled in (Figure 7.4) extending 2.4

mm and 1.26 mm from the superior and inferior surfaces of the bone, respectively, corresponding to the

actual extent of trabecular bone in the specimen. The medullary canal of the diaphysis was not included

in the segmented volume, producing a "hollow" model. The proximal growth plates and tibia-fibula joint

space, which in actuality are comprised of cartilage, were filled in to prevent a structural discontinuity.

Figure 7.4. Transverse microCT grayscale image of the
proximal tibia illustrating the trabecular compartment
(blue) filled in solid and the tibia-fibula joint (red)
filled in to maintain a continuous solid structure. All
other voxels over a 220 mg HA/cm 3 threshold were
considered cortical bone (yellow).

A surface mesh consisting of quadratic tetrahedral elements was generated automatically in 3-Matic

(Materialise) and manually fixed to improve distorted elements and remove unnecessary fine geometry.

Using the Quality preserving reduce triangles function, the mesh was simplified with a maximum edge

length of 0.25 mm in the mid-diaphysis and 0.1 mm in the proximal and distal metaphyses,

Height/Base(N) quality threshold of 0.4, and maximum geometric error 0.3. The final surface mesh

(Figure 7.5) was comprised of two surfaces, periosteal and endosteal, as the mesh was hollow at the

diaphysis. The surface mesh was then converted to a volume mesh with parameters Rin/Rout(N) of 0.5

and maximum edge length of 0.25 mm.
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a b I - W'

Figure 7.5. Visualizations of the final mesh of the a) whole tibia and b) close-up showing the finer

mesh at the proximal end.

The final volumetric mesh contained 93174 10-node quadratic tetrahedral elements (C3D10) and

157989 nodes. Abaqus/CAE (v6.11-1, Dassault Systemes Simulia Corp., Providence, RI) was used to

assemble and solve the FE model.

7.2.3 MATERIAL PROPERTIES

Three different mesh sections were created to which material properties were assigned independently

(Figure 7.6): cortical bone elements (75% of total), trabecular compartment elements (12%), and growth

plate/joint elements (13%). All elements were isotropic linearly elastic [37] and given the same

Poisson's ratio of 0.3 [156,173], but different Young's moduli. The three Young's moduli were chosen

through an iterative calibration process examining the behavior of the model during simulated vertical

compression and its agreement with actual ex vivo mechanical testing measurements of whole bone

stiffness and surface strain of tibiae in vertical compression (see 7.2.1).
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a b c

Figure 7.6. Tibia finite element model with sections highlighted in red corresponding to a)

cortical b) trabecular c) growth plate/joint elements. Material properties of each section

were assigned independently.

Vertical compression simulation

Boundary conditions that simulated the vertical compression experimental configuration were defined

(Figure 7.7). A 7 N axial load, corresponding to the maximum load amplitude used in testing, was applied

across 270 nodes on the knee surface along an axis between the knee and ankle centroids. Solutions

were insensitive to loading axis, as tilting the axis mediolaterally and anteroposteriorly by about 7* led

to a change in bone stiffness of only 1-2%.

Whole bone stiffness was sensitive to distal boundary conditions. Rigidly fixing the ankle surfaces nodes

in all directions resulted in cantilever bending that was undesirable since, in the actual test set-up, the

tibia was held between two cup-shaped fixtures by only surface friction and normal forces. Therefore,

four neighboring nodes at the center of the ankle surface were constrained in displacement in all

directions. To prevent rotation along the long axis, four additional nodes on the edges of the ankle

surface were fixed in the transverse plane. On the superior end of the tibia, a single node at the center

of the knee surface was free to displace vertically but constrained in the other two directions. Using

these relatively unconstrained boundary conditions, we were better able to replicate whole bone

stiffness measurements with a Young's modulus consistent with realistic bone material properties.
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Li

Figure 7.7. Schematic of boundary conditions for FE simulation of axial

compression. Axial load was applied at the knee surface. A single node at

the knee was constrained to displace only vertically. Rigid body motion
was constrained at the ankle surface by fixing nodes at the center in all

directions in addition to four nodes at the boundaries in the transverse
plane.

Calibration of material properties based on experimental data

Young's modulus of cortical bone was the chief determinant of whole bone stiffness, since the section

comprised 75% of the total model elements. Common values for cortical bone in FEA of rodents in the

literature range from 14 to 20 GPa [22,118,150,156,173]. A Young's modulus of 14 GPa yielded a

stiffness of 137 N/mm, which closely replicated the measured whole bone stiffness during axial

compression of 121.0 15.8 N/mm. However, calculated strains on the anteromedial surface were

approximately twice that expected from the axial compression tests. With a Young's modulus of 20 GPa,

the calculated strains were within the measured range of 168-658 pE (Figure 7.8) but the stiffness was

increased. Favoring strain accuracy in the inevitable tradeoff, we settled on a Young's modulus of 20

GPa, which overestimates whole bone stiffness by 50%.
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Figure 7.8. Contour plots of the calculated strain component in the longitudinal direction (i.e.,

direction of the gage) El in simulated vertical compression for the a) anterior surface
and b) cross-section through the middle of the gage area. Dashed lines indicate

approximate gage location.

The Young's modulus of the trabecular compartment must be lower than that of solid cortical bone

because it contains only 19% bone and 81% marrow space (data not shown). A sensitivity analysis of

Young's modulus values across three orders of magnitude from 100 MPa to 10 GPa, nearly that of

cortical bone, demonstrated little effect on whole bone stiffness (2% increase) but a larger effect on

strain (15% increase) in the proximal tibia, a region important for our later analysis (Chapter 8). We

therefore chose to represent the stiffness of the trabecular compartment as proportional to the bone

volume fraction, using a value of 3 GPa.

Material properties were assigned to the proximal tibio-fibular joint that best replicated the mechanical

behavior of the tibia with an intact fibula as compared to a fractured fibula using the following iterative
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procedure. A tibia with a fractured fibula was roughly simulated by giving a very low modulus (0.1 MPa)

to the connector elements, and stresses in the fibula were confirmed to be very low. Then, Young's

modulus was increased until the whole bone stiffness increased by about 26%, corresponding to the

difference in bone stiffness measured in vertical compression with and without a fractured fibula (Figure

7.9). Using this technique, we found that a Young's Modulus of 1 GPa at the connector elements yielded

a 22% increase in stiffness. Furthermore, strains at the gage location were 80% higher with the

simulated fibula fracture, which was close to the expected doubling in strain magnitude with the fibula

removed (Figure 7.3b).

40
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3 10- U
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Young's modulus of fibula joint connector elements

(MPa)

Figure 7.9. FEA model stiffness response to changes in Young's modulus of elements in the fibula
joint

The final set of Young's moduli used were 20 GPa for cortical bone, 3 GPa for trabecular bone, and 1 GPa

for connector elements at the fibula joint and proximal growth plates. Resulting strain patterns in axial

compression were very similar to other published models of mouse tibia axial loading [118,165,196].

