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Abstract 

The objective of this study was to verify and validate a finite element modeling routine 

for the human metatarsal, which is a common location for stress fractures. Experimental 

strain measurements on 33 human cadaveric metatarsals subject to cantilever bending 

were compared with strain predictions from finite element (FE) models generated from 

computed tomography images. For the material property assignment of the FE models, a 

published density-elasticity relationship was compared with density-elasticity equations 

developed using optimization techniques. The correlations between the measured and 

predicted and predicted strains were very high (r2≥0.94) for all of the density-elasticity 

equations.  However, the utilization of an optimized density-elasticity equation improved 

the accuracy of the finite element models, reducing the maximum error between 

measured and predicted strains by 10% to 20%. The finite element modeling routine 

could be used for investigating potential interventions to minimize metatarsal strains and 

the occurrence of metatarsal stress fractures.  
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Chapter One: INTRODUCTION 

 

Stress fractures are common overuse injuries among physically active individuals making 

up some 10% of all athletic injuries (1) and 31% of injuries in the military (2). One of the 

most common locations for stress fractures is the metatarsal bones of the foot, which 

account for 10%-20% of all stress fractures (3). Stress fractures are associated with the 

mechanical fatigue of bone, or the progressive loss of stiffness and strength of a material 

subject to repetitive loading. Mechanical fatigue is highly dependent on the resulting 

strains from the applied loads (4). As the in vivo measurement of bone strain is highly 

invasive and limited to small, localized regions of the bone surface (5–7), computational 

approaches such as the finite element (FE) method have become increasingly important 

for strain estimation (8,9).  

 

1.1 Thesis Objective 

The objective of this thesis was to verify and validate a subject-specific finite element 

modeling routine for strain estimation in the human metatarsal. 

 

1.2 Hypothesis 

Finite element models using optimized density-elasticity relationships would provide 

more accurate metatarsal strain predictions than finite element models using a published 

density-elasticity relationship. 
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1.3 Thesis Outline 

This thesis contains four chapters.  

 

Chapter 1 provides a brief overview of the research topic and outlines the structure of the 

thesis.  

 

Chapter 2 provides a comprehensive literature review of topics related to this thesis, 

including background information relating to stress fractures, the mechanics of bone, in 

vivo strain measurement, and finite element modeling.  

 

Chapter 3 is a manuscript submitted for publication to the Journal of Biomechanics 

entitled “Experimental Validation of Finite Element Predicted Bone Strain in the Human 

Metatarsal”. This study was the main focus of the thesis. Data collection was performed 

by Anita Fung and Lindsay Loundagin. All data analysis was performed by Anita Fung. 

This work was done under the supervision of Dr. W. Brent Edwards and the advisement 

of Dr. Tannin Schmidt and Dr. Steven Boyd.  

 

Chapter 4 presents conclusions, limitations, and future directions based on Chapter 3.  

 

Appendix A takes a closer examination of the FE strain predictions from the models 

using the published density-elasticity equations. The section suggests reasons why the FE 
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predictions for metatarsals with lower volumetric bone mineral density (vBMD) were 

less accurate than for the metatarsals with higher vBMD.  

 

Appendix B describes the results of a concurrent study examining the influence of 

metatarsal loading angle on the validity of a density-elasticity relationship of a finite 

element model. The results showed that the FE strain predictions using the published 

density-elasticity equation were more accurate when the metatarsals were positioned 

more vertically.  
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Chapter Two: LITERATURE REVIEW 

 

2.1 Stress Fractures 

A stress fracture is a partial or complete fracture of the bone associated with repetitive 

loading at magnitudes below those which would normally result in a fracture under a 

monotonic load (10). The loads acting on the skeleton include contractile muscle forces, 

joint reaction forces, and forces external to the body (11). When these loads are 

continuously applied without allowing the bones to repair and adapt, stress fractures may 

occur. Stress fractures typically affect physically active individuals taking part in almost 

all athletic activities, as well as military recruits (11). The incidence of stress fractures 

have been reported to represent 10% of athletic injuries in a study of 320 cases (1), and 

5% of all injuries experienced by military recruits (11). From an epidemiological 

perspective, risk factors for stress fracture may be described as being either extrinsic and 

intrinsic to the individual. 

 

2.1.1 Extrinsic Risk Factors 

Extrinsic risk factors are related to the training or competing environment where stress 

fractures occur. The occurrence of stress fractures is reported to be correlated to a higher 

weekly running mileage (12), as well as higher intensities and frequencies of training in 

both the military (13,14) and professional sports teams (15). As the training intensity is 

decreased, the loads on the bone are decreased, so bone damage is less likely to manifest. 

There is also more time for any damaged bone to be repaired, and for any new bone 
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resulting from the bone’s repair process to become fully mineralized. Thus, in low 

intensity training scenarios it is expected that the bone is sufficiently strong enough to 

withstand the loads it experiences. 

 

Footwear older than 6 months has been attributed to a higher risk of stress fractures (16). 

As the shoe sustains damage during use, the material becomes less capable of attenuating 

the dynamic loads that are transferred through the shoe. Therefore, with older shoes, 

higher loads would be transmitted to the bone, which increases the risk of stress fracture. 

 

The literature presents varying results on the influence of training surfaces on the risk of 

stress fractures. This is likely, in part, because of difficulties in controlling for and 

quantifying training surfaces and terrains (16,17). Several studies have found no effect of 

training surface on the risk of stress fractures (12,18,19), while others have shown a 

correlation (20–22). While harder surfaces may cause a higher load to be transferred to 

the bone during impact, more compliant surfaces requires a greater energy expenditure, 

which hastens the onset of muscle fatigue and would also increase the risk of stress 

fractures (17).  

 

The type of activity also influences the risk of stress fractures. Sprinters, hurdlers, and 

jumpers are reported to have a higher risk of stress fractures in the foot, as large forces 

are involved at the heel and metatarsal heads in these activities (16,17). On the other 

hand, middle and long distance runners are more likely to suffer from stress fractures of 

the pelvis or the long bones of the lower limb (16,17). Non-weight bearing bones could 
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also be susceptible to stress fractures depending on the activity. Baseball pitchers are at a 

higher risk of midshaft humeral stress fractures, as this site is loaded repetitively during 

throwing (23). Similarly, rowers and golfers are at a higher risk of stress fractures in the 

rib (24–26). 

 

2.1.2 Intrinsic Risk Factors 

For uniaxial loads, bones with a larger cross-sectional area can withstand higher loads 

prior to failure. In bending and torsional loads, the cross-sectional area and the cross-

sectional moments of inertia have an influence on the bending stresses. Bone tissue 

further from the neutral axis is subject to higher stresses during bending and torsion, and 

is thus stronger and more adapted to higher loads (10). Prospective studies on military 

recruits have found that trainees who had sustained stress fractures had a smaller tibial 

width, cross-sectional area, and moment of inertia than those who did not have injuries 

(27).  

 

Skeletal muscle may contribute to both the risk and prevention of stress fractures, 

depending on the site of injury (28). Some investigators believe that muscles produce 

large strains in bone, especially at the muscle attachment points (29). This could 

potentially contribute to the occurrence of stress fractures in the upper body, such as at 

the ribs during rowing (25) and golfing (24), or in the humerus during throwing (23). 

However, during the dynamic loading of weight-bearing bones, the contraction of 

muscles could attenuate loads and lower bending strains of long bones (7,30,31). Using a 
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musculoskeletal model, Scott and Winter (32) showed that ground reaction forces during 

running cause a bending moment, which is reduced by the contraction of the calf 

muscles. Studies measuring the circumference of the calf (33,34) while accounting for 

skinfold thickness have found that individuals with a larger calf circumference had a 

reduced likelihood of developing tibial stress fractures. Tibial bone width was also found 

to be independent of the calf circumference (34). This indicates that the muscles tend to 

attenuate loads in the lower extremity. It follows that as muscles become weaker at the 

onset of muscle fatigue, the ability of the muscles to absorb the loads decreases, and 

subsequently, a larger portion of the load is transferred to the bone. Thus, the occurrence 

of stress fractures may be more likely due to the higher loads imposed on the bone as 

muscles become weaker. 

 

Studies on the military have shown that females are 3.5 to 10 times more likely to sustain 

stress fractures than their male counterparts (11,35). The difference in injury risk between 

males and females are less pronounced in athletic populations (33), although this may be 

due to difficulties in controlling the amount and intensity of training undergone by males 

and females. As females and males in military training are typically required to carry 

similar weight packs, the differences observed in military recruits could be due to 

narrower bone width which are less adapted to high loads (36). Another possible 

explanation for the higher incidence of stress fractures in female military recruits could 

be a slower rate of muscle force development in females (37,38), which inhibits the 

muscles’ ability to attenuate loads.  
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Inadequate dietary intake, exhibited by eating disorders such as anorexia nervosa, is also 

suggested to be a risk factor in developing stress fractures. Anorexia nervosa has been 

associated with a lower bone mineral density (BMD). Bones with lower BMD are less 

stiff and subsequently experience higher strains than denser bones (39). As strain 

magnitudes highly influence the fatigue life of bone (4) and stress fractures are 

hypothesized to be related to mechanical fatigue (4,40), it follows that individuals with 

anorexia nervosa have a higher risk of developing stress fractures (41,42). 

 

Furthermore, an imbalance of reproductive hormones could also be a risk factor for 

developing stress fractures. Menstrual disturbances in female athletes are usually 

indicative of lower basal estrogen concentrations compared to female athletes without 

menstrual disturbances (43). It is hypothesized that estrogen deficiencies change the 

mechanical stimulus threshold for bone remodeling, which makes the bone less likely to 

adapt to increased loading (44,45). This leads to a reduction in BMD (46) which 

increases the risk of stress fractures, as discussed previously. Studies examining the effect 

of reduced testosterone levels in male athletes have not observed a reduced BMD (47,48).  

