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ABSTRACT

Dodge, Todd Randall. M.S.B.M.E., Purdue University, May 2013. Experimental and
Computational Analysis of Dynamic Loading for Bone Formation. Major Professor:
Hiroki Yokota.

Bone is a dynamic tissue that is constantly remodeling to repair damage and

strengthen regions exposed to loads during everyday activities. However, certain

conditions, including long-term unloading of the skeleton, hormonal imbalances, and

aging can disrupt the normal bone remodeling cycle and lead to low bone mass and os-

teoporosis, increasing risk of fracture. While numerous treatments for low bone mass

have been devised, dynamic mechanical loading modalities, such as axial loading of

long bones and lateral loading of joints, have recently been examined as potential

methods of stimulating bone formation. The effectiveness of mechanical loading in

strengthening bone is dependent both on the structural and geometric characteris-

tics of the bone and the properties of the applied load. For instance, curvature in

the structure of a bone causes bending and increased strain in response to an axial

load, which may contribute to increased bone formation. In addition, frequency of

the applied load has been determined to impact the degree of new bone formation;

however, the mechanism behind this relationship remains unknown.

In this thesis, the application of mechanical loading to treat osteoporotic condi-

tions is examined and two questions are addressed: What role does the structural

geometry of bone play in the mechanical damping of forces applied during loading?

Does mechanical resonance enhance geometric effects, leading to localized areas of

elevated bone formation dependent on loading frequency? Curvature in the structure

of bone was hypothesized to enhance its damping ability and lead to increased bone
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formation through bending. In addition, loading at frequencies near the resonant

frequencies of bone was predicted to cause increased bone formation, specifically in

areas that experienced high principal strains due to localized displacements during

resonant vibration.

To test the hypothesis, mechanical loading experiments and simulations using fi-

nite element (FE) analysis were conducted to characterize the dynamic properties of

bone. Results demonstrate that while surrounding joints contribute to the greatest

portion of the damping capacity of the lower limb, bone absorbs a significant amount

of energy through curvature-driven bending. In addition, results show that enhanced

mechanical responses at loading frequencies near the resonant frequencies of bone

may lead to increased bone formation in areas that experience the greatest principal

strain during vibration. These findings demonstrate the potential therapeutic effects

of mechanical loading in preventing costly osteoporotic fractures, and explore char-

acteristics of bone that may lead to optimization of mechanical loading techniques.

Further investigation of biomechanical properties of bone may lead to the prescribing

of personalized mechanical loading treatments to treat osteoporotic diseases.
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1. INTRODUCTION

1.1 Bone: Structure, Function and Adaptation to Loading

Bone is a constantly adapting tissue that is composed of many organic, inorganic,

and living components. The primary constituent of bone is a modified version of the

inorganic mineral hydroxyapatite, which can comprise more than 50% of the weight of

a bone [1]. Bone mineralization occurs when the inorganic hydroxyapatite is deposited

along organic collagen fibrils producing the hard matrix of the bone. Type I collagen

is the primary organic structural component of bone, and is produced and deposited

by osteoblasts, or bone producing cells [2]. However, other types of collagen exist in

bone in smaller quantities. Crosslinking between type I collagen fibrils has been shown

to be important in the stability and overall strength of bone tissue [3–5]. Other cells

found in bone are osteoclasts, or bone absorbing cells, and osteocytes, which function

as mechanical sensors within the bone matrix [6].

Bone has numerous mechanical and metabolic functions within the body. Me-

chanically, bone provides structural support and protection of other organs. Many

bones, especially long bones found in the limbs, facilitate movement by providing

attachment points for muscles and tendons. The inorganic portion of bone acts as

a storage reservoir for minerals important in other body activities, such as calcium

and phosphorus. Within the marrow of a bone, located in the intramedullary cavity,

production of blood cells occurs in a process called hematopoiesis [7].

The structure of individual bones depends on the location and function of the

bone. However, there are two primary types of bone that are common to all bones.

Cortical bone forms the outer shell of a bone and makes up 80% of the weight of
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the skeleton [8]. Within the cortical shell, the less dense trabecular bone is found.

Trabecular bone is oriented in a network of plates and rods that compose a very

porous structure. This allows the overall mass of the bone to decrease and provides

a space for metabolic processes within the bone, such as blood cell production. On a

micro-scale, cortical bone contains numerous pores and channels called lacunae and

canaliculae, respectively. These spaces are home to osteocytes and their processes,

and are important in the bone remodeling cycle.

The bone remodeling process revolves around the activity of osteocytes, which re-

lease sclerostin, a compound that inhibits osteoblast formation by binding low-density

lipoprotein receptor-related protein 5 (LRP5) and inhibiting the Wnt signaling path-

way in bone. Factors such as mechanical loading of the bone, increases in release

of parathryroid hormone (PTH), and the release of some cytokines reduce sclerostin

production by osteocytes, initiating bone remodeling. [9]. When bone remodeling is

initialized, osteoblasts and osteoclasts are organized into groups called basic multi-

cellular units (BMUs), which first resorb the surface of the bone then deposit new

bone in the resorption cavity. When a load is applied to a bone, the matrix of the

bone resists the load and is subject to stresses and strains dependent on the type and

magnitude of loading. Low strain levels lead to the apoptosis of osteocytes, reducing

the activity of osteoblasts and increasing bone absorption by osteoclasts, reducing

bone strength over time. A chronic reduction in bone density due to low activity

levels may lead to a condition referred to as disuse osteoporosis [10]. Osteoporosis

may also be caused by deficiencies in important minerals or hormones, as discussed

in the following section.
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1.2 Osteoporosis: Symptoms and Causes

Osteoporosis is a condition of reduced bone mass, quality, and strength that leads

to increased risk of bone fracture. The World Health Organization defines osteoporosis

as the decrease in bone mineral density (BMD) to 2.5 standard deviations below the

peak value in a healthy member of a patient’s gender [8]. While persons of any

age or sex can experience osteoporotic symptoms, osteoporosis is most prevalent in

the elderly population, especially in post-menopausal women. Approximately 30%

of women and 12% of men will experience osteoporotic symptoms at some point

in their lifetime [8]. The greatest threat to an osteoporotic patient, especially the

elderly, is bone fracture due to low-impact trauma. In 2010, approximately 530,000

osteoporotic fractures occurred in elderly patients, which cost as much as $16.6 billion

to treat [11]. Osteoporotic fractures can be devastating to the health of an otherwise

healthy patient, causing debilitating acute and chronic pain and early mortality [12].

Osteoporotic patients may also have a slouched posture due to vertebral compression

fractures [13]. Many factors may contribute to the development of low bone mass and

osteoporosis. Advanced age, mineral or hormone deficiencies, and long-term disuse

are common risk factors.

The single greatest cause of osteoporosis in the general population is advancing

age and estrogen deficiency in post-menopausal women. In fact, osteoporosis from

this cause is so prevalent that one out of every two women will likely develop low

bone mass and increased risk of bone fracture after menopause, which typically oc-

curs around 51 years of age [8]. Estrogens are the primary female sex hormones

produced by the ovaries and are important in maintenance of the bone remodeling

cycle. Reduction in estrogen concentrations during menopause leads to an elevated

number of activated BMUs. However, osteoclast activity is much more prevalent

in estrogen-deficient BMUs because of increased recruitment of osteoclasts to bone

surfaces and decreased osteoclast apoptosis, leading to longer resorption periods and
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larger net bone loss. In addition, removal of estrogens increases the production of in-

flammatory cytokines, such as interleukin 7 (IL-7) and tumor necrosis factors (TNFs),

which inhibit osteoblast activity [14]. Lack of estrogen also decreases intestinal cal-

cium absorption and increases renal calcium loss, requiring the body to free calcium

from the bone matrix [8].

Other causes of osteoporosis are less common but may still have debilitating ef-

fects. As previously stated, normal mechanical loading of the skeleton that is applied

during everyday activities is crucial in the amount of absorption or deposition of bone

that occurs during bone remodeling. During periods of disuse or rest, BMUs will tend

to absorb more bone and deposit less [15]. The effects of unloading are greatest in

bones that normally bear body weight, such as the femur or tibia. For patients that

require long term bed rest, or those that suffer a spinal cord injury, this effect is mul-

tiplied, and reduction in bone density and strength can become serious [16]. Bone

mass has been shown to decrease by up to 6% in the distal tibia in patients on 90-day

bed rest [17], and up to 43% in the distal femur in spinal cord injury patients [18].

Certain environments can also lead to reduction in skeletal loading. For astronauts

exposed to a micro-gravity environment for a long period of time, normal mechanical

loading may be very difficult to achieve. In fact, astronauts in space may lose up to

5.4% of the bone mass in the bones of the leg during a six-month period exposed to

micro-gravity [15]. Upon returning to a normal-gravity environment, bones loaded by

astronauts and patients coming off bed rest may be at increased risk of catastrophic

fracture due to decreased strength. In addition, bone marrow stromal cells may be

pushed towards an adipocyte lineage during unloading, inhibiting the recovery of

bone when loading resumes [19].

Mechanical properties of bone, such as fracture strength, Young’s modulus, or

damping capacity, are dependent on both the quantity and quality of bone [2, 10].

BMD is typically used to represent the quantity of bone in a given area, and bone
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quality may depend on structural characteristics, such as geometry, in addition to

molecular aspects, such as collagen morphology or crosslinking [2, 5]. Osteoporotic

conditions have been shown to lead to changes in both the quantity and quality of

bone. For example, BMD is decreased in osteoporotic bone, and the morphology of

type I collagen has been shown to change [20]. Excessive remodeling and activation

of osteoclasts may not allow newly deposited bone by osteoblasts to fully mineralize

before being resorbed, reducing the bone’s resistance to bending and deformation

on a large scale [8]. In addition, the microarchitecture of cortical and especially

trabecular bone are modified due to excessive bone remodeling. High levels of bone

resorption thin and decrease the numbers of trabeculae in the epiphyses of long bones.

Cortical bone also becomes more porous and deteriorates from the endosteal surface,

reducing strength [8]. While the micro and nano-scale aspects of osteoporotic bone

are important to the overall loss in strength, this study will focus on macro-scale

observations of fracture susceptibility, such as Young’s modulus and BMD.

1.3 Problem Statement

Osteoporosis is a serious condition leading to the drastic reduction in bone mass

in millions of patients in the United States each year. Due to this decrease in bone

strength, relatively low-impact falls or loads on affected bones may cause severe frac-

tures of osteoporotic bones [21]. In elderly patients, osteoporotic fractures are es-

pecially problematic and may lead to a decline in health and early mortality. An

effective treatment to increase bone mass and strength without undesirable side ef-

fects would have enormous clinical value and may reduce the chances of catastrophic

bone fractures and the accompanying health problems. This thesis proposes dynamic

mechanical loading as a treatment for osteoporotic conditions. Understanding the

properties of bone under a dynamic load is important in the development of mechan-

ical loading as a treatment method.
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1.4 Current and Proposed Treatments

Numerous treatments have been developed to fight the loss in bone density and

quality that are characteristic of osteoporotic conditions. Most of these treatments

involve administration of a drug or supplement, such as calcium or bisphosphonates,

and all treatments involve dietary changes and prevention of falls or impacts to avoid

fractures. Minor weight bearing exercise is also used in an attempt to reverse the

imbalance in bone remodeling leading to bone loss. However, the use of drugs and

supplements may have disadvantages due to adverse side effects. More recent studies

have investigated the effects of applied dynamic mechanical loads to the osteoporotic

skeleton. While there are currently no FDA approved mechanical loading techniques,

these treatment methods show promise in reducing the detrimental effects of osteo-

porosis.