7.3 MODEL OF GAIT-INDUCED STRAIN

The validated FE model with refined material properties was then used to simulate in vivo gait-induced

strain during normal walking and partial weightbearing. In an actual tibia, the bone is loaded at the joint

surfaces through bone-on-bone contact and by muscles at their tendon attachment points, and

movement is restrained by passive ligaments. In this FE model, the loading and boundary conditions

were necessarily simplified to include just net joint forces acting on the knee while the ankle was held

fixed. The magnitudes of the joint forces were determined from inverse dynamics (Chapter 6) for each
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PWB condition as well as for normal gait. A single time point (19% of the gait cycle) corresponding to the

peak loading during gait was chosen to simulate in order to calculate peak gait-induced strains.

7.3.1 LOAD AND BOUNDARY CONDITIONS

Longitudinal (axial compressive) and shear (anteroposterior) forces were applied as concentrated forces

distributed at a set of nodes on the knee medial and lateral condyles. Half of the total force was applied

to each set. As the mouse walks with a flexed knee, 70* flexion at the time point in the gait cycle

represented by the model, the distal femur contacts the knee surface in the posterior region [131].

Therefore, loads were applied to the posterior knee surface (Figure 7.10). The load magnitude (Table

7.1) was varied for each simulated weightbearing condition based on the results of in vivo

measurements of the mechanical environment an inverse dynamics (Chapter 6). Transverse

(mediolateral) forces were set to zero since only 2D dynamics were considered.

Table 7.1. Magnitude of input loads to the knee for each weightbearing condition simulated with
FEA

Load magnitude [mN]

Weightbearing Longitudinal Shear Transverse

Normal -1296 105 0
-I f~fnl M AIn I l:IAn A I
1007 PVVD -. L34J 1LZ9 V

70% PWB -896 69 0

40% PWB -476 31 0

20% PWB -233 9 0

Rigid body motion was constrained at the ankle (Figure 7.10a). As in the axial compression simulation,

four neighboring nodes at the center of the ankle surface were fixed in displacement in all directions.

Additionally, the remaining nodes on the ankle surface were prevented from displacing vertically, which

was intended to be physiologically representative of the joint surface articulating with the calcaneus.

At the knee surface, a single node was free to move axially, along the direction of axial loading, but not

in the transverse plane (Figure 7.10a). This constraint was nearly coplanar with the shear force, such

that high reaction forces would be generated at the constrained node and the shear force would be

"lost." Yet, eliminating the vertical constraint would cause large deflections under the shear force in a

non-physiologic manner. In reality, the shear force acts on the knee surface where there is contact with

the femur, and the knee ligaments and muscle tendons counteract the force, resulting in sagittal plane

bending that increases tension on the anterior tibia. To replicate this behavior in a simplified way, a

force was applied to the most superior knee surface acting equal and opposite to the shear force to
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generate a force couple. The axial distance between the pair of forces was approximately 0.3 mm,

generating a torque in the medial direction (Figure 7.10a).

Direction of

effective

torque

a b

Figure 7.10. a) Schematic of boundary conditions for FE simulation of gait-induced strain (lateral

view). A single node at the knee was constrained to displace only vertically. Rigid body

motion was constrained at the ankle by fixing nodes at the center in all directions.
Additionally, the displacement at the ankle surface was fixed in the axial direction. b)

Knee surface nodes to which concentrated forces were applied. Axial and shear loads

were applied at the posterior knee surface. A force couple (red arrows) was added equal

and opposite to the shear force, acting on knee surface nodes proximal to that of the

shear force.

7.3.2 RESULTS: FEA OF GAIT-INDUCED TIBIAL STRAIN

The calculated strains engendered by normal locomotion were tensile on the anteromedial surface

and compressive on the posterolateral surface proximal to the tibiofibular junction (TFJ), through

which a neutral axis appeared to pass (Figure 7.11). Distal to the TFJ, the posterior surface was in

tension and the anterior surface in compression, and the strain magnitudes were lower than those

proximal to the TFJ. The largest maximum and minimum principal strains were 314 and -615 [pE,

respectively, and occurred at 45% and 30% of the length from the proximal end, respectively. The

longitudinal bending axis was shifted posteriorly relative to a condition of purely axial loading.
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Figure 7.11. Contour plots of strain due to simulated normal locomotion for the whole tibia
medial (a) and posterior (b) views. c) Cross-sections at four equally spaced points along
the length of the tibia in the orientation indicated by the anatomical axes. Strain was
highly variable throughout the bone, with peak compressive and tensile strains
occurring on the posterolateral and anteromedial surfaces, respectively, proximal to the
TFJ.

As expected from the load inputs to the model, the strain pattern differed very little across partial

weightbearing levels, and strain magnitudes scaled closely with axial force magnitude (Figure 7.12).

For example, peak tensile strain occurred at the same location on the bone in all models and was 56,

111, 219 and 327 pE at 20%, 40%, 70% and 100%, respectively.
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7.4 MODEL VERIFICATION

To validate FE calculations of PWB gait-induced strain, we implanted a strain gage on the tibia of one

mouse and measured in vivo gage output while it walked at different PWB levels. Due to the technical

difficulties of the surgical gage implantation, and the challenge of eliciting normal walking behavior from

mice in the PWB harness on the treadmill, only one in 10 attempts was successful.

7.4.1 METHODS: IN VIVO STRAIN MEASUREMENT

Beginning one week prior to gage implantation, a 10-week-old female C57BI/6J mouse was placed in a

forelimb vest for two days, then harnessed at 20% PWB for 4 days to acclimate to suspended

locomotion. The mouse was trained to walk on a treadmill for 5 minutes each day of the weeklong

acclimation period at a belt speed of 14 cm/s. Immediately before surgery to implant the strain gage

the mouse was pre-treated with meloxicam analgesic (5 mg/kg, SC). A single-element strain gage was

applied to the anterior-medial surface of the tibia, as previously described [10,38,86,117,165,166].

Briefly, under inhaled isoflurane anesthesia, the anterior-medial surface of the left tibia was surgically

exposed with minimal muscular disruption, the periosteum scraped off and the surface cleaned with

acetone. A 1 mm x 0.7 mm single-element strain gage (FLK-1-11-1L gage element, Tokyo Sokki Kekyujo,

J-p-n) - b %.d . ( B 200 IIII, I %. As rement1.1 , RL1eI gh, IC) LJ LI I%-e I I L O 1% - JLJI prep r Ud IbGln VsurLfI I

pre-wired leads exiting distally. The wound site was closed with interrupted sutures and the gage lead

wires were tacked to the ankle with a single suture for strain relief then tunneled along the

subcutaneous space of the mouse dorsum, exiting at the shoulders. The mouse was allowed to awaken

fully before data collection.

The mouse walked on the treadmill at 14 cm/s for at least two minutes per PWB condition, beginning at

20% PWB and increasing to 40%, 70% then 100%, while strain signals were acquired using a custom

LabVIEW interface. Additional trials at a treadmill belt speed of 9 cm/s were collected at 20% PWB only.