 

The results from studies examining the influence of age on stress fracture risk have been 

inconsistent. Some studies have found an increased risk of stress fractures with increasing 

age (49), while other studies have found a decreased risk of stress fractures (15) or no 

effect (50).  The lack of agreement between the different studies could be caused by 

confounding factors such as the previous physical activity level.  
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The previous physical activity level of military recruits was assessed using a survey 

questionnaires and fitness tests in previous studies (33,49). The stress fracture risk was 

higher for individuals who were most sedentary and least fit prior to entering the armed 

forces. This may be because the musculoskeletal system of such individuals is less 

adapted to the physical demands of the training program. Regardless of the epidemiology, 

stress fractures are overuse injuries that manifests at the bone tissue level. Thus, an 

understanding of basic bone biology is necessary to explain the causes of stress fractures.  

 

2.2 Bone Biology 

The functions of bones are to provide mechanical support, store minerals such as 

calcium, provide a site for blood cell production, and enable mobility (51). The major 

components of bone are hydroxyapatite mineral, type I collagen fibrils, and water (52). 

The hydroxyapatite crystals are responsible for the compressive strength of the bone (16) 

and form thin plates, which are approximately 50 × 25 × 0.2 nm in size. The orientation 

of the hydroxyapatite crystals is partially responsible for the anisotropy of the bone’s 

mechanical properties (53). The thin plates of hydroxyapatite are arranged in layers in the 

three-dimensional arrays formed by collagen fibrils (52,54). The collagen fibrils are 80-

100 nm in diameter, and are organized in a protein matrix called an osteoid (55). The 

collagen orientation within the osteoid influences the bone’s mechanical properties 

(56,57) and provides tensile strength (16) and ductility (58). Water fills the gaps in the 

mineralized collagen matrix, and also within the collagen fibril (52). The presence of 

water extends the fatigue life and toughness of bone, but decreases the elastic modulus 
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and strength (59–61). Water also plays a role in the viscoelastic behaviour of bone (62). 

Other components, which make up a small proportion of the bone composition, include 

proteoglycans, matrix proteins, growth factors, and cytokines (16).  

 

At the microscopic level, there are two types of bone: woven and lamellar. Woven bone 

is highly mineralized and contains randomly-oriented, fine-fibred collagen which is not 

aligned with stress patterns. It is rapidly formed during development and after a fracture 

(16,52), and has lower mechanical strength than lamellar bone (63). The woven bone 

formed during development is replaced by lamellar bone by 4 years of age (16). The 

collagen fibres of lamellar bone are thicker, laid down more slowly, and are aligned in a 

characteristic direction (64). 

 

 

Figure 2-1. Transmission electron micrograph of decalcified woven bone matrix 

displaying characteristic irregular orientation of collagen fibres.  Image by Robert M. 

Hunt, 2011.  Public domain.  Retrieved from 

https://en.wikipedia.org/wiki/File:Woven_bone_matrix.jpg 
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At the macroscopic level, bone has two subtypes: cortical and trabecular bone. The 

denser cortical bone is found primarily at the diaphysis and outer surface of bones, where 

stress fractures are more likely to occur (16). Cortical bone can be further differentiated 

between primary and secondary bone. Primary bone is the first bone formed in a given 

region, and can consist of circumferential lamellar bone or woven-fibred bone (65). The 

circumferential lamellar bone is a layered structure that surrounds a cylindrical canal, 

which contain blood vessels or nerves. The resulting cylindrical bone tissue is surrounded 

by the woven-fibred bone, and these units are called primary Haversian systems, or 

primary osteons (65). On the other hand, secondary bone is deposited after the removal of 

previously-formed bone, and consists of circumferential lamellar tissue. Unlike primary 

osteons, the secondary osteons are bounded by cement lines, which are thin areas, less 

than a few microns thick, of collagen-deficient bone. Cement lines are the result of the 

activity of cells which resorb and deposit the bone tissue (66), and are thought to be 

responsible for the weaker material properties of secondary bone compared to primary 

bone (67–69). Cement lines have also been hypothesized to play a role in preventing the 

propagation of fatigue microcracks (70).  
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Figure 2-2.  Microscopic structure of bone.  Image by U.S. National Cancer Institute's 

Surveillance, Epidemiology and End Results (SEER) Program, 2011.  Public domain.  

Retrieved from Wikimedia Commons:  

https://en.wikipedia.org/wiki/File:Illu_compact_spongy_bone.jpg 

 

Trabecular bone has a higher porosity when compared to cortical bone, and is found 

primarily in the metaphysis region of bones. In living bone, the pores and spaces within 

the trabecular bone are filled with marrow and blood vessels (16,71).  

 

Bone is formed by cells called osteoblasts, which produce the bone matrix. As osteoblasts 

mature, they become surrounded by the bone matrix and turn into osteocytes. Osteocytes 

produce components that maintain the extracellular concentration of ions (16). It is also 

believed that osteocytes detect changes in stimulus and orchestrate a bone adaptation 

response (72), although little direct evidence of such signaling have been found (73). The 

third major cell found in bone is the osteoclast, which is responsible for resorbing bone 
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by releasing enzymes and ions that dissolve the hydroxyapatite and digest the collagen 

(16).  

 

2.3 Mechanical Behaviour of Cortical Bone 

Cortical bone has anisotropic material properties, which means that its strength and 

elastic properties are direction-dependent. In addition, the mechanical properties of 

cortical bone are also asymmetric, which means it is stronger in compression than in 

tension. The ultimate strength and strain of cortical bone decreases with age (74) as 

porosity increases (75). The loss of bone density associated with aging also decreases the 

energy absorption capacity of cortical bone, which leads to more brittle behaviour and an 

increase in fracture risk (75–78). Increased porosity is also correlated with other 

microstructural changes that weaken cortical bone, such as an increase in osteon number, 

cement lines, and secondary bone (75). 

 

In terms of microstructure effects, primary bone is stronger and more fatigue-resistant 

than secondary bone (79–82). However, information on the mechanical properties of 

lamellar bone is sparse (83), and those for woven bone have not been measured (65) due 

to experimental limitations. Nevertheless, clinical evidence suggests that the random 

orientation of the collagen fibres in woven bone is detrimental for bone strength (84).  

 

Studies performed on single osteons show that transversely-oriented collagen fibres 

increase the compressive strength and modulus of the bone, while longitudinally-oriented 
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fibres increase the tensile strength and modulus (85–87). The cross-link density in the 

collagen fibres also affect the mechanical properties of the bone. Increased cross-linking 

is associated with increased mineralization, as well as stiffening of the collagen matrix 

itself (88). The number of cross-links increase with age, which could decrease the amount 

of energy absorbed prior to fracture, and cause the bone to become more brittle (89,90). 

 

Cortical bone also exhibits small but significant viscoelastic behaviour. When the strain 

rate is increased by 6 orders of magnitude, strength and modulus increase by a factor of 3 

(74). Modulus, strength, and toughness are slightly higher at higher strain rates. A 

ductile-to-brittle transition may exist in which the fracture toughness and energy 

absorption starts to decrease when the strain rate is higher than a threshold (91). As 

physiological strain rates have a relatively narrow range of 0.01%-1% s-1, cortical bone 

can be assumed to have negligible strain rate effects in monotonic loading within the 

physiological range (69,74,92–94).  

 

Experiments involving double-notched bone specimens undergoing four-point bending 

(95) have shown that cortical bone fails at the areas of highest strains at the root of the 

notch.  This differs from the behavior of brittle engineering materials, which would fail at 

the elastic-plastic interface ahead of the notch, which is the area of the highest local 

stresses (96).  Thus, strain has a higher influence on the failure of bone than stress (95).  

 

At loads beyond the yield point, cortical bone exhibits mechanical property degradation 

(97,98). Mechanical property degradation and damage accumulation of cortical bone is 
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also caused by mechanical fatigue (99). Creep deformation, which is the permanent 

deformation under a sustained sub-maximal load, also contributes to the damage (99). 

Damage due to creep appears to have a synergistic effect with the damage due to 

mechanical fatigue. This is illustrated by the results of tests performed by Caler and 

Carter (99), which showed that cortical bone loaded in cyclic tension-compression tests 

exhibit a shorter fatigue life than it would if the effects of cycle-dependent and time-

dependent damage were simply added.  

 

2.4 Mechanical Behaviour of Trabecular Bone 

Compared to cortical bone, the mechanical properties of trabecular bone are more 

difficult to measure due to heterogeneities of the trabecular structure (100,101). This 

heterogeneity causes highly site-specific and direction-dependent material properties 

(102–107). Thus, the anisotropy of trabecular bone is location-dependent (108). Its 

structure as a porous cellular solid means that trabecular bone could absorb large 

quantities of energy before failure due to the fracture of individual trabeculae (74,109). 

Although the modulus of trabecular bone is significantly lower than that of cortical bone, 

the cellular structure of trabecular bone could possibly act synergistically with the 

surrounding cortical bone in order to enhance the material properties of the whole bone 

(110).  

 

Similar to cortical bone, aging causes reductions in density, modulus, and strength 

(75,111,112). For trabecular bone, the number and thickness of the trabeculae are 
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decreased, and the size of the intertrabecular spaces increase (113–116). As transverse 

struts of the trabecular become thinner and fail, the anisotropy increases with age 

(112,117), and the longitudinal struts become more likely to buckle (118). In addition, the 

mechanical integrity of the collagen network also degrades with aging (90). 

 

The modulus and strength of trabecular bone show a weak dependence on strain rate 

(119,120). An increase in the strain rate by 100-fold results in increases in both strength 

and modulus by 30% (108).  

 

2.5 Bone Damage and Repair 

The mechanical property degradation of bone loaded under repetitive loading is caused 

by damage, which initiates at the collagen and mineral level (121). As the cracks 

accumulate, they become visible using microscopy.  Several experiments have 

demonstrated that repetitive loading in vivo causes microcracks to form in bone 

(122,123). The presence of microcracks have also been confirmed in several human 

bones, including the femur (124), tibia (124), and vertebrae (125,126). In these studies, 

microdamage in cadaveric bone was observed using microscopy. In order to differentiate 

the artefactual damage caused by preparation from the damage caused in vivo, bulk 

staining of larger segments of the bone was performed before preparing the thin sections 

required for histology (127).  Several independent groups have used and verified this 

technique to show that in vivo microdamage exists in human bone (124–126). 
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Histological studies have also shown that the damage accumulates with age (128). 