1.4.1 Drugs and Supplements

Currently, the primary treatment methods for osteoporotic conditions involve di-

etary changes and administration of supplements to boost the levels of calcium and

vitamin D, both important components in bone homeostasis. Since calcium is re-

quired by vital body processes, such as in the activation of neurons to produce action

potentials, the body will demineralize bones in order to raise plasma calcium con-

centration if not enough calcium is absorbed from the diet. For this reason, calcium

supplements have seen success in studies of osteoporosis treatments. In addition to

calcium, supplementation with vitamin D, which helps the body absorb calcium and

may have some inhibitory effects on osteoclast precursors, has shown some success

in clinical studies [22–25]. However, the beneficial effects of calcium and vitamin

D supplementation appear to be limited to patients who already show symptoms of

osteoporosis. A 2012 study showed that there is not enough evidence to prove that

these supplements prevent fractures in healthy post-menopausal women [26]. In ad-
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dition, recent research has shown a link between the use of calcium supplements and

increased risk of cardiovascular disease and heart attack [27,28].

In addition to natural supplements, human hormones or antibodies may be used

as antiresorptives to treat osteoporotic bone loss. Denosumab is an FDA-approved

antibody that acts as a decoy receptor for receptor activator of nuclear factor kappa-

B ligand (RANKL), which is a molecule found on osteoblasts that activates osteo-

clasts [29]. This antibody mimics the activity of osteoprotegerin (OPG), and inhibits

the activation of osteoclasts. Naturally-occuring hormones or modified hormones

are also used as anti-resorptives. In post-menopausal women, hormone replacement

therapy is commonly used to prevent osteoporotic fractures and reductions in bone

mass [30]. However, an increased risk of breast cancer has been noted in long-term

hormone replacement therapies [31]. In addition, calcitonin is a naturally occurring

hormone that leads to the decrease in osteoclast activity, and has been shown to help

prevent osteoporotic fractures in men [32]. Teriparatide consists of the first 34 amino

acids of PTH, which when administered intermittently, acts to activate osteoblasts,

and has seen some experimental success [33]. While each of these hormones and an-

tibodies may increase mass of osteoporotic bone, side effects, such as kidney stones

and osteosarcomas still exist [34].

Other treatments involve the use of synthetic drugs to prevent the loss of bone

characteristic of osteoporotic conditions. Three commonly used medications are

synthetic vitamin D analogs, bisphosphonates, and strontium ranelate. Vitamin D

analogs, which mimic the metabolic activity of vitamin D, have seen success in reg-

ulating bone remodeling and may be more effective than vitamin D in increasing

bone mass [35, 36]. Another popular class of drugs for osteoporosis treatment is the

bisphosphonates, which attach to hydroxyapatite binding sites on the surface of the

bone. When osteoclasts degrade the bone matrix containing the drug, the freed bis-

phosphonate inhibits the ability of the osteoclast to stick to the bone surface and
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produce the acids and enzymes required for resorption. Bisphosphonates may also

inhibit osteoclast progenitor development and promote osteoclast apoptosis, while

preventing osteocyte and osteoblast apoptosis [37]. Collectively, these effects lead to

an increase in bone mass [38]. However, treatment with bisphosphonates may have

some unintended consequences. For example, since bisphosphonates inhibit the bone

remodeling cycle, there is some concern that micro-damage may accumulate in a bone

and eventually lead to fracture, even with the increase in bone mass associated with

treatment [38]. Perhaps the most significant potential side effect is osteonecrosis of

the jaw, which is marked by the exposure and death of bone tissue in the jaw bone or

maxillary bone through lesions in the mouth [39]. Strontium ranelate is a strontium

salt that mimics the activity of calcium in bone metabolism, allowing the incorpo-

ration of strontium atoms into bones. This leads to the increased differentiation

of osteoblasts and the inhibition of osteoclasts through increased secretion of OPG.

While strontium ranelate has seen lower incidence of adverse side effects than many

other therapies, some patients still experience allergic reactions and nausea [40].

1.4.2 Mechanical Loading

Routine mechanical loading is known to maintain the structural integrity of the

skeletal system by pushing the bone remodeling cycle towards bone formation rather

than resorption [41,42]. Many osteoporosis treatment regimens employ the use of light

weight-bearing exercise in an attempt to take advantage of the natural tendency of

the skeletal system to adapt to applied loads. However, compliance to these regimens

may be poor [43]. For other cases of osteoporosis, such as those caused by disuse,

weight bearing exercise may be impossible. For this reason, a method of mechanical

loading that requires minimal movement by the patient is desirable.
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Many types of applied mechanical loading of the skeleton have been proposed

as potential treatments for osteoporotic conditions, including whole body vibration,

axial loading or bending of long bones, and lateral joint loading. Each mechanical

loading modality is thought to strengthen bone by causing dynamic fluctuations in

intramedullary fluid pressure in areas that experience enhanced stresses and strains

due to the applied load [41,44]. This dynamic pressure gradient may cause fluid flow

through the lacunocanalicular network of pores in the bone, causing a shear stress to

be applied to osteocytes that inhabit those pores and channels. This shear stress may

excite the osteocytes, causing activation of osteoblast activity and initiation of the

bone remodeling process [44–46]. Mechanical loading may also lead to application

of force directly to osteocytes as strain in the bone matrix changes the shape of the

lacunae and canaliculae, imposing deformations on the osteocyte and its processes

[47,48].

Whole body vibration (WBV) involves the transfer of energy from a vibrating

platform to the entire body of an osteoporotic patient, causing forced oscillations

of the bone [43]. A recent clinical study using whole body vibration in addition

to an exercise program showed that this treatment method may help to increase

bone density in post-menopausal women with low bone mass [49]. Animal studies

have also demonstrated a potential osteogenic effect of whole body vibration [19].

However, the limited effectiveness and potential safety concerns associated with this

loading modality may cap its use [43].

Other mechanical loading techniques involve the application of force directly to

bones or joints. Axial loading creates a bending motion in long bones and may be

useful in treating low bone mass in the tibia or ulna. In animal studies of axial loading,

increases in cortical and trabecular bone formation were found in tibiae exposed to

this loading modality [50,51]. Lateral loading of joints has also seen success in animal

models. For example, loading of the knee joint has been shown to increase bone
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formation in the entire length of the femur [52]. Unlike many drugs and supplements,

mechanical loading treatments do not have numerous side effects and need only be

used for minutes a day.

Many factors may impact the effectiveness of mechanical loading as a treatment

for osteoporotic conditions. Properties of the bone, including material characteristics

and geometry, may play a role in the anabolic effects of force application. In addition,

properties of the load may also impact the degree of osteogenic effects. Depending on

the modality, a wide range of frequencies of loading have been implemented in bone

loading studies. These frequencies commonly correspond closely to a physiological

frequency, such as that of walking or running, in an effort to closely mimic deforma-

tions achieved during these activities [53, 54]. Various studies have investigated the

role loading frequency plays in bone remodeling and formation, and results indicate

that maximum bone formation differs depending on loading frequencies and targeted

locations of bones [54–58]. However, the mechanism of this observed frequency de-

pendence remains unknown.

1.5 Objectives

The first objective of this thesis is to investigate the effectiveness of dynamic me-

chanical loading in reversing the bone loss characteristic of disuse and post-menopausal

osteoporosis. To accomplish this, knee loading will be applied to animal models ex-

posed to hindlimb-suspension and ovariectomy (OVX) to simulate skeletal unloading

and post-menopausal osteoporosis, respectively. A biomechanical analysis of loading

induced bone formation will then be conducted using experimental and numerical

methods to investigate the role of the mechanical and geometric properties of the

target bone and characteristics of the applied load in osteogenic activity. Curvature-

induced bending will be analyzed to determine its impact on the damping capacity
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and anabolic bone formation properties of the lower limb. In addition, to help ex-

plain an observed frequency dependence of load-driven bone formation, resonance in

the structure of the bone will be investigated for its potential stimulatory effects on

localized bone formation.
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2. DYNAMIC MECHANICAL LOADING OF

OSTEOPOROTIC BONES

Normal physical activities, such as walking, running, and jumping increase the

strength of bone [41, 59]. These everyday activities and exercises, however, cannot

be performed by individuals on bed rest, especially elderly patients. In addition,

astronauts in space have limited exposure to mechanical loads. When exposed to these

limited-load conditions, individuals may experience disuse osteoporosis in normally-

loaded bones, such as the femur and tibia [60, 61]. In addition, bone loss due to

post-menopausal estrogen deficiency is a very common affliction increasing the risk

of catastrophic bone fracture in millions of women in the United States each year [8].

It is thus useful to develop a mechanical loading method that can easily be used by

elderly individuals and astronauts in space. While each type of mechanical loading

discussed previously has seen some positive results, joint loading may be the most

practical modality to implement in the clinical setting due to lower net force required

for the same osteogenic effects as other modalities [45,62].

In this section, the application of lateral loading of the knee joint to treat osteo-

porotic bone is studied. Application of load was hypothesized to increase BMD in

animals afflicted with osteoporosis caused by both disuse and hormone deficiency. In

addition, knee loading was predicted to increase the Young’s modulus of compression

of an osteoporotic spine, demonstrating a remote increase in the fracture resistance

of bone caused by knee loading.

In order to test the hypothesis, animal models of disuse and post-menopausal

osteoporosis were utilized. By suspending the tail to a guide wire in the cage, the
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rear limbs of mice were unloaded, simulating disuse. Post-menopausal osteoporosis

was modeled by surgically removing the ovaries of female mice, mimicking the acute

effects of menopause in bone remodeling. These mice present significant increases

in bone resorption, together with a slight increase in bone formation [14]. Each

model of osteoporosis has been utilized in previous studies [63, 64]. Loading was

applied to osteoporotic mice in each group using either a custom-made piezoelectric

loading device or an electro-mechanical loading device to apply a dynamic 1 N load

to the knee. Changes in bone were quantified by determining BMD of the limb and

mechanically determining the Young’s modulus of compression for vertebral samples

after a loading regimen was complete.

2.1 Experimental Methods

95 C57BL/6 female mice (∼ 12 weeks of age; Harlan Sprague-Dawley, Inc.) were

used in these studies (Table 2.1). Experimental procedures were approved by the

Indiana University Animal Care and Use Committee and were in compliance with

the Guiding Principles in the Care and Use of Animals endorsed by the American

Physiological Society.

2.1.1 Hindlimb Suspension

23 wild-type mice were employed in this experiment, in which 12 mice were used

for the unloaded (hindlimb-suspended) group and 11 mice used for the control group.

The animals were allowed to acclimate for 1 week before the experiment. Mice were

anesthetized by inhalation of isoflurane (2.0%), and the tail was inserted into a plastic

tube of the tail harness. The animal was placed head-down at approximately a 30

– 40°angle that prohibited the hindlimbs from reaching the ground (Fig. 2.1). The

tail harness was attached to a metal swivel (fishing wire) and connected to a metal
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Table 2.1

Study

Number

Animals Groups Description

2-1 23 12 suspended (6 loaded)

11 control (6 loaded)

BMD measured in limbs to

evaulate loading effects on

suspended animals.

2-2 48 24 OVX (12 loaded)

24 sham (12 loaded)

BMD measured in proximal

femur to evaluate loading ef-

fects on OVX animals.

2-3 24 12 OVX (6 loaded)

12 sham (6 loaded)

Compressive test conducted

on L5 vertebral body to eval-

uate loading effects on OVX

animals.
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support that horizontally spanned a housing cage from one corner to the other. The

mouse was able to move along the horizontal metal support and access about 80% of

the cage. Water (hydrogel placed on floor) and food (placed on floor) were provided

ad libitum in a plastic dish throughout the experiment.

Figure 2.1. Hindlimb suspension model. The tail was suspended in a
harness that allowed cage movement, but no weight was allowed on the
hind limbs.

2.1.2 Ovariectomy Surgery

In this study, 72 mice were utilized; of which 36 received OVX surgery and 36 re-

ceived a sham surgery. All animals were weighed prior to ovariectomy and at sacrifice.

Anesthesia was conducted with 1.5% isoflurane (IsoFlo, Abbott Laboratories, North

Chicago, IL) at a flow rate of 0.5 to 1.0 L/min. The hair at the operative sites (dorsal

mid-lumbar area) was shaved, and the skin was cleaned with 70% alcohol and 10%

providoneiodine solution. Using a scalpel, a 20 mm midline dorsal skin incision was

made. The peritoneal cavity was incised to access the ovaries, which were then excised

with scissors. After removing the ovaries, the uterus body was placed back into the

peritoneal cavity and the wound was closed by suturing [65,66]. For the sham control
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mice, the same procedure was conducted without removing the ovaries. A four-week

recovery time was allowed between surgery and administration of mechanical loading.

