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Abstract

Total joint arthroplasty is a surgical intervention that involves the removal of arthritic

or damaged components of a joint and their replacement with an artificial joint. The

ultimate goal is to restore the joint’s functionality to that of a healthy joint. The most

commonly performed types of total joint arthroplasty are Total Hip Arthroplasty (THA)

and Total Knee Arthroplasty (TKA). Despite technological advancements in these surg-

eries, there are several post-operative complications associated with improper positioning

of the implants. In Canada, approximately 8.5% of the 50,000 THA cases and 6.8% of

the 60,000 TKA cases require revision surgeries. These issues are partially attributed to

the limited consideration of patient-specific characteristics in the pre-operative planning of

THA and TKA. The relationship between the anatomical features unique to each patient

and the optimal positioning of the implants is not yet fully understood. This problem un-

derscores the need to develop engineering technologies that can prevent revision surgeries

and enhance the quality of life for patients undergoing THA and TKA.

The objective of this research is to utilize subject-specific musculoskeletal models and

predictive simulations to achieve optimal implant positioning, thereby reducing the risk

of implant failure or patient dissatisfaction following THA and TKA. In this thesis, we

define mathematical indices that encompass the key factors contributing to implant failure

or patient dissatisfaction (such as impingement and edge-loading) and use them to quan-

tify the effectiveness of a given implant positioning. Through predictive musculoskeletal

simulations of common daily activities like sit-to-stand, we examine how patient-specific

conditions influence the optimal placement of hip and knee implants for THA and TKA.

To the best of the author’s knowledge, this research represents the first study to employ

optimal control-based fully-predictive simulations in order to conduct “what-if” analyses

and investigate the impact of patient-specific characteristics on the optimal positioning

of implants. The methods and techniques employed in this study can also be applied to

explore the effects of various other pathological disorders, not covered in this particular

study, on the optimal implant positioning.
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Chapter 1

Introduction

1.1 Total Hip Arthroplasty (THA)

Total Hip Arthroplasty (THA) is a surgical procedure that involves replacing the damaged

surfaces of a hip joint with artificial implants (refer to Fig. 1.1). The structure of the human

hip resembles a ball-and-socket joint, where the femur’s head acts as the ball and the pelvic

bone’s spherical cavity acts as the socket. During THA, the femur’s head and neck are

removed and substituted with an artificial component known as the femoral component.

Similarly, the damaged socket portion of the pelvis is replaced by attaching an artificial

socket, referred to as the acetabular component or “cup”. The estimated prevalence of

THA is 87 cases per 100,000 individuals globally, and this figure is expected to increase by

40% by the year 2030 [1].

In Canada, between 2014 and 2015, over 50,000 hip replacement surgeries took place,

and approximately 8.5% of these cases required additional revision surgeries due to various

issues such as complete dislocations (failure), disparities in leg length, and implant loosen-

ing [3]. Among the complaints following Total Hip Arthroplasty (THA), hip dislocation is

recognized as the most significant cause [4]. Hip dislocation occurs when the femur’s head

is displaced from the cup.
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Normal hip joint Hip joint 

affected by 

osteoarthritis

Artificial joint

Femoral stem

Acetabular 

Component

Figure 1.1: Total hip arthroplasty (The figure is adapted from Mayo Foundation For

Medical Education And Research [2]).

Two primary factors contribute to hip dislocation [5]: firstly, if the contact force within

the hip joint shifts beyond the cup surface, the cup loses its ability to keep the head

securely in place, a condition known as edge-loading. Secondly, when there is contact

between the femoral neck and the cup, called impingement, it can cause the femur to

lever out of the cup. Currently, there is a lack of mechanistic models in the literature

that explain the relationship between implant positioning, design parameters, individual-

specific information, and edge-loading or impingement during the dynamic movements of

daily activities.

Proper orientation of the cup is reported as the most significant factor to reduce the

risk of dislocation [4]. The widely adopted guideline for the cup orientation is the Lewinnek

safe zone [6]. However, this kinematic metric has been shown to have minimal effect on

reducing the risk of dislocation [7, 8], which depends on subject-specific factors such as

pelvic tilt and spine flexibility.
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Figure 1.2: Total knee arthroplasty [9].

1.2 Total Knee Arthroplasty (TKA)

Total Knee Arthroplasty (also known as total knee replacement) is a surgical procedure in

which the articulating surfaces of a damaged knee joint (e.g. due to severe osteoarthritis)

are replaced with artificial implants (see Fig. 1.2). The human knee can be considered

as a complex mechanical system, where the tibia has both translational and rotational

motion on the distal end of the femur. In TKA, the joining ends of tibia and femur are

removed and are replaced with artificial parts. Between 2014-2015 in Canada, there were

over 60,000 knee replacement surgeries, which shows a 20% increase compared to 5 years

before [3].

Approximately 20% of patients report dissatisfaction following primary TKA [10], and

6.8% required revision surgeries [3]. However, in the literature, it is still unclear which

factors contribute the most to patient dissatisfaction [10]. Based on a study by Gunaratne

et al [10], “patient expectations, higher function before surgery, stage of arthritic disease,

complications, poor resolution of pain, and lower improvement in knee function” are the
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main reasons of dissatisfaction. Among Canadian patients, the most common reasons

for dissatisfaction were aseptic loosening of the implants (28.7%), infection (23.4%) and

knee instability (15.9%) [3]. Even with advances in knee implant technologies, the rate of

dissatisfaction (about 1 in 5) has remained the same over the past decades. The reason is

that the mechanics of the knee following TKA is not fully understood [11].

1.3 Research Aims and Objectives

To address the surgical failures mentioned above, which result in the need for revisions

or patient dissatisfaction, it is essential to explore new engineering technologies that can

mitigate complications following THA and TKA, thereby reducing the need for revision

surgeries and enhancing patients’ quality of life.

The objective of this research is to devise novel techniques for determining the optimal

position and orientation of THA and TKA implants. By employing subject-specific muscu-

loskeletal models and dynamic simulations, this research will examine various movements

such as sit-to-stand, aiming to ascertain the optimal implant configuration that minimizes

the risk of dislocation or patient dissatisfaction following THA and TKA procedures.

The first critical step towards determining the optimal position of implants is to identify

and quantify the key factors that significantly influence the outcomes of THA and TKA

surgeries. Consequently, part of this research will focus on achieving this primary objective

as it plays a pivotal role in the overall study. Moreover, to comprehensively analyze the

impact of diverse patient-specific conditions on THA and TKA outcomes, the integration

of predictive simulations becomes imperative. Therefore, an equally essential goal of this

research is to develop predictive simulations that account for various patient conditions.

The outcomes of this study will contribute to enhanced patient satisfaction and re-

duced post-surgical complications, leading to cost savings in healthcare systems both within

Canada and internationally.
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1.4 Original Contributions

The main contributions of this research can be summarized as follows:

Chapter 3

� Quantifying the mathematical assessment of implant impingement and edge-loading

simultaneously to evaluate the risk of dislocation.

� Eliminating the need for force plate measurement for double-stance inverse dynamic

analysis by estimating ground reaction forces.

� Introducing different criteria for optimizing cup alignment to consider both impinge-

ment and edge-loading.

� Achieving optimal cup alignment through a full body musculoskeletal model based

on subject-specific motion capture data.

� Investigating the impact of pelvic tilt on the optimal alignment of the acetabular

cup.

Chapter 4

� Utilizing fully predictive simulations for the first time to synthesize sit-to-stand and

stooping down movements for various patient conditions and assessing their effects

on optimal cup alignment.

� Discovering new insights into the relationships between patient conditions, such as hip

and knee joint pain, and the risk of hip dislocation, which were previously unreported.

� Demonstrating the potential of the proposed method to investigate additional pa-

tient conditions, including muscle impairment and other pathological conditions not

covered in this thesis.
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Chapter 5

� Developing a 12 Degree-of-Freedom volumetric contact-based model of the knee im-

plant, including the patella, capable of predicting kinematics of the knee joint under

different muscle forces and loads and comparing the model results to experimental

measurements.

� Introducing a Single Degree-of-Freedom Equivalent Kinematic (SEK) model of the

knee implant to reduce computational time in full musculoskeletal simulations. Unlike

conventional knee models that rely on ideal revolute joints, this model incorporates

secondary kinematics without adding computational burden.

� Identifying and quantifying three dimensionless indices as factors influencing the

outcome of TKA: 1) balancing medial and lateral load distributions, 2) ligament

balancing, and 3) varus/valgus alignment. These indices aid in optimal implant

positioning.

� Assessing the sensitivity of these indices to changes in implant positioning, providing

insights into the effects of different positioning changes on ligament laxity, medial and

lateral load distribution, and varus/valgus angle throughout the knee joint’s range of

motion.

� Proposing an optimization framework for optimal knee implant placement based on

full musculoskeletal simulations, considering the three aforementioned indices.

1.5 Structure of the Thesis

In Chapter 2, we delve into the literature review, focusing on simulating musculoskeletal

systems, particularly the sit-to-stand motion. We also examine recent studies on hip and

knee joint modeling and optimizing implant positioning after THA and TKA. The chapter
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concludes by addressing the existing gaps in predictive simulations and optimal implant

placement.

Chapter 3 presents a method based on inverse dynamics for achieving optimal alignment

of the acetabular cup. This approach utilizes motion capture data obtained from a subject

and introduces two indices, Angular Impingement and Edge-loading Distance (AID and

AED respectively), to quantify the distance from implant impingement and edge-loading.

The impact of pelvic tilt on cup alignment is also explored.

Chapter 4 aims to overcome the limitations of the method proposed in Chapter 3,

which relies on experimental motion capture data. Predictive simulations are employed

to synthesize sit-to-stand and stooping down movements under various patient conditions,

enabling investigation of how these conditions affect optimal cup alignment.

In Chapter 5, we introduce two knee implant models. The first model is a comprehen-

sive 12-degree-of-freedom (DoF) representation that incorporates the volumetric contact

between femoral and tibial implants, as well as the patellofemoral contact. The second

model employs a Single-DoF Equivalent Kinematic (SEK) approach for the knee joint. A

co-simulations framework is proposed to leverage both knee models in our simulation. The

knee model is calibrated and validated using patient-specific data, such as secondary knee

kinematics and ground reaction forces. Additionally, three quantitative indices are intro-

duced to evaluate the optimality of implant positioning based on three criteria: balancing

medial and lateral load distributions, ligament balancing, and varus/valgus alignment. The

sensitivity of these indices to changes in implant positioning is assessed, and the knee im-

plant placement is optimized by minimizing the deviation of the indices from their desired

values during predicted sit-to-stand motion.

Chapter 6 serves as the final chapter of the thesis, summarizing and discussing the

main findings, conclusions, and research limitations. Furthermore, it presents ideas for

enhancing musculoskeletal modeling and predictive simulations to achieve optimal implant

placement following THA and TKA in future studies.
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Chapter 2

Literature Review

The way humans move is a result of complex interactions between muscles, ligaments, and

bones, as well as the environment around them. However, measuring the forces of muscle,

ligament, and joint contact within the body is challenging without invasive procedures.

However, through research conducted on individuals using instrumented prostheses, it has

become feasible to acquire real-time measurements of internal joint loads, leading to the

creation of databases containing recorded in vivo joint forces. The OrthoLoad project [12]

and the Grand Challenge Competition to Predict in Vivo Knee Loads [13] are examples

of initiatives that have provided valuable experimental material to the biomechanics com-

munity, helping them improve their models through validation.

Although these datasets offer valuable insights, they cannot be directly utilized to

forecast surgical outcomes for new patients. Consequently, there is a growing interest in

developing computational models capable of predicting dynamic and objective information

specific to individual patients. These models aim to assist in generating quantitative and

personalized recommendations for optimal treatment, potentially overcoming the limita-

tions of current practices that rely on subjective, static, and qualitative assessments [14–16].

The first part of this chapter will cover the typical techniques utilized to model and

simulate musculoskeletal systems, with a particular emphasis on sit-to-stand and lifting
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movements. Following that, we will examine previous research on modeling the hip and

knee after undergoing total hip arthroplasty (THA) and total knee arthroplasty (TKA).

Lastly, we will provide a brief summary of the gaps in the literature that this thesis intends

to address.

2.1 Computational Musculoskeletal Simulations

The analysis of musculoskeletal systems using mathematical models and computer sim-

ulations is called computational musculoskeletal simulations. These simulations usually

involve models of bones, muscles, joints, and soft tissues and can simulate various activi-

ties, including simple daily movements like walking or reaching and more complicated ones

such as sports or surgical procedures [17,18]. These models enable researchers to obtain a

better understanding of the biomechanical factors that form the basis of human movement,

such as muscle activation patterns, joint forces, and energy expenditure. By analyzing the

intricate interactions between the musculoskeletal system and the environment, researchers

can develop novel interventions to enhance human health and performance.

There are two primary classifications of musculoskeletal simulations [18]. The first cat-

egory is experiment-driven or semi-predictive simulations, which necessitate experimental

data such as kinematic data or measured external forces like ground reaction forces. The

second category is fully-predictive simulations, which don’t require any experimental data

and can synthesize motion through optimal control techniques. In fully-predictive simula-

tions, motion is predicted based on an assumed task-dependent optimality criterion, such

as minimum energy, minimum stress, or minimum fatigue [16, 19]. This thesis uses both

approaches, and thus, in this section, we will provide an overview of past research in both

categories before offering a more comprehensive review of sit-to-stand and stooping motion

simulations which are the two main motions studied in this thesis to investigate the hip

and knee joint.
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2.1.1 Experiment-driven Musculoskeletal Simulations

Inverse Dynamic Approach

The inverse dynamic method is one of the primary experiment-driven techniques employed

in musculoskeletal simulations [20,21]. This method utilizes the measured motion as input

to the simulation, and the resulting forces, such as muscle forces or joint reactions, that

are responsible for the motion are calculated as outputs. The input data typically includes

body segment positions and orientations, as well as external forces, such as foot-ground

interactions, while the output data includes muscle forces and joint reactions [20]. This

technique depends on obtaining the accelerations of the body segments, which can be

acquired through differentiation of the position data, in cases where accelerations are not

directly available.

An essential challenge in the inverse dynamics approach is the mathematical indeter-

minacy related to the muscle recruitment problem. Specifically, the number of equations

is less than the unknown muscle forces, which corresponds to the number of degrees of

freedom (DoF) of the model. Consequently, there are infinite solutions for muscle forces

that satisfy the equations of motion in such an indeterminate system [22]. To tackle this

problem, one approach is to decrease the number of muscles to match the DoF of the

system. However, this strategy leads to a simplified representation of musculotendon dy-

namics and may result in inaccurate estimates of joint reaction forces. An alternative

method is to address muscle redundancy through an optimization problem, which selects

an optimal solution among all the possible solutions [23]. One method of optimization

commonly utilized in the inverse approach to tackle muscle redundancy issues is known

as static optimization. In static optimization, an optimization problem is independently

solved at each time instant, with a cost-function dependent on muscle forces minimized

according to some assumed optimality criteria (such as minimum sum of squared muscle

forces) [24]. The principle behind minimizing the cost function is based on the notion that

the central nervous system aims to minimize some type of muscle force-related metric when

it recruits motor units in muscles. The use of different cost-functions may result in distinct
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patterns of muscle forces [25]. Also, in the static optimization method, it is not possible to

define the cost-function based on the time history of the simulation, such as metabolic en-

ergy. This limitation may cause sudden fluctuations in control inputs [18]. Moreover, due

to numerical constraints, static optimization can only handle simplified Hill-type muscle

models [26], which may produce unphysiological outcomes. One of the significant advan-

tages of the inverse approach is its computational efficiency compared to other methods

because it does not require numerical integration of the equations of motion over time.

Forward Dynamic Approach

Forward dynamics is another experiment-driven method used in simulating musculoskele-

tal systems. It works by taking the muscle forces, along with other external forces like

ground reaction force, as inputs and generates the kinematics of the system as an output.

Considering that muscle forces cannot be measured directly, they are usually calculated

based on muscle excitations, which can be obtained from electromyography [18]. Forward

dynamics can also be utilized in a control system framework for tracking known motion

data [27]. Several methods based on this approach have been developed, such as computed

muscle control (CMC), which is a feedback control method that uses a PID controller,

static optimization, and forward dynamics models to track experimental motion data by

adjusting the muscle forces to minimize the error between experimental and feed-forward

models [28–30]. However, using foot-ground contact forces in CMC can lead to incon-

sistencies between estimated motion and experimental data, and the explicit integration

techniques used in CMC may result in poor convergence [18].

In general, although experiment-driven approaches are useful in estimating unmea-

surable quantities such as muscle forces or joint contact forces, they are not suitable for

predicting new motions and exploring hypothetical scenarios.
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2.1.2 Predictive Musculoskeletal Simulations

Predictive simulations differ from experiment-driven methods in that they do not rely

on experimental measurements and instead predict motion based on the assumption that

human movement is optimal in terms of energy expenditure, performance, effort, or a com-

bination of factors [31]. One advantage of predictive simulations is the ability to perform

“what-if” analyses of various scenarios [16, 32–34], such as different implant positioning,

and optimize outcomes, such as achieving maximum joint stability, before carrying out

the intervention. However, predictive modeling faces challenges due to the lack of input

data, such as kinematics and ground reaction forces, which make the results highly sensi-

tive to the assumptions made to define optimality [35]. Defining a suitable cost-function

is challenging, and it requires selecting an appropriate function based on the individual’s

condition. For example, the cost-function used for an elderly adult may differ significantly

from the cost-function used for a young athlete doing the same activity, such as sit-to-

stand. Common cost-functions aim to minimize joint torque, muscle activation, generated

power, reaction force, and jerk.

The rest of this section focuses specifically on sit-to-stand motion and stooping down/lifting

movements, which are used in this thesis to study the biomechanics of the hip and knee

joint following THA and TKA. A comprehensive review of predictive simulations for human

movement can be found in [16].

2.1.3 Previous Work on Sit-to-stand Simulations

The sit-to-stand motion is the action of shifting the body’s center of mass from a seated

position to a standing position while maintaining stability [36]. This movement has been

studied for its biomechanics and applied in various fields, including the design of assistant

robots [37,38], movement disorders [39], and the development of exoskeletons for rehabili-

tation in robotics-based rehabilitation [40–42].