Typical microcracks that form during repetitive loading cycles are approximately 100 μm 

wide and 450 μm long (129). In order to repair damaged bone, osteoblasts and osteoclasts 

form teams called basic multicellular units (BMUs), which form cavities of 

approximately 200 μm long, and travel at a speed of approximately 40 μm per day (130). 

During the repair process, the BMUs are directed to the location of damage 

(122,123,131–135). The osteoclasts first break down the damaged bone, which are then 

followed closely by osteoblasts that deposit new bone and fill in the cavities. (130). Bone 

metabolism is regulated by hormones such as parathyroid hormone, calcitonin, calcitriol, 

growth hormone, thyroid hormone, estrogen, and testosterone. Other molecules involved 

in the regulation of bone metabolism include vitamin D, glucocorticoids, insulin-like 

growth factors, prostaglandins, and cytokines (73,136).  

 

2.6 Stress Fracture Pathophysiology 

Stress fractures are partial or complete fractures of the bone caused by the repetitive 

application of loads which are less than that required to fracture a bone in a single loading 

situation (55). There are two hypotheses relating the role of bone repair to the 

pathophysiology of stress fractures: the primary microdamage hypothesis, and the 

primary remodeling hypothesis (28). According to the primary microdamage hypothesis, 

the rate of microdamage accumulation exceeds the rate of bone repair. This could be 

caused by an abrupt change in duration, frequency, or intensity of training programs (14) 

or if the rate of bone formation is impaired (28).  
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On the other hand, the primary remodeling hypothesis states that stress fractures are 

caused by accelerated bone remodeling. This accelerated bone remodeling may be caused 

by genetics, increased stimuli for remodeling, systemic or reproductive hormones, or 

dietary intake (28,137). As bone resorption precedes formation during the repair 

response, the bone becomes temporarily weaker as bone is resorbed and resorption 

cavities are formed, making the bone more porous (138,139). As the replacement bone 

matrix is formed, it takes time for the new bone to fully mineralize, and the bone is in a 

weakened state. As a result, strains are higher in these weak areas and as a consequence 

more microdamage may form (140). Individual microcracks do not decrease the elastic 

modulus of bone (108), but the coalescence of microdamage creates larger cracks. The 

propagation of the larger cracks occurs slowly and causes a slight reduction of the elastic 

modulus (108). At this stage, the crack propagation is slowed by cement lines and other 

weakened interfaces. However, as larger cracks merge, crack propagation becomes faster 

as the weak interfaces fail to stop the cracks. Thus, the modulus decreases sharply and the 

bone fractures (108).  

 

2.7 Metatarsal Stress Fractures 

The metatarsal bones in the foot are a common site of stress fractures, accounting for 

approximately 9% of all stress fractures (1). The second metatarsal is the most common 

location for metatarsal stress fractures likely due to the high repetitive bending stresses 

experienced during running (1,2). In sports such as soccer, the fifth metatarsal is also a 



 

19 

common location for stress fractures (15) due to cyclic bending and torsional loads 

(141,142) associated with frequent changes in running speed and direction.  

 

The occurrence of metatarsal stress fractures is especially high for elite soccer players, 

with up to 78% of all stress fractures presenting in the metatarsals (15). As metatarsal 

stress fractures cause an average of 14 weeks’ absence due to injury (15), these prolonged 

injury durations can have a negative impact on a professional athlete’s career (143) and 

on individual performance after recovery (144).  

 

Figure 2-3.  Transverse view of the bones in the right foot.  Metatarsal bones are shown 

in purple.  Image by Henry Vandyke Carter, 1858.  Public domain. Retrieved from 

Wikimedia Commons:  https://commons.wikimedia.org/wiki/File:Gray268.png 

 

2.8 In Vivo Bone Strain Measurement 

Several groups have attempted to measure bone strain in vivo using strain gauges in order 

to understand bone fatigue behaviour (145). The electrical resistance of the thin metal 
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comprising a strain gauge increases when stretched, and decreases when compressed. 

Thus, when a strain gauge consisting of one of these wires is firmly attached on a 

material, it can measure the strain in one direction. A single strain gauge could only 

measure the strain along its axis. However, three independent strain measurements are 

required at a given location in order to find all components of the strain tensor. The strain 

tensor could then be used to calculate the principal direction and principal strains (146). 

This method is typically implemented by using a strain gauge rosette, which is a set of 

three strain gauges oriented at different angles. Strain gauge rosettes have been attached 

directly to the bone, or fastened to bone staples, which were subsequently implanted in 

the bone.  

 

2.8.1 Direct Strain Gauge Attachment 

The first in vivo bone strain measurements on humans were performed by attaching strain 

gauges directly onto the surface of the bone (146). Typically, the first step of implanting 

rosette strain gauges onto the surface of human bones in vivo was the local 

anaesthetization of the tissue overlying the above the bone at which the strain gauge is to 

be inserted. This was usually followed by: 1) a 5-10 cm long incision through to the 

periosteum, 2) the removal of the periosteum, and 3) the cleaning of the bone surface. 

The strain gauges were then glued on to the bone surface with adhesive, and the wires of 

the strain gauges were passed through the opening of the wound and sutured to the 

periosteum. This strain gauge implantation procedure typically lasted approximately 1 

hour, but the strain gauge was typically attached for up to 3 days for data collection 
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(147,148). In order to improve strain gauge bonding to the bone, the bone surface was 

sometimes degreased with alcohol or scored with a bone punch (148,149).  

 

This method of strain gauge attachment had several disadvantages. The first was the 

quality of strain gauge attachment to the bone surface. It was difficult to evaluate in vivo 

bonding stability, and in some cases, strain gauges were not firmly attached and the data 

from the strain gauges were excluded from analysis (148).  

 

2.8.2 Bone Staples with Strain Gauges 

In order to reduce the invasiveness of the strain gauge implantation and to address the 

difficulties of strain gauge attachment to the bone surface, bone staples were used as a 

mounting device for the strain gauges (150,151). Before the bone staples were inserted, 

local anesthesia was applied and holes were drilled into the bone locations where the 

staples are to be anchored (151). Mounting rosette strain gauges requires three bone 

staples, with one staple per strain gauge (151). Although the use of bone staples required 

less invasive surgery and leaves the periosteum intact, strain gauges often failed or were 

damaged due to the surgery (152).  
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Figure 2-4.  Medial X-ray view of instrumented staple inserted in the second metatarsal 

(7).  Used with permission. 

 

2.8.3 In vivo Metatarsal Strain Results 

Strain gauges attached via bone staples were used to measure in vivo strains on the dorsal 

mid-diaphysis of the second metatarsal during barefoot (7) and shod (5) walking. For 

barefoot walking, maximum and minimum principal strains of 363±359 με and -

1534±636 με were measured, respectively (7). Maximum and minimum principal strains 

for shod walking were 761±383 με and -1144±297 με, respectively (5).  

 

2.8.4 Limitations of in vivo Measurement 

Apart from the disadvantages mentioned previously, one of the major shortcomings of in 

vivo strain gauge measurements is that the procedure for strain gauge implantation is very 

invasive. Swelling and tenderness at the site of incision was reported in most in vivo 

studies, and test subjects took several weeks to recover from the procedure (146).  
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Furthermore, in vivo strain measurements from the second metatarsal mid-diaphysis did 

not represent the strain in other sites of the second metatarsal (146). The strain 

distribution of the whole bone is important for understanding fatigue behavior because 

the fatigue life of bone has been hypothesized to be related to the stressed volume of the 

bone (153,154). Studies by Taylor on human and bovine bone samples of different sizes 

(153,154) have indicated that larger stressed volumes correspond with lower fatigue life 

due to a higher probability of finding weak regions. This concept of stressed volume has 

yet to be verified at the whole bone level. Therefore, having strain information for the 

whole bone could help quantify the stressed volume of bone, which may in turn elucidate 

the mechanisms underlying fatigue fractures.  

 

2.9 The Finite Element Method 

The finite element (FE) method is a numerical technique for approximating solutions to 

complex mechanical problems. FE models break down complex geometries into smaller 

units called elements, which are connected to each other at nodes. Each element is 

assigned material properties, which define how stiff the element behaves. The 

displacements are calculated at each node for a given loading scenario, using a set of 

equations that govern the force and moment equilibria of the nodes. From the 

displacements, the stress and strain distributions are calculated throughout the entire 

geometry of a body (155). Since strain is a quantity that is experimentally measured using 

strain gauges, experimental strain measurements can be used to validate FE predictions. 
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The computational cost of solving a finite element model depends on the number and 

type of elements in the model, as well as the material properties of the model. A higher 

number of elements results in a longer computational time to solve the models, as does 

the use of elements with a higher number of nodes. Non-linear material properties also 

increase the computational time for solving FE models.  

 

The solution of FE models becomes closer to the exact solution as the number of 

elements increases, but is limited by image resolutions and the continuum assumption. 

That is, the solutions will not be accurate if elements become smaller than the size of the 

void spaces within the bone (156). As the continuing increase of computing power means 

that computational time is no longer a limiting factor in developing accurate FE models, 

it is important to perform convergence tests to ensure that the mesh density is sufficient 

to accurately capture the mechanical behaviour of bone (157). 

 

Apart from the mesh refinement, the accuracy of finite element models also depends on 

the accuracy of the models’ geometry and material properties. Over the years, the 

geometry of bones has improved from using generic and idealized two-dimensional 

models (158–160) to three-dimensional subject-specific models, which are becoming 

more commonly used (161). Bone geometries for the latter are typically generated using 

x-ray computed tomography (CT) or magnetic resonance imaging (MRI) scans (162,163).  

