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ABSTRACT

Background: A variety of biomechanical models have been used in studies of foot and ankle disorders.
Assumptions about the element types, material properties, and loading and boundary conditions are
inherent in every model. It was hypothesized that the choice of these modeling assumptions could have a
significant impact on the findings of the model.

Methods: We investigated the assumptions made in a number of biomechanical models of the foot and
ankle and evaluated their effects on the results of the studies. Specifically, we focused on: (1) element
choice for simulation of ligaments and tendons, (2) material properties of ligaments, cortical and
trabecular bones, and encapsulating soft tissue, (3) loading and boundary conditions of the tibia,
fibula, tendons, and ground support.

Findings: Our principal findings are: (1) the use of isotropic solid elements to model ligaments and
tendons is not appropriate because it allows them to transmit unrealistic bending and twisting moments
and compressive forces; (2) ignoring the difference in elastic modulus between cortical and trabecular
bones creates non-physiological stress distribution in the bones; (3) over-constraining tibial motion
prevents anticipated deformity within the foot when simulating foot deformities, such as progressive
collapsing foot deformity; (4) neglecting the Achilles tendon force affects almost all kinetic and
kinematic parameters through the foot; (5) the axial force applied to the tibia and fibula is not equal to
the ground reaction force due to the presence of tendon forces.

Interpretation: The predicted outcomes of a foot model are highly sensitive to the model assumptions.

Keywords:
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conditions; element types; adult acquired flatfoot deformity

1. INTRODUCTION

Biomechanical models have been widely used to better understand the biomechanics and
pathomechanics of the human foot and to evaluate the effectiveness of surgical interventions. These
models differ significantly in terms of assumptions regarding the selection of element types and material
properties, the application of loading and boundary conditions, and the simulation of various foot
disorders (Morales-Orcajo et al., 2016; Wang et al., 2016; Behforootan et al., 2017). Specifically,
different element types with different characteristics, such as solid, shell, beam, truss, and spring
elements, have been used in computational studies to simulate the specific characteristics of different
tissues. Foot tissues have been modeled using a variety of material behaviors, including linear elasticity,
hyperelasticity, and viscoelasticity. In addition to element types and material properties, loading and
boundary conditions are other fundamental parameters that must be chosen in developing a model. The
choice of assumptions regarding the boundary conditions becomes especially important when simulating
foot deformities. For example, it is crucial to allow for external and internal rotation of the tibia when
modeling pes planus or pes cavus. To apply tendon forces and body weight (BW), a variety of
assumptions have been made in terms of loading locations and values. However, the variations that exist
in these assumptions may yield different results (Wang et al., 2016), raising concerns about the utility of
such models for medical decision-making. This is especially true in the case of boundary conditions,
where even minor variations in the constraints imposed on the degrees of freedom of tissues result in
markedly different biomechanical outcomes (Akrami et al., 2018; Hao et al., 2011; Altai et al., 2019; Hu
etal., 2017). Moreover, oversimplifications and questionable assumptions can cast doubt on the

predictions of a model. Understanding widely used modeling assumptions and their impact on model
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outcomes will help improve future modeling efforts. Thus, the goal of this study was to examine the
contrasting approaches and assumptions that are commonly used in the development of foot models.

In each of the following sections, we first described the approaches used and the assumptions made in
defining modeling parameters, including (1) element types, (2) material properties, and (3) loading and
boundary conditions. Specifically, we described different element types used to model ligaments and
tendons; various material properties used to model ligaments, encapsulating soft tissue (EST) and
cortical and trabecular bones; and different loading conditions applied to the tibia and Achilles tendon.
We then evaluated their impacts on the results of the studies. The evaluation was done based on the
fundamental principles of mechanics such as force equilibrium conditions, force-deformation, and
stress-strain relationships, as well as material behavior under different loading conditions. We also
compared the results of different approaches, when needed, using a recently validated finite element
model of the foot reconstructed from CT scan images of a female cadaveric foot weighing 60 kg (Figure

1) (Malakoutikhah et al., 2022a). See Malakoutikhah et al. (2022a) for further details.