In this thesis, we will mainly focus on studying the mechanics of the hip and knee
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joints during the sit-to-stand motion because it is a prevalent movement in daily life (the

average person stands up from a chair approximately 40-50 times per day [43]), and it places

significant demands on the knees (the joint contact force during sit-to-stand peaks at 200%

of body weight), which can stress implants to their limits. Moreover, the knee undergoes

the most extensive range of motion during sit-to-stand compared to other daily activities,

which is important to note because a reduced range of motion is one of the leading causes

of dissatisfaction after TKA. Additionally, the sit-to-stand motion has been recognized as

a daily activity that may cause hip dislocation in patients who have undergone THA [44].

When modeling the sit-to-stand motion, the human body is commonly assumed to be

symmetrical and confined to the sagittal plane. This assumption has led to the creation

of multilink systems with varying numbers of components. The simplest of these systems

is the three-link model, which consists of links for the shanks, thighs, and HAT (head,

arms, and trunk), connected by joints at the hip, knee, and ankle [31, 45]. Occasionally,

a foot link is included, but this does not affect the degrees of freedom. The three-link

model is the most commonly used method for predicting sit-to-stand motion and was first

introduced in a study by Hemami et al [46]. This model has since been used in various

research works in both experiment-driven and predictive frameworks. However, it has been

demonstrated that including arms is crucial for certain conditions, such as in the case of

older adults [47]. Therefore, more complex models have been developed, such as the six-

and seven-link systems, which incorporate upper and lower arms and the torso in addition

to the thighs, shanks, and feet [38, 47, 48]. These models are typically utilized to account

for the impact of lumbar and torso joints and arms on sit-to-stand motion.

In some studies, the conventional assumption of symmetrical motion in the sagit-

tal plane when performing sit-to-stand actions is not considered, and instead, three-

dimensional simulations are utilized. These models are generally utilized to examine sit-

to-stand movements that are not symmetrical. The first instance of a three-dimensional

model being used for this purpose can be found in a study by Kuzelicki et al. [49], in

which they utilized a five-link 3D model (with one link representing each shank and thigh,

and one link representing the HAT) in a experiment-driven simulation. The inverse dy-
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namics approach was employed, wherein the motion was optimized by representing each

joint angle as B-splines with five control points for each degrees-of-freedom (DoF). Later,

eight-link [50] and nine-link [51] 3D models were also developed for analyzing sit-to-stand

movements in three dimensions.

Researchers have explored various cost-functions in predictive simulations. Some cost

terms are based on kinetic metrics like torque, force, and energy expenditure, while others

are kinematic-based and focus on minimizing factors such as jerk and joint angular velocity.

Typically, a combination of these factors is used in a cost-function to achieve accurate

predictions. For instance, Kuzelicki et al. [49] used a multi-objective cost-function that

combined minimum effort, minimum jerk, and minimum difference between left and right

GRF to obtain sit-to-stand (STS) motion in a five-link torque-driven three-dimensional

model. In another study, Yamasaki et al. [52] used dynamic optimization to examine the

trajectory of the center of mass during STS movement of a three-link sagittal torque-

driven model using a minimum jerk model. Similarly, Sadeghi et al. [37] decomposed STS

motion into three successive phases and used a combination of minimum torque change,

minimization of torques, and kinetic energy minimization. In Geravand et al.’s study [48],

a combination of minimum effort, minimum torque change, minimum jerk, and human

balance was used to predict STS motion of a four-link sagittal model. Ozsoy et al. [51]

used a multi-objective cost-function of dynamic effort and left-right GRF difference to

predict STS motion of a nine-link torque-driven spatial model, which showed symmetric

left and right joint angles and forces. In another study by Mombaur et al. [38], sit-to-

stand motion was predicted for a 7-DoF torque-driven sagittal model in the presence of

an assistive device using a two-phase optimal control problem with a multi-objective cost-

function of joint torques, mechanical work, angular velocity of the head, and smoothness

of external force profiles. In a separate study, Norman-Gerum and McPhee. [31] used an

inverse dynamic-based predictive simulation of STS with a three-link model and Bezier

curves. They found that a compliant buttocks-chair model improved model accuracy due

to large deformations during STS. After obtaining optimal joint torques through inverse

dynamic modeling, hip and knee joint torques were mapped to 10 muscles that actuate the
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lower limbs using static optimization with a simplified muscle model that lacked muscle

dynamics. In a study by Bobbert et al. [45], constraints were imposed on the isometric

knee extensor forces and tibiofemoral compression force to investigate the effect of muscle

weakness and pain at the knee joint on predicted sit-to-stand motion using a three-link

model with no arms.

A thorough analysis of the literature reveals that previous research on predicting sit-

to-stand motion has mainly focused on healthy adults, and only a limited amount of inves-

tigation has been done to predict such motion for individuals with impaired or unhealthy

conditions. Moreover, most of the earlier studies have utilized torque-driven or simplified

muscle models, which could result in imprecise estimations of joint reaction force, an essen-

tial factor in analyzing joint biomechanics. Millard et al. [47] highlighted the significance

of incorporating the nonlinear properties of muscles and the role of arms when predicting

sit-to-stand motion for older adults. These two aspects are additional limitations of most

prior research in this area.

2.1.4 Previous Work on Stooping Down/Lifting Simulations

In addition to sit-to-stand movements, stooping down and lifting are also frequent activities

in daily human life that may increase the risk of hip dislocation following THA [44, 53].

Predictive methods have shown promise in generating realistic lifting motions and reducing

reliance on motion data [54–56]. Objective functions frequently used for lifting prediction

include the ratio of muscular utilization [19, 57–61], stability [62], and smoothness of load

motion [63,64].

Many previous studies have incorporated subject-specific motion data obtained through

experiments into their models to improve prediction accuracy. For instance, Xiang et

al. [66] utilized motion capture data to limit the predicted joint angles, while Zaman

et al. [67] used experimental joint angles for predicting lifting at the beginning, middle,

and end stages. Similarly, some other studies have used initial or final postures that

match those observed in experiments [55, 65, 68]. Although these constraints based on
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experiments aid in improving prediction accuracy, they are only valid for specific subjects

and lifting conditions. The constraints for one person’s posture cannot be generalized to

other individuals. These models become less effective in predicting new motion when new

motion data is not available.

Similar to sit-to-stand, the majority of studies regarding predictive simulation of lifting

have focused on able-bodied individuals. Nevertheless, evidence suggests that the flexibility

of the hips and lower back could be significant factors in determining the lifting motion

pattern [19].

2.2 Hip Biomechanics

Hip joint biomechanics for daily activities have been studied using computer simulations

in the past. Musculoskeletal models have been employed to calculate the reaction forces

occurring within the hip joint for basic tasks like walking and transitioning from sitting

to standing. These calculated forces have been compared to measured data obtained

from instrumented hip implants. The predicted reaction forces from both scaled generic

models [69–72] and subject-specific models [73] were reasonably accurate, with average

differences of 0.69 times body weight (BW) for the initial peak in subject-specific models

compared to 1.04 BW for the generic model. It has been observed that various factors,

such as hip geometry and the musculoskeletal model employed, influence the results. In-

corporating details like muscle wrapping and subject-specific information has been shown

to enhance the accuracy of the model’s predictions by approximately 30% [73].

Proper cup orientation is reported as the most significant factor to reduce the risk of

dislocation [4]. The widely adopted guideline for the cup orientation is the Lewinnek safe

zone [6]. However, this metric has been shown to have minimal correlation with the risk

of hip dislocation [7, 8], which depends on subject-specific factors such as pelvic tilt and

spine flexibility — factors that are ignored by the Lewinnek guidelines. Therefore, there is

a need for the development of new subject-specific technologies that can reduce the risk of
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complications after THA to prevent revision surgeries and improve the quality of life for

patients.

Previous modelling research to study the underlying mechanisms of hip dislocation has

been limited in scope, and focused mainly on sit-to-stand motions. The reason is two-fold:

standing up from a chair is a common activity that one performs 40-50 times per day [74],

and hip dislocations following THA often occur during sit-to-stand [44,53]. Finite element

analysis (FEA) is a widely recognized method used to analyze edge-loading and impinge-

ment in THA. It has been employed to investigate various factors affecting THA outcomes,

including the alignment of the acetabular component and implant design. [75–83]. Addi-

tionally, in a recent study [84], FEA was employed to determine the contact pressure in

an artificial hip. However, the study had certain limitations, as it only considered a single

static pose (seated) and applied a representative static force to the joint. The study re-

vealed that an anterior tilt of the pelvis led to edge loading of the cup, potentially resulting

in edge wear and an elevated risk of dislocation.

To understand how the pelvic tilt and contact pressure change in the entire range of

a motion, a dynamic simulation needs to be carried out. In one of the few papers on the

subject, Pierrepont et al. [85] used a quasi-static analysis to calculate the trajectory of the

contact force inside the cup surface, interpolating between static X-ray images of flexed

seating and standing. However, true sit-to-stand is a dynamic movement [31], and joint

loads can be higher than those predicted by quasi-static analysis.

Various methods have been introduced to account for the variation in pelvic tilt when

determining the optimal orientations of impingement-free cups in functional cup alignment

[86–97]. Functional cup alignment techniques enable the investigation of the impact of

implant component placement, such as femoral antetorsion or combined anteversion [93,

96, 97], as well as prosthesis-specific parameters like the head/neck ratio [92, 93] and cup

and neck design [92], on the range of motion of the hip joint without impingement.

However, these kinematic approaches only consider the relative motion of the femur with

respect to pelvis to predict impingement; the effects of full-body motion and its dynamics
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are neglected. The problem with kinematic-based optimal cup orientation determination

is that hip dislocation is not only dependent on impingement, but also on kinetic factors

such as hip contact forces and edge-loading [98]. Hence, a modelling platform to predict

pelvis and femur motion and forces in a full-body dynamic analysis, in a variety of daily

activities, is required.

Several studies have included other sources of hip dislocation such as bony coverage [99],

bony impingement [100], edge-loading [98] and wear [93,101] to determine the optimal cup

orientation. However, since they are based on FEA or force plate measurements, they

might not be suitable for clinical applications as they are time-consuming, complex, or

expensive.

2.3 Knee Biomechanics

Both experimental and theoretical methods have been employed to examine the mechanics

of the knee after TKA. Mathematical approaches, especially musculoskeletal models, are

particularly intriguing due to their ability to make predictions. For example, a muscu-

loskeletal model can be used to predict alterations in knee loads and movements resulting

from modifications in implant design, alignment, or patient anatomy [102, 103]. This sec-

tion will provide an overview of recent research on knee modeling, specifically focusing

on TKA, from various perspectives including contact models, musculoskeletal simulations,

and optimizing implant positioning to enhance TKA outcomes.

2.3.1 Contact Modeling of Knee Implants

Over time, researchers have utilized different approaches to simulate contact interactions

within the field of multibody analysis [104]. In the context of TKA, understanding the

contact interactions between the articulating surfaces and predicting ligament forces and

secondary motions of the knee joint is crucial for improving surgical outcomes. Regarding
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knee contact modeling, these methods can be broadly classified into three primary types:

finite-element models [105], elastic-foundation models [30,106], and surrogate contact mod-

els [107].

Finite-element (FE) models have been widely utilized for computational dynamic anal-

yses of TKA [105, 108, 109]. These models simulate the knee joint by discretizing it into

small elements, allowing for detailed analysis of the contact interactions. FE models con-

sider the complex behavior of materials and account for non-linearities, making them suit-

able for capturing intricate knee joint mechanics. However, FE models require significant

computational resources and time to complete simulations. Hence, despite their accuracy,

FE models may not be ideal for conducting repeated dynamic analyses and optimization

studies [107,110].

To address the computational burden of FE models, researchers have explored the use of

elastic-foundation (EF) models and surrogate contact models (SCM). EF models estimate

contact forces by considering the interpenetration between the contacting bodies using a

layer of discrete springs over a rigid base [106]. These models offer a significant advantage

of reducing computational time compared to FE models, allowing dynamic simulations of

joint mechanics to be completed within minutes rather than hours. EF models have shown

good agreement in terms of kinematics with more computationally intensive deformable

FE models and provide good estimations of contact area and pressure distribution [111],

with differences smaller than 10%.

An advancement in EF-based contact modeling occurred when Gonthier et al. intro-

duced the volumetric contact model [112]. This model represents the contact surface as a

continuous collection of springs. When the contact geometry is simplified to basic shapes

like spheres or planes, analytical equations can describe the contact forces, resulting in a

computationally efficient model compared to FE or discrete EF models. An illustrative

example of the volumetric contact method’s application is found in Brown’s model [113].

Brown was the first to adopt the volumetric contact method and to develop a proof-of-

concept passive knee model based on Abdel-Rahman et al.’s model [114]. In Brown’s
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model, tibiofemoral contact was represented as rigid contact between spheres and planes,

incorporating 12 linear ligament elements. The model operated faster than real-time and

produced similar normal contact forces to Abdel-Rahman’s EF-based knee model. It is im-

portant to note, however, that Brown’s model did not incorporate the muscles surrounding

the knee joint and the patella.

Surrogate contact models have emerged as another rapid alternative to FE models,

aiming to reduce the computational load of musculoskeletal simulations while preserving

a satisfactory level of accuracy. These models essentially establish a fitted non-linear

relationship between the pose of the contacting surfaces and the resulting contact forces and

moments (nonlinear bushing). Typically, this relationship is obtained based on reference

contact models, such as FE contact models. By utilizing surrogate contact models, a

significant reduction in computation time can be achieved.

One approach proposed by Eskinazi and Fregly involves using an artificial neural net-

work (ANN)-based surrogate model to accelerate an FE deformable contact model of

TKA [107]. This surrogate model has shown promise in reducing computational time while

maintaining accuracy. Adaptive surrogate modeling techniques have also been demon-

strated by Halloran et al. [115], who accelerated the optimization of jump height in a

combined musculoskeletal and FE model of the foot .

Surrogate contact models have been utilized for analyzing various aspects of TKA,

including cartilage stresses [116] and tibiofemoral contact interactions and wear [117,118].

However, these models have two important limitations. The first limitation is that a

new surrogate contact model needs to be generated whenever there are changes in the

geometries or material properties of the contacting bodies [107]. The second limitation

is that surrogate models must be trained using extensive experimental data or dynamic

simulations from another computationally expensive contact model, such as FE analysis.

Therefore, the accuracy of the surrogate models relies on the reliability and precision of

the reference models or data.
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2.3.2 Musculoskeletal Modeling

The recent literature includes several works that focus on predicting the mechanics of the

knee joint and assessing the accuracy of musculoskeletal models through experimental data.

Thelen et al. [30] introduced a modeling technique for co-simulation of a body-level model

and a joint-level model for gait. Their approach utilized forward dynamics coupled with

CMC to predict muscle activation and tibiofemoral forces using an EF model of TKA.

Similarly, Guess et al. [119] employed a comparable method to investigate the mechanics

of the knee joint during walking using an EF-based 12-DOF knee model to estimate TF

forces.

Hast el al. [120] developed a “dual-joint” model for the knee joint. This model employed

an ideal revolute joint model and utilized inverse dynamics analysis to estimate muscle

forces. Subsequently, a forward dynamics analysis of a 12-DOF knee model based on the

EF approach was employed to predict contact forces.

Andersen et al. [121] introduced an enhanced inverse dynamics-like approach called

Force-Dependent Kinematics (FDK), which simultaneously computes internal forces and

joint kinematics. They achieved this by assuming that the secondary knee DOFs, which

involve movements other than flexion-extension, are not influenced by the overall model

dynamics and can be solved assuming quasi-static equilibrium among ligament, muscle,

and contact forces, as well as external loads.

From the literature review, it becomes evident that the majority of previous studies

have primarily focused on gait simulations when conducting and validating research [122–

127]. However, it should be noted that activities requiring higher knee bend such as

sit-to-stand exert substantial stress on knee implants and necessitate a greater range of

motion compared to walking [128–130]. Surprisingly, there has been a dearth of research

on predicting and validating models for deep knee bend activities [131–135].

Furthermore, among the studies that have examined deep knee bend activities, only

a handful have validated their findings against experimental data. One notable study
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conducted by Mizu-uchi et al. [131] achieved reasonably accurate predictions (with an

error of approximately 9% for peak tibiofemoral contact forces) of tibiofemoral contact

force using subject-specific models of two patients during squatting. Their approach in-

volved inverse dynamics computation to obtain joint torques and changes in muscle lengths,

which were subsequently utilized in forward dynamics analysis to compute tibiofemoral and

patellofemoral contact forces. One significant limitation of their model was the absence

of efforts to reduce muscle redundancy, as muscle forces were solely computed based on

muscle lengths.

2.3.3 Optimal Knee Implant Positioning

The primary objective of TKA is to alleviate pain and facilitate the return of patients to

their normal daily routines. Despite being one of the most effective procedures in ortho-

pedic surgery, approximately 25% of individuals who undergo TKA continue to experience

symptoms after the surgery [136]. Dissatisfaction among patients following TKA has been

attributed to factors such as knee joint instability, implant loosening, and implant fail-

ure [10].

The positioning of the implant in TKA is recognized as a critical surgical decision

that significantly impacts the functional outcome of the knee after surgery [137]. Proper

placement of the femoral and tibial components plays a crucial role in achieving optimal

tensioning of the surrounding soft tissues and maintaining balance and stability throughout

the range of knee flexion. Conversely, incorrect positioning of the implants can result

in abnormal tensions in the ligaments and uneven loading on the implants, leading to

deviations in joint movement and potential complications associated with implant wear

and loosening [138].

Despite the progress made in navigation and robotic systems for joint replacement

surgery, which improve the accuracy of implant placement compared to manual methods

[139, 140], the quest for a systematic method to achieve the ideal positioning of knee
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implants in TKA tailored to individual patient requirements, and ultimately achieve post-

surgical satisfaction, remains a challenge that has yet to be fully addressed [10,141,142]. In

this section, we will examine the most significant previous studies regarding the acquisition

of patient-specific optimal knee implant positioning.

Over the past few years, there has been an increasing emphasis on achieving precise

alignment in TKA to improve patient satisfaction [143] and numerous approaches have been

proposed to achieve optimal positioning and balance of the knee joint after surgery [144].