 

As CT attenuations only provide a scalar value at each point, many studies assume 

isotropic elasticity (164–169), although anisotropic material properties have also been 
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implemented using information within the voxel (170). The elastic moduli for early 

isotropic models have been homogeneous (171–173), but more recent studies have used 

inhomogeneous materials (8,164,165,170,174–178) as they have been found to be more 

accurate than the models using homogeneous material properties (9,179,180). For 

inhomogeneous material properties, the elastic modulus is typically estimated using 

empirical equations that relate the bone density to modulus. Such empirical density-

elasticity relationships have been identified for the human femur (102,181–185), tibia 

(102,117,186–188), pelvis (189), and vertebrae (102,183,190–192). The empirical 

equations have been found to be site-specific (102), and equations for cortical bone are 

different from equations for trabecular bone within the same gross anatomical location 

(193).  

 

Density-elasticity relationships have also been developed using optimization techniques 

for the human femur (8,194,195), tibia (8,196), humerus (8), radius (8), and ulna (197). 

Such equations have shown that a single equation can be used for both the trabecular and 

cortical bone (194,195,197). However, the optimized density-elasticity equations still 

illustrate site- and cohort-specificity (194).  

 

2.9.1 Verification and Validation of Finite Element Models 

As with any type of model, finite element models must be verified and validated. 

Verification refers to the process of determining that a computational model represents 

the underlying mathematical model and its solution. Validation is the process of 
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determining the degree to which a model is an accurate representation of the real world 

from the perspective of the intended uses of the model (198).  

 

One aspect of FE model verification and validation is the correct geometrical 

representation of the object to be modeled. The geometry of a bone can be obtained by 

reconstructing two-dimensional (199) or three-dimensional (200) bone images. 

Therefore, the resolution of the images must be sufficient to capture the geometry of the 

bone at an appropriate level of detail.  

 

Another aspect of verification is the construction of the finite element mesh. The mesh 

incorporates the elements and the nodes, so not only must the mesh capture the geometry 

of the bone, but the mesh resolution must also be high enough to accurately calculate the 

stresses and strains at each point (201). Since a finite element model with a high number 

of elements requires higher computational costs to solve, the finite element mesh should 

not exceed the necessary mesh density for convergence. The level of accuracy required 

for the FE model depends on the model’s intended use (202) and output parameter. For 

inhomogeneous FE models of bones, a convergence criteria of within 5% of the 

converged solution is typically used (177). 

 

To validate the finite element models, the results of the model calculations are compared 

with either analytical calculations or experimental measurements. Since analytical 

solutions to problems involving the complex geometries and inhomogeneous material 
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properties of bones are very complicated if not impossible, experimental measurements 

are often used to validate finite element models of bones. 

 

2.10 Summary of Literature Review 

This literature review has examined the current research related to stress fractures, the 

mechanics of bone, in vivo strain measurement in bone, and finite element modeling. A 

knowledge gap currently exists regarding finite element modeling of the human 

metatarsal. The study outlined in Chapter 3 presents a finite element model of the human 

metatarsal, which was validated using experimentally-measured strains. 
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3.1 Abstract 

Metatarsal stress fracture is a common injury observed in athletes and military personnel. 

Mechanical fatigue is believed to play an important role in the etiology of stress fracture, 

which is highly dependent on the resulting bone strain from the applied load. The purpose 

of this study was to validate a subject-specific finite element (FE) modeling routine for 

bone strain prediction in the human metatarsal. Strain gauge measurements were 

performed on 33 metatarsals from seven human cadaveric feet subject to cantilever 

bending, and subject-specific FE models were generated from computed tomography 

images. Material properties for the FE models were assigned using a published density-

elasticity relationship as well as density-elasticity relationships developed from 

optimization techniques. The optimized relationships were developed with a ‘training set’ 

of metatarsals (n=17) and cross-validated with a ‘test set’ (n=16). The published and 

optimized density elasticity equations provided FE-predicted strains that were highly 

correlated with experimental measurements for both the training (r20.95) and test 

(r20.94) sets; however, the optimized equations reduced the maximum error by 10% to 

20% relative to the published equation, and resulted in an X=Y type of relationship 

between experimental measurements and FE predictions. Using a separate optimized 

density-elasticity equation for trabecular and cortical bone did not improve strain 

predictions when compared to a single equation that spanned the entire bone density 

range. We believe that the FE models with optimized material property assignment have 

a level of accuracy necessary to investigate potential interventions to minimize metatarsal 

strain in an effort to prevent the occurrence of stress fracture. 
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3.2 Introduction 

Stress fractures are common injuries in athletic and military populations. This type of 

fracture makes up 10% of athletic injuries (1), and up to 5% of injuries experienced by 

military recruits (11). In the US Marine Corps, stress fractures are the single most costly 

injury ($5 million per year) due to lost training time, medical and rehabilitation expenses, 

and trainee attrition (203). Some 10%-20% of all stress fractures occur in the metatarsals 

bones of the foot (3), presumably because of their long narrow diaphyses and the large 

bending loads they experience during gait (204). 

 

Mechanical fatigue is a well-accepted proposed mechanism in the pathophysiology of 

stress fracture (4,121,205). Mechanical fatigue is defined as the progressive loss of 

material stiffness and strength due to repetitive loading. This process is highly dependent 

on the resulting strain from the applied mechanical load (4). Several studies have 

measured metatarsal strains in vivo during locomotion using strain gauges applied 

directly to the periosteal surface (5–7). However, in vivo strain gauge measurement is 

highly invasive and limited to small, localized regions of the bone surface. As a 

consequence, computational modeling approaches such as the finite element (FE) method 

have become increasingly important for strain estimation (8,9).  

 

FE models can be generated on a subject-specific basis using geometry and material 

property information obtained directly from computed tomography (CT) images. Models 

with inhomogeneous material properties are more accurate than those with homogeneous 
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material properties (9,179,180), and in the former case, material properties are typically 

assigned using functions based on relationships between bone apparent density and 

elastic modulus. Although many density-elasticity relationships have been experimentally 

determined for bones such as the femur (181–183), tibia (117,186,187), pelvis (189), and 

vertebrae (183,190), no empirical equations have been developed for human metatarsals. 

This may be due, in part, to difficulties in extracting small samples of bone from the 

metatarsals for apparent-level material testing. It is important to verify if a density-

elasticity equation from another anatomical location would be appropriate for metatarsal 

strain estimation. 

 

As an alternative to experimental testing, density-elasticity equations for the human 

femur (8,194,195), tibia (8,196), humerus (8), radius (8), and ulna (197) have been 

developed using optimization techniques. These studies typically assume an equation of 

the form E=aρb, where E is the elastic modulus, ρ is the density, and a and b are unknown 

coefficients determined by minimizing the error between experimental measurements and 

FE predictions. The majority of these studies have illustrated that a single optimized 

density-elasticity equation spanning the entire density range provides sufficiently 

accurate FE predictions (194,195,197).  

 

The purpose of this study was to verify and validate a subject-specific FE modeling 

routine for strain estimation in the human metatarsal. To this end, a combined numerical-

experimental study was performed in which strain gauge measurements from mechanical 

tests were directly compared with strain predictions from FE models. A published 
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density-elasticity equation was examined and directly compared to density-elasticity 

equations calculated using optimization techniques. It was hypothesized that FE models 

using optimized density-elasticity relationships would provide more accurate metatarsal 

strain predictions than FE models using the published relationship. 

 

3.3 Methods 

3.3.1 Specimens 

Seven fresh-frozen human cadaveric feet were obtained from the Body Donation 

Program at the University of Calgary following institutional ethics approval. The 

specimens were acquired from four separate donors (2 male, 2 female) ranging in age 

from 73 to 95 years. Detailed demographic information of each donor is listed in Table 

3-1.  

Table 3-1. Cadaver demographic information. 

Cadaver ID 1 2 3 4 

Age (years) 85 73 78 95 

Feet obtained Left and Right Right Left and Right Left and Right 

Height (cm) 180 178 157 163 

Weight (kg) 70 72 73 45 

Gender Male Male Female Female 

Cause of Death 
Pulmonary 

Embolism 
Alzheimer's 

Bilateral Pneumonia, Severe 

COPD 
Dementia 

 

3.3.2 Imaging Acquisition 

Cadaveric feet were thawed overnight to room temperature and CT images were obtained 

using a Revolution CT (General Electric Healthcare; WI, USA) at the University of 
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Calgary’s Centre for Mobility and Joint Health. The feet were placed on a custom-made 

wooden jig during scan acquisition to align and maintain the limb in a static, neutral 

position. A calibration phantom containing three known calcium hydroxyapatite solution 

inserts of 100, 400, and 800 mg/cm3 (QRM GmbH; Möhrendorf, Germany) was included 

in each scan. The CT scan acquisition parameters were as follows: tube current 220 mA, 

peak voltage 120 kVp, pitch=1, in-plane resolution 0.39 mm, and between-plane 

resolution 0.625 mm (206). 

 

 
Figure 3-1. Sagittal (top left) and transverse (bottom left) views of a representative CT 

scan. Lines A and B depict the location of the proximal (top right, A) and distal (bottom 

right, B) frontal views of the metatarsals. The calibration phantom is visible in the sagittal 

and frontal views along with the wooden jig used to align the foot during scanning.  
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3.3.3 Mechanical Testing 

Metatarsals were excised and the proximal-most 2 cm of each bone were potted in an 

aluminum cylinder using bone cement (Fastray, Harry J. Bosworth Company, Skokie, 

IL). Select anatomical landmarks were subsequently digitized using a FARO Arm 

(FARO Technologies Inc., FL, USA) including: three points on the distal potting surface, 

one point at the centre of the proximal potting surface, the most distal point of each 

metatarsal, the plantar-most points of each epicondyle, and a marked location where 

strain gauges were to be adhered (i.e., dorsal mid-diaphysis). Rectangular strain gauge 

rosettes (UFRA-1-350-11-1L, Tokyo Sokki Kenkyujo Co., Ltd., Tokyo, Japan) were 

adhered with cyanoacrylic glue at the marked locations of the dorsal surface of each 

metatarsal after the surface was sanded and cleaned with isopropyl alcohol. The 

longitudinal direction of each rosette (i.e., the 2nd strain gauge element) was oriented 

parallel to the long axis of the metatarsal.  