Figure 1. The finite element model of the foot used in this study
4
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2.1. Element types

2.1.1. Element choice for simulation of ligaments

Tendons and ligaments have very small bending and compressive stiffness (Benjamin and Ralphs,
1998). To avoid transmitting moments and compressive forces, most studies have modeled ligaments as
tension-only spring or truss elements. In contrast, a few studies have modeled ligaments using isotropic
solid elements which are capable of transmitting bending and twisting moments as well as compressive
forces which real ligaments are unable to do. Although the distribution of resulting stress in axially
loaded members should be uniform, the predicted stress distribution across the cross sections of
ligaments and along the length of ligaments with constant cross-sectional area in these studies shows
large variations (Cifuentes-De la Portilla et al., 2019).

On the other hand, there are some situations in which pure tensile elements (springs and trusses) do
not adequately model ligament behavior because a portion of the loads is transmitted to the ligament by
direct contact with the ligament away from its attachment site on the bone. An example of this is the
spring ligament, which acts as a hammock, supporting the talar head and bearing a portion of the load
along the medial column. The inability to bear such lateral contact loads is a major limitation of axially
loaded members such as truss and spring elements. Therefore, there is a need to develop a 3D
anisotropic solid tension-only element capable of reflecting the tension-only characteristics of ligaments

that would be more suitable to account for the loads through soft tissue contact.

2.1.2. Element choice for simulation of tendons
Almost all computational models simulate the tendon forces through the use of force vectors. In most of
these models, the force vectors are applied at tendon insertion points on the bones along the tendon line

of action (Figure 2a). On the other hand, tendon force vectors are applied at the free end of tendons



113 (Figure 2b) in the foot models with isotropic solid elements representing tendons. However, an

114  unrealistic moment (M) develops along with the force at the tendon insertion points on the bone (Figure
115  2b) when a curved tendon with high bending stiffness is loaded; this alters the load distribution through
116  the foot. Moreover, unrealistic stresses induced in any given section of the tendon limit the predictive
117  capability of these models for examining stress patterns through the tendon.

118

119 (@)
120  Figure 2. a) Tendon force is applied to tendon insertion points along the tendon line of action, b) tendon
121 force is applied at the free end of the tendon modeled with isotropic solid elements

122

123 2.2. Material properties

124  2.2.1. Stiffness of ligaments with multiple bands

125  The stiffness of the plantar fascia and long plantar ligament is typically derived from published

126  cadaveric testing. For instance, a cadaveric study (Kitaoka et al., 1994) reported an overall stiffness of
127  203.2 N/mm for the plantar fascia. This value was determined by mounting the fascia specimens in a
128 tensile testing machine. The central band of plantar fascia originates on the calcaneal tuberosity and

129  extends distally, splitting into five bands which insert on the plantar plates of the five toes. Therefore,
130 the plantar fascia can be modeled as five separate bundles (Figure 3a) with specific axial stiffness in

131  computational studies. The axial stiffness (k = AE/L) facilitates the assignment of geometry (cross-
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sectional area A and length L) and material properties (elastic modulus E) to ligaments. Some studies
assigned the overall stiffness of 203.2 N/mm to each bundle. However, the sum of the stiffness of the
bundles to all five rays should be equal to the plantar fascia's overall stiffness of 203.2 N/mm because
they are connected in parallel (Figure 3b). Thus, the stiffness of each bundle is a fraction of the total
stiffness, which can be assumed to be 203.2/5 = 40.6 N/mm. Given that the medial and middle zones of
the plantar fascia are stiffer than the lateral zone (Kitaoka et al., 1994), assigning 60 N/mm to the first
branch, 40 N/mm to the second and third, and 30 N/mm to the fourth and fifth may provide a more
precise prediction. This is also true for the long plantar ligament, which is divided into four distinct
bands distally. This misinterpretation of stiffness directly affects the elongation and strain of these

primary stabilizers of the foot, as well as the overall configuration of the foot.

ks Fs
F=k,x and x=x;=%;=X3=X4=2X5
The five individual springs all stretch by x but share the load
Fi=kix, ..., Fs=ksx
F=F+F+F;+F;+F; or kyx=kx+kx+ ke +kyx+ksx
> ke =hky vkt ks +ky+ ks

(b)
Figure 3. a) Two widely used approaches for modeling the plantar fascia as five separate bands, b) The
relationship between the total and individual stiffness of ligaments when combined in a parallel

configuration.