At least 30 clean footsteps were measured at each PWB condition. Peak-valley strain amplitude of each

footstep was measured, such that zero values were taking to be during the swing phase of each

footstep.

Following data collection, the mouse was euthanized via carbon dioxide immersion, and the tibia was

excised and axially loaded following the same loading protocol as for the ex vivo mechanical testing.

Simultaneous strain recordings during mechanical testing were not possible because the gage did not

remain affixed to the bone surface during dissection. Likewise, it was not possible to determine precisely

the location of the strain gage with microCT.
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7.4.2 RESULTS: TIBIA SURFACE STRAIN WITH PWB

Strain on the antero-medial surface of the tibia along the axis of the gage was tensile and varied with

partial weightbearing level. Surface strain amplitudes (Figure 7.13) during walking were 370 63, 480

57, 528 67, 609 82 microstrain at 20%, 40%, 70% and 100% weightbearing, respectively (p<0.001

between all groups). While surface strain decreased linearly with decreasing weightbearing (R 2=0.5,

p<0.0001), the decrease was less than that predicted by direct proportion to weightbearing level, as

strain amplitudes were 61%, 79% and 87% of PWB100 for PWB20, PWB40 and PWB70, respectively

(Figure 7.14).

The exact part of the bone surface to which the strain gage was attached could not be precisely located

because the gage did not remain affixed during testing. The gage position is estimated to be close to

that of the mechanical testing experiment (Figure 7.8).
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Figure 7.13. Ten-second intervals of strain gage output from one mouse walking at a) 20% b)
40% c) 70% and d) 100% weightbearing. Each peak corresponds to a step with the
instrumented hindlimb, while breaks occurred when the treadmill belt was stopped.
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Figure 7.14. In vivo measured strains during gait at each PWB condition in one mouse (mean t

SD) for a treadmill belt speed of 14 cm/s. Dashed line represents theoretical strain

values decreasing in direct proportion to weightbearing level.

7.5 COMPARISON BETWEEN MEASURED AND CALCULATED PWB GAIT-INDUCED STRAINS

Peak gait-induced surface strains were underestimated by the FE model at all weightbearing conditions

(Figure 7.15). The strains measured in vivo during walking at 100% PWB were higher on average than the

strains generated by 7 N axial compression testing ex vivo (Figure 7.15). This was an unexpected finding

since the axial load estimated to occur during walking based on inverse dynamics modeling was 1.3 N,

less than 5x that of the vertical compression testing (Table 7.2). It is likely that the gages in the two

separate experiments were positioned along the tibia differently, which could partially account for the

discrepancy. However, the maximum strain anywhere on the anteromedial surface where the strain

gage could have been attached was only 327 [pE in the FE model. In contrast, peak strains during gait

were measured to be over 600 pE (Figure 7.15), which was close to what others have measured in rats

[135].

At slower walking speed and 20% PWB, in vivo strains more closely approximated, but still over-

estimated, the FE-calculated strains. Only gait-induced strains during 20% PWB were measured at slow

speeds because the large influence of gait speed was not anticipated at the time of the experiment.

102

I



E3 in vivo gage - belt speed 9 cm/s
0 in vivo gage - belt speed 14 cm/s

700 - N FE-calc
*ex vivo

600 -

500 -

400 -

300 -

200 -

100 -

20

ulated
gage

40

I
70

I
PWB (%)

I
100 7N axial

compression

Figure 7.15. Peak gait-induced surface strains measured in vivo (blue) were higher than peak FE-
calculated strains (purple) at all weightbearing conditions and higher than surface

strains measured ex vivo during 7N axial compression (green). In vivo strains measured
at slower treadmill belt speed (9 cm/s vs. 14 cm/s) more closely matched FE-calculated

strains at 20% PWB.

Table 7.2. Comparison between magnitudes of loading and strain from two loading scenarios: ex
vivo mechanical testing (Section 7.2.1)
7.4.2).

Applied
axial force

(N)

Applied
shear force

(N)

and gait at 100% PWB (Chapter 6 and Section

Measured
strain (pE) FEA calculated strain (pE)

Ex vivo mechanical
testing (axial 7 0 168-658 ~600 at gage location
compression)

0.109* 609 82
~190 at gage location
327 max anteromedial surface

7.6 DIscussION

Building off our experimental measures of the gait biomechanics and modeling of internal hindlimb

loading, we developed a finite element model of the tibia to determine the 3D strain distribution

throughout the bone at peak loading from gait at all PWB levels. We modeled a single time point

corresponding to 19% of the gait cycle at the peak vertical GRF in order to represent the peak habitual

strain of the tibia at different PWB conditions for comparison to the resultant bone adaptation.
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As hypothesized, the gait-induced strain pattern was consistent across PWB levels, and the magnitude of

peak strain decreased with decreasing weightbearing. The calculated strain magnitudes scaled closely

with axial force magnitude as calculated by inverse dynamics. However, the calculated strains

contrasted with the in vivo strains measured in a single mouse walking at different PWB levels.

Measured strains at the proximal anteromedial surface were higher in magnitude and decreased less

with PWB as compared to FEA-calculated strains. At a slower treadmill belt speed, in vivo strains were

lower and more closely matched to FEA-calculated strains. This slower belt speed of 9 cm/s is likely

more representative of the self-selected gait speeds during over ground walking across the force plate

(Section 6.2), from which the load inputs to FE were derived. Therefore, the more accurate comparison

would be between gait-induced strains from slow walking and FE-calculated strains. In light of the large

influence of gait speed on bone strain, further in vivo strain gage data should be collected in more mice

at treadmill belt speeds representative of self-selected gait speeds from the gait kinetics experiment

(Section 6.2). It remains unclear from the limited validation data we collected whether the FE model is

representative of gait-induced strains during PWB.

There are multiple ways that the model could be adjusted to generate higher tensile strains on the

anteromedia! tibia! surface. One possibility is through the shear force, which induces a bending moment

in the sagittal plane. We strived to capture the sagittal bending in the implementation of our boundary

conditions by modeling a force couple along anteromedial axes. Parametrically varying the points of

application of the force couple and vertical displacement constraint led to only small changes in the

strain at the anteromedial tibia. Strains were increased maximally about 80% with inclusion of the shear

force couple over that of axial forces alone, and still fell short of matching the measured gait-induced

strains by nearly half. A more complex model could induce a greater torque at the knee surface with

additional elements to represent the load transfer to the femur [58], effectively increasing the moment

arm of the shear force. Yet, since the magnitude of the shear force is less than one tenth of the axial

force, it is unlikely to make up the difference fully in the large underestimation of peak strain.

An alternative explanation is that the joint forces calculated from inverse dynamics are an

oversimplification of the physiologic loading conditions during gait and cannot replicate the measured

strains regardless of the implementation of boundary conditions. As discussed in Section 7.4, inverse

dynamics calculations of purely net internal forces likely underestimate the bone loading because they

do not account for muscle forces, muscle co-contraction, or passive elements like ligaments. Certainly

calculated strains were lower than those measured in vivo when net forces calculated from inverse
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dynamics (with the addition of calf muscle force) were used in the FE model. Moreover, the FE model

did not capture the relative differences in measured strains at different partial weightbearing levels. This

implies that simply scaling the FE model to match the measured strain, either by adjusting material

properties or applied loads, would yield a different scaling factor for each PWB level. Since the in vivo

strains were measured from repeated trials in the same mouse with the same gage placement, scaling

the FE models differently for each PWB level would be unjustified.