 

A custom fabricated aluminum fixture was used to position the metatarsals at 38º, 33º, 

30º, 28º, and 24º for the first through fifth metatarsals, respectively (Figure 3-2). These 

angles corresponded to the instant of peak metatarsal stress during the stance phase of 

running (204). Vertical ramped displacements were applied to the plantar surface of the 

metatarsal heads at a constant rate of 1 mm/s using an MTS materials testing machine 

(MiniBionix 858, MTS Systems, MN, USA). The magnitude of applied displacement 

varied between 1-3 mm, depending on metatarsal, in an effort to keep strains in the 

linear-elastic range. Displacements were applied through a bolt (9.4 mm in diameter) 
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with a thin layer of silicone for load distribution. Three replicate trials were performed 

for each bone. Displacement, force, and strain measurements were collected 

synchronously at a sampling frequency of 500 Hz using a high-precision data acquisition 

system (System 8000, Vishay Precision Group – Micro-Measurements; Raleigh, NC, 

USA). 

 

Figure 3-2. Photo of a representative experimental test set-up. A displacement/force was 

applied to the plantar surface of the metatarsal (denoted by arrow F) while the metatarsal 

was positioned at angle θ in the aluminum pot. Periosteal strain gauges are visible on the 

dorsal surface of the diaphysis. 

 

3.3.4 Finite Element Modeling 

Metatarsals from the CT scans were segmented and meshed with quadratic tetrahedral 

elements using the Mimics Innovation Suite (Materialise, Leuven, Belgium). The 

maximum element edge length was set to 3 mm corresponding to median element edge 

lengths between 1.0 and 1.5 mm, depending on metatarsal. This level of refinement was 

θ 

F 
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chosen in accordance with a preliminary mesh convergence analysis examining 

maximum element edge lengths ranging from 2 to 8 mm (increments of 1 mm), 

corresponding with median element edge lengths from 0.2 to 5.7 mm. Decreasing the 

maximum element edge length from 4 to 3 mm changed principal stresses, principal 

strains, and maximum displacements by less than 5%. The number of nodes for each FE 

model at the selected mesh density ranged from 15,858 to 38,879, while the number of 

elements ranged from 10,291 to 26,689, depending on metatarsal. 

 

FE models were assigned inhomogeneous isotropic linear-elastic material properties 

based on bone apparent density using a combination of Mimics and MATLAB software 

(Mathworks, Natic, MA). The Hounsfield units for CT voxels comprising each 

segmented bone were converted to units of apparent density using a linear calibration 

equation developed with the phantom. Elements were assigned an apparent density value 

based on the average of all voxels contained within the element. To mitigate partial 

volume effects, apparent density assignment was constrained to a segmented mask eroded 

by 1 voxel from the bone periosteal surface. In the event that an element fell outside of 

this mask, it was assigned the density value of their nearest neighbouring element. An 

elastic modulus was subsequently assigned to each element based on 1) a previously 

published density-elasticity relationship (Figure 3-3a), or 2) density-elasticity 

relationships obtained through optimization (see Density-Elasticity Equations and 

Optimization). The Poisson’s ratio for all elements was set to 0.3 in accordance with 

previous FE models of human bone (8,164,207,208).  
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Figure 3-3. a) Representative cross-sectional view of the elastic modulus distribution for 

the published density-elasticity equation (187) and b) FE-predicted minimum principal 

strain distribution for a second metatarsal loaded in cantilever bending. 

 

The boundary conditions of the FE models replicated the mechanical tests. The locations 

of potting, load application, and strain gauge locations in the FE model coordinate system 

were identified using transformation equations based on digitization data from the FARO 

Arm. The FE models were rotated in a global reference frame such that their angles were 

identical to mechanical testing. Surface nodes at the location of proximal potting were 
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fully constrained in three dimensions and a ramped vertical load was applied to the 

plantar surface of the metatarsal head. The point of load application was coupled with 

surface nodes within a 4.7 mm radius to match the dimensions of the bolt used to apply 

load during mechanical testing. All FE models were solved using ABAQUS Standard 

v6.1 (ABAQUS Inc., RI, USA). The computation of a single FE model took 

approximately 10 to 20 seconds on a typical 6-core workstation; however, the process of 

generating the input files and reading the output files in MATLAB took more than 10 

minutes per model. 

 

3.3.5 Density-Elasticity Equations and Optimization 

The previously published density-elasticity relationship was specific to proximal tibia 

bone (187): E = 0.51ρapp
1.37, where E is the elastic modulus in MPa, and ρapp is the 

apparent density in kg/m3. This particular density-elasticity equation was chosen over 

other empirical relationships (e.g., those from (102) and (209)), because a preliminary 

sensitivity analysis suggested it provided FE strain predictions on the order of those 

directly-measured in vivo during barefoot (7) and shod (5) walking. A single and a 

piecewise density-elasticity equation were developed using Nelder-Mead minimization of 

the root-mean-squared-error (RMSE) between measured and FE-predicted maximum and 

minimum principal strains (210) at the digitized strain gauge locations. The single 

equation spanned the entire density range, while the piecewise equation had a separate 

density-elasticity relationship for trabecular and cortical bone. Equations took the form of 

E=aρapp
b, where a and b are unknown constants solved with optimization.  
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The Nelder-Mead optimization method was used to develop the optimized density-

elasticity equations. This method constructs a simplex based on initial guesses of the 

function to be minimized. A simplex is a geometrical shape which has n+1 vertices in n 

dimensions. For the Nelder-Mead optimization algorithm, n is the number of unknown 

variables. At each iteration of the optimization, the algorithm compares the function 

values at the different vertices of the simplex and replaces the worst vertex, which is the 

point with the highest function value, with a new point with a lower function value. This 

new point is calculated by reflecting the simplex about the edge that is opposite the worst 

point, and either expanding, contracting, or shrinking the simplex until a point with a 

lower function value is identified (211). This process continues as the values at the 

simplex vertices get successively smaller, and eventually converges to a minimum. 

 

The optimized single density-elasticity equation took the form E=aρapp
b, where E is the 

elastic modulus, ρapp is the apparent density of the element, and a and b are unknown 

constants to be determined. Since the variable a can vary between several orders of 

magnitude depending on the exponent b, and is thus difficult to estimate, a was instead 

calculated indirectly by solving for the modulus at a known density. The density was set 

to the average apparent density of cortical bone (i.e., 1.86 g/cm3) (117), and the unknown 

modulus, E1.86, was set as the second variable to be determined. Therefore, the unknown 

variables in the optimized single density-elasticity equation were actually E1.86 and b. 

Three initial estimates were needed to construct the vertices of the simplex for the 

Nelder-Mead optimization algorithm for the single equation. For the initial estimates, 
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random values for exponent b were restricted between 1 and 4, in accordance with values 

found in the literature (212). E1.86, the elastic modulus at an apparent density of 1.86 

g/cm3, was restricted to values between 10 and 20 GPa, which is consistent with the 

material properties of cortical bone (117,213,214).  

 

The optimized piecewise density-elasticity equation took the form Etrab=a1ρapp
b1 and 

Ecort=a2ρapp
b2, where Etrab is the elastic modulus of trabecular bone, Ecort is the elastic 

modulus of cortical bone, ρapp is the apparent density of the element, and a1, b1, a2, and b2 

are constants to be determined. A threshold density, ρthres, that distinguished between 

trabecular and cortical bone elements was also included as an unknown parameter in the 

optimization. Initial estimates of parameters b1 and b2 were restricted to values between 1 

and 4 (212) and ρthres was constrained to a range of 0.5 to 1.0 g/cm3, following the 

maximum trabecular bone densities in previous studies (102,181,191). For cortical bone 

equations, parameter a2 was indirectly calculated by setting the modulus to a value of 

E1.86 between 10 and 20 GPa (117,213–215). Since a2 is dependent on E1.86, the 

optimization contained five independent unknown parameters: a1, b1, b2, E1.86, and ρthres. 

Six different combinations of the unknown parameters were randomly generated and 

served as initial guesses for the piecewise density-elasticity equations. Each of the six 

sets of density-elasticity equations were assigned to the 17 finite element models in the 

training set.  

 

The root-mean-square error (RMSE) was calculated at each of the different combinations 

of unknown parameters in the single and piecewise optimization routines: 
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𝑓(𝒙) = √
∑ (𝜀�̂� − 𝜀𝑡)2
𝑛
𝑡=1

𝑛
 

 

where the measured principal strains are represented by the variable 𝜀̂, and the FE-

predicted principal strains are denoted by ε. The variable n represents the total number of 

strain values, which included both maximum and minimum principal strains. For the 

single equation, x=(E1.86,b), while for the piecewise equation, x=(a1, b1, b2, E1.86, ρthres). 

Once the RMSE and the initial simplex were obtained for each combination of initial 

guesses, the Nelder-Mead algorithm was implemented to find the minimum RMSE 

between the measured and FE-predicted strains. The algorithm was implemented using a 

custom MATLAB program, which executed Python scripts which interacted with the FE 

solver, ABAQUS. For each iteration and each modification to the simplex, all of the FE 

models in the training set were solved with the parameter combination at the new vertex 

of the simplex. For the piecewise equation, an additional constraint was added to the 

algorithm so that the maximum density of trabecular bone did not exceed the minimum 

density of cortical bone. To verify if the resulting parameters corresponded to a global 

RMSE minimum, a new set of initial guesses were generated, and the optimization 

algorithm was run again until the same minimum was obtained. The time taken to run the 

entire optimization algorithm was approximately 18 hours on a typical 6-core 

workstation.  
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In order to verify the robustness of the equations obtained through optimization, the 

metatarsals were split into a ‘training set’ and ‘test set’. The training set was used to 

develop the custom density-elasticity equations using the optimization algorithm, while 

the test set was used for cross-validation. Note that the training and test sets for the 

published density-elasticity equation were only used for a direct comparison to the 

optimized equations. The metatarsals were assigned to either set based on volumetric 

bone mineral density (vBMD). The entire sample was ranked according to vBMD, and 

alternate rankings were assigned to each set. Seventeen metatarsals were allocated to the 

training set, and sixteen metatarsals were allocated to the test set. The remaining two 

metatarsals were broken during testing and were not included in the analysis.  