In the past, mechanical alignment (MA) has been the conventional method used for placing

implants, utilizing standard surgical instruments and imaging techniques. MA focuses on

aligning the femoral and tibial components perpendicular to the mechanical axis of each

bone, thereby aligning their mechanical axes [145]. However, this approach may not be

optimal for patients with pre-existing varus alignment [146]. Kinematic alignment (KA)

has been suggested by some researchers as an alternative approach. KA aims to recreate

the obliquity of the joint line and the natural tibiofemoral kinematics of the knee [147].

However, studies have shown that kinematically aligned knees with pre-existing deformities

can result in imbalances in soft tissue tension, leading to uneven mediolateral flexion gaps

[148]. In more recent developments, the functional alignment technique has emerged as a

hybrid approach that combines elements of both mechanical and kinematic alignment [149].

Several investigations have indicated that the KA method may lead to increased range of

motion and higher levels of post-operative satisfaction in TKA when compared to MA [150].

However, other studies have reported similar outcomes for both techniques [151]. Therefore,

a definitive consensus regarding the superior alignment method is still lacking.

After conducting a literature search, we discovered a limited number of studies in-

vestigating various aspects of implant positioning’s impact on ligament laxity and load

distribution between the medial and lateral sides of the knee joint [152–158]. However, we

were unable to find a comprehensive study of the optimal implant positioning based on

multiple criteria. A recent study by Tzanetis et al. [159] proposed a method to find the

optimal positioning of knee implants by minimizing the differences between pre-existing

kinematics and ligament strains and those observed after surgery. Nevertheless, this study
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had a few limitations. Firstly, restoring the pre-diseased kinematics and ligament strains

may not be optimal, particularly for patients with pre-existing misaligned knee joints.

Secondly, important factors such as varus/valgus alignment and load distribution balance

were not taken into account. Lastly, the simulations performed in the study were quasi-

static and relied on a simple motion-driven knee flexion angle. In another recent study

by Bartsoen et al. [160], a probabilistic planning process was developed to optimize the

positioning of implant components in order to achieve a ligament-balanced TKA. Their

method considered subject-specific uncertainties in terms of ligament material properties

and attachment sites, as well as surgical precision typically employed in clinical practice.

However, their optimization scheme only accounted for ligament balance, neglecting other

factors. Thus, a comprehensive optimization approach that considers various factors re-

lated to TKA outcomes is still absent in the existing literature.

2.4 Conclusion

In this chapter, we began by presenting a comprehensive analysis and summary of the

current approaches utilized in computational musculoskeletal modeling. These approaches

aim to understand the complex dynamics of the musculoskeletal system and simulate its

behavior under different conditions. We categorized these approaches into two primary

frameworks: experiment-driven simulations and fully-predictive simulations.

experiment-driven simulations involve the use of experimental data, such as motion

capture or force plate measurements, to drive the simulation. These simulations rely

on capturing the kinematics and kinetics of human movement and using them as inputs

to the model. While experiment-driven simulations provide valuable insights into the

biomechanics of human motion, they have limitations in terms of generalizability and the

ability to explore hypothetical scenarios.

On the other hand, fully-predictive simulations aim to simulate the musculoskeletal

system without relying on experimentally measured movements [16]. These simulations
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use mathematical models and optimal control techniques to predict the behavior of the

system based on anatomical and physiological parameters. They offer the advantage of

exploring “what-if” scenarios, allowing researchers to evaluate the effects of various factors

such as implant positioning and subject-specific characteristics on the outcomes of joint

replacement surgeries.

Within the context of joint replacement surgeries, such as THA and TKA, predictive

simulations hold significant potential. By simulating different patient conditions and im-

plant positions, researchers can optimize the implant positioning tailored to individual

patients [15]. However, despite the advantages of fully-predictive simulations, we found

that no previous study has utilized these powerful techniques for the analysis of THA and

TKA.

This gap in the literature highlights the need for further research to explore the use of

fully-predictive simulations in the context of joint replacement surgeries. Such simulations

can help investigate the effect of different patient conditions, such as variations in muscle

strength, ligament laxity, and chronic joint pain on the optimal positioning of the implants.

By considering a broader range of patient-specific factors, these simulations could improve

surgical planning and ultimately enhance the outcomes of THA and TKA procedures.

Furthermore, we identified another key gap in the methods used for optimizing implant

positioning. While several studies have explored the impact of individual factors, such as

joint impingement or ligament laxity, there is a lack of comprehensive optimization methods

that consider multiple factors simultaneously. THA and TKA performance depend on a

wide range of factors, including joint stability, range of motion, balanced load distribution,

and implant wear. Developing an optimization method that properly quantifies these

factors and considers them concurrently could lead to more effective and personalized

implant positioning strategies.

Lastly, we found that most of the analyse on knee joint biomechanics has been limited

to gait-related activities. While studying walking patterns is important, it is crucial to

consider other functional activities that impose different demands on the knee joint. Ac-
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tivities such as sit-to-stand and deep knee bend exert substantial stress on knee implants

and necessitate a greater range of motion compared to walking. However, there has been

limited research on predicting and validating models for these specific activities. Address-

ing this gap would provide valuable insights into the performance of knee implants under

various functional tasks, enabling better design and optimization of TKA procedures.

In summary, this chapter has highlighted several key gaps in the current research on

computational musculoskeletal modeling, specifically in the context of THA and TKA. By

leveraging fully-predictive simulations, developing comprehensive optimization methods,

and exploring a wider range of functional activities, researchers can advance our under-

standing of joint biomechanics and improve the outcomes of joint replacement surgeries.
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Chapter 3

Optimizing Acetabular Cup

Orientation Following THA using

Motion Capture and Inverse

Dynamics

3.1 Introduction

In this thesis, two methods have been employed to determine the optimal placement of

the acetabular cup in total hip arthroplasty. The first of these methods, called the inverse

dynamic approach, is outlined in this chapter. It entails utilizing motion capture data

to compute the hip contact force and the relative orientation of the femur and pelvis via

a musculoskeletal model. The risk of impingement and edge-loading are then assessed

for various cup alignments using two quantitative indices, and an optimal cup alignment

is estimated using three optimization criteria that balance the risks of impingement and

edge-loading. This method eliminates the need for force plate measurements, making it

more practical and cost-efficient.
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Figure 3.1: The framework of the proposed methodology for obtaining the optimal acetab-

ular cup orientation for THA.

The main components of the inverse dynamics approach proposed in this research are

shown in Fig. 3.1. First, by using motion capture (MoCap) data obtained from the

patient, the hip contact force and the orientation of the femur with respect to the pelvis

was calculated at each instant by the use of a musculoskeletal model. In this method,

ground reaction forces and moments (GRF&Ms) was estimated instead of using force plate

data. Then, the safest orientation of the acetabular cup was calculated by concurrently

minimizing the risk of impingement and edge-loading. Each component shown in Fig. 3.1

has been explained in more detail in the following sections.
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The remaining sections of this chapter are structured as follows: In Section 3.2 the

motion capture data used in this chapter is presented. Section 3.3 provides an introduction

to the musculoskeletal model used in this study, encompassing the skeleton model, the

approach employed for estimating GRF&Ms,the muscles surrounding the hip joint that

were modeled and model validation. Section 3.4 defines implant impingement and edge-

loading and introduces two qualitative indices that are used throughout this thesis to

assess the distance to impingement and edge-loading for various movements. In Section

3.5, three different optimization criteria for acetabular cup alignment are defined and used

to optimize the cup orientation. The findings of the optimal cup orientation for various

daily activities and the impact of pelvic tilt on the optimal cup placement are presented

in Section 3.6. Finally, Section 4.6 concludes this chapter with remarks and comments on

the findings.

3.2 Motion Capture Data

The motion input to the model for demonstrating the proposed method was obtained

by utilizing the processed joint angles from Carnegie Mellon University’s Graphics Lab

MoCap database [161]. The first and second numerical derivatives of the joint angles were

computed to derive the angular velocity and acceleration of the joints. Three activities of

daily living — walking, sit-to-stand, and picking an object up from the ground (without

bending the knees) — were selected as case studies. The reason for selecting these activities

was two-fold: they are common activities that one performs throughout a day [74], and

sit-to-stand and standing while bending at the waist are identified as daily living activities

prone to hip dislocation after THA [44, 53]. For the sit-to-stand, data from subject #13

was used and the motion was analyzed from the seat-off phase to upright stance. For the

gait, data from subject #2 was used and only the single support phase where the foot of

the affected leg is on the ground was considered. And for picking an object up from the

ground, data from subject #115 was used.
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Figure 3.2: Visualization of the skeletal model used in this research. The red and green

arrows respectively represent the ground reaction forces and moments on each foot.

3.3 Musculoskeletal Modeling

3.3.1 Skeletal Model

The human skeletal model developed in this research is shown in Fig. 3.2. The model

consists of 12 segments: the trunk, which includes the head, and for each leg a thigh, a

shank and a foot. Also included for each of the upper limbs is an arm and a forearm,

which includes the hand. There are 29 degrees of freedom (DOF), including 2 × 2 DOF

at the ankle joints (universal joint), 2 × 1 DOF at the knee joints (revolute joint), 2 × 3

DOF at the hip joints (spherical joint), 6 DOF at the pelvis, 3 DOF between pelvis and

trunk (spherical joint), 2 × 3 DOF at the shoulder joints (spherical joint) and 2 × 1 DOF
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at the elbow joints (revolute joint). The skeletal model was assumed to be actuated by

joint torques except for the 6 DOF pelvis joint connecting the pelvis frame to the ground

frame. Also, the resultant of ground reaction forces was included as an external force and

moment, i.e., GRF&Ms, on each foot. The dynamic model of the human skeleton can be

obtained in the following form [162]:

M (q) q̈ + C (q, q̇) q̇ +G (q) =Q (q)
⎡
⎢
⎢
⎢
⎢
⎣

FG

τ

⎤
⎥
⎥
⎥
⎥
⎦

(3.1)

where q29×1 contains the generalized coordinates and M (q) is the mass matrix, C (q, q̇)
contains the Coriolis forces, and G (q) includes the gravity forces. Also, τ23×1 is the vector

of joint torques and FG contains the GRF&Ms exerted on both feet:

FG =

⎡
⎢
⎢
⎢
⎢
⎢
⎢
⎢
⎢
⎣

[Fx Fy Fz Mx My Mz]
T

Right

[Fx Fy Fz Mx My Mz]
T

Left

⎤
⎥
⎥
⎥
⎥
⎥
⎥
⎥
⎥
⎦12×1

(3.2)

Furthermore Q (q) can be written as:

Q (q) =
⎡
⎢
⎢
⎢
⎢
⎣

JG(q)
T
29×12

⎡
⎢
⎢
⎢
⎢
⎣

06×23
123×23

⎤
⎥
⎥
⎥
⎥
⎦

⎤
⎥
⎥
⎥
⎥
⎦29×35

(3.3)

where JG is the Jacobian that maps the GRF&Ms into the joint space, which can be

written as:

JG(q) =

⎡
⎢
⎢
⎢
⎢
⎣

JRightFoot(q)

JLeftFoot(q)

⎤
⎥
⎥
⎥
⎥
⎦12×29

(3.4)

where JFoot is the Jacobian matrix that maps the rate of change of the generalized coor-

dinates into the twist of the foot (i.e., linear and angular velocity, respectively written as

vFoot and ωFoot):
⎡
⎢
⎢
⎢
⎢
⎣

vFoot

ωFoot

⎤
⎥
⎥
⎥
⎥
⎦6×1
= [JFoot (q)]6×29q̇29×1 (3.5)

When performing inverse dynamic analysis, it is assumed that the motion of the body (i.e.,

q, q̇ and q̈) is known and the objective is to obtain the joint torques, τ.
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Figure 3.3: The resultant of ground reaction forces and their point of application.

3.3.2 Ground reaction force and moment estimation

During single foot support, the GRF&Ms can be obtained directly from Eq. (3.1) by setting

the GRF&M on the airborne foot equal to zero and solving Eq. (3.1) for the remaining

GRF&M and τ. However, when both feet are in contact with the ground, the total number

of unknowns (FG includes 12 unknowns and τ includes 23 unknowns) exceeds the number

of scalar equations (which are 29), resulting in dynamic indeterminacy. Typically, to

circumvent this problem, force plate measurements are used to eliminate the 12 unknowns

of GRF&Ms. However, in recent years, methods to estimate the GRF&Ms from kinematics

and dynamic properties without using force plate measurements [163–166] have emerged,

which have shown comparable accuracy to force plate measurements during activities of

daily living [163], sports-related movements [164] and inertial motion capture-based gait

analysis [166].
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For the case of the double-support phase, a simplified version of the method proposed by

[164] was implemented to estimate the GRF&Ms. The comparison made in [164] between

the estimated and experimental data showed a good agreement across all movements for

vertical GRFs (Pearsons correlation coefficient (r) ranging from 0.97 to 0.99, median 0.99),

joint flexion moments (r ranging from 0.79 to 0.98, median 0.93), and resultant joint

reaction forces (r ranging from 0.78 to 0.99, median 0.97). For the purpose of the current

research, the following simplifying assumptions were made:

1. The critical stages in a movement in terms of hip joint dislocation are not during

the transition phase between single stance to double stance and vice versa. This

simplifying assumption allows us to avoid dealing with the stance transition phase of

the movements.

2. A single wrench (a force and a moment) on each foot is sufficient to model the contact

dynamics. This assumption rules out the possibility of some part of a foot to slide

while other parts of the same foot are fixed to the ground.

As shown in Fig. 3.3, the position of the resultant of the ground reaction force distribution

in x -, y-, and z -directions are respectively assumed to be at P1 (x1,−lh, z1) , P2 (x2,−lh, z2)

and P3 (x3,−lh, z3) described in the ankle local coordinate frame. Hence, one can obtain

the moment of the forces about the center of the ankle as:

⎡
⎢
⎢
⎢
⎢
⎢
⎢
⎢
⎣

Mx

My

Mz

⎤
⎥
⎥
⎥
⎥
⎥
⎥
⎥
⎦

=

⎡
⎢
⎢
⎢
⎢
⎢
⎢
⎢
⎣

−z2Fy − lhFz

z1Fx − x3Fz

x2Fy + lhFx

⎤
⎥
⎥
⎥
⎥
⎥
⎥
⎥
⎦

(3.6)

Considering that the reaction forces should be inside the supporting area of the foot which,

as shown in Fig. 3.3, is assumed to be a rectangle of length lf + lb and width of 2lb, one

can obtain the following constraints for the moments in Eq. (3.6) as:

∣Mx + lhFz ∣ ≤ Fyls (3.7)

∣My −
1

2
(lb − lf)Fz∣ ≤ ∣Fx∣ ls +

1

2
(lb + lf) ∣Fz ∣ (3.8)
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∣Mz − lhFx −
1

2
(lf − lb)Fy∣ ≤

1

2
(lb + lf) ∣Fy ∣ (3.9)

Furthermore, considering that the normal force should always be positive and assuming no

slipping on the ground, one can write:

0 ≤ Fy (3.10)

√
Fx

2
+ Fz

2
≤ µsFy (3.11)

where µs is the static coefficient of friction between foot and the ground. Using the inequal-

ities provided in Eqs. (3.7) to (3.11) written for both feet along with the joint torque limits

τmin ≤ τ ≤ τmax, the GRF&Ms for both feet and joint torques can be obtained by adapt-

ing the method used in [164] to solve the following second-order quadratic optimization

problem subjected to the dynamic model, given in Eq. (3.1):

min
τ,FG

J (τ,FG) =FG
TSFG +

23

∑
i=1
(

τi
τi,max

)

2

(3.12)

The contribution of GRF&Ms, FG, and joint torques, τ, to human dynamics can

be adjusted by a positive semidefinite matrix of weighting factors, denoted as S. To

illustrate this point, as shown in Fig. 3.4, a simplified case of static wide-stance was

studied. The results showed that depending on the values of S used, different outcomes

could be obtained. In case (a), where the value of S was very large (∣S∣ →∞), the model

minimized GRF at the cost of high hip joint torque. In contrast, in case (b) where S = 0,

smaller joint torques resulted in a more relaxed body. Therefore, assigning relatively lower

weights to GRF&Ms in comparison to joint torques has the potential to result in more

realistic outcomes.

3.3.3 Hip Contact Force

The precise estimation of contact forces in the hip joint is required in this study. There-

fore, as shown in Fig. 3.5, 21 muscle-tendon units are utilized to actuate the hip joint.
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Figure 3.4: A simplified case study to illustrate the effect of the value of S on the outcome

of the optimization in Eq. (3.12). (a) The optimization weight for ground reaction force

is much higher than the weights for joint torques , i.e., ∥S∥→∞. (b) The weights for joint

torques is much higher than the weights for ground reaction force, i.e., S = 0.

These muscles include: adductor magnus ischial (addmagIsch), adductor magnus middle

(addmagMid), adductor magnus proximal (addmagProx), biceps femoris long head (bflh),

gluteus maximus (glmax), gluteus medius (glmed, 3 bundles), gluteus minimus (glmin, 3

bundles), gracilis (grac), iliacus, piriformis (piri), psoas, rectus femoris (recfem), sartorius

(sart), tensor fasciae latae (tfl), semimembranosus (semimem), semitendinosus (semiten).

The characteristics of the muscles, including their origin/insertion points and wrapping

geometries, were obtained from a recently calibrated musculoskeletal models [167, 168].

These models were specifically designed to accommodate high ranges of hip and knee

flexion. As the inverse dynamic approach was used in this chapter, a simple muscle model
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Figure 3.5: Muscles surrendering the hip joint.

without contraction/activation dynamics was employed to model the muscle elements.

To obtain the muscle forces, the muscle recruitment problem was solved through static

optimization, minimizing the sum of the cubed muscle forces normalized by the strength

of the muscle. The optimization problem also incorporates constraints in the form of an

equilibrium equation, which balances the moments of muscle forces and joint torque, as

well as non-negativity restrictions that limit the muscles to only generate tension. This

results in the following formulation of the optimization problem:

min
f

G(f) =
21

∑
i=1
(
fi
Fi

)

3

(3.13)

subjected to:

Ψ3×21f = τHip (3.14)

0 ≤ fi for i = 1,⋯,21 (3.15)
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where f = [f1 ⋯ f21]
T

is the column matrix containing the muscle forces, Fi is the

maximum isometric force of ith muscle (i.e., maximum isometric force), and Ψ is the

matrix of muscle moment arms mapping the muscle forces into the hip joint torque. Once

the muscle forces are obtained, the hip joint reaction force can be obtained from the force

equilibrium equation acting on the leg as shown in Fig. 3.6, which yields:

FHip = ∑
∆=Femur,Tibia,Foot

m∆(a∆ − g) −
21

∑
i=1

fiûi −FGround (3.16)

where mass is denoted by m, g is the gravitational acceleration, ûi is the unit vector along

the ith muscle and a is the acceleration of the mass center.
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Figure 3.7: Comparison between hip joint contact forces normalized to body weight (BW)

obtained from the model and experimental in vivo data from OrthoLoad dataset for 9

patients during sit-to-stand movement. The shaded region is the envelope of the 9 experi-

mental dataset.