2.2.2. Differentiation of the cortical and trabecular bones
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Despite the significant difference in elastic modulus between cortical and trabecular bones (14000 MPa
vs 350 MPa) (Siegler et al., 1988), some computational studies assign them the same material properties,
often the average of the two. This simplification has a negligible effect on the foot alignment because of
the high stiffness and consequently very small deformation of bones under working conditions.
However, this simplification has a negative impact on the outcomes when it comes to evaluating the
stress distribution in the bones. According to classical elasticity, there is no discontinuity in strain at the
interface between trabecular and cortical bones since the displacement at the interface is continuous
(Figure 4a). On the other hand, strain continuity necessitates stress discontinuity at the interfaces due to
the difference in the elastic modulus of the two materials (Figure 4a). However, if the same material is

assigned to the cortical and trabecular bones, the stress will be incorrectly distributed (Figure 4b).

M T Strain Stress
40X 1Xf1x 40X

(a)

M Strain Stress

(b)
Figure 4. The distribution of strain and stress in a section of the first metatarsal bone subjected to
bending moment for the cortical and trabecular bones with a) different elastic moduli, b) the same elastic

modulus (the average of both)

2.2.3. Material properties of the EST



166

167

168

169

170

171

172

173

174

175

176

177

178

179

180

181

182

Some computational models of the foot include an EST to better simulate entire anatomical structure of
the foot, loading conditions on the sole of the foot, and the frictional interface with the floor. The
presence of the EST also facilitates the convergence of the model by providing cushioning to the
underlying bones and shock absorption between the contact surfaces. The EST is subjected to large
deformations due to its low stiffness. The linear elastic material with an elastic modulus of E = 0.3 (Hsu
et al., 2005) and E = 1.15 MPa (Chu et al., 1995), as well as the hyperelastic material (five-parameter
Mooney-Rivlin model) with coefficients C;, = 0.085, Cy; =-0.058, C,, =0.039, C;; =-0.023, Cy, =
0.009, D, =3.652, and D, =0 MPa (Lemmon et al., 1997), are the most common material properties
used in the literature to model the EST. By comparing the stress-strain curves of these three materials
(Figure 5), the elastic behavior of the reported hyperelastic material was found to be very similar to that
of the linear elastic material with a modulus of 0.3 MPa, but very different from that of the linear elastic

material with a modulus of 1.15 MPa.

Hyperelastic = — Linear elastic (E = 0.3 MPa) — .. — Linear elastic (E = 1.15 MPa)
14

—_
(=]

—

Stress (MPa)
(=) (=)
= 0

<
e

e
[}

Strain

Figure 5. The stress-strain curves of three different material properties commonly used to model the

EST
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To determine which reported elastic modulus is optimal for modeling the EST, we used our finite
element model of the foot to measure the ratio of unloaded heel pad thickness (UHPT) to loaded heel
pad thickness (LHPT) for each of these three material properties. In simulated plantar soft tissue with
hyperelastic material and linear elastic material with an elastic modulus of 0.3 MPa, the ratio of UHPT
to LHPT was 1.92 and 1.87, respectively, while the ratio in simulated plantar soft tissue with linear
elastic material with an elastic modulus of 1.15 MPa was 1.27 (Supplementary Table S1). When
compared to the ratio of 1.85 reported in a large population observational study (Ozdemir et al., 2004), it
was found that the hyperelastic material and the linear elastic material with an elastic modulus of 0.3
MPa can better simulate the material of the plantar soft tissue than the linear elastic material with an
elastic modulus of 1.15 MPa. Moreover, the foot modeled with EST with an elastic modulus of 1.15
MPa had significantly lower joint contact areas and pressures than the foot modeled with EST with an
elastic modulus of 0.3 MPa (Supplementary Table S2) or the reported hyperelastic material (Lakin et al.,
2001; Beaudoin et al., 1991; Kimizuka et al., 1980). This is due to the abnormally high stiffness of the
EST with an elastic modulus of 1.15 MPa, which prevented the cartilage from naturally contacting each
other.

To model the EST, both the reported hyperelastic material and linear elastic material with an elastic
modulus of 0.3 MPa can be used. However, a hyperelastic constitutive model more closely resembles

the inherent anisotropic and nonlinear behavior of the EST.

2.2.4. Simulation of ligament failure

Ligament tears or damage can occur from trauma, overuse, or degenerative disease. Because of their
poor blood supply, damaged ligaments may degenerate over time, resulting in overstretched and
elongated ligaments that lose their ability to function as foot stabilizers (Parvizi and Kim, 2010; Bray,

1995; Hauser et al., 2011; Fenwick et al., 2002). Ligaments can also creep, that is progressively elongate

10
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due to a constant or cyclically repeated load (Frank, 2004). Either of these loading conditions can lead to
degenerative deformities such as progressive collapsing foot deformity (PCFD), also known as adult
acquired flatfoot (Johnson, 1983; Myerson et al., 2020).