Table 7.3. Comparison between magnitudes of loading and peak longitudinal strain at all PWB

levels relative to 100% PWB. Axial and shear forces are derived from inverse dynamics.
Computed strain values are the maximum strain magnitudes on the anteromedial
surface from simulated gait based on inverse dynamics loading. Measured strains are
peak strain amplitudes measured on the anteromedial tibia surface of a single mouse
walking at all PWB levels.

Axial force Shear force Calculated Measured Factor difference
Relative to (inverse (inverse strain strain between measured and
100% PWB dynamics) dynamics) (FEA) (in vivo gage) calculated strain

70% PWB 67% 63% 67% 87% 1.3x
40% PWB 35% 28% 34% 79% 2.3x

20% PWB 17% 8% 17% 61% 3.6x

There is also a possibility that our measurements of in vivo strain are not representative since they were

made in only one mouse, at one location, and generally at relatively high gait speed. Given the degree

of uncertainty, it is prudent to repeat strain gage measurements in multiple mice to produce reliable

data on which an improved FE model can be validated.

Whether the FE-calculated strain distribution is accurate is ultimately more important for comparison to

local bone adaptation (Chapter 8). Validation of the strain distribution would require two or more

simultaneous measurements of strain during walking, but the small size of the mouse tibia limits the

number of strain gages that can be attached to the bone in vivo. While we were only able to measure a

single location on the proximal anteromedial tibia surface, De Souza et al. measured strain at the tibia

midshaft diaphysis simultaneously on the medial and lateral aspects [38] in mice of the same sex, age,

and strain as we used. They found that the medial and lateral surfaces experience -300 pE (compression)

and 200 pE (tension), respectively. Simulated gait-induced strains from our FE model of normal walking

were approximately 0 to -400 and 120 to 300 microstrain at locations corresponding to their medial and

lateral strain gage placement, respectively (Figure 7.16). Our model closely predicted their measured

strains in both absolute and relative magnitudes. Thus, our FE model appears to correspond well to
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strain distribution at the midshaft, but underestimates strain more proximally. A possible explanation is

that the proximal gage site is closer to the attachment points of muscles that could produce locally high

strains. Therefore, neglecting muscle forces in our FE model may lead to low strain predictions at the

proximal tibia but accurate strains in magnitude and distribution at the tibia midshaft.

400
Lateral 400

300

200

100

0

Medial -100
-200-300

or -300

-400

a) b)

Figure 7.16. a) Diagram of two gage locations on the medial and lateral surfaces of the tibia

midshaft (adapted from [38]) from which De Souza et al. measured in vivo microstrains

during locomotion. b) Longitudinal microstrain at a corresponding cross-section of the

tibia from our FE model of normal walking with estimated gage positions (dashed lines).

Estimates of strain from our FE model on the lateral (100 to 300 microstrain) and medial

(0 to -400 microstrain) are similar to measurements by De Souza et al.

While this observation was made by comparing studies conducted in different laboratories, and we

could not precisely locate the gaged areas, it lends some support to the validity of our FE model for

normal walking in the distal half of the tibia. Future studies should measure strain at more than one

location in the tibia for mice walking at PWB in order to fully validate the model's predictions of gait-

induced strain. For the subsequent preliminary analysis of bone adaptation to strain stimuli in PWB

(Chapter 8), we limited our comparisons to the diaphysis of the distal half of the tibia during normal

walking, for which our model was considered to be more accurate.

The orientation of the neutral axis varied along the length of the tibia during normal walking, with high

compressive strains on the posterior surface proximal to the tibio-fibular joint shifting to the anterior

surface distally. Since strains are negligible near the neutral axis, the greatest alteration in strain with

PWB would be expected in regions orthogonal to this neutral axis. The greatest remodeling activity
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would therefore be found in regions orthogonal to the neutral axis, given that alterations of a bone's

normal functional strain distribution is likely a key factor controlling bone remodeling (Chapter 1). As a

corollary, sites of high remodeling would be expected to vary along the length of the tibia. This should

be borne in mind when choosing the location to assess structural changes in response to stimuli. For

example, our model suggests that the tibial-fibular joint region would be a poor choice given the low

magnitude strains throughout this site.

This FE model of loading during PWB only considers locomotory strains and neglects the influence of

other activities. In particular, the restoring force of the PWB harness, which the mouse counteracts by

gripping the flooring, can be large in magnitude relative to the mouse's effective weight but is not

accounted for in the model. However, observations of where feces collect in the cage suggest that mice

spend the majority of the time within a short distance of the central axis. (To note, strain gage

recordings of PWB gait were conducted on a treadmill with the PWB harness always positioned

vertically above the mouse, so the relatively high measured strains cannot be explained by a horizontally

directed restoring force.) Additionally, different levels of activity in different mice will contribute to the

daily loading history [1,93,190] irrespective of weightbearing and influence bone remodeling. Since the

mechanical environment of PWB is relatively complex and uncontrolled, it is necessary to make

assumptions about what loading will predominate. Walking accounts for the majority of dynamic

behavior in a mouse [26,27], especially when climbing is inhibited, and should therefore strongly

influence mechanoregulation.

Despite these limitations and simplifications, this study has many strengths. This is the first attempt at

modeling the physiologic mechanical environment in a mouse limb based on experimental kinematic

and kinetic data and validated with strain measurements. Strains at the midshaft were reasonably well

validated. We have identified the impact of certain simplifications and recommend a path forward for

improving the accuracy of the FE model.

Knowledge of the tissue-level mechanical environment associated with locomotion will be a great asset

for the field. Invariably, investigators do not rigorously account for normal habitual activity in various

animal models of controlled external loading of limbs, for lack of available data. Without a thorough

understanding of the customary strain environment, one cannot determine how the applied strain

stimulus differs from the customary strain, yet that difference is generally agreed to be the determining

factor that drives changes in bone mass and architecture. With the ability to account for normal habitual

strains, such as with long-term strain gage monitoring of background and exercise-induced loading
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[93],the use of these animal models as a tool for understanding the control of bone remodeling will be

improved.

In conclusion, we have developed an FE model of the tibia's structural response to loading during gait

under normal conditions and under PWB. The model was partially validated by strain gage

measurements, but a more sophisticated model of physiologic loading may be necessary to generate

expected strains in the proximal tibia.
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8 CORTICAL ADAPTATION AS A FUNCTION OF MECHANICAL STIMULUS

8.1 INTRODUCTION

In the previous chapters, we measured the bone adaptation to varying degrees of underloading and

quantified the mechanical environment that initiated the bone remodeling with an FE model. In this

chapter, we will combine these results to describe the relationship between local changes in bone

architecture and strain energy density at equivalent locations.