 

3.3.6 Data Reduction and Statistical Analysis 

The maximum and minimum principal strains from experimental strain gauge rosette 

measurements were calculated and the three replicate trials were examined to ensure 

repeatability and linear-elasticity. The three-dimensional FE-predicted strains at the strain 

gauge location of each metatarsal were transformed into a local planar coordinate system 

with a unit normal to the bone periosteal surface. Elements within a 4.0 mm radius of the 

digitized point were included in this calculation to be consistent with the size of the strain 

gauge rosette. The maximum and minimum FE-predicted principal stains at this location 

were statistically compared to the mean principal strains from the three repeated 

experimental measurements at a common load of 25 N. Statistical metrics, including 

Pearson's r correlation, linear regression, RMSE, and maximum error, were calculated 
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separately for the training and test sets. Statistical analysis was performed using SPSS 

v24 (IBM Corp, Armonk, NY) with the criterion alpha level set to 0.05.  

 

3.4 Results  

3.4.1 Experimental Strain Measurements 

Experimental strain measurements demonstrated high inter-trial repeatability, with a 

difference in measurements between replicate trials of less than 5%. Residual strains 

were low, at less than 5% of the peak value immediately after load removal, thus 

confirming linear-elastic mechanical behaviour. The mean principal strains at 25 N from 

the three replicate trials ranged from -1231  (i.e., compression) to 631  (i.e., tension), 

depending on metatarsal.  

 

3.4.2 Published Density-Elasticity Equation 

The published density-elasticity equation provided FE-predicted strains (Figure 3-3b) that 

were highly correlated with experimental measurements for both the training (r2=0.95) 

and test (r2=0.94) set (Table 3-2). The regression line for the training set illustrated a 

slope significantly less than 1 and an intercept not different than 0, indicating that the 

model tended to overestimate experimental strains (Figure 3-4a). On the other hand, the 

regression line for the test set illustrated a slope that was not significantly different from 

1, and an intercept that was not significantly different from 0 (Figure 3-4b), indicating an 
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X=Y type of relationship. The maximum error for the training and test sets were 37% and 

44% of the highest measured strain, respectively. 

 

Table 3-2. Validation parameters for the training and test sets as a function of published 

and optimized density-elasticity equations.  

 

E = 0.51ρapp
1.37 E = 2.39ρapp

1.15 

Etrab = 6.01ρapp  

Ecort = 1.06ρapp
1.26 

ρthres = 719 kg/m3 

 
Training Set Test Set Training Set Test Set 

Training 

Set 
Test Set 

Slope 0.92a 0.95 1.03 0.99 1.01 0.96 

Intercept 12.75 3.05 16.94 5.46 14.97 4.82 

R 0.98 0.97 0.98 0.98 0.98 0.98 

R2 0.95 0.94 0.96 0.95 0.96 0.95 

RMSE (με) 101.03 81.61 81.93 74.70 80.73 75.12 

RMSE (%)b  8.21 10.18 6.66 9.32 6.56 9.37 

Max Error (με) 456.32 348.38 211.34 216.76 231.87 272.03 

Max Error (%)b 37.07 43.47 17.17 27.05 18.84 33.94 
a Significantly different from 1 (slope). 
b Percentage of the maximum absolute measured strain. 

 

3.4.3 Optimized Single Density-Elasticity Equation  

The optimized single density-elasticity equation for the training set was E = 2.39ρapp
1.15, 

where E is the elastic modulus in MPa, and ρapp is the apparent density in kg/m3. This 

equation provided an r2 of 0.96 for the training set and 0.95 for the test set (Table 3-2). 

Both the training (Figure 3-4c) and test (Figure 3-4d) sets illustrated regression slopes not 

different than 1 and intercepts not different than 0. The optimized single density-elasticity 

equation provided an improvement to the maximum error when compared to the 

published density-elasticity equation (Table 3-2).  
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 Training Set Test Set 

Published 

Equation 

E = 0.51ρapp
1.37 

(187) 

  
 

y = 0.915x + 12.75 

R² = 0.9528 

 
 

y = 0.9522x + 3.0542 

R² = 0.9446 

 

Optimized 

Single Equation 

E = 2.39ρapp
1.15 

 
 

y = 1.031x + 16.936 

R² = 0.9621 

 

 
 

y = 0.9889x + 5.4588 

R² = 0.9517 

Optimized 

Piecewise 

Equations 

Etrab = 6.01ρapp 

Ecort=1.06ρapp
1.26 

ρthres= 719 kg/m3  
 

y = 1.0101x + 14.974 

R² = 0.9638 

 

 
 

y = 0.9579x + 4.8178 

R² = 0.9531 

 

 

Figure 3-4. Measured vs. predicted principal strains at 25 N for metatarsals using the 

published equation: a) training set, and b) test set; optimized single equation: c) training 

set, and d) test set; and optimized piecewise equations: e) training set, and f) test set.  
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3.4.4 Optimized Piecewise Density-Elasticity Equation  

The optimized piecewise density-elasticity equation for the training set with separate 

equations for trabecular and cortical bone was Etrab = 6.01ρapp and Ecort = 1.06ρapp
1.26. The 

threshold density separating trabecular from cortical bone was ρthres = 719 kg/m3. Similar 

to the optimized single equation, the optimized piecewise equation provided an X=Y type 

of relationship for both the training (Figure 3-4e) and test (Figure 3-4f) set, with the r2 

being 0.96 and 0.95 for the training set and test set, respectively. The optimized 

piecewise density-elasticity equation also provided an improvement to the maximum 

error when compared to the published density-elasticity equation (Table 3-2).  

 

Figure 3-5. Elastic modulus vs. apparent density for the published and optimized density-

elasticity equations. 
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3.5 Discussion 

Bone strain plays an important role in the mechanical fatigue of bone (4), which may 

contribute to the pathophysiology of stress fracture (17). A considerable number of these 

fractures occur in the metatarsals, and the purpose of this study was to verify and validate 

a subject-specific FE modeling routine for the non-invasive prediction of metatarsal bone 

strain. The accuracy of a published density-elasticity relationship as well as an optimized 

single and piecewise density-elasticity relationship were examined. Both the single and 

piecewise equations reduced the maximum error of the models relative to the published 

equation, and resulted in an X=Y type of relationship between experimental 

measurements and FE predictions. 

 

The published density-elasticity equation provided metatarsal strain predictions that were 

highly correlated with experimental measurements (r20.94), in accordance with some of 

the better FE predictions reported in the literature for other bones (209,216,217). 

Although the test set illustrated an X=Y type of relationship, the training set illustrated a 

regression slope that was significantly less than unity, indicating an over-prediction of 

bone strain with the published density-elasticity relationship. It is interesting, but not 

entirely surprising, that an empirically derived density-elasticity equation specific to the 

proximal tibia provided such an accurate prediction of metatarsal bone strain using the 

FE method. The tibia and metatarsals are both long bones of the lower-extremity that 

illustrate a comparable trabecular-cortical bone ratio relative to other skeletal regions, and 
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experience a similar mechanical loading environment during locomotion (5) with 

relatively high bending loads.  

 

The optimized density-elasticity equations provided strain predictions that were just as 

correlated, but lower in maximum error, when compared to predictions with the 

published equation. Both Cong et al. (195) and Eberle et al. (194) used optimization 

techniques to develop density-elasticity equations for FE models of the human femur. 

These studies calculated a single power law equation that spanned the entire density 

range with an exponent of 1.16, which is nearly identical to that obtained for the 

optimized single equation in the present study (i.e., 1.15). These exponents are lower than 

those previously obtained in empirical studies (119,179,187), which were higher than 1.3. 

Eberle et al. (194) suggested that although the influence of fabric is typically captured in 

power laws for trabecular bone density-elasticity relationships (218,219), cortical bone 

has a more linear density-elasticity relationship (187,218) and tends to dominate the 

behaviour of whole bone. In the present study, all of the optimized equations were able to 

generate an X=Y relationship with an RMSE under 10%. The results indicated that a 

single density-elasticity equation is adequate for the entire density range when using the 

FE method to predict human metatarsal strains. 

 

Unlike previous empirical studies (181,186,220), the optimized trabecular bone density-

elasticity equation from the piecewise relationship of the present study was linear (Etrab = 

6.01ρapp). Metatarsals in this study were subjected to cantilever bending, in which the 

highest stresses would be expected to occur at the cortical bone surface. In this respect, 
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the trabecular bone and fabric would have little influence on the mechanical behaviour of 

the metatarsal. The apparent density threshold obtained for the optimized piecewise 

equation was 0.77 g/cm3. This is slightly lower than the threshold density of 1 g/cm3 

reported in other studies (178,221). The lower density threshold may be attributed to the 

age of our donors, which is known to reduce the density of both cortical and trabecular 

bone (75). Just as it is possible that a density-elasticity relationship is specific to a given 

cohort (194), it is likely that a density threshold is cohort-specific as well.  

 

Although a considerable number of bones were used in this study when compared to 

other validation experiments (209,216), it is important to note that these bones came from 

a small number of donors (n=4) of advanced age. Any potential differences in bone tissue 

quality of a younger cohort (90,222) may lead to a systemic overestimation of bone strain 

using the modeling approach and density-elasticity equations developed herein, because 

the CT-based FE models would not capture important details related to bone 

microarchitecture or the mechanical integrity of the collagen network (90,222). 