In some cadaveric and computational studies, ligaments have been released to simulate ligament
failure and PCFD (Chu et al., 2001; Deland et al., 1992). In some cadaveric studies, ligaments become
elongated under high cyclic axial loading (Campbell et al., 2014; Dumontier et al., 2005). When
ligaments are progressively stretched to specific lengths, the loads within the ligament are significantly
reduced (Frank, 2004). In other words, ligament tears or elongation cause ligaments to be nonfunctional
because they bear no or little tension under normal working conditions. This is the same as having no
ligaments or having ligaments with no stiffness. Therefore, the absence of ligaments or pre-stretching
them to specific lengths properly simulates their failure to function as foot stabilizers.

On the other hand, some computational studies have reduced the stiffness of ligaments by half or
other fractions to simulate ligament failure and PCFD. Although a reduction in stiffness might be
observed in degenerated ligaments due to changes in their properties and geometry (Deland et al., 2005),
reducing ligament stiffness alone cannot reflect ligament failure. It is because the ligaments with
reduced stiffness are still tight and consequently functional.

To clarify why reducing ligament stiffness cannot lead to PCFD (i.e., significant changes in foot
alignment and arch stability), we examine the stretch of the spring ligament under working conditions
when its stiffness is reduced by half. Reducing the stiffness of the spring ligament by half results in a
stretch of x = 0.86 mm (F = kx — x = F/k =30/ (70/2) = 0.86 mm). However, PCFD is usually
associated with a tear in the spring ligament or nearly 10 mm degenerative elongation over time
(Malakoutikhah et al., 2022a). The stiffness (k = 70 N/mm) and force values (F = 30 N) for a normal
spring ligament were derived from the literature (Siegler et al., 1988; Malakoutikhah et al., 2022a).

These results are representative of relatively stiff ligaments even when their stiffness is reduced by half.

11



231

232

233

234

235

236

237

238

239

240

241

242

243

244

245

246

247

248

249

250

251

Due to the high stiffness, ligaments are subjected to a small amount of elastic strain under conditions of
normal physiologic loading (Robi et al., 2013; Maganaris and Narici, 2005).

We also used our finite element model of the foot to compare the foot alignment changes in a
collapsed foot simulated by reducing the stiffness of the ligaments by half versus removing the
ligaments (or pre-stretching them to specific lengths). The hindfoot alignment angle (HAA), calcaneal
pitch angle (CPA), and Meary's angle (MA) were used to evaluate the change in foot alignment
(Supplementary Figure 1S). Hindfoot valgus was assessed using the HAA, and arch collapse was
evaluated with both the MA and CPA. The clinical ranges of these angles reported for both normal foot
and collapsed foot are described in Supplementary Figure 1S.

Our results showed that all of the foot alignment angles were within the reported PCFD ranges in the
absence of ligaments (Figure 6¢), but none were within the PCFD ranges in the case with reduced
stiffness ligaments (Figure 6b). The latter also failed to meet the criterion for a successful collapsed foot
model, which is defined as a 10° change in the MA (Campbell et al., 2014). This criterion was met when
the ligament stiffness was reduced by almost ten times (90%). This is also true for other deformities
such as hallux valgus, as a recent study on the sensitivity test on the ligaments showed that a minimum
of 80% reduction in ligament stiffness was needed to simulate a mild deformity (Wong et al., 2020).
Furthermore, the ligaments with reduced stiffness by half were subjected to about the same amount of
force as normal (naturally tight) ligaments bear in a normal foot. However, in real life, lax ligaments
bear only minor loads in PCFD (Frank, 2004). This unrealistic force in the ligaments with reduced

stiffness has the potential to alter the force pattern between joints and ligaments.
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Figure 6. Foot alignment angles: a) in a normal foot simulated by keeping the ligaments and tendons

intact; b) in a collapsed foot simulated by reducing the stiffness of the ligaments by half; ¢) in a

collapsed foot simulated by removing the ligaments

2.3. Loading and boundary conditions

2.3.1. Boundary conditions of the tibia

Distal tibia motion in 3D space can be fully described by three translations (superior/ inferior, medial/
lateral, and anterior/ posterior) and three rotations (internal/ external, flexion/ extension, and varus/
valgus). In order to maintain ankle joint congruity, the rotation of the tibia must follow the talar dome
which is rotated externally or internally as the subtalar joint goes into varus or valgus due to the
orientation of the subtalar joint relative to the long axis of the foot (Inman’s axis). Thus, the tibia is
rotated externally in pes cavus (high arched foot) and internally in pes planus (PCFD).