Understanding the mechanical signal(s) that serve as the stimulus for bone remodeling is still an active

area of research, with many strain-related parameters implicated, including peak strain [147], strain rate

and loading frequency [175], strain cycles [146], strain gradients [651, and strain energy density [76,119].

Owing to the richness of FEA, a large number of strain parameters throughout gait could be calculated,

limited only by computing time and the ability to accurately define boundary conditions that represent

the loading state. The PWB model may be used to test the relationship between different strain

parameters and local adaptation to underloading. As a starting point, we have chosen to explore the

influence of peak strain energy density (SED) as the mechanical stimulus that drives bone adaptation.

Previous studies have shown that SED is predictive of bone adaptations in response to overloading in

humans [7,180] and animals [32,150]. In particular, the model of Chennimalai Kumar et al. [32] was able

to predict cortical bone changes in response to changes in SED that corresponded with experimental

data of rat ulna compressive loading [143] . Additionally, SED is a convenient measure because it is

scalar and easily interpretable [188], and comprises contributions from all components of stress and

strain [32], as it is equivalent to the area under the stress-strain curve.

Strain is highly variable throughout the tibia since it is structurally complex and loaded in bending

(Chapter 7). Therefore, local bone architectural modifications and mechanical stimuli must be compared

on a scale fine enough to capture such inhomogeneity. In this study, we analyzed bone mass in finely

divided subregions of the tibia and matched these regions to our FE model to derive corresponding

values of SED. We hypothesized that changes in bone volume due to PWB would vary locally and would

correlate to SED induced by gait. Furthermore, we hypothesized that the bone volume-SED relationship

would be conserved across different regions of the tibia.

8.2 LOCAL BONE ADAPTATION IN TIBIA

8.2.1 METHODS: SECTOR-BASED BONE VOLUME ANALYSIS
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Bone samples

Right tibiae were collected from mice that underwent 21 days of PWB at 20% (n=12), 40% (n=12), 70%

(n=14), and 100% weightbearing (n=9), and normally load controls (CON, n=11) as previously described

in the adaptation study in Chapter 5. Bones were cleaned of soft tissue and stored in formalin at 4*C.

Micro-computed tomography imaging

Bones were scanned with high-resolution microCT (pCT40; Scanco Medical, Switzerland) at 10 pm

isotropic voxel size at 3 separate regions (Figure 8.1a): 1) proximal metaphysis, from 0.1 mm distal to

the proximal growth plate extending 2.65 mm distally; 2) midshaft diaphysis, from 1.14 mm proximal to

the tibio-fibular junction (TFJ) extending 0.5 mm distally; and 3) distal diaphysis, from 2.29 mm distal to

the TFJ extending 0.5 mm distally. Images were acquired at 70 kVp and 114 mA, and 200 ms integration

time. The trabecular and cortical compartments of the proximal metaphysis region were divided by

semi-automatically contouring the endocortical boundary and analyzed as separate volumes of interest

(VOl, Figure 8.1b-d). The midshaft and distal diaphysis VOls contained only cortical bone. Gaussian

filtration was applied to the gray-scale images (a = 0.8, support = 1). The proximal metaphysis VOls were

segmented at a global threshold of 320 mg HA/cm 3, while the diaphysis VOls were segmented at 672 mg

HA/cm3 .Segmented VOis were exported in DICOM format to Analyze (v11.0; Biomedical Imaging

Resource, Mayo Clinic, Rochester, MN) for post-processing.
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Figure 8.1. a) Position and size of three scan regions of tibiae: 1) proximal metaphysis 2) midshaft
diaphysis 3) distal diaphysis) with example bone volumes from each region. The
proximal metaphysis volume is shown with a transparent cortex to visualize the interior
trabecular compartment. Division of proximal metaphysis region into b) cortical and c)
trabecular compartments along the endocortical boundary yielded two volumes that
were analyzed separately. Only the proximal third of the trabecular volume (outlined)
was included in the analysis.

Image analysis

To align all VOls in a consistent orientation, each proximal metaphysis region was digitally registered

onto a single base template volume (Figure 8.2a) using the 3D registration tool in Analyze. The whole

tibia scan from which the pFE model was derived served as the base volume. The resulting sample-

specific rotation matrix was then applied to the cortical VOls of the same bone sample to bring them

into identical alignment.
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matrix

Proximal Metaphysis Diaphysis

Figure 8.2. a) Sample volumes of the proximal metaphysis were digitally registered (green) onto a

template volume (red). b) The resulting sample-specific rotation matrix was then applied

to the sample's cortical regions to bring them into alignment with the template

volumes.

Each VOI was then split radially into eight evenly divided sectors, with the center of the division placed

at the mass centroid of the template volume (Figure 8.3). The centroid was slice-specific for the

proximal metaphysis region and based on the integral bone volume; for the cortical regions, the same

centroid position, corresponding to the 3D mass centroid of the total cortical volume, was used for each

slice. The angular orientation of the sector divisions was the same for all VOls, and was set along an

arbitrary axis defined such that major anatomical features, such as the tibial ridge, were not bisected by

a sector division.

Lateral Anterior

88 8

A2

3 53 4 535
Posterior 4 Medial

Figure 8.3. Transverse slice images depicting the eight sector divisions for the proximal
metaphysis, midshaft diaphysis and distal diaphysis regions (left to right). All were

aligned in identical orientation along the anatomical axes in the first panel.

The bone volume (mm 3) within each sector was calculated for a subset of the slices, since after rotating

into alignment with the template some of the superior and inferior slices contained only partial bone.

The middle 0.3 mm (slice 10-40) were included in the bone volume calculation for the diaphysis regions.

For the metaphysis region, the cortical bone volume included 1.80 mm (slice 55-237) while the

trabecular volume included only the proximal third of the cortical (slice 55-115), since there was little
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trabecular bone present in the distal two-thirds of this region (Figure 8.1c). The fibula was excluded

from all analyses.

To determine the effect of PWB on bone adaptation in each of these regions, bone volumes of each

sector were normalized by the average sector-specific bone volume of the normally loaded control

group to account for variation in absolute bone volume of each sector. Thus, the outcome of interest

was sector bone volume as a percent difference from CON.

Some samples were found to have degraded during long-term storage, accumulating high-attenuating

foreign matter that could not be segregated from bone in the trabecular compartment. These samples

were excluded from the analysis of trabecular bone volume, but did not affect calculations of cortical

volume. The total remaining in each group for trabecular analyses were: PWB 20 (n=10), PWB40 (n=

10), PWB70 (n=10), PWB100 (n=6), and CON (n=8).

Statistical analysis

Each region (proximal metaphysis, midshaft diaphysis, distal diaphysis) was analyzed separately. To

determine whether bone adaptation was locally heterogeneous and dependent on weightbearing level,

we used an ANOVA with Sector (1 through 8) and PWB (20%, 40%, 70%, 100%) as factors. A significant

Sector*PWB interaction would indicate that the pattern of bone adaptation was influenced by

weightbearing level. Tukey's HSD post-hoc testing was used determine differences among Sectors.