2.1.3 Knee Loading

Knee loading was utilized to apply dynamic mechanical loads in the medial-lateral

direction to the knee joints of hindlimb-suspended, OVX, and associated sham or

control animals in each experiment. In each case, the mouse was first placed in an

anesthetic induction chamber to cause sedation and then mask-anesthetized using

2.0% isoflurane. Loads were applied to the right knee of 12 hindlimb-suspended and

control mice using a custom-made piezoelectric mechanical loader (Fig. 2.2A) [45].

The loading consisted of a 1 N force (peak-to-peak) waveform at 5 Hz for 5 min. The

left knee was used as a sham loading control, where the knee was placed under the

loading rod for 5 min in the same procedure used for the right knee without applying

a voltage signal to the loader. During the procedure tail suspension was temporarily

released. However, mice in the tail-suspension group did not receive regular gravity

force in their hindlimb since they were anesthetized and laying down. The loading

procedure was repeated once each day for 5 days. In the OVX studies, knee loading

was applied to both the left and right knees of 36 mice (18 OVX, 18 sham) using a

voltage-regulated loading device (ElectroForce 3100; Bose, Inc., Framingham, MA)

(Fig. 2.2B). The loading waveform consisted of a 1 N force (peak-to-peak) at 15

Hz for 3 min daily for 10 days (5 days loaded, 2 non-loaded, then 5 loaded). After

loading, the animals in each group were allowed to resume normal cage activities.

2.1.4 Measurement of BMD

To measure the BMD of animals in each group, mice were anesthetized in an anes-

thetic induction chamber and mask-anesthetized using 2.0% isoflurane. A dual-energy
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Figure 2.2. Knee loading of hindlimb-suspended and OVX animals. (A)
Knee loading was applied to the right knees of hindlimb-suspended mice
for 1 week for 5 minutes per day (1 N, 5 Hz) using a custom-made piezo-
electric loading device. (B) Knee loading was applied to both the left
and right knees of OVX mice 2 weeks for 5 minutes per day (1 N, 15 Hz)
using a electro-mechanical loading device (ElectroForce 3100; Bose, Inc.,
Framingham, MA).

x-ray absorpiometry (Lunar PIXImus 2) machine (GE Medical Systems, Madison,

WI), equipped with the Lunar PIXImus 2 software version 2.0, was used to scan the

entire body of the mouse. After completion of the scan of the whole body, region of

interest boxes were drawn around each limb and the lumbar vertebrae L1-L6 (Fig.

2.5A) of hindlimb-suspended mice, and the femur, tibia, or lumbar vertebrae L1-L6 of

OVX mice. BMD (g/cm2) measurements were obtained from the PIXImus software.

In the hindlimb-suspension animals, the left limb (non-loaded) was compared to the

right limb (loaded) in each animal. In OVX animals, both limbs of the loaded group

were compared to the non-loaded limbs of the OVX control group.
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2.1.5 Determination of Young’s Modulus

24 mice were utilized to determine changes in Young’s modulus of bone due

to ovariectomy and mechanical loading; twelve underwent ovariectomy surgery and

twelve received a sham surgery. After a 4 week period post-surgery, knee loading of 1

N peak-to-peak at 15 Hz was applied to both the left and right limbs of 6 mice from

each group daily (5 days/week) for two weeks. Immediately following euthanasia, the

L5 lumbar vertebra was isolated and all soft tissues were removed. The ends of the

vertebral body were cleaned to allow as flat of a loading surface as possible. Com-

pressive loading was imposed using an ElectroForce 3100 actuator (Fig. 2.3), and

no sample slippage was noted. The loading condition consisted of a ramp function

applied at 0.5 N/s to a peak compressive force of 6 N [67]. The maximum load and

loading rate were chosen in order to perform a non-destructive test. Young’s modulus

was determined using the resulting force-displacement relationship and the physical

dimensions of each sample [68].

Figure 2.3. Young’s modulus of L5 vetebral bodies from OVX, sham, and
loaded mice was determined by applying a compressive ramp load using
an ElectroForce 3100 loading device. Loading condition was 0.5 N/s in
compression to 6 N.
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2.1.6 Statistical Methods

The mean and standard deviation of all data was calculated, and 2-way ANOVA

was conducted to evaluate statistical significance for cross-comparisons between con-

trol vs. suspension, and knee loaded vs. non-knee loaded animals in the hindlimb-

suspension study. An unpaired, two-tail Student’s t-test was used to determine sig-

nificance between loaded and non-loaded groups of OVX animals. P-values of less

than 0.05 (*) were determined to be significant, with p-values of less than 0.01 (**)

and 0.001 (***) denoting higher levels of significance.

2.2 Experimental Results

2.2.1 Post-Experiment Assessment of Hindlimb-Suspended Animals

Upon completion of the hindlimb suspension tests on day 5, animal body weight

and BMD were measured. The mean weights of the control and hindlimb-suspended

mice were 20.63 g and 18.97 g, respectively, and no statistical difference was observed

between the two groups (Fig. 2.4A). The BMD of the whole body and lumbar sections

of the animals was measured using PIXImus imaging (Fig. 2.4B). The average BMD

of the whole body of control animals was 0.0478 g/cm2, while the lumbar section

exhibited a BMD of 0.0508 g/cm2. In suspended animals, the average BMD of the

whole body was 0.0477 g/cm2 and the lumbar section was 0.0519 g/cm2. While a

small decrease in BMD was noted in the whole body due to hindlimb suspension,

the BMD in each region for both the control and hindlimb-suspended mice was not

statistically different.
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Figure 2.4. Animal assessments after 5 days of hindlimb suspension.
(A) Body weight. (B) Whole-body and lumbar BMD.

2.2.2 Effect of Knee Loading on Hindlimb-Suspended Mice

On day 8, PIXImus imaging was used to determine the BMD of the loaded (right)

and non-loaded (left) hindlimbs (Fig. 2.5). The BMD of loaded and non-loaded con-

trol limbs was found to be 0.0562 g/cm2 and 0.0524 g/cm2, respectively, an increase

of 7.4% in loaded limbs. In the suspended group, the BMD of loaded and non-loaded

limbs was 0.0556 g/cm2 and 0.0521 g/cm2, respectively, an increase of 6.6% in loaded

limbs. The increases in BMD in loaded limbs were statistically significant (p < 0.001)

in both the control and suspended animals. A small decrease in BMD was noted

in the non-loaded hindlimb of suspended mice compared to the non-loaded control

(0.6%), but this difference was not statisically significant. The BMD of loaded limbs

in each group was also not statistically different.
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Figure 2.5. BMD measurements of hindlimbs on day 8 using PIXImus
imaging (Lunar PIXImus 2; GE Medical Systems, Madison, WI).(A) Re-
gions of interest: left limb (non-loaded) and right limb (loaded). (B) BMD
measurements (g/cm2).

2.2.3 Effect of Knee Loading on OVX Mice

In order to demonstrate bone loss four weeks after OVX surgery, the percent

change in whole body BMD and change in BMD of the lumbar spine, femur, and

tibia was determined using PIXImus imaging (Fig. 2.6). A decrease in BMD was

observed in all areas in OVX animals as compared to animals that underwent a sham

surgery. The largest decrease was noted in the lumbar spine, which saw a percent

change of approximately -12%. The tibia and femur also showed a decrease in BMD

of approximately 3% and 10%, respectively. In total, the average decrease in BMD of

the entire body was about 8%. All decreases were statistically significant (p < 0.001).

The BMD of the proximal femur of control and OVX mice was measured using

PIXImus imaging after two weeks of knee loading (Fig. 2.7). Six weeks after OVX

surgery, the average BMD of the proximal femur of OVX mice was 0.046 g/cm2 in

mice that did not receive knee loading. In mice that were exposed to two weeks of
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Figure 2.6. Percent change in BMD was determined four weeks after OVX
or sham surgery using PIXImus imaging.

daily knee loading, a statistically significant increase in proximal femur BMD to 0.049

g/cm2 was observed (p < 0.05). This change was represented by an increase in BMD

of approximately 6.5%.

Figure 2.7. BMD of the proximal section of the femur was determined for
loaded and non-loaded OVX animals after two weeks of loading.
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2.2.4 Young’s Modulus of Spine Samples from OVX Animals

Compressive mechanical testing was utilized to determine the compressive Young’s

modulus of L5 vertebrae isolated from the spine OVX mice and mice that received

a sham surgery (Fig. 2.8). A small increase in Young’s modulus of 5.9% was noted

in normal samples when knee loading was applied, but this difference was not statis-

tically significant. Osteoporotic bone was shown to have greatly reduced mechanical

properties, as the Young’s modulus of vertebral samples from OVX animals was re-

duced by approximately 53% compared to normal animals, a statistically significant

difference (p < 0.05). Interestingly, when knee loading was applied to animals that

received OVX surgery, Young’s modulus recovered to 324 MPa, or within 0.1% of the

normal value, a significant increase of 172 MPa or 112% (p < 0.05).

Figure 2.8. Mechanical testing using an ElectroForce 3100 device was
used to determine the Young’s Modulus of compression of L5 vertebral
samples in loaded and non-loaded OVX and sham mice. A 6 N compres-
sive ramp force was applied at 0.5 N/s to the vertebral body and Young’s
modulus determined using the resulting force-displacement relationship
and dimensions of the bone.
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2.3 Discussion

The data herein demonstrated that knee loading significantly increased the BMD

of hindlimb-suspended (p < 0.001) and OVX mice (p < 0.05). In addition, the

stimulatory effect of knee loading on mice living in a normal, loaded environment

noted in previous experiments was confirmed [45, 69], although results show that

osteoporotic mice may experience a stronger response.

The mean body weight of hindlimb-suspended mice was not statistically different

from the mean body weight of non-suspended mice after day 5 of the study. Although

we did not directly measure the amount of food intake, mice appeared to eat and

drink properly and were in a healthy condition. In the lumbar spine of the mouse,

the mean BMD was slightly higher in hindlimb-suspended mice than in control mice;

however, this difference was not statistically significant. The slight increase in BMD

in hindlimb-suspended mice may be attributed to additional mechanical stress being

applied to the lumbar section of the body, possibly increasing bone growth in that

area.

The BMD of mice that underwent 5 days of hindlimb suspension was found to

significantly increase by 6.6% in response to knee loading (p < 0.001). This increase

more than made up for the 0.6% decrease in BMD that was noted in non-loaded limbs

after 5 days of hindlimb suspension.

The BMD of mice that underwent OVX surgery to simulate estrogen-deficiency

was observed to decrease by up to 12% in the spine, 10% in the femur, and 8% in the

entire body compared to those that underwent a sham surgery. In addition, removal

of the ovaries was found to decrease Young’s modulus of a lumbar vertebral body by

53%. This large discrepancy represents the detrimental effects on mechanical strength

that a small decrease in density may cause. Other factors, such as reductions in bone
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quality in OVX animals, may contribute to the observed large decrease in Young’s

modulus [2, 10].

When knee loading was applied to OVX mice, a statistically significant increase

in BMD of approximately 5% was noted (p < 0.05). While this increase may not

completely restore the bone’s density to pre-OVX levels, small increases may have

a large impact on overall bone strength. Young’s modulus of the lumbar vertebrae

in OVX animals exposed to knee loading was found to more than double from pre-

loading levels. This result suggests that the increase in BMD was not the only factor

contributing to the increase in strength in loaded animals, and bone quality aspects

may be improved as well.