Most cadaveric and computational models have overlooked the need for tibial rotation and have fixed
the tibia in all directions. While this may only lead to small errors in the study of a normally aligned

foot, we hypothesized that it might cause significant errors when studying disorders involving foot
13
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malalignment (such as PCFD). To assess this, both normal foot and collapsed foot models were
examined in two different scenarios: (1) with the tibia fixed in all directions; and (2) with the tibia fixed
only in the z- direction (vertical) and allowed to translate in the x- and y-directions and rotate about all
three axes. In all cases, half the BW was applied to the ground, simulating ground reaction force.

We observed that the alignment angles of the normal foot with the tibia fixed in all directions (Figure
7b) were similar to those of the normal foot with the tibia free to move (Figure 7a). This similarity in the
results, which is due to the presence of ligaments and tendons as primary stabilizers of the foot, suggests
that fixing the tibia in all directions has no effect on foot alignment if the experiment is carried out on a
normal foot. On the other hand, the alignment angles of the collapsed foot with the tibia free to move
(Figure 7c) were all within the reported PCFD ranges, whereas the PCFD alignment angles with the tibia
fixed in all directions (Figure 8d) barely represented a mild PCFD. This is particularly true for the
hindfoot alignment angle (HAA), where fixing the tibia in all directions prevented valgus deformity of
the hindfoot. In conclusion, it is critical to allow the tibia to translate and rotate naturally in order to

simulate PCFD or any soft tissue transections.
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Figure 7. Foot alignment angles in the simulated normal foot: a) with the tibia fixed only in vertical
direction, b) with the tibia fixed in all directions; Foot alignment angles in the simulated collapsed foot:

c) with the tibia fixed only in vertical direction, d) with the tibia fixed in all directions

2.3.2. Loading conditions of the tibia
The BW is carried by the tibia and transferred to the foot during standing and ambulation. In some
cadaveric and computational studies, half of the BW is applied upwards to the ground as the ground
reaction force, and the proximal tibia and fibula are fixed to simulate quiet stance. In other studies, the
ground is fixed, and half of the BW is applied downwards on the proximal tibia and fibula. However,
due to the action of muscles and their tendons, the total force in the tibia and fibula is usually greater
than the ground reaction force (0.5 BW). In particular, the Achilles tendon force, which is nearly a
quarter of the BW (Salathe and Arangio, 2002; Zhang and Fan, 2014), causes the forces applied in the
tibia and fibula to be nearly 1.5 times the ground reaction force (0.75 BW) during quiet stance. This can
be simply determined by the equilibrium condition for forces in the z-direction (Figure 8). Tendon
forces used to calculate the force in the tibia and fibula were obtained from the literature (Salathe and
Arangio, 2002; Morales-Orcajo et al., 2017). It must be noted that 93% of the applied load is transmitted
through the tibia and 7% through the fibula (Goh et al., 1992). Similarly, extremely high tendon forces
during walking and running (Giddings et al., 2000) result in greater forces in the tibia and fibula than the
ground reaction force. Due to the high value of the forces, even a small error in calculating their value
can cause significant changes in the results, especially when absolute values are reported.

Although forces can be applied to either the tibia or the ground, the ground is usually preferred
because the exact value of the ground reaction force can be measured with a scale and is not affected by

tendon forces.
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Figure 8. Free body diagram of the foot during simulated quiet stance

2.3.3. Neglecting the Achilles tendon force

Triceps surae muscle force is transferred through the Achilles tendon to the calcaneus, and from the
calcaneus to the plantar fascia, and then to the metatarsal heads and the toes which exert force on the
ground (Farris et al., 2020). Although most tendon forces have been ignored in computational modeling
of the foot and ankle, because of the minimal reactions of intrinsic and extrinsic muscles during quiet
stance (Basmajian and Stecko, 1963; Zhang and Fan, 2014), only a few have neglected the Achilles
force. In contrast, many cadaveric models have not included tendon forces because of the difficulty of
applying tendon forces in experimental setups.