8.2.2 RESULTS: LOCAL EFFECTS OF PWB ON BONE VOLUME

Overall, the effects of PWB on bone volume were heterogeneous across the eight sectors (p<0.0001

effect of Sector) for all regions (Figure 8.4). Within each sector, there was generally a dose-response

effect of decreased bone volume with decreasing PWB level (p<0.0005 effect of PWB) for all regions.

The pattern of change in bone volume across sectors did not differ by PWB group for any region (p>0.25

PWB*Sector interaction).

Proximal Metaphysis

The greatest differences in trabecular bone volume with respect to the control group (Figure 8.4a)

occurred in the anterior trabecular compartment (Sector 7, -37.6% all PWB vs. CON) and the least in the

neighboring anterior medial sector (Sector 6, -0.7%, p<0.05 vs. Sector 7). Conversely, the least amount

of bone loss from the cortical volume of the proximal metaphysis (Figure 8.4b) occurred in Sector 7 (-

9.0%) and the posterior compartments generally saw greater bone loss (Sectors 8,1,2,3,4; -13.5 to -

14.8%, p<0.05 vs. Sector 7).
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Diaphysis

The mid-diaphyseal cortex (Figure 8.4c) had the greatest decreases in bone volume in the posterior

Sectors (Sectors 8,1,3,4; -7.7 to -11.7%). Yet, sandwiched in the middle was Sector 2 which had the least

bone loss (-2.9%, p<0.05 vs. Sectors 8,1,3,4). In the distal cortical region (Figure 8.4d), the largest

decreases occurred in the anterior Sectors (Sectors 5,6,8; -10.5 to -11.5%) and the least bone loss in

posterior Sectors 2 and 3 (-5.8 to -6.3%, p<0.05 vs. Sectors 5,6,8).

In sum, the greatest losses and most heterogeneous bone adaptation occurred in the trabecular

compartment of the proximal metaphysis. Within each region, the magnitude of relative bone volume

was highly variable from sector to neighboring sector. The pattern of bone adaptation across Sectors

varied along the length of the bone.
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Figure 8.4. Polar plots of sector bone volume for a) the trabecular compartment of the proximal
metaphysis, b) cortical compartment of the proximal metaphysis, c) midshaft diaphysis
and d) distal diaphysis. Bone volume is plotted as percent difference from CON along

the radial axis with sector as the angular coordinate.

8.3 COMPARISON BETWEEN FUNCTIONAL ADAPTATION AND MECHANICAL STIMULUS

We have limited our analysis of the comparison between cortical adaptation and strain energy density

to the midshaft and distal diaphysis VOls where our FEA estimates of strain can be considered more

reliable (see Section 8.3). Since our FEA model did not accurately reflect the relative change in strain

magnitude with PWB as compared to strain gage measurements (that had their own limitations) at the

proximal tibia, it is uncertain how SED changes with PWB. However, for this preliminary analysis, we
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tested our hypothesis that gait-induced SED would correlate with changes in bone volume due to PWB

using FE-calculated SED at different PWB levels, with appreciation of its limitations.

Mechanical stimulus

We proposed that modifications of bone volume following exposure to PWB would be correlated to SED,

specifically local SED as a difference between PWB and normal. The FE model was representative of a

tibia at baseline, as it was derived from a normal mouse at the age of initiation of PWB. Thus, as PWB

loading was simulated on the unadapted bone, the resulting SED exemplifies the disuse stimulus that

triggered bone remodeling at baseline. Many investigators have proposed that bone remodeling is

determined by the difference between the new stimulus and the homeostatic state (see Chapter 1).

Thus, the mechanical stimulus we used in this study was equal to the difference in local SED at each

PWB level minus the normal local SED ("SED stimulus"). Each SED stimulus was a single value

representing the peak during gait. Since the pattern of SED did not vary with different PWB levels, SED

was simply scaled from normal by 17%, 34%, 67%, and 104% for 20%, 40%, 70%, and 100% PWB,

respectively, based on our FEA of PWB (Chapter 7), and the average SED within a sector was calculated.

As a result, the greatest local SED stimulus occurred at the locations of the greatest magnitude SED in

the normal condition (Figure 8.5).

0.001g

Figure 8.5. Contour map of FE-derived strain energy density (MPa) for normal walking at center
of a) midshaft diaphysis and b) distal diaphysis VOls superimposed on sector divisions
used for bone volume analysis.

Statistical analysis
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To determine the dependence of changes in bone volume on SED stimulus and the possible influence of

region, we performed an ANOVA with SED stimulus (continuous value) and Region (midshaft, distal) as

factors. A significant SED stimulus*Region interaction would indicate the effect of SED stimulus

depended on Region.

Results

There was a significant effect overall of SED stimulus on sector bone volume (as % difference from CON,

p<0.0001), and the two variables were modestly correlated (linear, least squares) with an R2 of 0.31,

0.26, 0.22 (p<0.003) for the midshaft diaphysis (Figure 8.6a), distal diaphysis (Figure 8.6b) and both

combined (Figure 8.6c), respectively. The relationship between SED stimulus and bone volume did not

differ by Region (Pinteraction>0.74). Thus, SED stimulus explained up to 31% of the variation in local bone

volume adaptation, and the relationship between mechanical stimulus and bone adaptation was the

same at two locations in the tibia diaphysis. The modest correlation precludes any speculation of the

slope or shape of the relationship.

8.4 DIscussION

We performed a subregional analysis of the effects of PWB on bone architecture and mechanical

environment in the tibia diaphysis and demonstrated a modest relationship between local changes in

SED and corresponding differences in bone volume.

As hypothesized, we found that changes in bone volume were heterogeneous, which would be

predicted by the known heterogeneity of strain throughout the tibia. Ausk et al. also found spatial

heterogeneity in cortical bone resorption following muscle paralysis [4], though they did not relate the

localized bone resorption to any measurement of mechanical stimulus. The non-uniformity of bone

adaptation across sectors within a PWB group was modest compared to the dose-response across

differing load levels experienced by different PWB groups. This runs contrary to the observation that

SED stimulus varied more across Sectors within a group than it did across PWB groups. This result may

be an artifact of the cross-sectional nature of the study, as small variations in bone geometry across

mice adds noise to our signal of relative differences in bone volume.

The relationship between mechanical stimulus and bone remodeling was hypothesized to be the same

throughout the tibia, reflecting a hypothesized fundamental control principle of the tissue. Indeed, we

found a regionally consistent, though modest, correlation between local SED stimulus and bone volume.
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Figure 8.6. Correlation between strain energy density, as a difference from normal, vs. bone volume, as a
percent difference from the control group, at the a) midshaft diaphysis, b) distal diaphysis and c)
both diaphyseal regions combined. Each data point represents one sector from one PWB group.
Sector bone volume is an average of 9-14 mice.
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The fundamental relationship between changes in bone architecture and the mechanical stimulus is a

critical unanswered question in bone mechanobiology research, particularly for situations of reduced

mechanical loading. Given its importance and the preliminary nature of this study, application of the

PWB model in pursuit of the answer deserves further investigation. There are numerous ways to refine

the analysis to improve quantification of both the mechanical environment and the changes in bone

mass. First, SED was not uniform in the 8 evenly-divided radial sectors. Partitioning the VOI more finely,

perhaps along axes aligned with the neutral axis, would increase power to detect a relationship by

decreasing the noise of the "stimulus" measurement.