Since increases in Young’s modulus were noted in the spine of knee-loaded animals,

mechanical loading may have remote osteogenic properties. Knee loading was able

to provide a recovery of Young’s modulus in samples from OVX animals to within

0.1% of the normal value, demonstrating a strong positive effect of knee loading in

the spine. The decrease in modulus following OVX surgery may have been due to

the deterioration of the vertebral structure, since estrogen-deficient bones tend to

show increased bone resorption [8,14]. Increase in modulus may have coincided with

increased bone formation due to mechanical loading, recovering the structure of the

bone to near pre-OVX levels. Increase in Young’s modulus was not statistically signif-

icant in normal animals exposed to knee loading, demonstrating that the osteogenic

effect is likely stronger in animals that are experiencing increased bone resorption

before the initiation of the loading regimen due to estrogen deficiency.

Because the BMD of the non-loaded limb is not statistically different between

control and hindlimb-suspended mice, 5 days of unloading may have only been enough

to cause a minor case of disuse osteoporosis. A more severe case has been reported in

studies utilizing a longer unloading period. For example, after 18 days of hindlimb-
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suspension, a decrease in BMD of more than 10% has been noted in the femur of

unloaded mice [70]. In addition, after 21 days of unloading, BMD in the femur has

been reported to decrease by approximately 15% [71]. While the results are expected

to be similar, future studies may employ a longer unloading period to verify the

positive effects of knee loading.

This study was performed in various stages over the course of many months.

Therefore, loading regimens were altered in later experiments based on available

equipment and experimental data. Hindlimb-suspended mice received knee loading

from a piezoelectric device, and OVX mice received knee loading from an Electro-

Force 3100 device. Regardless of which loading device was utilized to apply the lateral

knee loads, the boundary conditions and applied loads were equivalent. Differences

involved loading duration and frequency. Loading duration was changed from 5 min

per day in hindlimb-suspended animals to 3 min per day in OVX animals based on

new data that showed little difference in osteogenic effects between these two dura-

tions. Loading frequency was changed from 5 Hz in hindlimb-suspension animals to

15 Hz in OVX animals based on data showing a stronger response in the femur at

this frequency [55].

2.4 Conclusions

In summary, mechanical loading significantly increased bone formation and Young’s

modulus in hindlimb-suspended and OVX mice. The results provide further evidence

of the bone-producing capabilities of knee loading by demonstrating that this loading

modality can be applied to unloaded and OVX animals as well as animals in normally-

loaded environments. Other studies using different forms of mechanical stimulation

on hindlimb-suspended mice have had similar results [19]. However, to our knowl-

edge, this study is the first attempt to use knee loading to increase bone formation
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in unloaded or OVX mice. Therefore, knee loading may be a suitable mechanical

treatment to strengthen bones and help prevent injuries related to osteoporosis.

The results of this study also demonstrate a potential osteogenic effect of bone

formation caused by mechanical loading in remote locations away from the load.

Previous studies have only investigated bone formation local to the load. In past

knee loading studies, for example, increases in bone formation have only been noted

in the femur and tibia, and this is the first study to my knowledge to investigate the

potentially larger reach of mechanical stimulation. This effect would allow mechanical

loading to be applied away from the desired bone formation site, which would be

especially important in healing of vertebral fractures, since loading of the spine is

difficult to accomplish.
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3. BIOMECHANICAL ANALYSIS OF DYNAMIC

MECHANICAL LOADING OF BONE

Bone is the strongest, most rigid material found in the body. Because its anisotropic

matrix is composed of numerous materials, it tends to exhibit non-linear viscoelastic

properties under loading [7, 72]. The brittle hydroxyapatite component contributes

to bone’s yield strength under constant compressive load, while the elastic collagen

component contributes to the tensile strength of bone and allows some displacement

after yield until fracture. Under dynamic compressive loading, the non-linear vis-

coelasticity of bone is also important. When subjected to a dynamic load, bone

must be able to absorb and dissipate energy to avoid fracture. The ability of a bone

and surrounding tissues to dissipate energy associated with loading, referred to as its

damping capacity, is important in maintaining the structural integrity of the bone.

Damping capacity may depend on a variety of characteristics of the bone, in addition

to the viscoelastic tissues surrounding it [73].

In basic structural mechanics, the structural geometry of an object is important

in stress and strain distributions and in the maximum yield strength. Curvature

creates a bending motion in an object when a compressive load is applied, and stress

concentrations form near the maximum radius of curvature of the object. Therefore,

a straight object tends to have higher yield strength in compression than a curved

object with the same material properties. In addition, the curved object tends to

absorb more energy from loading through the bending motion. Since many long

bones have a certain degree of natural curvature, sometimes in many planes and

locations, bending may be a contributor to energy dissipation. In addition, due to
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the stress concentrations present near the axis of bending, curvature may contribute

to enhanced bone formation in response to a dynamic load [51].

In this section, two questions are addressed based on the structural and geomet-

ric characteristics of bone. First, what role does the structural geometry of bone

play in the mechanical damping of forces applied during loading? Second, does me-

chanical resonance within the structure of the bone enhance osteogenic geometric

effects, leading to localized areas of elevated bone formation dependent on loading

frequency? Curvature was hypothesized to enhance a bone’s damping ability and

lead to increased bone formation through bending. In addition, since bone is a rela-

tively stiff material and has a low damping ratio [74], mechanical loads applied at a

frequency near a resonant frequency were hypothesized to enhance bone formation,

specifically in areas that experience higher first and third principal strains due to the

effects of resonance.

When loading is applied to a stiff material at or near its resonant frequencies,

additional energy is absorbed and the material tends to vibrate at greater amplitude

than when loading is applied at other frequencies. These vibrations propagate through

the material in specific ways, or modes, based on the geometry and characteristics

of the material. For a curved object like a bone, resonance may cause enhanced

bending motions in multiple planes, depending on the geometry. Finite element (FE)

analysis can be used to predict the resonant frequencies and corresponding modes

of vibration of an object [75, 76], in addition to expected displacements and strains

during vibration.

Many factors may determine the frequencies and modes of vibration of a bone.

Material properties and geometry of the bone, along with the assumed boundary

conditions, are important aspects [77]. In addition, the complex composition and

organization of a typical long bone may also contribute to its frequency response. For
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example, the tibia is composed of a shell of dense, stiff cortical bone that is thinnest

on the outside of each epiphysis and thickest throughout the diaphysis. Inside the

epiphysis a matrix of less dense, weaker trabecular bone is present. An epiphyseal

plate is found at the border between the each epiphysis and diaphysis, which consists

of hyaline cartilage. Each type of tissue likely contributes to the frequency response

of the bone.

To test the hypotheses, animal experiments were conducted and numerical analysis

was used to evaluate and verify experimental results. To assess the role of bone in the

mechanical damping of applied forces, dynamic loading experiments (tibia loading)

were conducted using samples from mouse lower hindlimbs and two damping-related

parameters were determined: phase shift angle (∆Θ) and energy loss (∆E) [78, 79].

The phase shift angle was determined as a delay in the phase angle of displacement

waveforms to a loading input, while energy loss was calculated as dissipative energy

(hysteresis) per loading/unloading cycle. In order to examine the contribution of

each of the tissues in the lower hindlimb, loading was applied using five different limb

configurations (Samples I – V) in which the tissues such as the skin, foot, knee, and

muscle were sequentially removed and the structure was re-tested. Dynamic axial

loading was also used to test the effects of resonance in cortical bone formation in

the murine tibia. Composite waveforms of low, medium, or high frequency were

applied to the lower hindlimb of mice, and volumetric bone mineral density (vBMD)

and histomorphometry were used to quantify loading-induced bone formation. Since

axial loading has been shown to produce the greatest anabolic effects in cortical bone,

especially near the midshaft where bending-induced stresses are largest [50, 51], this

experiment focused on cortical bone formation.

To examine a potential effect of bone curvature to load-driven bone formation,

we conducted histomorphometric analysis using the tibia in response to axial load-

ing. Because of the tibia’s natural curvature, axial loading induces a bending mo-



31

ment that generates position-dependent stress. Using tibiae from mice loaded with

a constant-frequency waveform, we first predicted a curvature-dependent bone defor-

mation throughout the length of the bone as well as the transverse sections at the

proximal, middle, and distal regions. We then evaluated any linkage of fluorescently-

labeled newly-formed bone surfaces to the predicted bending motion.

To evaluate the experimental data, numerical simulations using a FE model were

conducted. A three-dimensional model of the cortical bone component of the murine

tibia was constructed using micro-computed tomographical (µCT) imaging and two

different analyses were performed. First, the damping ability of the bone with phys-

iological curvature was analyzed by applying dynamic loads of varying frequency to

this FE model, and a phase shift angle was determined using the procedure iden-

tical for processing experimental data. To evaluate the effect of bone curvature on

damping capacity, a secondary model was constructed using dimensions identical to

the original model and validated using the physiological radius of curvature. The

radius of curvature was then altered between 0 and 150% of the physiological value to

examine the effects of curvature on damping capacity. While the tibia has a natural

curvature in the medial-lateral and anterior-posterior directions, we focused on the

medial-lateral direction of curvature. Second, a modal analysis was executed on model

derived from µCT images to investigate the first five resonant frequencies and modes

of vibration. Displacements and principal strains (first and third) during vibration

were determined, and linkages between observed experimental data and predicted

computational results were then evaluated.

3.1 Experimental Methods

Experimental procedures were approved by the Indiana University Animal Care

and Use Committee and were in compliance with the Guiding Principles in the
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Table 3.1

Study

Number

Animals Groups Description

3-1 22 18 mice loaded with a 5

N composite axial load,

4 mice used to evaluate

damping after euthana-

sia

Damping analysis of differ-

ent components of the lower

limb.

3-2 3 3 mice loaded with a 1 N,

2 Hz constant frequency

axial load

Histomorphometry con-

ducted to evaluate positions

of bending-induced bone

formation.

3-3 17 6, 7, and 6 mice loaded

with low, medium, and

high frequency axial

tibia load, respectively.

vBMD calculated and his-

tomorphometry conducted

to analyze locations of

frequency-dependent bone

formation.

Care and Use of Animals endorsed by the American Physiological Society. 42 male

C57BL/6 mice were used in these studies; 25 (∼ 16 weeks old) were used to evaluate

bone curvature and damping of forces in the lower limb and 17 (∼ 13 weeks old) were

used to investigate effects of loading frequency on bone formation (Table 3.1).
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3.1.1 Tibia Sample Loading for Damping Characterization

To evaluate mechanical damping in the lower limb, tibia loading was conducted

to samples from the right lower hindlimb of 18 mice with a voltage-regulated loading

device (ElectroForce 3100, Bose, Inc.). The loading regimen was 10 chains of a 5 N

(peak-to-peak force) composite waveform consisting of a series of sinusoidal waves at

varying frequencies. Each chain was composed of one cycle of the waves at 0.5 Hz

and 1 through 20 Hz (1 Hz increments). These waves were connected at the highest

peak, where the slope of each sinusoidal wave was equal to zero.

Figure 3.1. Experimental sample configurations I- V for tibia loading: I –
intact lower hindlimb; II - limb without skin; III - limb without skin and
foot; IV - limb without skin, foot, and femur; and V – limb without skin,
foot, femur, and muscle.
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Loading was applied to five different sample configurations I - V (Fig. 3.1). Those

configurations were the intact lower hindlimb (Sample I), the limb without skin (Sam-

ple II), the limb without skin and foot (Sample III), the limb without skin, foot, and

femur (Sample IV), and the tibia and fibula alone without an intact joint on either

end, and having the surrounding soft tissues (e.g. musculature) removed (Sample V).

Sample I was prepared from four additional anesthetized and euthanized animals, and

the temporal change of phase shift angles after euthanasia was evaluated. Samples II

- V were prepared only from the euthanized animals within 20 min after euthanasia.

3.1.2 Determination of Phase Shift Angle and Energy Loss

Phase shift angles between applied sinusoidal forces and displacements of the

lower hindlimb were determined. Force (f) and displacement (L) were modeled as a

sinusoidal wave:

f = Afsin(ωt+ Θf ) +Bf (3.1)

L = ALsin(ωt+ ΘL) +BL (3.2)

The phase shift angle was determined as ∆Θ = Θf−ΘL using a least square-mean

fit method with MATLAB software (version 7.10, MathWorks, Inc., Natick, MA). In

response to a sinusoidal force waveform at 0.5 Hz, 2 Hz, and 20 Hz, energy loss, ∆E,

was determined as a hysteresis loop integral.