3.3.4 Model Validation

To ensure the precision of the model’s estimation of hip joint contact force, the hip reaction

force derived from the model was matched up against experimental data. Specifically, the

double-stance 3D dynamic model’s simulation results for the sit-to-stand (s2s) motion

were compared to in vivo measurements obtained from the OrthoLoad database [169].

This comparison was carried out for the period starting from the seat-off phase to the

stance phase. The OrthoLoad database consists of forces acting on the femoral stem’s

head for nine individuals who underwent THA, including two females and eight males.

The participants had a mean age of 57.1 5.4 years, mean body weight of 91.3 12.5 kg,

and mean body height of 1.72 0.06 m.

Unfortunately, the OrthoLoad dataset did not contain MoCap data. Consequently, the

joint angles processed from the Carnegie Mellon University’s Graphics Lab MoCap dataset

for the sit-to-stand motion were employed as the input for the model. The simulation

utilized the inertial parameters derived from OpenSim [170] Gait2392 and Arm26 models,
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Figure 3.8: Normalized error between the model and the in vivo experimental data from

OrthoLoad dataset for 9 patients shown in Fig. 3.7. The shaded region is the envelope of

the error between the model and the 9 experimental dataset.

which were scaled to match the average height and weight of the nine patients in the

OrthoLoad dataset. Although there exists a discrepancy between the s2s MoCap data and

the s2s motion executed by the subjects in the OrthoLoad experiments, we believe that the

hip contact force produced by the model should follow the same trend as the experimental

data. The findings of this comparison are illustrated in Figure 3.7. In order to minimize

the impact of the subjects’ weights, the forces were normalized to the body weight (BW)

of each subject.

The values shown in Fig. 3.7 are in the local coordinate frame of the femur defined

by the International Society of Biomechanics (ISB) as shown in Fig. 3.11. The rotation

matrix describing the orientation of the OrthoLoad frame relative to the ISB local frame

on the femur is:

ISBROrthoLoad =

⎡
⎢
⎢
⎢
⎢
⎢
⎢
⎢
⎣

0 1 0

0 0 1

1 0 0

⎤
⎥
⎥
⎥
⎥
⎥
⎥
⎥
⎦

(3.17)

Figure 3.8 illustrates the discrepancy between the model and experimental data. The

shaded region represents the error envelope between the model and each experimental

dataset obtained from the nine patients, while the solid line denotes the average error
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value. It can be observed that in most cases, the error interval encompasses both positive

and negative values. This suggests that the model overestimates the hip reaction forces

for some subjects and underestimates them for others. If the motion capture data of the

patients in the OrthoLoad dataset had been available, the prediction errors would have

been more informative. Another source of error that must be acknowledged is the soft tissue

artifact’s influence on the joint angle measurements obtained through skin marker-based

motion capture [171,172]. Soft tissue artifacts can cause hip contact force variations of up

to 1.8 times the body weight and up to 30-50% for certain muscle forces [173]. Nonetheless,

the fact that the model-predicted reaction forces mostly align with the experimental data

in Figure 3.7, or equivalently, the shaded error bar in Figure 3.8 encompasses zero for the

majority of the trajectory, can be regarded as a positive outcome for this test.

3.4 Implant Impingement and Edge-loading

As previously mentioned, implant impingement and edge-loading are the two main factors

for artificial hip joint dislocation. These two phenomena are illustrated in Fig. 3.9 and

Fig. 3.10. Similar to the definition proposed in [174], the distance from impingement for

a given pose of the artificial hip joint can be defined as the minimum angle between the

stem on the femoral component and the edge of the acetabular cup. This angular distance,

which we call Angular Impingement Distance (AID), can be calculated as:

θAID =
π

2
+ α − sin−1 (

dNeck

dHead

) − ϕStem (3.18)

where referring to Fig. 3.9, α is the constant cup opening angle, dNeck and dHead are

respectively the diameter of the neck and head of the femoral component, and ϕStem is the

time-varying angle between the stem and the cup axis of symmetry, represented by n̂. A

positive value of AID, i.e., θAID > 0, implies that impingement has not occurred whereas a

negative value of AID corresponds to implant impingement.

Similarly, the distance from edge-loading for a given hip joint contact force can also be

defined as the minimum angular distance of the direction of the contact force to the edge
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(a) Femoral neck is in contact with the acetabular cup. (b) Kinematic parameters.

Femur

Cup

Stem

Figure 3.9: Implant impingement.

of the cup, which can be obtained as:

θAED =
π

2
− α − ϕForce (3.19)

where θAED is called the Angular Edge-loading Distance (AED) and ϕForce, illustrated in

Fig. 3.10, is the time-varying angle between the contact force and the cup axis of symmetry,

i.e., n̂. A positive value of AED, i.e., θAED > 0, indicates that the edge-loading has not

occurred while a negative value of AED denotes edge-loading. Looking at Eq. (3.18) and

Eq. (3.19) it is worthy to note that increasing the value of α respectively increases and

decreases the range of motion in terms of impingement and edge-loading.

3.5 Acetabular Cup Orientation Optimization

For a given cup orientation and human body motion, ϕStem and ϕForce can be calculated

using the kinematic and dynamic models. Subsequently, θAID and θAED can be obtained

from Eq. (3.18) and Eq. (3.19) at each instant. Considering that the greater the value

of θAID and θAED are, the further the hip implant is from impingement and edge-loading,
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Figure 3.10: Implant edge-loading.

the following optimization criteria are proposed and evaluated for obtaining the optimal

acetabular cup orientation:

Optimization #1: Maximizing the distance from impingement and edge-loading for

a given set of human movements:

argmax
βAnt,βInc

{min
0≤t≤tf

{θAID (βAnt, βInc, t) , θAED (βAnt, βInc, t)}} (3.20)

where βAnt and βInc are respectively the radiographic anteversion and inclination angles of

the cup, as defined in [175] (Fig. 3.11), and tf denotes the final time of the motion.

Optimization #2: Maximizing the distance from impingement for a given set of move-

ments while keeping the distance from edge-loading above a certain threshold:

argmax
βAnt,βInc

{min
0≤t≤tf

θAID (βAnt, βInc, t)}

subjected to:

θAED (βAnt, βInc, t) ≥ θ̃AED for 0 ≤ t ≤ tf

(3.21)
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Figure 3.11: Radiographic anteversion (βAnt) and inclination (βInc) [175]. The Interna-

tional Society of Biomechanics (ISB) standard is used to define the pelvis local coordinate

frame [176].

where θ̃AED is the minimum acceptable value for AED.

Optimization #3: Maximizing the distance from edge-loading for a given set of move-

ments while keeping the distance from impingement above a certain threshold:

argmax
βAnt,βInc

{min
0≤t≤tf

θAED (βAnt, βInc, t)}

subjected to:

θAID (βAnt, βInc, t) ≥ θ̃AED for 0 ≤ t ≤ tf

(3.22)

where θ̃AID is the minimum acceptable value for AID.
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3.6 Results and Discussion

3.6.1 Value of AID and AED for different daily activities

The values of AID and AED for three daily activities (sit-to-stand, walking, and picking up

a box from the ground) were calculated for a wide range of acetabular cup orientations. The

developed model was coded in MATLAB. The implant geometry and femoral component

position used in the simulations, summarized in Table 3.1, were adapted from Widmer et

al. [96]. The results are shown as contour plots in Fig. 3.12. The first plot in each row (from

the left side) depicts the minimum value of AID throughout the corresponding motion in

terms of radiographic anteversion and inclination of the cup. The optimal cup orientation

in terms of impingement corresponds to the highest AID. When AID < 0 it means that

there is at least one instant where impingement has occurred. The second plot shows the

minimum distance from edge-loading, or AED, throughout the motion for a given cup

orientation. Using this plot, one can determine the optimum cup orientation to minimize

the risk of edge-loading by locating the maximum value of AED on the plot. Referring to

Fig. 3.12 it can be observed that optimal orientation of the cup in terms of impingement

could be quite different from the optimal orientation of the cup for edge-loading. In fact,

in most cases, the optimal orientation of the cup in terms of one criterion gives a negative

value for the other one. In order to take both impingement and edge-loading into account,

the minimum value of AID and AED are obtained at each cup orientation and presented in

the third plot of each motion. Positive values in this plot indicate that the cup orientation

is free of both impingement and edge-loading.

One can use Fig. 3.12 to evaluate the effect of cup orientation on AID and AED

for the corresponding daily activity. However, it is desirable to do the same analysis for a

combination of different daily activities to make sure the selected cup orientation is suitable

for all. To achieve this, the daily activities are merged into a single complex motion by

MoCap data concatenation and the same plots are obtained and shown in Fig. 3.13. Using

this figure, one can select a cup orientation considering the limitations imposed by all three
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(a) sit-to-stand.

AID [degrees]

-40 -30

-30

-20

-2
0

-2
0

-10

-1
0

-10

0

0

0

10

10

10 20

20

30

30

40

-20 0 20 40 60 80
Anteversion [degrees]

-10

0

10

20

30

40

50

60

70

80

90

In
cl

in
at

io
n 

[d
eg

re
es

]

AED [degrees]
-20

-10

0

0

0

10

10

10

20

20

20
30

30

40

40

50

-20 0 20 40 60 80
Anteversion [degrees]

-10

0

10

20

30

40

50

60

70

80

90

In
cl

in
at

io
n 

[d
eg

re
es

]
Min of AID & AED [degrees]

-40 -30

-30

-20

-2
0

-2
0

-20

-10

-10

-10

-10

0

0

0

10

10 20

-20 0 20 40 60 80
Anteversion [degrees]

-10

0

10

20

30

40

50

60

70

80

90

In
cl

in
at

io
n 

[d
eg

re
es

]

(b) walking
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(c) picking an object from the ground.

Figure 3.12: The value of AID and AED during three different daily activities. Starting

from the left hand side, the first and the second contour plots respectively depict the

value of angular impingement and the angular edge-loading distance as a function of cup

alignment angles. The third plot shows the minimum value of AID and AED.
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Figure 3.13: The value of AID and AED for the combination of all three daily activities

obtained by concatenating the MoCap data for the three motions. Starting from the left

hand side, the first and the second contour plots respectively depict the value of angular

impingement and the angular edge-loading distance as a function of cup alignment angles.

The third plot shows the minimum value of AID and AED.

movements.

3.6.2 Optimal cup orientation

The optimal orientation of the cup using the three optimal cost-functions described in

Section 3.5 are given in Table 3.2. For optimization #2 and #3 the minimum acceptable

value for AED and AID were chosen as θ̃AID = θ̃AED = 10○. Referring to the results for

optimization #1 in Table 3.2, as it is expected from the nature of the cost-function, for

the optimized cup orientation, the value of AID and AED are equal. In other words, one

can interpret that optimization #1 allocates equal weights to the implant impingement

and edge-loading. The optimal value obtained from optimization #1 can be graphically

identified by locating the maximum value on the third column plots of Figs. 3.12 and 3.13.

Comparing the results of optimization #2 with optimization #1, one can observe that

the second optimization achieves higher AID at the expense of lower AED. Also, the

optimal value of inclination angle is higher in the second optimization, which complements

the results obtained in Figs. 3.12 and 3.13, illustrating that high values of AID have larger
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Table 3.1: Implant parameters used in the simulation studies [96].

Parameter Value

Head diameter (dHead) 28 mm

Neck diameter (dNeck) 12 mm

Cup opening (α) 180○

Neck-shaft angle 130○

Stem flexion 3○

Stem adduction 5○

inclination angles compared to the high values of AED. The opposite argument made for

optimization #2 can be made for optimization #3: in this optimization, more emphasis

is on reducing the risk of edge-loading and the inclination angle is lower compared to

optimization #1, which results in a better support for the hip contact force. Clearly, one

could change the relative importance of impingement and edge-loading by readjusting the

value of θ̃AED and θ̃AID.

The optimal orientation of the cup obtained from the three optimizations for the com-

bined daily activities are shown in Fig. 3.14. The result of the first optimization (▲) is

well within the Lewinnek safe zone, while the orientations from the second (●) and third

optimization (∎) are on the edge of the safe zone. Therefore, the Lewinnek safe zone may

not always be optimal, or even safe [90,91,174,177,178].

At this point, two natural questions that arise are: “which optimization will yield the

best result?” and “what is the best value of θ̃AED and θ̃AID for the second and third opti-

mization?”. We believe the answer to these questions depend on the surgeon’s assessment

off the patient’s condition. For example, if the surgeon recognizes a higher possibility of

impingement compared to edge-loading for a specific patient, optimization #2 can be used

with small values of θ̃AED to create a higher margin of safety for impingement. On the other

hand, if the surgeon is equally concerned about the risk of impingement and edge-loading,
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Table 3.2: Optimal orientation of the cup for different daily activities.

Optimization Daily Activity
Optimal Cup Orientation (deg)

Distance to Impingement

& Edge Loading (deg)

Anteversion Inclination AID AED

Opt #1

Sit-to-stand 7 39 19 19

Walking 19 42 22 22

Bending over 25 48 20 20

Combined 16 36 18 18

Opt #2

Sit-to-stand 16 75 31 10

Walking 19 51 33 10

Bending over 13 48 30 10

Combined 13 48 27 10

Opt #3

Sit-to-stand 4 30 10 31

Walking 19 27 10 37

Bending over 28 36 10 30

Combined 16 30 10 23

optimization #1 might be the most appropriate method. Hence, the results obtained in

this section are only examples of what this method can produce, and the obtained values

should not be considered as strict guidelines.

3.6.3 Effect of pelvis tilt on the optimal cup orientation

In this section, the effect of pelvic tilt (PT) on the optimal orientation of the cup is studied.

The PT of the daily activities used in the previous sections were artificially changed by an

angle ranging from −20○ to 20○ (without changing the orientation of the other body parts)

and the optimal orientation of the cup was recalculated for the combined daily activities.

The optimal orientation of the cup for different PTs is depicted in Fig. 3.15. Posterior and
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Figure 3.14: Optimal cup orientation considering all three daily activities.

anterior PTs are respectively shown by negative and positive values. As it is evident from

Fig. 3.15, optimal anteversion and inclination angles become larger as the pelvis is tilted

forward, and vice versa. From Fig. 3.15, the average increase of optimal anteversion and

inclination angle for every 1 degree increase in pelvic tilt is about 0.72 and 0.19 degrees

respectively. These values are inline with the results obtained in other studies, as shown

in Table 3.3.

It is worth noting that the optimal cup orientations for large PT angles are not covered

by the Lewinnek safe zone. This indicates the importance of considering the subject-

specific pelvic tilt during the pre-operative planning stage of THA, an issue identified and

reported in other studies [90, 91,174,177,178].
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Figure 3.15: Optimal cup orientation for different pelvic tilts (PTs). Positive PT = Ante-

rior PT. Negative PT = Posterior PT.

3.7 Conclusion

This chapter introduced a patient-specific approach for determining the optimal orientation

of the acetabular cup for THA, based on an inverse dynamic model. By utilizing motion

data obtained from the patient, the method allows for pre-operative planning to assess

the potential for impingement and edge-loading with various cup orientations. Moreover,

incorporating this method into a surgical navigation system could enable surgeons to adjust

the cup orientation based on the actual stem alignment during the surgery. Compared to

other methods in the literature, the proposed approach offers the following key advantages:

1. It requires fewer clinical measurements: By estimating the ground reaction

forces, the need for force-plate measurements is eliminated, which makes this method

easier to use and more affordable. Especially, integrating this method with a low-

cost motion capture system [180, 181], this method can be implemented in clinical

routines.
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Table 3.3: Change in the optimal cup alignment for every 1○ change in the pelvic tilt.

Anteversion Inclination

Current study 0.72○ 0.19○

Hsu et al. [174] 0.54○ 0.29○

Lembeck et al. [91] 0.7○ unknown

Babisch et al. [90] 0.8○ 0.3○

Thelen el al. [179] 0.53○ unkhown

2. Low computational complexity: FEA simulations [93] are time-consuming and

complex. By contrast, the method proposed here is fast because it is based on

symbolic dynamic equations, which makes it suitable for both pre-operative and

intra-operative applications. The average CPU time for 50 simulations of optimal

cup orientation was 3.7s on a desktop PC with Intel Core i7 processor.

3. Both impingement and edge-loading are taken into account: As shown in

Section 3.6.2, the optimal cup orientation in terms of impingement was often differ-

ent from the optimal orientation in terms of edge-loading. Therefore, it is important

to consider both criteria simultaneously when determining the optimal cup orien-

tation. By taking both criteria into account, this method can minimize the risk of

impingement and edge-loading simultaneously.

While the method proposed in this chapter provides a computationally efficient way

for calculating optimum patient-specific cup alignment based on implant impingement and

edge-loading it suffers from three primary limitations. Firstly, collecting motion capture

data is a challenging task that is generally not conducted before THA surgeries. Secondly,

the patient’s motion patterns may vary before and after the procedure due to preopera-

tive hip pain [182]. Lastly, the static optimization technique employed in this chapter to

estimate the muscle forces disregards the dynamics of muscle contraction and activation,

which could lead to unrealistic outcomes. The subsequent chapter covers an alternative
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approach to tackle these issues, which involves a predictive optimal control method.
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Chapter 4

Predictive Simulation Approach for

Acetabular Cup Orientation

Optimization Following THA

4.1 Introduction

Chapter 3 showcased how motion capture data from a patient can be utilized to com-

pute the optimal alignment of the acetabular cup implant, thereby reducing the likelihood

of impingement and edge-loading. Nevertheless, that method has two main drawbacks.