We hypothesized that neglecting the Achilles tendon force during cadaveric modeling would alter the
pattern of force transmission throughout the foot. We used our foot model to simulate quiet stance both
with and without the Achilles tendon force to examine how this simplification affects kinetic outcomes,
including the force transmitted through the joints, force in the ligaments, and plantar pressure. We found

that the force transmitted through all the joints decreased when the Achilles tendon force was removed

16



323  (Figure 9a). Moreover, removing the Achilles tendon significantly decreased the force within the plantar
324  ligaments (plantar fascia, long plantar, and short plantar ligaments) and deep deltoid ligament, while it
325 increased the force within the spring and superficial deltoid ligaments (Figure 9b). Our results of force
326 inthe plantar fascia are consistent with those obtained using an equation derived from a linear regression
327  analysis (Erdemir et al., 2004). Moreover, the maximum plantar pressure in the heel fat pad increased
328 from 164 kPa to 231 kPa when the Achilles tendon was removed (Figure 10). These varying changes in
329 the force and pressure through the foot suggest that ignoring the Achilles tendon force can lead to

330 significant errors.
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Figure 9. Comparison of the force (a) transmitted through the joints, and (b) within the ligaments,

between the foot with and without the Achilles tendon

230.9 MPa
I 197.9
— 164.9
= 131.9
—1 99.0
= 66.0

I 33.0
0

(b)
Figure 10. Plantar pressure in the foot model (a) with the Achilles tendon, (b) without the Achilles

tendon

3. SUMARRY

We examined a number of the approaches used and the assumptions made in the development of
biomechanical models of the foot and ankle. We found that some assumptions made in defining
modeling parameters (element types, material properties, and loading and boundary conditions) led to
reduced accuracy or limited generalizability of their predictions.

The estimation of the element types and material properties is a key step in the creation of a
biomechanical model. A common source of error in modeling tendons and ligaments is the use of
isotropic solid elements, which allows them to transmit unrealistic bending/ twisting moments and
compressive forces rather than properly simulating their tension-only characteristics. Another source of

error associated with ligaments is the failure to assign proper stiffness values to ligaments with multiple
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bands (e.g., the plantar fascia and the long plantar ligament). Because the bands are connected in
parallel, the stiffness of each band should be a percentage of the overall stiffness of these ligaments.
Ignoring the difference in elastic modulus between cortical and trabecular bones is the most common
assumption that affects stress distribution in the bones. In the case of the EST, the abnormally high
stiffness used in some computational models of the foot limits the normal deformation of the fat pad and
prevents the bones from naturally contacting each other.

A second key parameter is the boundary conditions. The proper selection of boundary conditions is
most important when there is abnormal motion of certain bones, for example in PCFD. It is necessary to
allow the tibia to rotate and translate in PCFD studies that involve ligament failure or tendon
dysfunction. We showed that fixing the tibia in all directions prevented hindfoot valgus deformity and
limited longitudinal arch collapse. Another essential factor in simulating ligament failure in PCFD is the
removal or pre-stretching of ligaments to specific lengths. We showed that reducing ligament stiffness
by percentages is unrealistic and insufficient to simulate ligament failure when producing PCFD. Our
findings may explain why previous studies that simulated PCFD by reducing ligament stiffness or fixing
the tibia in all directions only found a little to no malalignment.

Tendon forces and BW are the common loads that naturally apply to the foot under working
conditions. The total load that is transferred to the foot can be applied either downwards on the proximal
tibia and fibula or upwards to the ground while the other side is fixed. However, the amount of force in
the tibia and fibula is usually greater than the ground reaction force due to the presence of tendon forces.
The Achilles tendon has a relatively high force among all tendon forces. Neglecting the Achilles tendon
force can affect almost all kinetic and kinematic parameters through the foot. Specifically, it shifted the
tension from the plantar ligaments, particularly the plantar fascia, to the spring ligament, resulting in

significant changes in joint contact mechanics.
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Although modeling a structure with the inherent complexity of the foot and ankle requires making
numerous simplifications, maintaining a few key reasonable modeling assumptions will help to produce
models with more realistic predictions.

One of the significant limitations of this study is that we only examined a few modeling assumptions.
The model used in this study to compare the results of various assumptions also has a number of
limitations, such as the use of linear elastic elements to model ligaments; the single-subject approach,
which limited the external validity of our findings (Wong et al., 2021); the use of a morphologically
normal foot to model the collapsed foot; and the use of non-weight-bearing CT scan, which required
determining the geometry and insertion points of the ligaments from the literature (Malakoutikhah et al.,

2022D).
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