3.1.3 Phase Shift Angle of the Loading System

Prior to testing sample configurations I – V, the phase shift angle induced by the

loading device itself was evaluated. Between the aluminum base and axial mover, a
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straight steel rod (20 mm long, and 3 mm in diameter) was placed. The phase shift

angle of this configuration was treated as the contribution of the loading system.

3.1.4 In-vivo Axial Tibia Loading

Three mice were used for tibia loading for histological analysis to determined

bending-induced effects on bone formation. The mouse was placed in an anesthetic

induction-chamber to induce sedation and mask-anesthetized using 2.0% isoflurane.

Using the ElectroForce 3100 loading device, axial loads of 5 N were applied at 2 Hz

for 3 min per day for 3 consecutive days to the left tibia. The non-loaded right tibia

was treated as a contralateral control. Mice were given an intraperitoneal injection of

alizarin at 50 µg/g on day 5, and calcein at 30 µg/g on day 11. Animals were sacri-

ficed 13 days after the last loading and the tibiae harvested for histological analysis.

The isolated bones were cleaned of soft tissues and fixed with 10% neutral buffered

formalin. They were embedded in methyl methacrylate, and the transverse sections

were removed from the proximal (25%), middle (50%), and distal (75%) regions along

the length of the tibia.

Figure 3.2. Tibia axial loading configuration for application of waveforms
of varying frequency ranges.
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To study the effects of varying loading frequency ranges on bone formation in the

murine tibia, axial tibia loading was applied to the lower right hindlimb of 16 mice

with the ElectroForce 3100 loading device. The mouse was placed in an anesthetic

induction chamber to cause sedation and then mask-anesthetized using 2.0% isoflu-

rane (Fig. 3.2). Axial loading was applied to the right tibia daily for two weeks (5

days loaded, then 2 non-loaded, then 5 loaded). The left tibia of each mouse was

used as a non-loaded contralateral control. The loading condition consisted of a 7

N (peak-to-peak force) composite waveform comprised of a series of sinusoidal waves

from a low, medium, or high frequency group (Fig. 3.3). The low frequency group,

consisting of 6 animals, was exposed to a loading waveform that began at 1 Hz and

increased consecutively by a 1 Hz increment to 17 Hz. The medium group covered

the range of 18 Hz to 34 Hz (1 Hz increment) and utilized 5 animals. Six animals

underwent high frequency loading, which consisted of a loading waveform beginning

at 35 Hz and increasing consecutively by a 1 Hz increment to 51 Hz. Each composite

waveform consisted of one cycle of each frequency (from minimum to maximum) in

the group combined consecutively at the peak of each wave. To ensure continuity,

the composite waveform immediately following was reversed. Each loading group

received 200 repetitions of each frequency in the low, medium, or high range daily.

3.1.5 Peripheral Quantitative Computed Tomography (pQCT)

To determine the vBMD of tibiae loaded with waveforms of varying frequency,

pQCT was employed (XCT Research SA Plus, software 5.40; Norland- Stratec Medi-

zintechnik GmbH, Birkenfel, Germany). Tibiae from loaded and non-loaded limbs

were harvested and fixed in 10% neutral buffered formalin. Sections at 8%, 33%,

50%, and 66% of the length of the bone from the proximal end were scanned at five

consecutive cross-sections with a sectional distance of 0.4 mm, where each section was

260 µm in thickness with a voxel size of 70 µm (source current: 300 µA; source voltage:
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Figure 3.3. (A) Graphical representation of the low frequency, medium
frequency, and high frequency loading waveforms applied axially to the
tibiae of mice. (B) Power spectrum of the loading waveforms.

50 kV; 105 µ Cu filter). Scans were analyzed for total density at a threshold of 710

mg/cm3 using manufacturer provided software. Data was presented as the change

in vBMD (∆vBMD), which is defined as the difference in vBMD between the loaded

(right) and the non-loaded control (left) tibiae, such that ∆vBMD = loaded− non-

loaded.
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3.1.6 Bone Histomorphometry

To study locations of maximum bone formation due to variable-frequency axial

loading, 0.6% calcein (30 mg/kg body mass; Sigma Chemical Co., St. Louis, MO)

and 1.0% alizarin (50 mg/kg body mass; Sigma Chemical Co., St. Louis, MO) were

injected 8 and 3 days prior to euthanasia, respectively, to each mouse in all load-

ing and control groups. After euthanasia, specimens were dehydrated in a series

of graded alcohols and embedded in 99% methyl methacrylate with 3% dibutyl ph-

thalate (Aldrich Chemical Co., Milwaukee, WI). Transverse sections (20 – 30 µm

in thickness) at 8% and 66% locations along the length of the tibia were removed

using a diamond-embedded wire saw (Histo-saw, Delaware Diamond Knives, Wilm-

ington, DE) [80–82]. After polishing the surface, sections were mounted on standard

microscope slides. Total perimeter, endocortical perimeter, single-labeled perimeter,

double-labeled perimeter, and double-labeled area were measured, and the ratio of

labeled surface to total bone surface (LS/BS) [83] was determined using OsteoMeasur-

eXP analysis software (version 3.2, OsteoMeasure, Inc., Decatur, IL) on an Olympus

fluorescent microscope (model BX53F, Olympus America Inc., Center Valley, PA).

Data was presented as the change in LS/BS (∆LS/BS), which is defined as the dif-

ference in LS/BS between the loaded (right) and the non-loaded control (left) tibiae,

such that ∆LS/BS = loaded− nonloaded.

3.1.7 FE Model from µCT Images of the Murine Tibia

MicroCT images of an isolated murine tibia were produced using a Scanco Vi-

vaCT 40 imaging machine (Scanco Medical AG, Wayne, PA). The images were recon-

structed into a three-dimensional mesh using MIMICS 13.1 (Materialise, Inc., Leuven,

Belgium), in which the model was decomposed to approximately 10,000 tetrahedral

units (Fig. 3.4). The three-dimensional mesh was imported into COMSOL Multi-

physics software (version 4.2; COMSOL Inc., Burlington, MA) for analysis. Material
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Figure 3.4. A FE model of the murine tibia was created by first producing
µCT images (Scanco VivaCT 40; Scanco Medical AG, Wayne, PA). A 3-
D reconstruction of the images was created and remeshed using MIMICS
13.1 software (Materialise, Inc., Leuven, Belgium). This model was im-
ported into COMSOL Multiphysics software (version 4.2, COMSOL Inc.,
Burlington, MA).

properties of cortical bone, such as Poisson’s’ ratio, Young’s modulus, and density,

were obtained from literature and pQCT data [74,84,85]. Values used for these con-

stants were 0.35, 8.9 GPa, and 1,167 kg/m3 for Poisson’s ratio (ν), Young’s modulus

(E), and density (ρ), respectively.

3.1.8 FE Analysis of Geometric Damping Effects

Dynamic loads of 5 N in a sinusoidal waveform at 0.5, 2, and 20 Hz were applied

normal to the proximal end of the µCT FE model for 10 sec, while the distal end was
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pinned to simulate experimental conditions. The phase shift angle was determined

using the same procedure as for analyzing experimental data.

Figure 3.5. A model derived from µCT scans of a tibia (left) was used to
create a FE model with the same dimensions and radius of curvature as
the original tibia. Cross sections from the proximal and distal parts of the
model demonstrate the interior structure of the cortical bone. The letter
labels are: M - medial; L - lateral; P - proximal; and D - distal.

A secondary three-dimensional FE model of the tibia, built using the dimensions

and radius of curvature derived from the µCT images obtained for the first model,

was constructed using COMSOL Multiphysics software (Fig. 3.5, right). Radius of

curvature (d) was defined as the maximum distance between the central axis of the

bone and an imaginary axis spanning the center of the two ends of the bone. The

same material properties used in the µCT FE model were also used in this model.

Using a physiological radius of curvature, results were compared between the two FE

models to validate the secondary model. To evaluate any effect of bone curvature
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on mechanical damping, the radius of curvature of the secondary tibia model was

altered between 0 and 150% the original value to determine the effect of curvature

on mechanical damping in the tibia, creating a total of 5 new models (Fig. 3.6).

Dynamic loads of 5 N in a sinusoidal waveform at 0.5, 2, and 20 Hz were applied

normal to each tibia model for 10 sec, and a phase shift angle was determined using

the procedure identical for analyzing experimental data.

Figure 3.6. Additional FE models of the tibia were created by changing
the radius of curvature of the secondary FE model of the tibia (boxed) to
values 25% and 100% lower, along with 25% and 50% higher.
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3.1.9 Numerical Modal Analysis of the Tibia FE Model

To determine the first five resonant frequencies and modes of vibration of the

murine tibia, modal analysis of the FE model derived from µCT images was con-

ducted using COMSOL Multiphysics software. In order to closely simulate physio-

logical conditions, two boundary conditions were set by “pinning” the bone at the

ends by restricting the movement of elements on the surface of the knee joint and

ankle joint. A built-in eigenfrequency solver was used to determine the first five fre-

quencies and modes of vibration of the tibia model. Post-processing of the model data

allowed determination of distributions of first and third principal strains for each of

the vibrational modes.

In order to quantify the locations of maximum principal strain predicted by the

FE model, an average strain was calculated at the 8% and 66% level for each of the

first five vibrational modes of the tibia. In each location, the sum of the principal

strain value at each node of the FE mesh was divided by the total number of nodes

in the section to obtain an average strain within that section. The relative strain

between locations was calculated by dividing the average principal strain in the 8%

location by the average principal strain in the 66% location. This ratio was calculated

for each the first and third principal strain distributions.

3.1.10 Statistical Considerations

The mean and standard deviation of all data were calculated, and the Student’s

t-test was used to determine statistical significance. Since all comparisons were made

between samples originating from different animals, an unpaired two-tailed t-test was

utilized. P-values of less than 0.05 (*) were determined to be significant, with p-values

of less than 0.01 (**) denoting a higher level of significance.
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3.2 Experimental Results

3.2.1 Loading System Contribution to Damping and Post-Mortem Time

Dependency

The loading system was evaluated with anesthetized and euthanized animal mod-

els. The phase shift angle, induced by the loading device without any animal sample,

was 1.1°at 0.5 Hz, 1.3°at 2 Hz, and 2°at 20 Hz. These angles were induced by the

loader itself and removed from the contributions of bone and surrounding tissues.

With animal samples, the phase shift angles for the sample configuration I gradu-

ally decreased after euthanasia (Fig. 3.7). In response to the loading at 0.5 Hz,

for instance, the ratio of measured phase shift angles in euthanized animals to anes-

thetized animals decreased from 0.99 immediately after euthanasia to 0.96, 0.89, and

0.81 after 20 min, 40 min, and 60 min, respectively, due to the natural post-mortem

increase of stiffness. This time-dependent alteration of mechanical properties was

found to lower the damping capacity of the intact hindlimb, potentially decreasing

the observed phase shift angle of sample configurations I through IV in the following

experiments. For this reason, in the experiments that required euthanized animals, we

employed animals within 20 min after euthanasia to reduce the effects of post-mortem

time-dependent alterations of mechanical response.

3.2.2 Determination of Phase Shift Angles

In response to axial loading of lower hindlimb samples, the representative force

and displacement responses are depicted (Fig. 3.8). Loads were 5 N (peak-to-peak)

in a series of individual sinusoidal components, including the frequencies 0.5 Hz and

1 through 20 Hz, at 1 Hz intervals. Loading at 0.5 Hz for sample configurations I and

V generated displacements of 0.42 and 0.08 mm, respectively (Fig. 3.8A, 3.8B). At

2 Hz, sample configurations I and V produced displacements of 0.38 and 0.06 mm,
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Figure 3.7. Phase shift angles of the sample configuration I as a function
of time after euthanasia, normalized using the phase shift angle obtained
from the anesthetized animal. The loading frequencies are 0.5 Hz and 2
Hz.

respectively (Fig. 3.8C, 3.8D). Damage to the structure of the tibia resulting from

the loading regimen was not observed in any of the samples.
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Figure 3.9. Effects of loading frequency on phase shift angle. Phase shift
angles for the sample configurations I - V in response to a force waveform
consisting of a series of individual sinusoidal components from 0.5 to 20
Hz.