Firstly, acquiring motion capture data is a complicated task, and it is not typically con-

ducted before THA surgeries. Secondly, the patient’s motion may vary before and after

the surgery due to the likelihood of hip pain before the procedure. To tackle these issues,

predictive dynamic simulations can be used instead. By employing the general assumption

that human movement is in some sense “optimal” for a given situation, motions can be

predicted using optimal control methods. In this chapter, we utilize the direct collocation-

based trajectory optimization approach to produce predictive simulations for motions such

as sit-to-stand and lifting objects from the ground. These simulations are then used to
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calculate the optimal acetabular cup orientation for different “what-if” scenarios.

4.2 Modified Musculoskeletal Model

Chapter 3 introduced a 3D musculoskeletal model in which each joint was represented as

a simple torque-driven joint with no contraction dynamics. To determine the hip contact

force, the hip torque calculated through the inverse dynamic method was converted to

muscle forces using the static optimization approach that overlooked the dynamics of mus-

cle contraction and activation. In this chapter, a more biofidelic approach was adopted to

simulate the actuation of the joints.

For the joints where contact forces are not necessary, i.e. all joints except for the

hip joint, a set of agonist-antagonist muscle torque generators (MTGs) is employed. The

function of an MTG is to provide a joint torque that imitates the behavior of muscles that

cross a specific joint. The MTG model developed by Millard et al. [183] was utilized, which

expresses a single MTG torque, τM , as:

τM (a, θ, θ̇) = τM0 (aτ
A (θ) τV (θ̇) + τP (θ)) (4.1)

The variables a, θ, and θ̇ represent muscle activation, joint angle, and angular speed, re-

spectively. The maximum isometric torque is denoted by τM0 , while τA, τV , and τP are

the normalized curves for active-torque-angle, active-torque-angular-speed, and passive-

torque-angle of the muscle, respectively. These curves, which are dependent on the mus-

cle’s geometric properties and differ from muscle to muscle, are commonly referred to as

“characteristic curves” which were obtained from [183–185].

Meanwhile, for the hip joint, since a good estimation of contact forces was needed, each

muscle unit described in Section 3.3.3 was modeled as a Hill-type muscle [186] to calculate

the muscle forces, FM :

FM = FM
0 (afl (l̃) fv (

˜̇l) + fp (l̃)) cosαP (4.2)
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where the maximum isometric muscle force is denoted by FM
0 , and αP represents the

pennation angle. The functions fl, fv, and fp are associated with the normalized curves for

active force-length, active force-speed, and passive force-length, respectively. Additionally,

a represents muscle activation, while l̃ and ˜̇l correspond to the normalized muscle fiber

length and velocity, respectively.

To speed up simulations, the model was simplified by assuming that the feet are station-

ary with respect to the ground and the movements discussed in this chapter are symmetrical

with respect to the sagittal plane. As a result, mediolateral symmetry was imposed on the

model described in Section 3.3.1. This assumption enabled us to derive the normalized

length of each muscle based on the hip joint flexion/extension angle. Therefore, Eq. (4.2)

can be restated as follows:

FM = FM
0 (afl (L (θhip)) fv (

dL (θhip)

dθhip
θ̇hip) + fp (L (θhip))) cosα (4.3)

where L (θ) is the function that defines the normalized muscle length as a function of the

hip joint angle. Similarly, one can derive the muscle moment arm of each muscle about the

center of the hip joint as a function of the hip joint angle, and multiply it with Eq. (4.3).

This enables us to map the muscle force to the torque generated by each muscle about the

center of the hip joint, as follows:

τMhip = F
M
0 (afl (L (θhip)) fv (L

′ (θhip) θ̇hip) + fp (L (θhip))) h̵ (θhip) cosα (4.4)

where the muscle moment arm about the hip joint center as a function of the hip joint angle

is represented by h̵(θ), and the torque generated by the muscle at the hip joint is denoted as

τMhip. To expedite the musculoskeletal model, we can pre-calculate and store L(θ), L′(θhip),

and h̵(θ) offline by transforming them into cubic spline functions. This allows us to avoid

calculating muscle geometry at each simulation instance and enhances the speed of the

model. It is worth mentioning that, unlike the MTG, this method considers the unique

impact of each muscle on the joint’s total torque. This feature allows us to compute the

muscle forcesc which is crucial for determining the hip contact force.
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Hip
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Figure 4.1: Definition of joint angles. All the joints are modeled as ideal revolute joints.

Hence, the dynamic model given in Eq. (3.1) can be rewritten in the following state-

space form:

ẋ = f (x,a) (4.5)

where the musculoskeletal model has 12 states represented by the state vector x = [θ; θ̇],

with 6 states corresponding to joint angles (see Fig. 4.1) and the remaining 6 states cor-

responding to joint velocities. Additionally, the control signals vector, a, consists of 21

muscle activations (see Section 3.3.3) affecting the torque for hip joint flexion/extension

as described in Eq. (4.4), and 5 pair of activations for MTGs that impact the ankle, knee,

lumbar, shoulder, and elbow joints as detailed in Eq. (4.1).

4.2.1 Buttocks-chair Contact

According to literature [187], during sitting, the buttocks can transmit a force equivalent

to 80% of the body weight. Additionally, approximately during the first third of a healthy
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l
L

Figure 4.2: The buttocks model.

sit-to-stand movement, the buttocks maintain contact with the chair [188]. To accurately

predict sit-to-stand movements, it has been shown that it is crucial to have a buttocks model

that can effectively characterize this significant force that occurs while sitting [168]. For

this study, we employed the buttocks model developed in [168], which utilized a Mooney-

Rivlin model to represent the buttocks. The normal force exerted on the buttocks by the

chair, denoted as Fchair, can be determined by the following expression:

Fchair =

⎧⎪⎪
⎨
⎪⎪⎩

(η1 (1 − δ) − η2) (1 −
1

(1−δ)3) + cLδ̇ tanh ((
δ
δt
)
2
) if δ > 0

0 if δ ≤ 0
(4.6)

δ =
L − l

L
(4.7)

where the material constants, η1 and η2, are assigned values of 213 N and 34 N, respectively.

As shown in Fig. 4.2, l represents the thickness of the tissue and L represents the reference
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Stage 1 Stage 2Seated StandingLift-off

Figure 4.3: Two main stages of sit-to-stand motion.

tissue thickness. The damping coefficient, which has been set to 371 Ns/m, is denoted as c.

Also, a value of 0.01 was assigned to δt, which represents the transition strain. This value

was introduced to ensure the continuity of the piecewise function at δ = 0. To determine

the vertical component of the contact force, the buttocks-chair contact was subjected to

the no-slip condition by assuming the static coefficient between the buttocks and chair

is high enough to prevent any slipping. This assumption is supported by experimental

measurements showing negligible changes in the ankle and knee joint angles before lift-

off [189]. Further information regarding the specifics of this buttocks model can be located

in reference [168].

4.3 Predictive Sit-to-Stand

Sit-to-stand motion refers to the movement of transitioning from a seated position to

standing upright. It involves the activation of various muscles, including the quadriceps,

glutes, and core, to generate enough force to lift the body up from a seated position. On
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average, adults perform over 40 sit-to-stand motions per day, indicating the high frequency

of this movement in their daily lives [43]. In this study, the sit-to-stand motion is split into

two distinct stages, as illustrated in Fig. 4.3. The first stage ends with the loss of contact

to the chair, which is referred to as lift-off. The formulation of the sit-to-stand motion

prediction optimal control problem was as follows:

min
x,a

2

∑
i=1

ti

∫
ti−1

Ji (x(t),a(t))dt (4.8)

subjected to:

Dynamic Model: ẋ = f (x,a)

Joint Angle Limit: θmin ≤ x[1 ∶ 6] ≤ θmax

Ground-foot Contact Location: dmin ≤ dGF (ẋ,x,a) ≤ dmax

Activation Limit: 0 ≤ a ≤ 1

Initial State: x(0) = [θ0 θ̇0]
T

Final State: x(t2) = [θf θ̇f ]
T

(4.9)

where the cost-function of the ith stage is denoted as Ji (x,a). The initial time is denoted

as t0 = 0, the time of lift-off is denoted as t1, and the terminal time is denoted as t2. By

adjusting the cost-function, this optimization problem will be solved for various scenarios

in the succeeding sections.

4.3.1 Sit-to-Stand Prediction of a Healthy Individual

To validate our model, we predict a healthy sit-to-stand motion and then compare the

results to experimental data from [189,190]. We adjust the seat position to ensure that the

initial pose of the model matches the experimental data, specifically by aligning the initial

joint angles of the model in the seated position with the average joint angles observed in

the experimental data. The cost-function for the first and second stages of the optimal
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control problem, as presented in Eq. (4.8), were selected as follows:

J1 = ∥a(t)∥
2
+ α(

θ̇Ankle(t)
2
+ θ̇Knee(t)

2

θ̇2Norm

) + γ∥
θ̇(t)

θ̇Norm

∥

2

(4.10)

J2 = ∥a(t)∥
2
+ β∥

θ(t) − θf

θNorm

∥

2

+ γ∥
θ̇(t)

θ̇Norm

∥

2

(4.11)

The cost-function for the first stage penalizes a combination of effort, which is expressed

as the sum of squared excitations, a2, the movement of the ankle and knee joints, which is

expressed as the sum of squared angular speed of the knee and ankle joints, and the angular

speed of the joints. Penalizing the knee and ankle joints helps the model find an equilibrium

posture in terms of buttocks-chair contact and avoid any bouncy movements on the chair

before lift-off. After conducting several trials, we determined that the smallest value of α

needed to stabilize the first stage of the sit-to-stand was about 1.7 (s/rad)2, which we used

in our simulation. We did not observe any noticeable changes in the simulation’s outcome

for higher values of α. The angular speed of the joints was included as an additional cost

because the predicted sit-to-stand motion was slightly faster than the average reported in

the literature. To address this, an empirical approach was used to determine that setting

γ = 0.3 (s/rad)2 resulted in a predicted sit-to-stand motion duration of 2.1 seconds, which

closely aligns with the average duration observed in healthy adults [190].

For the second stage, the cost-function was designed to minimize effort and the duration

of the motion by penalizing the difference between the joint angles and their corresponding

final desired values. It’s important to note that minimizing the effort for the second

stage indirectly minimizes the duration of the movement since the full stance position is

theoretically a stable posture, and remaining in the full stance does not require any effort.

Therefore, taking too long to perform the sit-to-stand is not desirable in terms of the

activation cost-function. Because of this, we did not observe any noticeable sensitivity in

the optimization outcome in terms of the value of β. We set β = (π/2)
−2
(1/rad)2, which

implies that the cost of a 90-degree difference between the joint angle and its desired final

value is equal to the cost of a full muscle activation, equal to 1. Based on the same logic
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Figure 4.4: Predicted sit-to-stand movements captured at evenly-spaced intervals.

that taking too much time to complete the sit-to-stand and attain an equilibrium state

would result in a higher cost, we set tf to a sufficiently large value, tf = 6, to avoid enforcing

a specific time for reaching the full stance phase and stopped the simulation when the joint

speeds became negligible in the second stage.

The optimization problem was solved using GPOPS-II [191], a Matlab toolbox for

direct collocation optimal control. The predicted motion is shown in Fig. 4.4. It is worth

mentioning that the participants’ arms were folded across their chests during the data

collection process of the experimental data used. As a result, in the predicted sit-to-stand

movement presented in this section, the shoulder and elbow angles were adjusted to position

the arms in close proximity to the chest, thus replicating the experimental conditions. This

adjustment was made to ensure the accuracy and reliability of the simulation.

In Fig. 4.5, a comparison is made between the hip, knee, and lumbar joint angles

obtained from the predicted simulation and the experimental data presented in [190]. The

model-predicted values for the joint angles at the knee, hip, and lumbar show root mean

square errors of 2.6○, 9.6○, and 7.2○, respectively, when compared to the mean value of the

experimental data. The discrepancy between the predicted and experimental lumbar joint

angle may arise from the fact that the spine was modeled as a solid body, whereas in reality,

it is flexible. Specifically, the experimental data in [190] includes measurements taken from

the thoracic spine, which exhibits notable motion that our model cannot replicate because
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Figure 4.5: The model-predicted joint angle profiles during sit-to-stand movement com-

pared to the experimental measurements conducted by Tully et al. [190]. The point of

lift-off is denoted by LO.
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Figure 4.6: Comparison of the predicted foot-ground and chair-buttocks normal contact

forces during sit-to-stand movement with the experimental measurements conducted by

Norman-Gerum et al. [189].
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it lacks a spine model. Furthermore, we notice a hip joint angle that becomes negative

towards the end of motion. This behavior could be explained by the fact that leaning

slightly backward aligns the center of mass with the joint lines, reducing the effort required.

Additionally, Figure 4.6 compares the normal contact force between the foot-ground

and chair-buttocks, which is normalized to the body weight, obtained from the predicted

simulation with experimental data from Norman-Gerum et al. [189]. Despite the fact that

sit-to-stand motion patterns vary greatly among individuals, as evidenced by the standard

deviation of the experimental data shown in Fig. 4.5, the predicted joint angles and contact

forces follow the observed trends in the experimental data.

4.3.2 Sit-to-Stand Prediction Under Various Conditions

The ability to explore “what-if” scenarios and predict human movement under varying

conditions is the key advantage of predictive simulations. In this section, the predictive

model is utilized to estimate sit-to-stand motion under various conditions by modifying

the optimal control problem employed for a healthy subject in the previous section. The

effect of these conditions on the optimal alignment of the acetabular cup is subsequently

examined. We have studied the impact of the following conditions on the motion pattern

during sit-to-stand:

1. Variations in chair height: The literature suggests that chair height has a signif-

icant impact on the sit-to-stand motion pattern [192, 193]. Altering the initial joint

angles of the predictive optimization problem can simulate the effect of various chair

heights. Figure 4.7 displays the predicted sit-to-stand motion for chair heights 25%

higher and lower than the original. Notably, the figure highlights that when using

a low seat, the arms are utilized more to generate additional momentum during the

lift-off phase, whereas in the case of a high chair, the movement of the arms is neg-

ligible. In addition, Fig. 4.8 depicts how various chair heights impact the hip joint

angle, revealing an inverse relationship between chair height and the maximum value
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(a) low chair

(b) High chair

Figure 4.7: The predicted sit-to-stand motion for high- and low-chairs.

of the hip joint angle during the lift-off phase. This finding is significant because

excessive hip flexion can raise the possibility of hip implant impingement [194].

2. Spinal fusion: According to existing literature, individuals who have undergone

lumbar spinal fusion surgery are more susceptible to hip dislocation [195]. It is

important to acknowledge that this study did not model the spine and only used

a single revolute joint to represent the lumbar joint. As a result, it is not possible

to conduct a thorough assessment of spinopelvic mobility and its impacts, which

is beyond the scope of this thesis [196]. Therefore, this study only evaluated a

theoretical scenario where there is no spine mobility by setting the lumbar joint

angle to zero during the motion. Figure 4.9 depicts the simulation outcomes, which

compare the hip joint angles of an individual with a fused lumbar to that of a person
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Figure 4.8: Hip flexion angle for different chair heights. The hip flexion angle is higher in

lower seats.

with a flexible lumbar. The figure illustrates that restricted spinal mobility results in

greater hip flexion during sit-to-stand movements, elevating the risk of dislocation.

3. Hip and knee pain: Previous research has demonstrated that knee and hip os-

teoarthritis can impact how people perform sit-to-stand movements [197]. This study

aimed to predict the movements of people with knee and hip osteoarthritis pain by

integrating the hip and knee joint reaction forces into the cost-function of the optimal

control problem. The fundamental premise behind this approach was that a higher

joint force is correlated to higher joint pain. Specifically, for people with hip joint

osteoarthritis, the cost-function of the second stage of sit-to-stand was modified as

follows:

J2 = ∥a(t)∥
2
+ (π/2)

−2
∥θ(t) − θf∥

2
+ 0.3∥θ̇(t)∥

2
+ 0.01∥FHip∥

2
(4.12)

where the final component imposes an additional cost on the force exerted on the hip

joint. The coefficient assigned to this component, set at 0.01 (1/N2), implies that a

10 N hip reaction force corresponds to a complete muscle activation.
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Flexible lumbar

Fused lumbar

(a) Hip angle at the lift-off phase.
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(b) Hip flexion angle throughout the motion for flex-

ible and fused lumbar joint.

Figure 4.9: Effect of lumbar fusion on the hip flexion angle during sit-to-stand motion.

For those with knee joint osteoarthritis, as the current model did not consider the

muscles surrounding the knee joint, a combination of the knee contact force (obtained

from the force equilibrium equation at the knee joint) and the knee actuation torque

(obtained from the MTG at the knee joint) was used to penalize the cost-function.

The cost-function was modified as follows:

J2 = ∥a(t)∥
2
+ (π/2)

−2
∥θ(t) − θf∥

2
+ 0.3∥θ̇(t)∥

2
+ 0.1(∥FKnee∥

2
+ (

τknee
0.03
)
2

) (4.13)

The value 0.03 in this equation is expressed in meters. Figure 4.10 illustrates the

predicted movements of sit-to-stand when experiencing pain in the hip and knee

joints. Additionally, Fig. 4.11 displays the hip joint flexion angle for two scenarios.

These figures demonstrate that reducing stress in the knee and hip joints results

in two distinct sit-to-stand movement patterns. Based on the results, to minimize

stress in the knee joint, it is preferable to lean forward and overextend the upper

body. Conversely, to reduce stress in the hip joint, it is preferable to maintain an
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(a) Individual with knee pain

(b) Individual with hip pain

Figure 4.10: The predicted sit-to-stand motion for subjects with hip and knee pain.

0 10 20 30 40 50 60 70 80 90 100
% of Motion

-20

0

20

40

60

80

100

120

140

H
ip

 a
ng

le
 (

de
gr

ee
)

Hip Flexion Angle

Healthy Subject
Subject with Knee Pain
Subject with Hip Pain

Figure 4.11: Hip flexion angle for subjects with hip and knee pain.
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Knee moment arm

Hip moment arm

Hip

Knee

UpperBody Femur+W
UpperBodyW

Figure 4.12: When the center of mass of the upper body moves over the knee joint, the

moment arm of the knee joint decreases, while the moment arm of the hip joint increases.

upright position with minimal trunk flexion, which was accomplished by creating a

forward moment in the arms before lift-off. This outcome is supported by the static

equilibrium analysis shown in Fig. 4.12. By shifting the center of mass of the upper

body over the knee joint by leaning forward, the knee moment arm becomes smaller,

resulting in lower knee joint torque. These findings are consistent with the results

of a previous experiment on patients with advanced knee osteoarthritis [198]. On

the other hand, keeping the center of mass of the upper body over the hip joint

through an upright position makes the hip moment arm smaller, resulting in lower

hip joint torque. As a result, individuals with knee osteoarthritis may have greater

hip flexion during sit-to-stand, which may increase the risk of hip dislocation, as seen

in Fig. 4.11. Conversely, individuals with hip joint pain may exhibit lower hip flexion

angles than healthy subjects, which could be advantageous in terms of reducing the

risk of hip joint impingement.
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Figure 4.13: Stooping/lifting movement.