Additionally, our simplistic FE model of gait-induced strain could be improved by better implementing

boundary conditions representative of physiologic loading during locomotion. Calculated strains did not

match measured strains at the anteromedial surface. A musculoskeletal model of a mouse hindlimb may

be necessary to determine muscle activity for inclusion in the FEA. Regardless, one limitation of the

partial weightbearing model is that the loading of the hindlimb is relatively uncontrolled, as compared

to animal models employing externally applied loading for example [166], and therefore it is challenging

to precisely quantify the mechanical environment. On the other hand, the maintenance of physiologic

loading patterns can be considered an advantage of the PWB model. The commonly used models of

externally applied axial compression or mediolateral tibial bending overlay an unfamiliar strain

distribution onto a bone adapted to normal activity, which must be quantified to determine the

effective mechanical stimulus [38]. The PWB model eliminates that problem by maintaining normal

loading patterns while offloading a tunable amount of body weight and thereby scaling down the loads

in a manner that is more representative of clinical disuse situations.

Finally, our pCT measurements of bone volume were cross-sectional, such that effects of PWB on bone

architecture were represented as differences from CON at the end of the study. In vivo pCT, capable of

measuring time-lapse changes within an individual bone, would be a more powerful tool for

discriminating small, local changes and the influence of PWB. Additionally, subject-specific FE models

could be used to estimate SED (or other mechanical stimulus) for each bone and relate the mechanical

stimulus to bone formation/resorption sites on a voxel-by-voxel basis (about 10 pm cubic) in a single

animal. A similar approach was recently used by Schulte et al. [150] to study the tissue-level response to

the mechanical environment of an externally overloaded caudal vertebra or ovariectomized mouse, and

they found that 80% of remodeling activity could be linked to the mechanical microenvironment as

characterized by SED. Extending this technique to a disuse model would improve estimates of bone
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resorption as a function of decreasing mechanical stimulus. Underloading is a relatively understudied

but important area of research to accurately predict bone loss in settings of disuse and determine

optimal exercise prescriptions for prevention.

Despite these limitations, SED stimulus explained 22-31% of the variation in local bone adaptation. It is

encouraging that a single strain variable from a single activity accounted for a significant portion of the

response. Future work should assess the influence of other strain parameters, as SED may not be the

only, or best, mechanical stimulus. Moreover, a composite measurement that reflects the sum of

mechanical loading events over a given period may be more representative of the physiologic loading

environment and therefore more predictive of the remodeling response. In particular, it is likely that

lower activity levels and the inhibition of climbing behavior in PWB mice influences bone adaptation.

Neither factor is taken into account in our SED stimulus derived from peak locomotory strains. The daily

strain stimulus [93,112], which takes into account the numbers of cycles of discrete loading conditions,

is one formulation of a composite measurement that could be considered in future work. Measurement

of in-cage activity over the course of 21 days in the PWB harness would help more precisely define the

mechanical stimulus.

In conclusion, this preliminary analysis shows that changes in strain energy density partially reflect

experimental measures of cortical bone adaptation across a range of underloading at multiple sites in

the tibia. Future work should refine the analysis to improve the ability to detect and quantify the

relationship between mechanical environment and bone adaptation using the PWB model.
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9 SUMMARY AND CONCLUSIONS

9.1 SUMMARY OF FINDINGS

The goal of this thesis was to explore in vivo bone adaptation to varying amounts of reduced skeletal

loading and its relationship to mechanical stimuli. Using human spaceflight and murine models of

hindlimb unloading, muscle paralysis and partial weight suspension, we characterized bone loss in

relation to mechanical factors such as exercise, muscle forces, ground reaction forces, and

weightbearing level. Delving deeper into the effects of partial weightbearing to determine whether local

changes in bone architecture follow a predictable relationship with strain energy density, the

mechanical environment of the tibia during partial weightbearing was modeled using finite element

method.

In our study of every NASA astronaut who lived aboard the International Space Station until the end of

2013, we showed that bone loss is still a concern for astronauts, more so for men than women, even

with improved exercise equipment. Male astronauts experience about twice the loss of bone mineral

density in the proximal femur for the same mission duration as women. Men also have a two-fold

greater estimated risk of hip fracture than women if they were to fall sideways onto their hip, with many

exceeding the threshold at which a fracture would theoretically occur should they fall. Even with

improved exercise capability, there is still measurable, and statistically significant, bone loss at the hip in

both men and women. In sum, the bone loss problem is not "solved."

We examined the relative contribution of muscle forces and gravitational forces to the maintenance of

skeletal health, a continual topic of debate with important implications for prescribing physical activity

for the treatment or prevention of osteoporosis. Using botulinum toxin to induce muscle paralysis and

hindlimb unloading to eliminate ground reaction forces, we studied the relative effects of removing each

mechanical stimulus in mice, individually and in combination. Each intervention alone led to significant

muscle and bone loss. The mice that received the combined intervention had the most detrimental

changes in bone and muscle - as much as an 80% loss of trabecular bone volume in just three weeks.

Although there were systemic effects of BTX, it appeared that BTX-induced muscle paralysis was more

detrimental to muscle and bone than hindlimb unloading. Clearly all "unloading" is not created equal.

This study illustrates that the hindlimb unloading model does not truly provide full disuse, since removal

of muscle activity in the "unloaded" limbs led to additional bone loss.
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To assess adaptation to controlled reductions in mechanical loading of varying degrees, we employed

the partial weight suspension model. This study was the first implementation of the newly developed

PWB model along the full spectrum of weightbearing, along with comparison to hindlimb unloading and

fully loaded controls. We found that decreases in calf muscle mass, total body and hindlimb bone

mineral density, femoral trabecular bone volume and cortical bone were all linearly related to

weightbearing. Decreases by as little as 30% weightbearing (70% PWB) led to definitive reductions in

bone mass, architecture and strength, suggesting that the gravity of the moon (16% of Earth's) and Mars

(38%) will not be fully protect against bone loss. In addition, these results challenge the mechanostat

theory's presumption of a "lazy zone" [56], motivating further exploration of the local mechanical

stimuli and their relation to local changes in bone with PWB.

We experimentally characterized the mechanical environment of PWB with measures of gait kinematics

and gait kinetics. Gait characteristics generally did not change with PWB while vertical ground reaction

forces decreased proportionally with decreasing PWB, as was intended in the design of the model. Using

a 2D inverse dynamics model to calculate internal forces and moments during gait, we quantified the

loads to the tibia under PWB for use as boundary conditions in a finite element model.