A significant phase shift angle was observed for all sample configurations (Fig.

3.9). Note that the contribution of the loading system has been removed from the

values shown. Among five configurations, phase shift angles of samples I through

III tended to increase slightly with increasing frequency, and no statistical difference

was seen between these samples at any frequency (p ≥ 0.38). Sample configuration

I showed an increase in phase shift angle from 11.6°at 0.5 Hz to 13.7°at 20 Hz, and

samples II and III showed similar trends. Phase shift angles of samples IV and V were

significantly lower than those of sample I at all frequencies, and showed very little

dependence on frequency as frequency increased (p < 0.001). For example, sample

configuration V produced a phase shift angle of 5.0°at 0.5 Hz and 3.9°at 20 Hz. The

large drop in phase shift angle between sample III and IV corresponded with the

removal of the knee joint, and contributed to a 45%, 50%, and 68% decrease in phase
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shift angle at 0.5, 2, and 20 Hz, respectively (Fig. 3.10). The ratio between the phase

shift angle of stage V (bone alone) and stage I (intact hindlimb) demonstrated the

influence of the tibia alone. This ratio was 43% at 0.5 Hz, 38% at 2 Hz, and 28%

at 20 Hz. Removal of the ankle, skin, and muscle exhibited the smallest effects on

phase shift angle, contributing to approximately 14% of the total phase shift at each

frequency.

Figure 3.10. Effects of loading frequency on phase shift angle. Phase shift
angles for sample configurations I - V at 0.5, 2, and 20 Hz. Significance
denoted in reference to sample configuration I.

3.2.3 Determination of Dissipation Energy (Energy Loss)

In response to axial loading of hindlimb samples with a sinusoidal waveform at 0.5

Hz, the representative force-displacement relationships are illustrated (Fig. 3.11). In

those plots, the areas surrounded by closed loops correspond to dissipation energy due

to hysteresis. Figure 3.12 exhibits dissipation energy per cycle for the samples I - V at
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0.5, 2, and 20 Hz. At 0.5 Hz, dissipation energy gradually decreased between sample

I and III from 0.29 mJ to 0.25 mJ, respectively, with statistical significance seen

between samples I and III (p < 0.03). A much steeper, statistically significant drop

was found between sample I and IV in all frequency groups (p < 0.001). Samples IV

and V showed very similar dissipation energies near 0.03 mJ per cycle. While similar

trends in energy dissipation are seen in response to 2 and 20 Hz waveforms, the

magnitude of the energy loss in each sample configuration decreased monotonously

as the frequency was increased. The dissipation energy in sample I was 0.29 mJ at

0.5 Hz, 0.27 mJ at 2 Hz, and 0.11 mJ at 20 Hz, and in sample V decreased to 0.03 mJ

at 0.5 and 2 Hz and 0.01 mJ at 20 Hz. The dissipation energy of the sample V was

approximately 9% that of sample I at 0.5 and 2 Hz, and 11% at 20 Hz. Dissipation

energy followed a similar trend as phase shift angle with a large decrease between

sample III and sample IV. This drop, which corresponded with the removal of the

knee joint, accounted for approximately 71%, 72% and 69% of the energy dissipated

by the intact hindlimb at 0.5 Hz, 2 Hz, and 20 Hz, respectively. Skin was found to

contribute to approximately 12% of the total dissipated energy at all frequencies, and

the remaining energy was lost with removal of the muscle and foot.
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Figure 3.12. Energy loss due to hysteresis. Energy loss per cycle for the
sample configurations I-V in response to loading at 0.5, 2, and 20 Hz.
Significance denoted in reference to sample configuration I.

3.2.4 Bone Histomorphometric Analysis of Tibiae Exposed to Constant-

Frequency Axial Bending

To evaluate a potential link between bone bending and load-driven bone formation,

new bone formation resulting from axial tibia loading of three mice was investigated

using histomorphometry. Consistent with the positions of bending-moment driven

stress, tibia loading enhanced bone formation in the proximal and middle sections but

no significant labeling was observed in the distal section (Fig. 3.13). Furthermore, the

medial and lateral surfaces were more strongly labeled than the anterior and posterior

surfaces.
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Figure 3.13. Tibia loading for bending analysis and histology. Three mice
underwent constant-frequency axial tibia loading and bending-induced
bone formation was analyzed using bone histomorphometry. Fluorescently
double-labeled tibia cross-sections were produced at the proximal (25%),
middle (50%), and distal (75%) positions. The left images are controls,
and the right images tibia loading. The letter labels are: P - posterior; A
- anterior; M - medial; and L - lateral. Bar = 500 µm.

3.2.5 Changes in vBMD of Tibiae Axially Loaded with Variable-Frequency

Waveforms

Axial loading was subjected to the tibiae of mice at a low, medium, and high

frequency range. Spectral analysis of the loading waveform in each group verified

that the focus of each signal was applied to the intended frequency range in each

loading group (Fig. 3.3B).
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Figure 3.14. Difference in vBMD was determined between non-loaded and
loaded samples at 8%, 33%, 50%, and 66% of the tibia’s length. Medium
and high frequency responses were compared to the low frequency response
using a two-tailed Student’s t-test to determine statistical significance.

Volumetric BMD was used to quantify bone formation in the loaded samples (Fig.

3.14). Difference in vBMD (∆vBMD) was defined as the average vBMD of contralat-

eral control (left tibiae) samples subtracted from the average vBMD of the loaded

samples (right tibiae). Little change in vBMD was seen at the 8% location in samples

loaded with a medium frequency waveform. However, an increase in vBMD of 109.9

mg/cm3 in the low frequency group and a decrease in vBMD of 28.5 mg/cm3 in the
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high frequency group were seen at this tibia location, a statistically significant differ-

ence (p < 0.01). At the 33% mark, increases in vBMD of 48.6 mg/cm3, 31.0 mg/cm3,

and 21.6 mg/cm3 in response to low, medium, and high frequency waveforms, respec-

tively, were observed. In the distal section of the bone, the trend of larger vBMD

gains in the low frequency group that was seen in the 8% through 33% tibia locations

was reversed. A small increase in vBMD due to a low frequency waveform at the

50% location was seen, but a statistically larger increase of 42.9 mg/cm3 was noted

in the high frequency group (p < 0.05). At the 66% location, a decrease in vBMD of

approximately 47.6 mg/cm3 was observed in the low frequency group, while a small,

but significantly different increase in vBMD was noted in response to a high frequency

waveform (p < 0.01).

3.2.6 Bone Histomorphometric Analysis of Tibiae Exposed to Variable-

Frequency Stimulation

To distinguish the exact locations of observed bone formation in loaded samples,

bone histomorphometry was utilized using calcein and alizarin labeling. Non-loaded

control samples, in addition to low and high frequency loaded samples, were analyzed

at 8% and 66% of the tibia’s length. Representative histomorphometric sections

demonstrate that low and high frequency provided maximum bone stimulation in the

8% and 66% locations, respectively, when compared to a non-loaded contralateral con-

trol (Fig. 3.15). Specifically, low frequency loading was found to produce the largest

enhancement of bone formation in the medial quadrants of the 8% cross section, while

a smaller degree of stimulation was observed in the posterior-lateral quadrant of the

66% cross section. Most bone formation was noted on the periosteum in each low

frequency-loaded section. High frequency loading provided maximum stimulation in

the periosteal posterior-medial and anterior-lateral quadrants of the 66% cross sec-

tion, and some stimulation was also noted in posterior portions of the endosteum.
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The 8% cross section, while experiencing less bone formation than the 66% section,

showed maximum stimulation on the anterior face of the periosteum and sections of

the posterior-lateral quadrant of the endosteum.

Figure 3.15. Bone histomorphometry. Representative histomorphometric
images of the 8% and 66% cross sections. Calcein (green) and alizarin
(red) labeling was used to visualize areas of maximum bone formation in
response to no loading, low frequency loading, and high frequency loading.
Inset boxes demonstrate representative regions of interest.

Percent change in LS/BS was determined to quantify the observed frequency de-

pendence in bone formation. In the proximal tibia (8% length) the percent increase in

LS/BS was 20.9% in samples loaded at a low frequency, and 9.6% in samples loaded

at a high frequency, a statistically significant difference (p < 0.01) (Fig. 3.16). At
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66% of the bone’s length, the increase in LS/BS in loaded samples was 18.6% and

25.8% at low and high frequencies, respectively. A statistically significant increase in

percent change in LS/BS was found between samples subjected to a high frequency

load at 8% and 66% of the tibia length (p < 0.01).

Figure 3.16. The change in ratio of labeled surface to bone surface
(∆LS/BS) was determined at the 8% and 66% locations in response to
low and high frequency loading waveforms. Statistical significance was
determined between the low and high frequency response at the 8% loca-
tion and the high frequency responses at each location using a two-tailed
Student’s t-test.

3.2.7 FE Analysis of Curvature in the Mouse Tibia

Phase shift angles in response to 0.5, 2, and 20 Hz sinusoidal waveforms were

compared for each the model derived from µCT images as well as for the models

created to test the effects of curvature on damping. Using the µCT model, phase

shift angles of 4.14°, 4.06°, and 4.09°were determined in response to force waveforms

at 0.5, 2, and 20 Hz, respectively. Using the same material properties and radius
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of curvature, the secondary model predicted phase shift angles of 4.26°, 4.16°, and

4.41°at 0.5, 2, and 20 Hz, a difference of 2.8%, 2.4%, and 7.3%, respectively.

Figure 3.17. FE prediction of phase shift angle. FE models were subjected
to sinusoidal force waveforms at 0.5, 2, and 20 Hz. Prediction of the phase
shift angles as a function of the maximum radius of curvature of the tibia.
The dotted lines pinpoint the location of the physiologically normal model,
with the arrow corresponding to 1.1 mm. Inset rectangle shows a zoomed
view of the area surrounded by a box.

The radius of curvature was altered from the physiological value in a range of 0

to 1.66 mm, or 0 to 150% of the normal value to simulate the effects of curvature on

phase shift angle (Fig. 3.17). For d = 0 mm (0% of normal), the phase shift angle

was predicted to be 2.97°at 0.5 Hz, 3.02°at 2 Hz, and 3.04°at 20 Hz. These predicted

phase shift angles were 44%, 38%, and 45% lower than those for a tibia with normal

curvature at 0.5, 2, and 20 Hz, respectively. As the radius of curvature was changed to

0.83 mm (75% of normal), the predicted phase shift angle increased slightly to 3.56°,

3.51°, and 3.68°at 0.5, 2, and 20 Hz, respectively. As the radius of curvature further

increased, the rate of increase of the phase shift angle was predicted to accelerate.
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At d = 1.38 mm, or 125% of normal, the phase shift angle was predicted to be 4.99°,

5.07°, and 5.32°at 0.5, 2, and 20 Hz, respectively. Finally, at d = 1.66 mm (150% of

normal), the predicted phase shift angle was 6.34°at 0.5 Hz, 6.30°at 2 Hz, and 6.39°at

20 Hz. In this highly-curved case, the predicted phase shift angles were 49%, 52%,

and 45% higher than those for a normal tibia at 0.5, 2, and 20 Hz, respectively.

Figure 3.18. (A) Sensitivity analysis showing the predicted phase shift
angles when the elastic modulus of the model is altered. The dotted
lines demonstrate the location of the physiologically normal model, with
the arrow corresponding to 8.9 GPa. (B) Sensitivity analysis showing
the predicted phase shift angles when the damping ratio of the model is
altered. The dotted lines show the location of the physiologically normal
model, with the arrow corresponding to 0.035.