Additionally, the relatively low resolution of clinical CT makes it difficult to structurally 

separate and independently mesh trabecular from cortical bone using traditional 

segmentation approaches. This limitation may be overcome by using algorithms similar 

to those suggested by Pakdel et al. (223), which estimates local dimensions of sub-mm 

bone features whose images are degraded by the limited resolution of clinical CT 

scanners. Another limitation of the current study is that metatarsals were loaded at a fixed 

angle, in a single mode of loading (i.e., bending), at a relatively low magnitude. It 

remains unclear how accurate FE strain predictions would be at different angles of 
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applied load, under more complex modes of loading, or at loading magnitudes beyond the 

linear-elastic range. 

 

3.6 Conclusions 

A published density-elasticity relationship specific to the proximal tibia provided FE-

predictions that were highly correlated with experimental strains in the human 

metatarsals. The model overestimated strains in some instances, and utilization of an 

optimized density-elasticity equation provided an X=Y type of relationship and lower 

maximum error values by 10% to 20%. A piecewise relationship that modeled trabecular 

and cortical bone independently was no more accurate than a single density-elasticity 

equation spanning the entire density range. We believe that the FE models with optimized 

material property assignment have a level of accuracy necessary to investigate potential 

interventions to minimize metatarsal strain in an effort to prevent the occurrence of stress 

fracture. 
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Chapter Four: CONCLUSION 

 

4.1 Summary of Study 

The objective of this thesis was to verify and validate a subject-specific finite element 

modeling routine for strain estimation in the human metatarsal. Results were obtained 

using a combined numerical-experimental study. It was hypothesized that finite element 

models using optimized density-elasticity relationships would provide more accurate 

metatarsal strain predictions than FE models using a published relationship. From the 

results, the regression equation between the experimentally-measured and the FE-

predicted strains had a high correlation, but overestimated the strains in some instances. 

Custom density-elasticity equations were developed using optimization techniques, and 

provided an X=Y type of relationship between measured and predicted strains for both 

the training set and test set. The maximum error between measured and predicted strains 

for the custom equation were reduced by 10% to 20% when compared to the published 

equation. The use of separate density-elasticity equations for trabecular and cortical bone 

did not appear to further improve FE strain estimations when compared to the single 

custom equation. 

 

Since there were no published density-elasticity relationships specific to the metatarsal, 

we selected an equation from another anatomical site for comparison. Although 

preliminary sensitivity tests using the equation resulted in strains similar to in vivo results 

in the literature (5,7), the validation study showed a systematic strain overestimation in 
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some bones, as shown in Figure 3-4a. These results underscore the importance of 

validating FE models and ensuring that the density-elasticity relationship is suitable for 

the models.  The improvement of the FE strain predictions with the custom equations 

shows the feasibility of optimization techniques to develop density-elasticity equations if 

none of the published equations are suitable.  

 

4.2 Study Limitations 

Bone exhibits anisotropic behavior, but the FE model presented in this study assumed 

isotropic material properties. Although the FE predictions were validated with the 

isotropic model, it is unknown whether the isotropic model is valid for other loading 

conditions. Several previous studies of the femur incorporating anisotropy (224–226) 

have demonstrated minor changes to FE stress predictions compared to the isotropic 

model. However, two other studies (170,227) have found that the anisotropic material 

properties had a significant effect at certain locations on the model, depending on the 

model’s boundary and loading conditions. A study on FE models of the human 

metacarpal (216) found that anisotropic material properties improved FE predictions for 

torsional and combined axial and bending loads. To our knowledge, anisotropic FE 

modeling of the metatarsals have not yet been implemented. However, if anisotropic 

material properties are to be implemented, there are several ways to obtain the required 

information for the model. One way is to perform mechanical tests on small bone 

samples in different orientations to obtain the appropriate engineering constants (228–

230), although the mechanics tests are often subject to end effects (100). Ultrasonic 
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methods could also be used to evaluate elastic constants on small bone specimens, but 

this does not account for the tissue’s heterogeneity (162) or post-yield mechanical 

behavior. Furthermore, it may be impractical to extract such small bone samples from 

relatively small bones such as the metatarsals. Investigators have also used voxel 

gradients within groups of voxels to quantify bone tissue anisotropy (170). For trabecular 

bone, the mean intercept length of the tissue could also quantify anisotropy. The mean 

intercept length (MIL) is the mean length of a line segment which passes through the 

specimen and is entirely contained within the specimen (231,232). The fabric tensor, 

which is a measure of local anisotropy, could be derived from the MIL measurements 

(233). This method to determine the anisotropic information could be implemented using 

micro-CT (234–236) or micro-MRI (237,238). The development of an anisotropic FE 

metatarsal model would also require validation. As the present study showed that 

isotropic models are sufficient to estimate metatarsal strains, additional loading 

conditions such as torsion and combined loads should be tested on both the isotropic and 

anisotropic FE models. The accuracy should be compared between the two models to 

determine whether anisotropy has an effect on strain estimations of FE metatarsal 

models.  

 

The small number of cadaver donors (n=4) of advanced age (73-95 years) used for the 

specimens in this study also limits the applicability of the equations developed in this 

study. Depending on the application, model validation using specimens representing a 

larger cross-section of the population may be needed before these models are used to 

investigate potential interventions to prevent injury. 
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The linear-elastic assumptions for the material model also limit the model’s applicability. 

The model would not be suitable for simulating the effects of loads beyond the yield 

strain, which is approximately 6000-6500 με for trabecular bone, and 7100-7600 με for 

cortical bone (239). Also, the linear-elastic assumptions do not capture the degradation of 

strength and stiffness under repeated loading. Thus, in applications where the loss of 

bone stiffness is of interest, it would be necessary to incorporate a material damage 

model. Several studies have implemented material damage into FE models (240–243), 

but none were for the human metatarsal. Since the properties of bone are site-specific 

(102), it would be necessary to validate the damage models. This could be done by 

comparing experimental fatigue life to simulated fatigue life, and by comparing damage 

patterns.  

 

A limitation of the use of strain gauges for FE model validation was that it could only 

measure the local strain at discrete locations on the bone surface. As the strain gauges in 

the present study were all placed in the dorsal mid-diaphysis of each metatarsal, the 

strains at the other locations of the model may not necessarily be accurate. Full-field 

measurement methods such as digital image correlation could be used for model 

validation. For digital image correlation, an image of a test specimen after loading is 

mapped onto an image of the same test specimen before loading. A transformation field 

between the two images is calculated by maximizing a correlation coefficient (244). If 

two cameras are used in stereovision using digital image correlation, three-dimensional 

images of the bone surface could be generated for the correlation analysis. If these 



 

55 

images are combined with CT or MRI images of the specimen before and after loading to 

capture internal deformations, then the method is called digital volume correlation (244). 

A limitation of both digital image correlation and digital volume correlation is the 

continuum assumption associated with these methods. That is, if there are strong 

discontinuities of the specimens, typically caused by cracks, then the methods fail (244). 

Furthermore, MRI and CT images could be subject to noise which could affect the 

analysis for digital volume correlation (244,245).  

 

Although the boundary and loading conditions of the FE model were digitized to match 

those of the experimental setup, the experimental conditions may not be an accurate 

depiction of in vivo loading. In studies where the model is used to investigate 

interventions to minimize metatarsal strain, accurate boundary and loading conditions are 

required. Stokes et al. (246) developed a method to estimate the forces on the metatarsal 

bones, the metatarsophalangeal joint, and the tension in some of the attached muscles and 

ligaments using the force distribution underneath the foot. Boundary conditions were 

estimated using radiographs of the foot (246). Although such a model may be suitable for 

some of the metatarsals, it does not account for torsion, which is significant during the 

stance phase of gait in the fifth metatarsal (247). Thus, it may be necessary to develop a 

more accurate model that incorporates different loading conditions on the metatarsals. 

Such a model could be used to examine the effects of different footwear, running 

patterns, and running terrains on metatarsal strains. 
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The optimization methods used in this study could be applicable to smaller bones, for 

which empirical density-elasticity equations are difficult to develop, but may not be 

practical for more complex models which require more computational time to solve. The 

optimization process could potentially be accelerated through the use of neural networks. 

Neural networks could be trained to predict values such as the RMSE based on previous 

results, so they could potentially reduce the number of models to be solved in a given 

optimization (196). 

 

4.3 Future Directions 

Future studies could be used to further investigate the effect of stressed volume on the 

fatigue life of bone. As explained in Section 2.8.4, stressed volume is a possible 

explanation of the shorter fatigue lives of larger bone samples (153,154). This hypothesis 

has not been verified at the whole bone level, but could explain why standardized bone 

samples do not exhibit fatigue fractures (205,248). In order to verify this concept of 

stressed volume, fatigue tests at physiological strain magnitude would be performed on 

cadaveric metatarsals. The stressed volume of each bone would be quantified by using 

the strain distribution histogram, which would be based on the FE-predicted strains. The 

relationship between the stressed volume and the experimental fatigue life could then be 

determined. 

 

The validated FE models could also be used to investigate surgical interventions to treat 

proximal fifth metatarsal fractures, which include stress fractures, avulsion fractures, and 
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Jones fractures. The type of fifth metatarsal fracture is typically classified based on the 

location of the fracture (249). In many cases, surgical intervention is required to assist the 

alignment and fracture healing of fifth metatarsals. Possible complications from the 

surgical intervention include the continued nonunion of the bone, as well as the fracture 

of the surgical screw (250). Although the FE model cannot simulate fracture healing to 

prevent nonunion, FE models derived from a patient’s CT scans could potentially be used 

to determine the optimal screw design and positioning. Different loads representing 

different foot postures or activities could be applied to the models to evaluate the factor 

of safety and stability of surgical interventions, which could aid decision-making. Similar 

approaches could be used for metatarsal osteosynthesis operations after osteotomy 

interventions for hallux valgus (164,251). 

 

Furthermore, the FE metatarsal models could be incorporated into FE models of the 

entire foot to evaluate the risk of stress fractures or acute metatarsal injuries. Such models 

could potentially provide more accurate boundary conditions for the metatarsals. An 

advantage of having foot models is that the effect of foot shape, muscles, ligaments, and 

soft tissues would be captured. However, the inclusion of the additional structures and 

their interactions requires validation studies to be performed on the models of the 

structures.  