4.4 Predictive Stooping Down/Lifting Movement

Stooping down refers to the act of bending forward at the waist and lowering one’s upper

body towards the ground or a lower surface. It is a movement that involves the flexion of

the spine and the hip joints, and it is often used in activities such as picking up objects

from the ground, tying shoes, or performing exercises such as deadlift [199]. Due to the

high degree of hip flexion involved, stooping down is deemed a risky movement for hip

dislocation [53]. Thus, it is critical to take this motion into account when aiming for the

optimal alignment of the acetabular cup.

Fig. 4.13 illustrates how the stooping movement was divided into two phases: bending

down and rising up. To simplify the analysis, we assumed that the subject held weights

(5 Kg per hand) during both stages, which eliminated the need to include the gripping
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phase in our simulations. We formulated the optimal control problem for a predictive

stooping movement in a similar manner to the optimal control problem defined for sit-to-

stand motion, as specified in Eq. (4.8) and (4.9). However, we added a path-constraint to

ensure that the hands reach a target height, hTarget, from the ground in the middle of the

motion, simulating a pick-up movement. This constraint was implemented as follows:

6

∑
j=1

li cos(
j

∑
k=1

βk) = hTarget (4.14)

where
β1 = θAnkle(t1); β2 = −θKnee(t1); β3 = θHip(t1);

β4 = θLumbar(t1); β5 = π − θShoulder(t1); β6 = −θElbow(t1).
(4.15)

where the length of the ith body segment, which begins at the tibia and extends up to the

arm, is denoted as li (see Fig. 4.13). We assumed that the subject’s foot placement was

optimal before initiating the stooping motion, which is why we didn’t impose a constraint

on the horizontal component of the target point.

Similar to sit-to-stand predictive simulations, the stooping movement was predicted

for subjects with varying conditions, including healthy subjects, those with lumbar fusion,

and those with hip or knee pain. Figure 4.14 displays the predicted movements for healthy

individuals and those with spinal fusion, with the individuals with spinal fusion exhibiting

greater hip flexion, as expected. In Fig. 4.15, joint angle profiles throughout the move-

ment for the knee, hip, and lumbar joint are compared for healthy individuals and those

with spinal fusion, highlighting the higher hip flexion in the latter group. The results for

individuals with hip and knee pain were very similar to those of healthy individuals, unlike

the sit-to-stand motion, so they are not included in the results presented here.
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(a) Flexible lumbar joint

(b) Fused lumbar joint

Figure 4.14: Predicted stooping down movement for subject with (a) flexible and (b) fused

spine.
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Figure 4.15: The model-predicted joint angle profiles during stooping movement for a

healthy flexible spine and a fused spine.
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Figure 4.16: The AID and AED angles for predicted sit-to-stand movements with different

conditions, for radiographic anteversion and inclination respectively equal to 15○ and 40○.

4.5 Optimal Acetabular Cup Orientation based on

Predictive Simulations

Figures 4.16 and 4.17 display the AID and AED values (defined in Section 3.4) for cup

orientation set at the center of the Lewinnek safe zone (Anteversion = 15○, Inclination

= 40○) for predicted sit-to-stand and stooping down movements under various conditions.

The following observations can be drawn from the figures:

� The riskiest moment for hip dislocation occurs during lift-off when both the AID

and AED values reach their lowest values. This is because, as noted in the previous

section, the hip flexion angle is highest during the lift-off phase.

� Comparison of the AID and AED values of patients with spinal fusion to those of

healthy individuals in the predictive simulations confirms that spinal fusion patients
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are at a higher risk of dislocation during sit-to-stand and stooping movements, as

widely known [200].

� Sit-to-stand from a high chair is safer than from a low chair in terms of distance from

impingement and edge-loading. This finding aligns with the common recommenda-

tion for patients after total hip arthroplasty to use a high chair and raised toilet seats

to minimize the risk of dislocation [201].

� Figure 4.16 also shows that changes in the sit-to-stand movement pattern due to

knee pain can be even more catastrophic than the well-recognized risky case of spinal

fusion. However, little has been reported regarding the association between knee in-

juries and hip dislocation in patients following THA [202–204]. This holds significance

because, while spinal stiffness can be detected by examining medical images taken

from patients during sitting and standing poses in pre-operative routine [205], knee

pain is usually not studied or taken into account in typical pre-operative planning.

� Based on Fig. 4.16, unlike individuals with knee pain, those with hip pain alter their

sit-to-stand motion pattern in a manner that reduces the risk of dislocation during

this activity. Therefore, the motion capture-based approach described in Chapter 3

may not always yield the ideal cup orientation because the patient’s movement pat-

tern prior to THA may be more cautious than post-operation. Consequently, cup

orientation determined from recorded movements prior to surgery may not be optimal

or even safe after the surgery.

Using the same approach as in Section 3.6.2, we determined the optimal orientation of the

acetabular cup by analyzing predicted movements for various conditions. We employed

the optimization criteria outlined in Section 3.5, specifically optimization #1, which as-

signs equal weights to distances from impingement and edge-loading. The optimal cup

orientation is presented in Table 4.1. Our findings reveal that higher anteversion and in-

clination angles are optimal for conditions that elicit greater hip flexions, such as lumbar

fusion or knee pain. This aligns with the results we observed in Fig. 3.15, which showed
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Figure 4.17: The AID and AED angles for predicted stooping movements with different

conditions, for radiographic anteversion and inclination respectively equal to 15○ and 40○.

a direct correlation between pelvic tilt and the optimal anteversion and inclination angles.

Additionally, subjects with knee pain had a lower margin of safety, as evidenced by the

minimum AID and AED angles. This phenomenon may be attributed to the fact that

knee pain only results in heightened hip flexions during particular movements, such as

sit-to-stand, wherein leaning forward reduces stress on the knee joint, but not during other

movements like stooping down. Therefore, individuals experiencing knee pain are antici-

pated to have a broader range of hip flexions, requiring more extensive coverage from the

acetabular cup, unlike in the case of lumbar fusion where higher hip flexions are consistently

generated.

4.6 Conclusion

In this chapter, the discussed approach of predictive optimal control overcomes the main

limitation of the inverse dynamic method presented in the previous chapter, which relied on
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Table 4.1: Optimal orientation of the cup based on the predictive simulations under dif-

ferent conditions.

Condition Movement
Optimal Cup Alignment (degree)

Min AID & AED (degree)

Ant Inc

Sit-to-Stand 9 43 19

Healthy Stooping 22 49 24

Combined 12 42 18

Sit-to-Stand 18 44 19

Lumbar Fusion Stooping 24 51 18

Combined 21 46 16

Sit-to-Stand 19 46 17

Knee Pain Stooping 22 49 24

Combined 20 48 14

Sit-to-Stand 7 41 27

Hip Pain Stooping 22 49 24

Combined 9 40 22
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motion capture data. This predictive approach allowed us to explore “what-if” scenarios to

study the impact of various conditions, such as lumbar fusion and joint pain, on movement

and subsequent optimal alignment of the acetabular cup. For instance, it was found that

changes in sit-to-stand movement patterns due to knee pain can be more severe than the

risky case of spinal fusion. Furthermore, the study’s results suggest that the cup orientation

determined from pre-surgery motion recordings may not be the same post-surgery under

hip joint pain conditions.

It is worth noting that the “what-if” scenarios analyzed in the study are just a few

examples of the many subject-specific conditions that a patient may have. The primary aim

of the study was to demonstrate the value of predictive simulations in providing insights into

the impact of different patient-specific conditions to assist in adjusting implant positioning.

In contrast to the motion capture-based method, the predictive simulation approach

has two main disadvantages. Firstly, each simulation in this method takes around 4.5

hours on average to complete in a Windows 10 64-bit operating system with Intel Core i7

3.6 GHz processor and a 16 GB RAM, making it unsuitable for intra-operative applications.

Secondly, generating subject-specific simulations in this approach is more difficult than in

the motion capture-based method because the predicted motion depends on many subject-

specific parameters, such as muscle properties and optimization problem tuning, which may

necessitate a degree of proficiency in mathematics and physics. To address this issue, we

suggest creating a library of cost-functions associated with different patient conditions that

surgeons can select and use when performing predictive simulations. While this approach

may provide surgeons with general insights into how selected conditions might impact a

patient’s motion pattern, it is still challenging to use this method in a clinical setting to

generate subject-specific simulations [15].

Additionally, even though the techniques presented in the previous two chapters offer

an approach for determining the optimal patient-specific cup alignment based on implant

impingement and edge-loading, developing a comprehensive algorithm for determining opti-

mal cup orientation requires considering other factors such as bony impingement [100,206],
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implant wear [93], soft tissue management [207], and implant design choice [208]. Also,

to comprehensively evaluate the model, validation of the optimal cup alignment obtained

from the model against a gold standard measurement is necessary.
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Chapter 5

Optimal Knee Implant Positioning

Following Total Knee Arthroplasty

5.1 Introduction

Total Knee Arthroplasty (TKA), as explained in Section 1.2, is a surgical procedure that

aims to alleviate knee pain and improve mobility in patients with knee osteoarthritis.

Although TKA has been performed for several decades, the optimal positioning of knee

implants remains a challenge [141]. The proper placement of the femoral and tibial compo-

nents is essential for the success of the procedure and can significantly affect the long-term

outcomes of TKA [142]. Therefore, there is a need to develop reliable and efficient methods

to optimize the positioning of the knee implants.

In this chapter, the aim is to find the optimal knee implant positioning following TKA

based on predictive dynamic simulations. To achieve this goal, two knee models are used in

a co-simulation framework: a detailed volumetric contact model that includes the surround-

ing ligaments and has 12 degrees-of-freedom (DoF), and a simpler single-degree-of-freedom

equivalent kinematic (SEK) joint model. The former provides high-level details and can
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predict secondary kinematics (all five DoF apart from the flexion-extension motion), while

the latter has much less computational time, which is advantageous in optimization loops.

The experimental data used is described in Section 5.2, while the modifications made to

the original musculoskeletal model from Chapter 4 are discussed in Section 5.3. Section 5.4

presents the specifics of the two knee models. To calibrate the ligament parameters of the

model, the experimental data from the 4th Grand Challenge Competition [13] is utilized.

Additionally, the same dataset is utilized in Section 5.5 to validate the models, which ex-

hibit a good agreement with the experimental data. Section 5.6 outlines the three main

metrics employed in this study to assess the results of TKA: medial and lateral load distri-

bution, ligament balancing, and varus-valgus alignment. These factors are mathematically

quantified to better understand their impact on the outcome of TKA. In Section 5.7, the

effect and sensitivity of the placement of the femoral and tibial components on the three

aforementioned factors are investigated. Finally, in Section 5.8, these factors are utilized

to determine the optimal placement of the knee implant components, aiming to achieve de-

sired values for medial and lateral load distribution, ligament balancing, and varus-valgus

alignment concurrently.

5.2 Experimental Data

The data used in this chapter was obtained from a publicly accessible database for the 4th

Grand Challenge Competition Predicting In Vivo Knee Loads [13]. This is a standard-

ized dataset widely used by the scientific community to validate musculoskeletal models.

The database consists of Computed Tomography (CT) scans (pre- and post-op) of a male

subject (88 years old, 168 cm tall, and weighing 66.7 kg) who underwent a TKA due to pri-

mary osteoarthritis and received a telemetrically monitored TKA using the first-generation

eKnee tray design of standard size [209]. The database encompasses 3D geometric Stan-

dard Triangle Language (STL) representations of the lower right limb bones (pelvis, femur,

patella, tibia) and implant components, along with motion capture data of daily living
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movements, knee kinematics obtained from fluoroscopy images, Ground Reaction Forces

(GRF), and Electromyography (EMG) signals. Further information on this dataset can be

found in [13].

5.3 Musculoskeletal Model

The model of the musculoskeletal system detailed in Section 4.2 was utilized as the starting

point. The models segments were linearly scaled based on the subject’s height and mass.

Given the subject’s age of 88 years, and the knowledge that muscle strength decreases

by roughly 15% every decade after the age of 50 [210], the maximum isometric force for

each muscle in the model was adjusted using a scaling factor of 0.853 ≈ 0.6. As depicted

in Fig. 5.1, the model was also supplemented with six muscle-tendon units that were

responsible for knee joint flexion and extension. The following muscles were added to the

model to actuate the knee joint: rectus femoris, vastus medialis, vastus lateralis, vastus

intermedius, gastrocnemius medialis, and gastrocnemius lateralis.

5.4 Knee Implant Model

In this study, two knee implant models were established and utilized, the first being a com-

prehensive 12 degree-of-freedom (DoF) model incorporating the contact between femoral

and tibial implants, patellofemoral contact, and ligaments. The second model is a Single-

degree-of-freedom Equivalent Kinematic (SEK) representation of the knee joint. The first

model provides a higher level of detail and allows for the calculation of contact forces on

both the medial and lateral sides of the knee joint. On the other hand, the second model

is less computationally intensive and more efficient to simulate. Further information about

each model is given in the subsequent two subsections.
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rectus femoris

vastus medialis

vastus intermedius

vastus lateralis

gastrocnemius medialis

gastrocnemius lateralis

Figure 5.1: Muscles added to the musculoskeletal model to actuate the knee joint.

5.4.1 12 DoF Model

A 12 DoF knee joint model was created to predict the contact force on the medial and lateral

sides of the knee implant and to calculate the secondary movements of the knee joint, en-

compassing three translational movements (anterior/posterior, superior/inferior, and me-

dial/lateral) and two rotational movements (internal/external and abduction/adduction).

This model has 6 DoF for the motion of the femur relative to the tibia and 6 DoF for the

motion of the patella relative to the femur.

Ligament Modeling

As shown in Fig. 5.2, the following seven ligaments were included in the knee joint model:

medial collateral ligament (MCL), lateral collateral ligament (LCL), posterior capsule
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Figure 5.2: Ligaments included in the musculoskeletal model.

(CAP), posterior cruciate ligament (PCL), medial patellofemoral ligament (MPFL) and

lateral patellofemoral ligament (LPFL), and patellar ligament (PL). As the anterior cru-

ciate ligament (ACL) is sacrificed during TKA, it was not included in the model. Each

ligament was divided into separate bundles for a more detailed model. For the CAP,

these bundles include the arcuate (aCAP), popliteal lateral (lCAP), medial (mCAP), and

oblique popliteal (oCAP) bundles. The MCL was divided into anterior (aMCL), intermedi-

ate (iMCL), and posterior (pMCL) bundles. The LCL was divided into anterior (aLCL) and

posterior (pLCL) bundles. The LPFL was split into proximal (pLPFL), middle (mLPFL),

and distal (dLPFL) bundles, while the MPFL was divided into proximal (pMPFL), middle

(mMPFL), and distal (dMPFL) bundles. The PL was divided into medial (mPL), inter-

mediate (iPL), and lateral (lPL) bundles. Given the absence of ligament geometry data for

the test subject, the origins and insertions of the ligaments were estimated by referencing

the descriptions of bony landmarks associated with each ligament from various literature

sources [211–215].

The force exerted by each ligament bundle was calculated by representing it as a

tension-only spring element modeled as a straight line connecting the origin and inser-
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tion points [216]:

f =

⎧⎪⎪⎪⎪⎪⎪
⎨
⎪⎪⎪⎪⎪⎪⎩

k (ε − εL) , ε > 2εL

k
ε2

4εL
, 0 ≤ ε ≤ 2εL

0, ε < 0

(5.1)

ε =
l − l0
l0

(5.2)

where the variables in the equation include the ligament strain ε, the transition strain εL,

which has a value of 0.03 [217], the stiffness parameter k, which is expressed as the ratio of

force to strain, the actual length of the ligament l, and the slack length of the ligament l0.

Contact Modeling

The knee joint model with 12-DoF consists of two distinct joints. The first joint, with 6

degrees-of-freedom, is the tibiofemoral joint, which involves the articulation between the

medial and lateral condyles of the femur and the tibia. The second joint, also with 6-DoF,

is the patellofemoral joint where the patella articulates against the trochlear groove. As

shown in Fig. 5.3, two sphere-to-sphere compliant volumetric contact models [113,218] were

used to model the contact between the medial and lateral sides of the femoral component

and the medial and lateral sides of the tibial component. Additionally, two sphere-to-

sphere volumetric contact models were used to model the contact between the patella and

the trochlear groove on the femoral component.

The volumetric contact model yields the normal and tangential friction forces, obtained

respectively as [113,218]:

Fn = kvV (1 + aV ∣vcn∣) n̂ (5.3)

Ft = ∣Fn∣µ (∣vct∣)
vct

∣vct∣
(5.4)

The variables in the equations are as follows: V represents the volume of penetration,

vcn and vct denote the relative normal and tangential velocity of the centroid, C, of the

penetration volume, respectively. Fn and Ft act at C. Additionally, the volumetric stiffness
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SLTP & SMTP

SLFC & SMFC

SP

SLTP SMTP

SLFC

SMFC

Sagittal view Coronal view

SLTG & SMTG

Contact Contact

Figure 5.3: Contact model of the knee implant. The figure displays various contact spheres,

each indicated by a circle. Specifically, SLFC and SMFC mark the lateral and medial

condyles at the femur, SLTP and SMTP denote the lateral and medial tibial plateaus, and

SLTG and SMTG represent the lateral and medial trochlear grooves. Additionally, the sphere

that stands for the patellar button is identified as SP .

kv is set to 2×109 N/m3 [113], and the damping coefficient aV is set to −0.1 s/m to reduce

high-frequency responses. Moreover, the ratio of friction to normal force, µ(v), is defined

as:

µ (v) = µd tanh(
4v

vt
) + (µs − µd)

v
vt

(( v
2vt
)
2
+ 3

4)
2 (5.5)

We used a static and dynamic frictional coefficient of µs = 0.04 and µd = 0.01, respectively,

for the patellofemoral and tibiofemoral contact in our model, which is consistent with

previous studies [110, 133] that have reported good agreement with experimental data

using these values. Also, a value of 0.005 m/s was assigned to vt, which represents the

transition velocity from sticking to sliding.
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Figure 5.4: The relative motion of different parts of the knee joint.