To evaluate the effects of certain material properties on the phase shift angle pre-

dicted by the model, sensitivity analysis simulations were conducted for the Young’s

modulus and damping ratio (Fig 3.18). Each variable was altered to between 50 and

150% of the value obtained from literature, while the radius of curvature and all other

properties were held constant at their normal values. As Young’s modulus increased,

the FE model predicted that the phase shift angle would decrease at a decaying rate.
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As damping ratio increased, the model predicted that phase shift angle would increase

linearly.

3.2.8 Determination of Resonant Frequencies and Modes

Figure 3.19. Modal analysis using FE methods to determine the resonant
frequencies and modes of vibration of the tibia. The first five resonant
frequencies were determined to be 8.0 Hz, 11.9 Hz, 21.3 Hz, 39.3 Hz,
and 42.9 Hz. Displacement distributions demonstrate areas of maximum
motion during vibration, where red zones denote larger displacements.

Modal analysis using FE modeling was utilized to determine the first five resonant

frequencies and vibrational modes of a tibia model. These frequencies were found at

8.0 Hz, 11.9 Hz, 21.3 Hz, 39.3 Hz, and 42.9 Hz for modes 1 through 5, respectively.

Displacement distributions were modeled in order to obtain a visualization of the

movement experienced by the tibia during vibration at each frequency (Fig. 3.19).

Red colors demonstrate areas subjected to a higher peak displacement, while blue

colors showed displacements near zero. The mode of vibration corresponding to the
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first two frequencies exhibited bending across the entire bone, where peak displace-

ment is found near the 33% distal mark in mode 1 and the midshaft in mode 2. Peak

displacements in Modes 3 through 5 provide evidence of more than one axis of bend-

ing. For example, modes 4 and 5 showed small displacements near the proximal end,

but larger movement was seen near the 66% distal mark.

3.2.9 Principal Strain Analysis of Vibration at Resonant Modes

FE analysis was used to demonstrate the distributions of first principal strains dur-

ing vibration at the first five resonant frequencies (Fig. 3.20). Blue colors designate

locations predicted to experience strains close to zero, while red areas are predicted

to experience larger positive (tensile) strains. The first two modes, vibrating at a

frequency of 8.0 Hz and 11.9 Hz, were subjected to the highest levels of first principal

strains near the proximal end, with slightly smaller values seen near the midshaft

and distal end. The third mode, which vibrates at 21.3 Hz, saw peak first principal

strains near the midshaft and 66% mark. The fourth and fifth modes (39.3 and 42.9

Hz, respectively) each showed peak first principal strain values near the 50% and 66%

marks, with lower values demonstrated proximally. Each mode showed a small region

of higher strain near the distal end of the bone beyond the 66% mark. Cross sections

at the 8% and 66% locations demonstrate first principal strain distributions within

the cortical bone for each of the first five modes (Fig. 3.21). The first through third

modes were predicted to experience the largest areas of high first principal strain

at the 8% location, primarily in the posterior-lateral quadrant. The fourth and fifth

modes experienced lower magnitude strains at this location. In the 66% location cross

section, the predicted position of peak first principal strain varied between vibrational

modes, but the second through fifth modes were expected to experience the highest

magnitude strain.
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Figure 3.21. Distribution of first principal strains from the first (8.0 Hz)
and fifth (42.9 Hz) modes were analyzed within the 8%, 33%, 50%, and
66% cross sections.

The third principal strain distributions in the first five vibration modes of the

tibia were also studied using FE analysis (Fig. 3.22). Red colors represent areas

that were predicted to undergo negative (compressive) third principal strains, while

blue colors denote locations where strains are near zero. In the first two vibrational

modes predicted by the FE model, peak third principal strains were in the ends and

midshaft of the tibia, with very little strain near the 33% mark. The third, fourth,

and fifth modes were predicted to show smaller magnitudes of third principal strain

in the proximal end of the bone, but larger magnitude strains in the 33% to 66%

marks. In the fourth and fifth modes, the peak second principal strain was predicted

near the 66% location, but significant strains were also found near the 33% mark.

Cross sections demonstrate third principal strain distributions in the cortical bone at

8% and 66% locations (Fig. 3.23). Peak third principal strains were predicted in the

anterior-lateral quadrant of the 8% location in the first vibrational mode. The second

through fifth modes were expected to experience lower magnitude strains. At the 66%

location, the maximum strains were expected in the posterior-medial quadrant of the

higher modes, with the lower modes showing smaller magnitudes of strain.
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Figure 3.23. Distribution of third principal strains from the first (8.0 Hz)
and fifth (42.9 Hz) modes were analyzed within the 8%, 33%, 50%, and
66% cross sections.

The relative principal strain at the 8% location to the 66% location was calculated

for each of the vibrational modes to quantify locations of maximum first and third

principal strains (Fig. 3.24). Predicted strains in the 8% section were approximately

20% and 30% greater than strains predicted in the 66% section of the lowest mode for

the first and third principal strain, respectively. The ratio dropped to approximately

one in the second mode for each the first and third principal strains, and continued to

fall consecutively in the third through fifth modes. In the third and fourth modes, the

expected first and third principal strains at the 8% location were approximately 40%

to 60% of those at the 66% location. In the fifth mode, strains at the 66% location

were predicted to be approximately 4-fold larger than at the 8% location for each the

first and third modes.

3.3 Discussion

The ex-vivo experimental data demonstrated that mouse lower hindlimbs exhib-

ited substantial viscoelastic characteristic, and depending on the sample configura-

tions and loading frequency dynamic loading induced 4 - 14°phase shift angles and
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Figure 3.24. Relative strain between 8% and 66% locations in the first five
vibrational modes of the tibia. First and third principal strain values at
each node of the FE mesh in the 8% and 66% cross sections were summed
then divided by the total number of nodes. Data shown represents a ratio
of the average strain at the 8% location to that of the 66% location for
each vibrational mode.

0.01 – 0.3 mJ energy loss per cycle. The maximum damping capacity was obtained

for the intact lower hindlimb without any tissue removal. Interestingly, bone alone

significantly contributed to the damping capacity, with approximately 43% of the

total phase shift angle attributed to bone in response to loading at 0.5 Hz, declining

as frequency increased to 28% at 20 Hz. Energy dissipated in the bone was found to

be between 9 and 11% of that of the intact limb at all frequencies.

Most of the remaining portion of the damping capacity of the lower hindlimb was

a result of the knee joint and muscle tissue surrounding the bone, with the skin and

ankle joint adding very little influence. The small contribution of the ankle joint might

be a result of the boundary conditions of the experimental setup, as both the ankle in
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sample configuration II and the distal end of the tibia in sample configuration III were

potted in the base of the loader. The knee joint alone accounted for approximately

45 - 58% of the total phase shift angle, and approximately 69 - 72% of the dissipated

energy, depending on frequency. This result suggests that the knee joint, in addition

to bone, plays a significant role in the damping capacity of the hindlimb.

The in-vivo experimental data demonstrated a dependence of the maximum bone

formation on location and frequency of loading. Samples loaded with the low fre-

quency waveform exhibited peak enhancement of bone formation in the proximal

(8-33%) locations of the tibia, while the high frequency waveform offered the greatest

enhancement in the midshaft (50%) and distal (66%) sections. In the midshaft and

distal sections, this trend was reversed, and largest increases in bone formation were

observed when a high frequency load was applied. These results suggest that the

proximal section responds most strongly to low frequency loading (1-17 Hz), while

medium (18-34 Hz) and high (35-51 Hz) frequency loading provide successively dimin-

ished beneficial effects. The midshaft and distal sections respond strongest to high

frequency loads, with low and medium frequency loads providing a smaller anabolic

effect.

FE analysis predicted that curvature has a significant impact on the damping

capacity of the tibia. Phase shift angles produced in a normal tibia model (d = 1.1

mm) were predicted to be 4.26°at 0.5 Hz, 4.16°at 2 Hz, and 4.41°at 20 Hz. When

the radius of curvature was reduced to zero, simulating a straight bone, the phase

shift angle decreased to approximately 3°at all frequencies. This result suggests that

bending due to natural curvature accounts for approximately 38 - 45% of the total

damping capacity of a normal tibia depending on frequency, with the remaining por-

tion due to internal compressive properties. As the radius of curvature of the tibia

model was increased to 1.66 mm, simulating a highly-curved bone, phase shift angles

were predicted to increase by approximately 45 - 52% (depending on frequency) when
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compared to a tibia of natural curvature, or approximately 110% when compared to

a zero-curvature model. This result indicates that increased curvature non-linearly

enhances mechanical damping in the tibia.

Histomorphometric analysis of tibiae loaded with a constant-frequency waveform

supports the notion that bone curvature enhances load-driven bone formation on the

periosteal surface in a position dependent manner. FE analysis predicted that the

first vibration mode depicted in Fig. 3.19. This mode with the resonance frequency

at 8.0 Hz is mainly caused by bone curvature in the proximal half of the tibia and it

significantly deforms the proximal and middle portions without deforming the distal

portion. The bending motion is predicted along the mediolateral direction, which

is consistent with enhanced fluorescent signals on the medial and lateral surfaces of

the proximal and middle transverse sections. The frequency for tibia loading in this

study was 2 Hz, and the first vibration mode was lowest and closest to the loading

frequency. Other vibration modes at higher frequencies present different bending

patterns and the FE and histological results suggest that bone curvature is involved

in its load-driven bone formation in a frequency and position dependent fashion.

Collectively, bone curvature contributes to not only mechanical damping in bone but

also load-driven bone formation.

Evolution of the geometric shape of bones is thought to be determined by a vari-

ety of environmental factors. For example, the shape of the human femur is thought

to be impacted by climate adaptation [86]. Therefore, it is conceivable that temper-

ature may also be a factor in the shape of the tibia. Other studies have proposed

that bone shape is affected by loading during activity. For example, it has been

suggested that the consistency of bending-induced strain patterns developed in long

bones during physical activity may explain why curvature is a desirable structural

aspect [87]. Furthermore, it has been proposed that the curved shape of long bones,

while reducing overall axial strength, increases predictability and better distributes
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stresses within the bone during loading [88]. Curvature has also been identified as

an important modulator of bone stiffness during development [89]. Of the bone con-

figurations considered in this study, the greatest axial strength corresponded to a

perfectly columnar tibia with no curvature (d = 0 mm). This configuration, however,

was found to significantly decrease the damping capacity of the bone and reduces

bending motion. The configuration corresponding to the largest damping capacity

and bending motion was a highly-curved shape (d = 1.66 mm); however, this shape

reduced axial strength. Collectively, the results of this study suggest that the appro-

priate amount of bone curvature may enhance shock-absorbing dampening effects and

stimulate bone remodeling, but excessive curvature may induce detrimental effects.

Modal analysis using FE modeling provided a correlation between the in-vivo

experimental results and the vibrational modes. The first five resonant frequencies

were predicted to be 8.0, 11.9, 21.3, 39.3, and 42.9 Hz, and distributions of first

and third principal strains were determined. The average first and third principal

strains at the 8% mark were predicted to be at least 20% greater than strains at the

66% mark in the first vibrational mode, and approximately 4-fold less in the fifth

mode. Since areas of higher first and third principal strains are expected to exhibit

more bone formation, a link to experimental data was detected. FE predictions show

that mechanical loading in the range of the lower frequency group, corresponding to

the frequencies of vibration of the first two resonant modes, should provide maximum

enhancement of bone formation in the proximal tibia. Higher frequency loading, which

encompasses the fourth and fifth predicted resonant modes, is expected to provide

the greatest enhancement of bone formation in the midshaft and distal sections of

the bone.

FE analysis also provided a correlation between predicted principal strains and

maximum bone formation within the 8% and 66% cross sections. In the 66% cross

section, for instance, peak third principal strain was predicted in the posterior-medial
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quadrant, approximately the same area that experienced the most bone growth follow-

ing high frequency loading. Peak first principal strain was predicted in the anterior-

lateral quadrant, an area that also experienced bone growth in response to high

frequency loading. While correlations were not as strong in the 8% cross section, a

link between bone formation due to low frequency loading in the medial quadrants

and principal strains predicted in the proximal-medial quadrant of the first mode was

observed. The weaker correlation at the 8% level may be due to small variations

in geometry between the bone used for the representative histomorphometry section

and the bone used to construct the FE model. These variations may alter strain

distributions and resulting bone formation.