 

As mentioned in the previous section, the FE models could be used to investigate 

different interventions to minimize metatarsal strain and fracture risk. Such studies would 

examine different footwear, running patterns, and running surfaces. For each of the 
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different conditions, forces would be recorded using plantar pressure recordings and used 

as input to an appropriate musculoskeletal model, which would find the input forces for 

the FE model. Fracture risk would then be calculated using an appropriate probabilistic 

model. An example of such a model is the Weibull model developed by Taylor and 

Kuiper (252), which accounts for the strain range and the stressed volume.  

 

Future studies should also combine the FE model with the damage model, which was 

described in the previous section. Repetitive loading scenarios could be applied to the FE 

models to estimate injury risk. In addition, the load magnitudes and directions could be 

varied between cycles to simulate different activities such as sprinting, jumping, and 

cutting. Such variable loading scenarios are relevant in sports such as soccer and 

basketball. The frequencies of such maneuvers could be captured by placing 

accelerometers or GPS systems on athletes during a training session or a match. Force 

plates or plantar pressure recording devices could then be used to measure the forces 

involved in such maneuvers. With an appropriate musculoskeletal model, the forces 

could be converted to force inputs into the FE models to estimate injury risk. The results 

could potentially be used by coaches or athletes to control playing time in order to 

prevent metatarsal stress fractures. 

 

4.4 Final Remarks 

This study verified and validated a finite element modeling routine for the human 

metatarsal. Using a combined numerical-experimental study in which strain gauge 
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measurements from mechanical tests were directly compared with strain predictions from 

FE models, it was found that optimizing the density-elasticity relationships improve the 

accuracy of the FE predictions. This validated FE model could be used to further 

elucidate the mechanisms underlying stress fractures. The model could also be used to 

evaluate surgical interventions for metatarsals, as well as to evaluate potential 

interventions to minimize metatarsal strain. An incorporation of the present model with a 

damage model would further expand the potential of the FE model to be used as a tool to 

predict fracture risk and prevent metatarsal stress fractures in sport. 
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APPENDIX A: CROSS-VALIDATION OF FE-PREDICTED METATARSAL 

STRAINS SUGGESTS AN INFLUENCE OF AGE AND vBMD ON DENSITY-

ELASTICITY RELATIONSHIPS 

 

In Chapter 3, experimentally-measured strains were compared to FE-predicted strains 

using the published equation (1), E = 0.51ρapp
1.37. This section takes a closer look at the 

findings from this comparison. 

 

When the measured strains were plotted against the FE-predicted strains for all bones, the 

regression line had a slope that was significantly less than 1 (Figure A-1). Further 

investigation revealed that metatarsals from three of the seven feet had vBMD values that 

were up to 45% lower than the bones from the remaining four feet. When these bones 

were separated from the set, the resulting regression equation was an X=Y relationship 

for the bones with higher vBMD (Figure A-2). For the bones with lower vBMD, the 

regression equation had a slope that was significantly lower than 1 (Table A-1). The 

RMSE and the maximum error were also noticeably higher for the bones with lower 

vBMD (Table A-1). 

 

Figure A-1. Measured vs. predicted strains for all metatarsals using the published 

density-elasticity equation, E = 0.51ρapp
1.37 (1) 

y = 0.9231x + 8.4359
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Figure A-2. Measured vs. predicted strains for metatarsals with a higher vBMD (0.40-

0.73 g/cm3, black markers), and lower vBMD (0.15-0.34 g/cm3, grey markers) using the 

published density-elasticity equation, E = 0.51ρapp
1.37 (1) 

 

Table A-1. Slope, intercept, correlation, R2, RMSE in microstrain and as a percentage of 

the peak measured strain, and maximum error in microstrain and as a percentage of the 

peak measured strain for different sets of models created using the published density-

elasticity equation, E = 0.51ρapp
1.37 (1) 

 All Bones High vBMD Bones Low vBMD Bones 

Slope 0.92 1.02 0.88 

Intercept 8.44 6.80 16.38 

R 0.97 0.98 0.98 

R2 0.95 0.96 0.95 

RMSE (με) 92.47 63.08 121.39 

RMSE (%)  7.51 7.87 9.86 

Max Error (με) 456.32 159.40 456.32 

Max Error (%) 37.07 19.89 37.07 

 

y = 1.0172x + 6.7971

R² = 0.9575

y = 0.8823x + 16.382

R² = 0.9509
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The results support the findings of Eberle et al. (2), which stated that the density-

elasticity equation varies between different cohorts, such as bones with higher vBMD and 

lower vBMD. It was observed that elastic moduli at the lower range of densities were 

higher than the published equation predicted (Figure A-2). These observations could be 

explained by the findings that lower bone densities (3) and stiffer collagen cross-linking 

(4) are associated with aging. Since the FE models did not take these changes into 

account, the models of the bones with lower vBMD behaved too softly, and subsequently 

resulted in strains that were too high. One way to mitigate this shortcoming would be to 

use an equation that provides sufficient accuracy for all bones in a given cohort. Such an 

equation could be developed using optimization techniques which minimize the root 

mean squared error (RMSE) between measured and predicted strains. 
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APPENDIX B: THE EFFECT OF LOADING ANGLE ON THE VALIDITY OF 

THE DENSITY-ELASTICITY RELATIONSHIP IN A FINITE ELEMENT 

MODEL 

 

Chapter 3 describes a finite element model validation study where metatarsals were 

loaded in an angled cantilever-bending scenario. These metatarsal angles varied 

depending on the metatarsal (38º, 33º, 30º, 28º, and 24º for the first through fifth 

metatarsals, respectively), but each metatarsal was positioned at a single angle. However, 

metatarsals are loaded at a wide range of angles in vivo during the stance phase of gait. 

This prompted a second study to be performed on the second metatarsals of each 

cadaveric foot, as the second metatarsal is the most prone to stress fractures in runners 

(1,2).  

 

In this experiment, the metatarsals were positioned at five different angles between 20º 

and 40º from the horizontal. This was done to examine the influence of loading angle on 

the accuracy of the density-elasticity equation of the FE model. The study used the same 

methods as described in Section 3.3, but omitted the optimization of the density-elasticity 

equations. The material properties for all FE models were assigned using the equation E 

= 0.51ρapp
1.37 (3), where E is the elastic modulus in MPa, and ρapp is the apparent density 

in kg/m3. An additional strain gauge was attached to the plantar surface of each of the 

second metatarsals. The locations of the plantar strain gauges were identified on the FE 

models by using scaled photographs. The results of the linear regression between 

experimentally measured and FE-predicted strains at each metatarsal angle are shown in 

the table below. 
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Table B-1. Slope, intercept, correlation, R2, RMSE in microstrain and as a percentage of 

the peak measured strain, and maximum error in microstrain and as a percentage of the 

peak measured strain for different metatarsal angles relative to the horizontal axis. All 

models were created using the published density-elasticity equation, E = 0.51ρapp
1.37 (3) 

 20° 25° 30° 35° 40° 

Slope 0.77 0.80 0.86 0.86 0.97 

Intercept -1.79 -1.13 -0.13 0.27 2.91 

R 0.97 0.97 0.98 0.98 0.98 

R2 0.95 0.95 0.96 0.95 0.97 

RMSE (με) 116.65 101.37 76.04 71.35 49.00 

RMSE (%) 15.76 13.90 10.76 11.27 8.00 

Max Error (με) 461.26 415.99 295.00 269.81 129.00 

Max Error (%) 62.31 57.05 41.76 42.63 21.07 

 

 

As shown in Table B-1, the slope of the regression line becomes progressively closer to 1 

as the metatarsal angle increases, and the metatarsal becomes more vertical. The RMSE 

and maximum error also decreases as the metatarsal angle increases.  

 

The results suggest that the published density-elasticity equation is more accurate when 

there is less bending. When the metatarsals are positioned more horizontally, the model 

behaves too soft and the FE-predicted strains are higher than the experimentally-

measured strains. As applying bending loads in bone causes high strains in the cortical 

shell, the FE models may be more sensitive to any inaccuracies in the cortical bone 

region of the density-elasticity relationship. However, as the loading becomes more 

uniaxial with increased angle, the strains become more evenly distributed over any given 
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cross-sectional area of the metatarsal, and lower strain gradients result. Consequently, we 

would hypothesize that the accuracy of the model depends on a larger section of the 

density-elasticity relationship. Thus, any inaccuracies in one part of the density-elasticity 

relationship would have a smaller impact on the accuracy of the FE model if the rest of 

the relationship is accurate. Therefore, models with an applied uniaxial load would be 

less sensitive to an inaccurate density-elasticity relationship than a model with a bending 

load. 

 

Another possible explanation for the discrepancy between the models with the different 

angles is that the cortical bone does not have a separate mesh from the trabecular bone. 

This could potentially cause both types of bone to be included within a single element. 

Consequently, the meshing could result in inaccurate density properties of the element, 

and ultimately an inaccurate elastic modulus. If the model is loaded in a configuration 

that causes high strain gradients, such as those at the lower angles in Table B-1, then 

these discrepancies could have a larger effect on the accuracy of the FE model. Further 

investigation on this property of the mesh could be performed by meshing the cortical 

and trabecular bone separately by using cortical thickness estimation algorithms similar 

to those suggested by Pakdel et al. (4). Experiments involving notched specimens could 

also be performed to examine the influence of the strain gradient on the accuracy of 

density-elasticity relationships. 

 

In conclusion, the influence of different parts of the density-elasticity relationship varies 

with different loading conditions of human metatarsals. Loading conditions causing high 
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strain gradients, such as bending loads, result in a higher sensitivity to the accuracy of the 

density-elasticity relationships. Therefore, it is important to validate FE models at 

different loading conditions with differing strain gradients to ensure that the density-

elasticity relationships are accurate. 
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