5.4.2 Single-DoF Equivalent Kinematic (SEK) Model

A Single-Degree-of-Freedom Equivalent Kinematic (SEK) joint is a mechanism that de-

scribes the kinematics of a complex 1-DoF system that experiences both translational and

rotational displacements with respect to a single independent variable. SEK joints are

utilized in various studies to simplify intricate systems, such as car suspensions, for quicker

simulation times [219].

In this study, the motion of the knee joint is described using two SEK joints as a function

of the knee flexion angle: (1) tibiofemoral joint, which represents the movement of the femur

relative to the tibia and includes three translations (anterior-posterior, medial-lateral, and

superior-inferior) and two rotations (internal-external and abductin-adduction), and (2)

patellofemoral joint, which represents the movement of the patella relative to the femur:

⎡
⎢
⎢
⎢
⎢
⎣

F rP /F
θP /F

⎤
⎥
⎥
⎥
⎥
⎦

=ΨP /F (θFlexion) (5.6)
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⎡
⎢
⎢
⎢
⎢
⎣

T rF /T
θF /T

⎤
⎥
⎥
⎥
⎥
⎦

=ΨF /T (θFlexion) (5.7)

Here, as shown in Fig. 5.4, F rP /F and T rF /T denote the positions of the patella relative

to the femur in the femur coordinate frame and the femur relative to the tibia in the

tibia coordinate frame, respectively. θP /F and θF /T are column matrices containing the

rotation angles of the patella relative to the femur and the femur relative to the tibia in the

body-fixed xyz -Euler angle convention. ΨP /F and ΨF /T are each a 6 by 1 column matrix

containing six spline functions for the corresponding SEK joint expressed in terms of the

knee flexion angle.

Compared to the common method of utilizing an ideal revolute joint to model the

knee joint, the SEK joint provides more accurate kinematics without increasing simulation

time. While this knee model is faster to simulate compared to the 12-DoF model, it cannot

determine medial and lateral contact forces or account for the impact of varying loads on

knee kinematics due to its limited 1-DoF.

5.4.3 Co-simulation Between SEK Model and Contact Model

The knee models created in this research, specifically the SEK model and the volumetric

contact model, each possess their own pros and cons. The volumetric contact model’s

strength lies in its ability to forecast contact forces and secondary knee joint kinematics

based on external loads and muscle forces. However, due to the presence of high stiffness

contact parameters, it necessitates small simulation time steps and is unsuitable for sce-

narios requiring a high number of iterative simulations, such as optimization problems.

Conversely, the SEK model is a kinematically-based model with fast computation, but it

cannot predict secondary movements and contact forces since these movements are pre-

determined as a function of the knee joint flexion angle.

Figure 5.5 illustrates the combined use of these two models to capitalize on their re-

spective benefits. The SEK joint model, with initially predefined functions ΨP /F and
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cross-section of the 
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Secondary 
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knee jointUpdate the SEK 

joint

Musculoskeletal Model with 

SEK joint
Knee Contact Model

Figure 5.5: The co-simulation framework.

ΨF /T , is employed in the musculoskeletal model, where the muscle forces and reaction

forces and moments at the femur’s distal cross-section are determined. These forces are

then applied to the volumetric knee contact model, where the knee flexion angle is the

only knee DoF derived from the musculoskeletal simulation result. The remaining 11 DoFs

(5 tibiofemoral and 6 patellofemoral) are calculated under the influence of external loads,

muscle, ligament, and contact forces for the entire movement. Subsequently, the calculated

secondary kinematics are utilized to update the SEK joint model (ΨP /F and ΨF /T ), and

this cycle continues until the SEK joint and contact model converge. It is important to

note that the convergence of this process is typically fast (usually after two iterations) due

to the insignificant impact of the knee joint’s secondary motions on the overall dynamic

performance of the musculoskeletal model.
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Figure 5.6: The assembled patient-specific CAD model of the lower limbs and knee im-

plant [13].

5.5 Model Calibration and Validation

Considering that knee models are highly sensitive to the slack lengths or positions of liga-

ments due to their significant stiffness [220], this section focuses on calibrating the ligament

slack lengths by minimizing discrepancies between the knee contact force magnitude at each

condyle, specifically the medial and lateral sides, as determined by the model and the ex-

perimental data from the 4th Grand Challenge Competition gathered during a sit-to-stand

motion. Initially, as illustrated in Fig. 5.6, the tibial and femoral components of the knee

implant are positioned according to the post-operative CAD files present in the dataset [13],

which were acquired from the patient’s CT scans following TKA surgery. Subsequently, us-
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Figure 5.7: The comparison between predicted and experimental joint angles for sit-to-

stand motion. (a) Ankle flexion. (b) Knee flexion. (c) Hip flexion. (d) Lumbar flexion.

ing the approach described in Section 4.3, an optimal control-based sit-to-stand movement

is predicted to match the experimental joint angles and normal foot-ground contact force

of the patient during four sit-to-stand motions referred to as “jw chairrise1”. To achieve

this parameter identification, the cost function presented in Section 4.3 for predicting sit-

to-stand motion (J1 denotes the cost prior to lift-off, while J2 represents the cost after

lift-off) was modified as follows:

J1 = ∥a(t)∥
2
+a (θ̇Ankle(t)

2
+ θ̇Knee(t)

2
)+b∥θ(t) − θExp(t)∥

2
+c(

FGF (t) − FGF,Exp(t)

W
)

2

(5.8)
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Figure 5.8: The comparison between predicted and experimental normalized foot-ground

contact force.

J2 = ∥a(t)∥
2
+ b∥θ(t) − θExp(t)∥

2
+ c(

FGF (t) − FGF,Exp(t)

W
)

2

(5.9)

where, θ and θExp represent the predicted and average experimental joint angles, respec-

tively, while FGF and FGF,Exp denote the predicted and average experimental normal foot-

ground contact forces, respectively. As in the simulations conducted in Section 4.3, the

value of a was set to 1.7 (s/rad)2. The values of b and c were set to (36/π 1
rad
)
2
and 400,

respectively. This implies that the cost of a 5-degree error between the experimental and

predicted joint angle and a 5% error between the predicted and experimental normal foot

contact force, normalized to body weight (W ), is equal to the cost of full muscle activation,

which is 1.

Figure 5.7 presents a comparison between the experimental and the predicted joint

angles, while Fig. 5.8 shows a comparison between the normalized predicted foot-ground
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Figure 5.9: Comparison between the predicted and experimental normalized medial and

lateral tibiofemoral contact forces.

contact force and the corresponding experimental data. In general, there is good corre-

spondence between the predicted outcomes and the actual measurements, both in terms of

their magnitude and overall pattern, especially after the moment when the buttocks lose

contact with the chair (referred to as the moment of lift-off). Specifically, the root mean

square error (RMSE) between the model and experimental data is approximately 8.7%

of the body weight, and the Pearson correlation coefficient is approximately 0.88. One

possible reason for the discrepancy between the model and experimental data could be the

assumption of left-right symmetry in the model, whereas in reality, the GRF on the left

and right sides may not be equal. In fact, upon examining the experimental data, it was

observed that, on average, the GRF on the left side is higher than that on the right side.

This limitation of the model is further discussed in the Conclusion chapter, specifically in

Section 6.2.

It is noteworthy that the experimental data exhibits a sudden alteration in the angle of

the lumbar joint just prior to the chair lift-off point. This was not observed in a previous
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experimental study [190], nor did the model in this study replicate the lumbar joint angle

pattern before lift-off, as indicated by Fig. 5.7 (d). This issue may be resolved with a more

detailed spine model. However, given that the maximum error in lumbar flexion is less

than 4 degrees, this discrepancy is unlikely to significantly impact the analysis of the knee

joint as long as the predicted foot-ground contact force and lower limb joint angles are

reasonably accurate.

To determine the subject-specific slack length of ligaments, the following optimiza-

tion problem is solved by minimizing the error between experimental measurements and

calculated contact forces on both the medial and lateral sides of the knee:

min
l0
(1),⋯,l0(n)

∫ [(FMed,Model − FMed,Exp)
2
+ (FLat,Model − FLat,Exp)

2
]dt

s.t.

RRRRRRRRRRRR

l0
(i)

l
(i)
0,nom

− 1

RRRRRRRRRRRR

≤ 0.1 for i = 1,⋯, n

(5.10)

where FMed,Model and FLat,Model are respectively the magnitudes of the medial and lateral

knee contact forces obtained from the model, and FMed,Exp and FLat,Exp are respectively

the average medial and lateral contact forces obtained from the experimental data across

all trials. To ensure realistic results, the change in ligament slack length was constrained

to 10% of the original length. The nominal value of the ligament slack length, l
(i)
0,nom,

was taken from the literature [221–225]. The stiffness of each ligament, along with the

optimized values of the slack lengths, can be found in Table 5.1. Figure 5.9 presents

the comparison between the predicted and experimental medial and lateral tibiofemoral

contact forces using the optimized ligament parameters.

5.5.1 Secondary Kinematics

Figures 5.10 and 5.11 respectively illustrate a comparison between the predicted secondary

knee kinematics and trajectories of contact points on the medial and lateral sides with

those derived from fluoroscopy measurements in the 4th grand challenge dataset. Overall,
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Table 5.1: Mechanical properties of the implemented ligaments. Stiffness is quantified in

Newtons per unit strain.

Ligament Stiffness(N) Slack length (mm) Ligament Stiffness(N) Slack length (mm)

aPCL 2600 44.2 pMCL 2500 57.2

pPCL 1900 40.56 pMPFL 140 48.2

aLCL 2000 63.7 mMPFL 140 50.7

pLCL 2000 65.2 dMPFL 140 48.3

CAPa 1350 72.8 pLPFL 140 47.4

CAPl 2000 46.8 mLPFL 140 48.8

CAPo 1500 78 dLPFL 140 47.3

CAPm 2000 46.8 lPL 58,000 98.6

aMCL 2500 100.1 iPL 58,000 95.8

iMCL 3000 106.6 mPL 58,000 97.8

the predicted secondary kinematic motion corresponds well with the actual measurements,

as shown in Table 5.2 through evaluation metrics including RMSE and Pearson correlation

coefficient (r). The largest difference between the experimental and predicted motion

pattern is observed around the lift-off instance, which occurs at approximately 95 degrees

of knee flexion angle. The experimental data indicates medial translation of the joint as

the knee extends while the simulation predicts lateral translation. This difference is also

noticeable in the predicted trajectory of center of pressure (see Fig. 5.11) on the lateral side

during high knee flexion angles. Nevertheless, there is generally a good agreement between

the results obtained from the knee joint model and the experimental measurements.

5.6 Factors Influencing the Result of TKA

The literature contains a debate regarding the optimal placement of implants in TKA,

and there is a lack of consensus on what constitutes a balanced knee replacement [10,141,
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Figure 5.10: The comparison between predicted and measured secondary kinematics of

the knee joint over sit-to-stand motion. (a) Anterior/Posterior (A/P) translation. (b)

Superior/Inferior (S/I) translation. (c) Medial/Lateral (M/L) Translation. (d) Inter-

nal/External (I/E) rotation. (e) Abduction/Addiction (A/A) rotation.

Table 5.2: The correspondence between predicted and measured secondary knee kinematics

during sit-to-stand.

Evaluation Metric
Traslational Rotational

A/P S/I M/L I/E A/A

RMSE 1.77 mm 0.42 mm 0.62 mm 1.9 deg 0.14 deg

Pearson Correlation Coeff. (r) 0.997 0.995 0.821 0.965 0.890
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Figure 5.11: The comparison between predicted and experimental center of pressure on

tibial insert. The colormap indicates the knee flexion angle. The lines connect the centers

of pressure on the medial and lateral sides at each moment.

142]. Nonetheless, after examining the literature, three primary factors emerge as having

a significant impact on the outcome of TKA [226–229]: (1) achieving a balance in the

load distribution between the medial and lateral compartments, (2) properly balancing

and tensioning the medial and lateral ligaments, and (3) attaining proper valgus/varus

alignment. Subsequent sections will delve deeper into each of these factors and introduce

a suitable mathematical index for each factor, which will later assist in determining the

optimal placement of knee implants.

5.6.1 Medial and Lateral Load Distribution

The natural healthy knee typically has a mechanical axis (an imaginary line from the center

of the femoral head to the center of the ankle joint) that is situated closer to the medial

side of the knee joint, resulting in greater normal force on the medial compartment [230].

However, for TKA, some sources suggest that implant positioning should be adjusted to

prevent excessive loading on the medial compartment, which could result in uneven wear

and premature failure [145, 231]. To assess the balance of load distribution between the
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medial and lateral compartments, the following index was developed in this study:

ILD = ln(
FMed

FLat

) (5.11)

where as defined in Eq. (5.10), FMed and FLat are respectively the magnitudes of the

medial and lateral knee contact forces. By utilizing this Load Distribution (LD) index1,

it is possible to determine the optimal placement of knee implants that will result in a

desired load distribution. This is achieved by minimizing the following cost function:

CLD = (ILD − I
∗
LD)

2
(5.12)

where I∗LD represents the desired proportion of force between the medial and lateral com-

partments. For instance, I∗LD = 0 signifies an equal distribution of load between the medial

and lateral sides.

5.6.2 Ligament Balancing

Achieving balanced tension of the medial and lateral ligaments is crucial in TKA, as im-

balanced ligament tension can lead to joint instability and stiffness, which are among the

primary causes for revision TKA [228, 232]. One commonly used technique to attain bal-

anced tension of ligaments on both sides of the knee joint is gap-balancing [233]. This

method involves making a tibial bone cut first, followed by applying symmetrical tension

to the joint line in both extension and 90 flexion using a ligament tensor, knee balancer, or

laminar spreaders [141]. The femoral component is then positioned to achieve equal and

symmetrical medial and lateral gaps in both flexion and extension.

However, gap-balancing has a significant drawback in that it only evaluates and bal-

ances tension at 0 and 90 flexion angles, failing to account for the entire range of motion.

Consequently, this method may result in mid-flexion instability [234, 235]. Furthermore,

1The logarithmic function was employed to achieve a symmetrical outcome for FMed/FLat and its

inverse.

96



y

z
,Lig if

,Lig i−f

,Lig ir

AdductionAbduction

( ), , ,
ˆ

Lig i Lig i Lig iM =  r f i

ith Ligamentx

Figure 5.12: The ith ligament force’s moment with respect to the anteroposterior axis (in

the direction of the x -axis).

the goal of gap-balancing contradicts the ligament balance in the natural knee, as evidenced

by cadaveric research [236]. The native knee possesses an inherently relaxed LCL relative

to the MCL, which contrasts with the proposed symmetrical medial-lateral balance in a

TKA. Additionally, there is more rollback of the lateral femoral condyle than the medial,

with internal rotation of the tibia in flexion, as opposed to the rectangular tibiofemoral

flexion gap in a TKA. To evaluate ligament balance, this study introduced the following

index:

ILB = ln(
∑ ∣MLig,i∣ +MLig,i

∑ ∣MLig,i∣ −MLig,i

) (5.13)

where, as shown in Fig. 5.12, MLig,i = (rLig,i × fLig,i) ⋅ î is the moment produced by the force

of the ith ligament around the anteroposterior axis (x -axis in Fig. 5.12), which passes

through the center of the tibial component. It’s worth noting that the fraction inside the

ln(⋅) function in Eq. (5.13) has the numerator and denominator as the sum of the knee

abduction and adduction moments generated by the ligament forces. Therefore, when the

medial and lateral ligaments are perfectly balanced, ILB becomes zero. Using this Ligament

Balance (LB) index, it is possible to optimize the positioning of the knee implant to achieve
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a specific target for ILB by minimizing the following cost function:

CLB = (ILB − I
∗
LB)

2
(5.14)

where the value of I∗LB determines the desired level of medial-lateral ligament laxity: a

value of I∗LB = 0 results in symmetrical laxity, while I∗LB > 0 leads to a looser LCL relative

to the MCL, and conversely, a value of I∗LB < 0 results in a looser MCL compared to the

LCL.

5.6.3 Varus/Valgus Alignment

The angle between the mechanical axis of the femur and the tibia, projected into the

coronal plane, is referred to as the valgus/varus angle. The formula to calculate this angle

for the right knee joint is given as follows, as depicted in Fig. 5.13:

αV V = arcsin ((K̂H × ÂK) ⋅ î) (5.15)

where αV V represents the varus/valgus angle, and K̂H and ÂK are unit vectors along the

femoral and tibial mechanical axis, respectively. A positive value of αV V indicates varus

alignment, while a negative value indicates valgus alignment.

In recent years, there has been increasing attention on alignment in TKA as a means of

improving patient satisfaction [143]. Various alignment philosophies have been proposed,

which can be broadly categorized into three main groups [237]: (1) Mechanical alignment

(MA), which aims to position the femoral and tibial components perpendicular to the

mechanical axis of each bone, thus aligning their mechanical axes [145]; (2) Kinematic

alignment (KA), which seeks to maintain the natural alignment of the limb [238]; and (3)

Hybrid alignment approaches, which aim to preserve the native coronal alignment within

a safe varus/valgus range of −3○ < αV V < 3○. Some studies have suggested that the KA

technique results in greater range of motion and higher rates of post-operative satisfaction

in TKA compared to MA [150], while other research has found similar outcomes for both

techniques [151]. Given the lack of a definitive agreement on which alignment method
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produces better results, we have included varus/valgus alignment angle as a parameter in

our optimization problem, which will be elaborated on in Section 5.8.

5.7 The Effect of Implant Placement

This section investigates the impact of the placement of femoral and tibial components

of the knee implant on load distribution, ligament balance, and varus/valgus angle. To

assess this, we made slight translational (1 mm) and rotational (3 degrees) modifications

to the placement of the original components in three distinct directions (see Fig. 5.14).
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Figure 5.14: Variables involved in the placement of femoral and tibial implants. The lateral

and medial distal femur planes (LDF and MDF) are tangent to the most distal parts of the

femoral implant, and the lateral and medial posterior femur planes (LPF and MPF) are

tangent to the most posterior parts of the femoral implant. The lateral and medial tibia

planes (LT and MT) are tangent to the lateral and medial tibial plateau.