Understanding how local mechanical signals regulate bone remodeling is a critical active area of

research to which the PWB model is well-suited. We developed an FE model of loading during gait

under PWB to resolve the local mechanical environment proposed to drive losses in bone volume. FE-

calculated strains corresponded with strain gage measurements during ex vivo axial compression and in

vivo locomotion at the midshaft (from the literature), but underestimated in vivo strain measurements

we made in one mouse in the proximal tibia during PWB gait. Future work is needed to collect more in

vivo validation data and refine the FE model to better reflect measured strains with PWB. Nevertheless,

this was the first attempt to model the physiologic mechanical environment in a mouse limb based on

experimental kinematic and kinetic data and to validate the model with strain measurements.

Finally, we combined measurements of local changes in bone architecture at different PWB levels with

modeled strain energy density stimulus at corresponding locations in the tibia. Changes in bone volume

due to PWB were heterogeneous across different sectors in a single region and across different regions

throughout the tibia. SED stimulus was modestly correlated to bone volume, and the relationship was

consistent at two different diaphysis regions. This preliminary analysis was encouraging, but there are

numerous ways to refine the analysis to improve quantification of both the mechanical environment

and the changes in bone mass. Given the importance of understanding the fundamental relationship
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between changes in bone architecture and the mechanical stimulus, application of the PWB model in

pursuit of the answer deserves further investigation.

9.2 CONTRIBUTIONS TO BONE RESEARCH

The recently developed partial weightbearing model introduced to the field a new method to study

adaptation to reduced loading. Underloading is a relatively understudied but important area of research

to accurately predict bone loss in settings of disuse and determine optimal exercise prescriptions for

prevention. Our work reinforced the model's utility by fully validating its ability to 1) tunably offload

vertical ground reaction forces in proportion to weightbearing, 2) maintain normal quadrupedal gait

kinematics, 3) cause less stress than hindlimb unloading, and, crucially, 4) produce a dose-response of

muscle and bone loss in response to different levels of weightbearing.

This thesis further extends the utility of the murine partial weightbearing model by laying the

groundwork to establish gait-induced strain fields throughout the tibia against which architectural and

cellular bone remodeling responses can be evaluated. This is the first attempt at modeling the

physiologic mechanical environment in a mouse limb based on experimental kinematic and kinetic data

and validated with strain measurements. Knowledge of the tissue-level mechanical environment

associated with locomotion will be a great asset for the field. Invariably, investigators do not rigorously

account for normal habitual activity in various animal models of controlled external loading of limbs, for

lack of available data. Without a thorough understanding of the customary strain environment, one

cannot determine how the applied strain stimulus differs from the customary strain, yet that difference

is generally agreed to be the determining factor that drives changes in bone mass and architecture. With

the ability to account for normal habitual strains, the use of these animal models as a tool for

understanding the control of bone remodeling will be improved.

Very little data exist on bone remodeling in response to different magnitudes of mechanical stimuli over

a range of underloading, as much of the focus in the field has been on overloading. Consequently,

computational models of bone adaptation to disuse rely on (often competing) assumptions and

untested theories proposed decades ago. This thesis provides important experimental data on how

bone responds to different degrees of unloading, on an organ scale and tissue scale, which can be used

to develop and validate in silico models to predict bone loss with disuse. Identification of a constitutive

relation between bone resorption and mechanical stimulus, is a major goal of the field.
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9.3 RECOMMENDATIONS FOR FUTURE WORK

The preliminary analysis of the relationship between mechanical stimulus and bone adaptation with

PWB can be refined in multiple ways. First, the simplistic FE model of gait-induced strain, using just net

loads at the knee surface derived from 2D inverse dynamics, could be improved by implementing

boundary conditions more representative of physiologic loading during locomotion. It may be necessary

to incorporate the forces of major muscles acting on the tibia, which would require the development of

a musculoskeletal model of the mouse hindlimb to determine muscle activity, as is common in human

models. Second, peak gait-induced SED may not be the only, or best, mechanical stimulus influencing

bone adaptation. Other strain-related stimuli may be explored, including a composite measurement that

reflects the sum of mechanical loading events over a given period, such as a "daily strain stimulus."

Finally, in vivo IiCT measurements of time-lapse changes within an individual bone would be a more

powerful tool for discriminating small, local changes in bone architecture and the influence of PWB and

duration. Coupled with subject-specific FE models to estimate SED (or other mechanical stimulus) for

each bone, one could relate the mechanical stimulus to bone formation/resorption sites on a voxel-by-

voxel basis in a single specimen.

in this work, only the mechanical environment of a hindlimb bone was explored. One benefit of the PWB

model is that the mechanical environment of the forelimbs is manipulated identically to that of the

hindlimbs. Whether sites in different bones respond differently to the same mechanical stimuli, after

accounting for the difference in customary strain level, is currently not known and would be an exciting

future area of research.

It is still unclear why mice in HLU appear to lose less bone than mice at 20% PWB. A preliminary analysis

(data not shown) indicates that the pattern of bone loss in HLU also differs from that of all PWB groups.

Whether this difference can be explained by mechanical factors could help inform the question of which

mechanical stimuli are the most osteogenic, since the mechanical environment supplied by the two

models is distinctly different. While it would be challenging to model the strain environment of the

mouse tibia in hindlimb unloading, an initial investigation could use in vivo strain gaging to compare the

mechanical strains in the different models.

9.4 IMPLICATIONS

As NASA (and now private companies!) plans to send humans deep into space for longer duration

missions in partial gravity environments, it is crucial to characterize musculoskeletal adaptation to
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partial unloading in order to better predict and mitigate bone loss. These studies in mice suggest that

the gravity environments of the moon and Mars will not fully protect against bone loss. Predictions of

fracture risk during and after return from exploration missions, which are essential to quantify with

reasonable uncertainty before embarking on a mission, should incorporate this new information into

estimates of bone loss on the moon and Mars.

Furthermore, our findings that ISS astronauts continue to lose bone in only six months of microgravity,

even with high-capacity exercise equipment, highlights the importance of increased loading capacity of

future exercise devices and/or use of pharmacologic therapies designed to mitigate bone loss, especially

for missions of longer duration. Future vehicles will certainly have less habitable volume than the ISS,

and physical constraints may limit space available for exercise equipment. In the event that adequate

exercise cannot be performed and underloading occurs, experience predicts that concerns about

mitigating bone loss will again come to the fore.

Mechanical loading, which is clearly a powerful driver of bone mass and strength, can be exploited

clinically to improve and protect skeletal health. A better understanding of the mechanoregulation of

bone remodeling will help to optimize exercise prescriptions to efficiently generate the mechanical cues

needed for skeletal maintenance. This could benefit astronauts who are spending almost an hour every

day exercising yet still experience bone loss in microgravity. Moreover, many clinical populations that

are at risk for disuse osteoporosis, such as spinal cord injury, stroke, muscular dystrophy, cerebral palsy,

and Parkinson's disease, would also benefit from an understanding of the best way to use physical

loading to stimulate bone.
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