When a periodic load is applied at or near one of an object’s resonant frequencies,

it tends to absorb more energy and oscillate at greater amplitudes than at other

loading frequencies. In the case of the tibia, loading at frequencies near the resonant

frequencies of the bone may be causing more energy to be dissipated and larger

displacements in certain areas of the bone than loading at other frequencies with equal

amounts of force. This may lead to increased strain rates, amplified intramedullary

fluid flow, increased fluid shear stresses on bone cells, and enhanced cellular response

in areas that absorb the most energy [44, 58, 90]. Compressive strain on the medial

face of the midshaft of the tibia due to a 7 N axial load at 2 Hz has been shown

to be approximately 1,250 µε [50, 51]. In addition to resonance, other factors likely

contribute to the observed frequency dependence of maximum bone formation. For

example, bone is a vascularized organ with a network of neurons. Mechanical loading

is known to affect blood circulation as well as neuronal signaling [91, 92]. Therefore,

loading-induced bone formation cannot be attributed solely to biomechanical factors.

Because of the effects of damping in surrounding tissues, it is expected that trans-

mission of the loading force through surrounding tissues, such as skin, muscle, and

joint tissue, may modify the frequencies at which the tibia resonates [73, 93, 94]. In
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addition, frequencies of vibration may vary among individual animals based on slight

alterations in size or proportion. To allow for potential variations in actual resonant

frequencies, a composite loading waveform was developed. This waveform allowed

for many frequencies of loading to be applied in a single loading session in each a

low, medium, and high frequency range, increasing the likelihood of loading near a

resonant frequency.

In a simple phase shift model such as a Voigt model, a quasi-proportional rela-

tionship is predicted between a phase shift angle and energy loss. However, in our

experiments, phase shift angle and dissipation energy produced varied estimations of

the contribution of bone to the damping capacity of the lower limb. The most likely

cause of these differences involves nonlinear viscoelastic properties of bone [72, 95].

These properties became evident when loading was applied to the bone. The dis-

placement of bone was shown to exhibit an asymmetrical pattern in response to a

sinusoidal load. As a compressive force was applied to the bone, the phase shift angle

between the load and displacement was very small. However, during decompression,

the phase shift angle increased as the recovery of the bone lagged behind the re-

moval of force. Due to the varying phase shift, the least mean-square method used

in data fitting may have overestimated the phase shift angle between the force and

displacement in all sample configurations.

Hysteresis curves were also affected by the asymmetrical phenomenon. Unlike the

compression portion of the hysteresis curve, the part of the curve corresponding to

decompression to the preloaded state does not follow a path consistent with what is

expected from simple viscoelastic models. Instead, non-linear viscoelastic properties

cause the decompression curve to mirror the compression curve, forming a crescent-

shaped hysteresis loop. This phenomenon leads to a lower energy loss than might be

expected in all sample configurations.
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The current study has limitations in the ex-vivo and in-vivo experimental setups

and computational simulations. First, in the ex-vivo tibia loading experiment, load-

ing conditions were employed with 5 N (peak-to-peak) force in a sinusoidal wave,

and loading was applied to euthanized animals. Differences in a phase shift angle

between the anesthetized and euthanized animals were approximately 4% when the

experiment was conducted within 20 min after euthanasia. Damping of bone and

surrounding tissues is dependent on the loading and tissue conditions, and data in

this study needs to be interpreted under these experimental conditions. Second, the

FE analysis focused only on the tibia, excluding effects of the surrounding soft tissues

and the fibula. A more comprehensive three-dimensional model could be developed

to investigate damping in all surrounding soft tissues. Third, intramedullary fluid

in a bone cavity is reported to move in response to mechanical loading and thus its

effect on damping should be evaluated [19,96].

The in-vivo tibia loading experiment has limitations in the experimental data and

the computational results. First, bone formation was analyzed at six positions using

X-ray imaging and two positions using histomorphometry. In addition, only LS/BS

was analyzed using histomorphometry, and other parameters, such as bone formation

rate and mineral apposition rate could have been calculated in a more comprehensive

study. Also, a more detailed scanning technique, such as µCT, could have been

used to evaluate changes in BMD due to loading at different frequencies. A more

comprehensive study could provide a better comparison between the experimental

and computational results. Second, although cortical bone is a major structural

component of the tibia and sensitive to load-driven bone formation [50,51], the overall

frequency response cannot be solely attributed to cortical bone. Future studies may

incorporate not only cortical bone but also trabecular bone and growth plates, as

well as surrounding tissues such as muscle, skin, and joints. Third, experimental

evaluation of the resonant frequencies can be conducted using a vibration table that

is capable of sensing a transfer of resonance energy. For the resonance frequencies of
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the mouse femur, the reported difference between the predicted and experimentally

determined values was approximately 15% for the lowest frequency at approximately

20 Hz [97].

Mechanical properties of bone, such as Young’s modulus, may vary depending

on global factors, such as age and gender, in addition to local factors caused by

anisotropy in the bone structure. For this reason, the sensitivity of the FE model

to variations in Young’s modulus was determined. An increase in Young’s modulus

of 10% was found to raise the resonant frequency of the first mode 4.9%, while a

decrease in Young’s modulus of 10% dropped the first resonant frequency 5.1%. This

represents a non-linear relationship that is more sensitive to lower values of Young’s

modulus.

3.4 Conclusions

Results of this study demonstrate that curvature in the tibia significantly increases

its damping capacity and leads to enhanced bone formation through bending. In ad-

dition, results show that localized enhancement of bending motions during vibration

at the resonant frequencies of the tibia may enhance stimulatory effects in areas that

experience high principal strain during vibration. To our knowledge, this is the first

study to investigate the link between an observed frequency dependence of bending-

induced bone formation due to mechanical loading and mechanical resonance of the

loaded bone. In this study we employed a mouse tibia as a model system, but reso-

nance frequencies of human bones differ [77,98]. Further investigation of the observed

effects of resonance may lead to the prescribing of personalized mechanical loading

treatments for patients afflicted with low bone mass.
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4. CONCLUSIONS AND FUTURE STUDIES

Using in-vivo animal experiments, mechanical loading was shown to increase the

BMD and Young’s modulus of osteoporotic bone in hindlimb-suspended and OVX

models of disuse and post-menopausal osteoporosis, respectively. In addition, results

show that the effects of loading may not only be localized to nearby bones, but may

have remote impacts in the spine. Since increases in Young’s modulus and BMD may

represent improvements in both the quality and quantity of bone [2], this result shows

that mechanical loading may be an effective treatment for osteoporotic conditions that

avoids harmful side effects common in other treatment methods.

Ex-vivo and in-silico biomechanical analyses of loading-induced bone formation

demonstrated that bone contributes significantly to damping of forces in the hindlimb,

and curvature in the geometry of the bone is a primary determinant of damping ca-

pacity. In addition, curvature was shown to lead to bending-induced bone formation

near the bending axis of the bone in axial loading. Curvature, while structurally

reducing the buckling strength of the bone, is apparently favored by evolution, and

increases quality characteristics along with helping to initialize bone remodeling. Ev-

idence linking resonance to local enhancements in bending-induced bone formation

was also discovered using an in-vivo experiment and verified using FE analysis. These

results further the knowledge of the biomechanical properties of bone under dynamic

load, and open doors to personalized treatments for osteoporotic conditions using

mechanical loading.

Since the resonant properties of a bone are not dependent on the orientation of an

applied load, it is expected that similar results would be observed if knee loading was
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used instead of axial loading. The vibrational modes are an inherent property based

on the shape and material composing the bone, and tendencies to vibrate at certain

frequencies with specific principal strain distributions at each mode would be expected

regardless of type of mechanical stimulation used to initiate vibrations. These results

would suggest that the loading frequency is the important aspect. However, since joint

loading shows more desirable characteristics than axial loading, such as increased ease

of use and lower peak loads needed for similar responses, this may be a better solution

in the future. Therefore, a future study may involve repeating the in-vivo experiment

using knee loading and verifying the results obtained using axial loading.

While this study primarily investigated the larger-scale impacts of mechanical

loading on bone density and quality, future studies may examine molecular-scale

contributors. The use of a molecular analysis tool, such as fluorescence resonance en-

ergy transfer (FRET) microscopy [99], may allow the determination of site-dependent

activation of key bone remodeling genes, such as ras homolog member A (RhoA), val-

idating the macro-scale results presented in this study.

Collectively, the results presented in this thesis demonstrate the powerful ther-

apeutic potential that dynamic mechanical loading may have in the treatment of

osteoporotic conditions. By using non-invasive radiography scans, such as CT or

magnetic resonance imaging (MRI), detailed computational models of a patient’s

skeleton may easily be constructed and resonance characteristics determined. Appli-

cation of mechanical loading at an exact frequency to stimulate site-specific bending

strains could be used to develop personalized treatments targeting bone formation to

localized areas. For example, MRI images of an osteoporotic patient’s femur could

be used to build a FE model, and the frequency of loading to best stimulate bone

formation in a problematic areas, such as the femoral neck, could be determined. A

loading protocol, applied using an easy-to-use knee-loading device (see Appendix),

could be developed. This study also uncovers a potential remote stimulatory effect
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of mechanical loading, demonstrating that mechanical loads applied at the knee may

also strengthen bone in the spine, helping to prevent compression fractures common

in osteoporotic patients.
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APPENDIX: HUMAN-SCALE KNEE LOADING DEVICE

As demonstrated in this thesis, lateral loading of the knee joint has shown positive

results in animal studies in increasing bone density and mechanical properties in

nearby bones, such as the femur and tibia, in addition to more remote locations,

such as the spine. The ultimate goal of this research is to lead the development of a

treatment modality that can be used safely and effectively in osteoporotic patients,

reducing the harmful side effects observed in some current treatments.

Development of a human-scale knee loading device is the first step in making the

jump from animal studies to clinical trials. In an effort to increase patient compliance,

a human-scale knee loading device should be portable, so that it may be used outside

of a hospital setting, and easy to use by patients of all sizes and backgrounds. Several

devices have been produced as bone stimulating devices for restorative purposes.

These devices primarily use vibration to accomplish bone cell stimulation [49, 100].

However, to my knowledge, no human-scale knee loading device has been developed

for use in clinical trials.

To accomplish knee loading at a human scale and meet the design constrictions,

a device was constructed. This effort was a team collaboration involving faculty and

students from multiple departments, and my primary responsibilities involved mate-

rial selection, device optimization, and validation. The device is powered by a moving

magnet voice coil motor that can provide linear movement with a force range of 0 N

to 10 N at a frequency range of 1 to 20 Hz (Non-Comm Moving Magnet Actuator,

H2W Technologies, Inc., Santa Clarita, CA). Structural components are composed

of aluminum, and the drivetrain linkage is structural steel. The loading pads and
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outside case are made from high-density polyethylene. All materials were chosen to

provide the best balance of low weight and suitable strength for the application. The

voice coil actuator is driven by a microcontroller with an amplifier circuit powered by

a 5 V power supply. The microcontroller allowed programming of the control panel

push buttons, which allow the selection of a loading force, frequency, and treatment

time.

(a) Human-scale knee loading device proto-

type.

(b) Microcontroller control panel with push but-

tons and status screen.

While the device is relatively maneuverable, it still relies on plug-in power and may

be too heavy for some patients to effectively use. Therefore, in the future, advanced
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models of this prototype may implement battery power, and eliminate the need for

a separate control panel. In addition, a smaller motor may become available in the

future, reducing weight and increasing effectiveness.

In this thesis, the analysis of the properties of bone under dynamic loading con-

ditions demonstrated a relationship between the locations of observed bone forma-

tion and the resonant characteristics of the bone structure. Loading at a resonant

frequency may increase the effects of localized bending moments within the bone,

maximizing bone formation in specific areas. In the future, studies linking this phe-

nomenon and trials from a human-scale knee loading device may lead to the ability to

develop a patient-specific loading regimen based on non-invasive imaging and in-silico

analysis.
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