We then compared the resulting values of ILD, ILB, and αV V with their original values by

performing predictive sit-to-stand simulations and utilizing the co-simulation framework

introduced in section 5.4.3.

5.7.1 Femoral Component

Figures 5.15 and 5.16 present the effects of altering the translational and rotational place-

ment of the femoral implant, respectively. Upon examining Fig. 5.15, it is apparent that

altering the translational placement of the femoral component (FC) has an insignificant

effect on the varus/valgus angle. Additionally, no significant changes in the outcomes were

observed for medial-lateral translations.

Examining the first column of Fig. 5.15 reveals that the anterior-posterior (A-P) trans-
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Figure 5.15: Effect of translational displacement of femoral component on the outcome of

TKA: ILD (a, b, and c), ILB (d, e, and f), and αV V (g, h, and i).

lation of the FC does not produce a significant impact on the outcomes when the knee is

completely extended. However, in mid and high knee flexion, anterior translation of the

FC decreases the values of ILD and ILB. The underlying reason for this can be understood

by analyzing the effects of A-P translation of the FC on the LDF, MDF, LPF, and MPF

planes depicted in Fig. 5.14. A-P translation does not change the LDF and MDF but rather

shifts the LPF and MPF in an A-P direction relative to the femur. Thus, when the knee

is fully extended, there is no considerable change in the outcomes as the LDF and MDF

are in contact with the tibial component. However, as the angle of knee flexion increases,
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the impact of the shift on the LPF and MPF planes becomes more evident. The anterior

displacement of LPF and MPF reduces the distance between the attachment points of the

medial and lateral ligaments, resulting in a decrease in tension for both ligaments. How-

ever, due to the medial ligaments being stiffer, the decrease in force on the medial side is

greater than that on the lateral side for an equal displacement. This explains why there

is a reduction in ILD and ILB with the anterior displacement of the FC in mid and high

flexions.

The second column of Fig. 5.15 displays the impact of superior-inferior (S-I) translation

of the FC. When comparing the first and second columns of Fig. 5.15, we can observe that

the effect of S-I translation is opposite to that of A-P translation. Unlike A-P translation,

the effect of S-I translation is significant in low knee flexions but becomes insignificant in

high knee flexions. This is due to the effects of S-I translation on the LDF, MDF, LPF, and

MPF planes (see Fig. 5.14). S-I translation of the FC does not alter the position of the LPF

and MPF planes, but it shifts the LDF and MDF equally in the S-I direction. The superior

shift of FC relative to the femur reduces the distance between the attachment points of the

medial and lateral ligaments in low knee flexions, causing a decrease in tension for both

ligaments. However, since the medial ligaments are stiffer than the lateral ligaments, the

decrease in laxity is greater for the medial ligaments.

The impact of abduction-adduction (A-A) rotation on load distribution, ligament bal-

ance, and varus-valgus alignment in the knee joint is depicted in the first column of

Fig. 5.16. As illustrated in Fig. 5.14, abduction rotation shifts the MDF plane upwards

and the LDF downwards. This implies that the attachment points of the medial ligaments

move closer together while those of the lateral ligaments move further apart for low and

mid-flexion angles. Consequently, the medial side becomes looser while the lateral side

becomes stiffer, which is evident in Fig. 5.16 (d). However, the effect on ligament laxity

in higher knee flexions is insignificant since A-A rotation does not shift the LPF and MPF

planes. Moreover, A-A rotation has a considerable influence on the varus-valgus angle.

Rotating the FC about the x -axis (abduction) results in increased varus, which means the

femur head moves towards the medial side, shifting the load on the knee joint towards the
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Figure 5.16: Effect of rotational displacement of femoral component on the outcome of

TKA.

medial side. The combination of changes in the varus-valgus angle and ligament balance

leads to a lower value of ILD in low knee flexions (due to higher laxity of the medial side

and stiffer lateral side) and a higher value of ILD in high knee flexions because of the

medial shift of the load caused by more varus alignment.

According to Fig. 5.14, internal rotation moves the MPF plane towards the back and the

LPF in the forward direction (with respect to the femur). This means that, for high knee

flexion angles, the attachment points of the medial ligaments move farther apart while

those of the lateral ligaments move closer together. This makes the medial side stiffer
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and the lateral side looser (higher ILB), as seen in Fig. 5.16 (e). However, the effect on

ligament laxity in lower knee flexions is not significant since I-E rotation does not shift the

LDF and MDF planes. Additionally, unlike A-A rotation, I-E rotation does not produce

a substantial change in the varus-valgus angle. Consequently, for high knee flexion angles,

due to the higher laxity of the lateral side and the stiffer medial side, the values of ILD are

higher.

5.7.2 Tibial Component

Figures 5.17 and 5.18 depict the effects of changing the translational and rotational place-

ment of the tibial implant, respectively. From Fig. 5.17, it is evident that varying the tibial

component (TC) placement in the A-P and L-M directions has an insignificant effect on

the outcomes. Also, similar to the results obtained for the FC, none of the translational

displacements of TC have a significant impact on the varus-valgus alignment.

When the TC is translated superiorly, both LT and MT planes (see Fig. 5.14) move

upward by an equal amount, resulting in an increased distance between the attachment

points of the medial and lateral ligaments throughout the full range of motion of the knee.

Consequently, the tension in both medial and lateral ligaments increases. However, due

to the medial ligaments’ greater stiffness, the additional force on the medial side increases

more than the lateral ligaments, resulting in an increase in both ILD and ILB, as indicated

in Fig. 5.17.

The first column of Fig. 5.18 demonstrates the effects of abduction-adduction (A-A)

rotation of the TC on load distribution, ligament balance, and varus-valgus alignment in

the knee joint. According to Fig. 5.14, abduction rotation shifts the MT plane upwards

and the LDF downwards, causing the attachment points of the lateral ligaments to move

closer together and those of the medial ligaments to move further apart throughout the

full range of motion of the knee joint. This, in turn, causes the lateral side to become

looser and the medial side to become stiffer, which is clearly visible in the second row of

the first column in Fig. 5.18. Additionally, A-A rotation of the TC significantly affects the
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Figure 5.17: Effect of translational displacement of tibial component on the outcome of

TKA.

varus-valgus angle during the low and mid-knee flexion of the knee joint. Rotating the TC

about the x -axis (abduction) increases valgus, moving the femur head towards the lateral

side, and shifting the load on the knee joint to the lateral side. However, the change in

the ligament balance overrides the load shift, and we can observe higher medial load after

abduction rotation of the TC in Fig. 5.18 (a).

Regarding the I-E rotation of the TC, as shown in the second column of Fig. 5.18, there

is no significant change in the ligament balance. However, internal rotation of the TC leads
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Figure 5.18: Effect of rotational displacement of tibial component on the outcome of TKA.

to an increase in the valgus alignment of the knee at mid and high knee flexions. This leads

to a displacement of the femoral head towards the lateral side, causing a corresponding

shift in the load distribution of the knee joint towards that side. This shift is evident from

the decrease in ILD for mid and high knee flexions. The sole significant impact of flexion-

extension(F-E) rotation of TC is observable in the ligament balance during the knee joint’s

mid-to-high flexion. An increase in TC rotation in flexion causes greater looseness on the

medial side than the lateral side.

Figure 5.19 provides a summary of the impact of modifications in the placement of the
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Figure 5.19: The effects resulting from the changes made in the placement of the Femoral

and Tibial components (1 mm translational and 3 degree rotational) on ILD, ILB, and

αV V . The mid-flexion interval is defined as the range of knee flexion angles from 30 to 60

degrees, while angles below and above this range are respectively classified as low and high

knee flexions. The vertical axis shows the average changes in the corresponding interval.
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femoral and tibial components. The effects of these changes are presented in three distinct

categories based on the degree of knee flexion, namely low, mid, and high.

5.8 Optimal Placement of the Knee Implant

This section describes the method used to optimize the placement of knee implants by

considering three key factors explained in Section 5.6, namely load distribution between

medial and lateral sides, the balance of medial and lateral ligaments, and varus-valgus

alignment. Prior to delving into the details of the method, an evaluation of the current

knee implant’s performance with regard to these factors is necessary. Figure 5.20 depicts

the results obtained from the original placement of the knee implant (see Fig. 5.6), as

represented by bold black lines. The figure shows that the original placement of the knee

joint has achieved a relatively balanced distribution of medial and lateral loads and ligament

laxity at both low and high flexion angles. However, during mid-flexion angles, both ILD

and ILB exhibit high values, indicating an imbalanced load and laxity of the medial-lateral

ligament. It is noteworthy that the literature indicates that the gap balancing technique

used in implant placement usually leads to a balanced knee joint in knee extension and

high flexion angles but may cause imbalanced ligament laxity during mid-flexion, resulting

in mid-flexion instability [234,235]. This is consistent with the results here.

To identify the optimal location for implant placement, a cost function is defined based

on the the disparity between ILD, ILB, and αV V values and their desired values, and

then minimizing it through adjustments in FC and TC placement. This can be expressed

as the optimization problem shown below, where the cost function is formulated as the

integral of the squared differences between each factor’s value and its ideal value, with the

weighting factors of wLD, wLB, and wV V reflecting their respective levels of importance.

Additionally, there is a regularization term aimed at minimizing the modifications to the

108



initial placement.

argmin
XTibia,XFemur

tf

∫
0

wLD(ILD − I
∗
LD)

2
+wLB(ILB − I

∗
LB)

2
+wV V (αV V − α

∗
V V )

2
+ ∥X ∥2

Subject to:

XMin ≤X ≤XMax

(5.16)

where X = [XFemur;XT ibia] is defined as the concatenation of two matrices: XFemur, rep-

resenting the modifications made to the femoral component, and XT ibia, representing the

modifications made to the tibial component, both in terms of their 6-DoFs (as depicted

in Fig. 5.14). These changes collectively describe the displacement of the knee implants

from their original positions. In Eq. (5.16), the translational displacements are written in

millimeters, and angular displacements are written in degrees.

The results of the knee implant placement optimization and the corresponding effects

on ILD, ILB, and αV V for four distinct weighting factor combinations are presented in

Table 5.3 and Fig. 5.20.

Optimization #1: The first optimization involves setting the weighting factors for lig-

ament balance and varus-valgus alignment to zero, such that the optimal placement of

the implant is determined solely by minimizing the error between the load distribution of

the medial and lateral sides and a desired value of equal load distribution, i.e., I∗LD = 0.

The optimal solution, as shown in Table 5.3, involves a combination of posterior and su-

perior translation and abduction and external rotation for the femoral component, and

inferior translation and adduction and internal rotation for the tibial component. These

adjustments are consistent with the effects each individual displacement has on the load

distribution, as illustrated in Fig. 5.19.

The findings presented in Fig. 5.20 reveal that the optimal solution effectively dis-

tributes loads almost equally between the medial and lateral sides throughout the motion.

It is worth mentioning that ligament balance was not considered a cost in this optimization,
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Figure 5.20: The results of the optimal placement of the knee implant.
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Table 5.3: Optimal displacement of the knee implant for different weighting values. The

displacement was constrained within a limit of ±2 mm for linear displacement and ±3

degrees for angular displacement.

Optimization # Weights Component
Displacement

Translational (mm)

[A/P S-I L-M]

Rotational (deg)

[A-A I-E F-E]

1 [4 0 0]
Femoral [−1.6 1.3 0] [3 −3 0]

Tibial [0 −0.9 0] [−2.5 2.6 0]

2 [0 4 0]
Femoral [−1 −0.5 0] [3 −3 0]

Tibial [0 1.4 0] [−2 0 0]

3 [0 0 1]
Femoral [0 0 0] [−2.6 −2.8 0]

Tibial [0 0 0] [−3 3 0]

4 [4 4 1]
Femoral [−0.4 0 0] [−1 −3 0]

Tibial [0 0 0] [−3 3 0]

yet the optimal solution demonstrates a more balanced ligament due to its direct impact

on load distribution. Moreover, the results indicate a rise in valgus alignment, as expected

because increasing valgus leads to a shift in the load from medial to lateral side.

Optimization #2: The second optimization aims to determine the optimal position of

the components by solely focusing on achieving a ligament balance index of zero. Table 5.3

shows that the optimal solution requires a combination of posterior and inferior translation,

abduction and external rotation for the femoral component, and superior translation and

adduction rotation for the tibial component. The results depicted in Fig. 5.20 indicate that

the optimal solution effectively achieves a balanced ligament tension. Also, even though
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load distribution balance was not considered in the cost function in this optimization, we

still observe a more even load distribution compared to the original results, indicating a

direct correlation between load distribution and ligament balance.

Optimization #3: The objective of the third optimization is to find the optimal com-

ponent position that maintains a zero varus-valgus alignment. According to Table 5.3,

this can be accomplished by pure rotational displacements from the original implant place-

ment. This involves adduction rotations for both implants, with internal rotation for the

femoral component and external rotation for the tibial component. The results presented

in Fig. 5.20 demonstrate that the optimal solution successfully achieves excellent mechan-

ical alignment by keeping the varus-valgus angle close to zero. Furthermore, as shown in

Fig. 5.20 (a), preventing the knee joint from becoming varus, which is typical for a healthy

natural knee [230], causes a significant shift in the load distribution to the lateral side

during high knee flexions.

Optimization #4: The fourth optimization integrates the goals of the previous three

optimizations by considering all three factors examined in this study, namely load distri-

bution, ligament balance, and varus-valgus alignment, to determine the optimal position

of the implant components. As illustrated in Table 5.3, the optimal solution requires a

combination of posterior translation and adduction and external rotation for the femoral

component, and adduction and internal rotation for the tibial component. The results

presented in Fig. 5.20 indicate a well-balanced trade-off between the three factors.

It is important to emphasize that the optimization outcomes presented in this study are

purely for demonstration purposes to showcase the ability of this approach to achieve a

specific set of desired characteristics, namely ligament balance, load distribution, or varus-

valgus alignment. It is worth noting that the optimal knee placement may vary based on

the specific preferences and needs of each patient. As the literature is still divided on the

ideal outcome for TKA, we do not suggest that an equal medial-lateral load distribution or
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ligament laxity is the best alignment. Nevertheless, the optimization method introduced

in this study can serve as a useful tool for surgeons to tailor the placement of the knee

components according to their preferred attributes.

5.9 Conclusion

This chapter presented a novel approach to finding the optimal placement of knee implants

that takes into account three important factors: load distribution, ligament balance, and

varus-valgus alignment. The quantitative values obtained by formulating these factors

mathematically enable the calculation of their impact on the outcome. Moreover, this is

the first study to optimize the placement of knee implants systematically by simultaneously

taking into account multiple factors based on user-defined desired values. The study also

highlighted the effects of changes to the placement of femoral and tibial components on

the outcome. However, it is important to note that this study does not cover all factors

that affect the satisfactory outcome of TKA, such as patella tracking, which is a limitation

of this work. Overall, this approach can help improve the outcomes of knee arthroplasty

and serve as a valuable tool for surgeons in planning and performing this procedure.
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Chapter 6

Conclusion

The primary goal of this thesis was to employ predictive computational musculoskeletal

simulations to investigate how subject-specific conditions influence the optimal placement

of hip and knee implants for total hip arthroplasty (THA) and total knee arthroplasty

(TKA). This chapter presents an overview of the thesis’s key findings and contributions,

along with suggestions for future research that take into account the limitations of this

study.

6.1 Summery of Results and Contributions

In Chapter 3, we introduced an inverse dynamics-based method for achieving the optimal

alignment of the acetabular cup in THA. This approach utilized motion capture data from

a subject and estimated ground reaction forces in double stance postures, eliminating the

need for force plate measurements. To quantify the distance from implant impingement

and edge-loading, we introduced two indices: Angular Impingement and Edge-loading

Distance (AID and AED). We proposed three different optimization criteria to obtain the

optimal cup alignment, considering both impingement and edge-loading simultaneously.

The results revealed the importance of incorporating various types of movements when
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calculating the optimal cup alignment, as relying solely on a specific movement, such as

sit-to-stand, may lead to sub-optimal or even risky cup alignment for other movements.

Furthermore, we demonstrated the significance of considering both impingement and edge-

loading, as focusing solely on impingement may increase the risk of edge-loading, and vice

versa. Additionally, we examined the impact of pelvic tilt on the optimal cup alignment

and found that a 1○ change in pelvic tilt resulted in a 0.72○ alteration in the anteversion

and a 0.19○ shift in the inclination angle for optimal cup orientation. These findings align

with previous studies investigating the effect of pelvic tilt on optimal cup alignment.

The objective of Chapter 4 was to address the limitations of the method proposed in

Chapter 3, which relied on experimental motion capture data. Instead, we utilized pre-

dictive simulations to synthesize sit-to-stand and stooping down movements across various

patient conditions, including hip and knee pain as well as lumbar fusion. This approach

allowed us to investigate how these conditions impact optimal cup alignment without the

need for experimental data. The results obtained from the predictive simulations revealed

intriguing connections between the presence of hip and knee joint pain and the risk of hip

dislocation, which had not been reported previously. Notably, it was observed that knee

pain could modify the sit-to-stand movement in a way that increased the hip’s susceptibility

to dislocation.

In Chapter 5, we presented two models for knee implants. The initial model was a com-

prehensive representation with 12 degrees of freedom (DoF), encompassing the volumetric

contact model for the femoral and tibial implants, as well as the patellofemoral contact.

The second model utilized a Single-DoF Equivalent Kinematic (SEK) approach for the

knee joint. To simulate our models, we proposed a co-simulation framework that combined

both knee models. We calibrated and validated the knee model using data specific to in-

dividual patients. Additionally, we introduced three quantitative measures to assess the

optimal positioning of the implants based on three criteria: distribution of load between

the medial and lateral sides, balance of ligaments, and alignment of varus/valgus angles.

We analyzed the sensitivity of these three measures to changes in implant positioning to

gain insights into how different modifications affect the results. The predicted medial and
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lateral load on the knee and the secondary kinematics of the knee closely corresponded

to the experimental measurements. By making minor adjustments to the positioning and

orientation of the tibial and femoral implants, the optimization framework successfully

achieved the desired values for load distribution, ligament balance, and varus/valgus angle

alignment simultaneously.

6.2 Limitations and Recommendations for Future Re-

search

This section will address the main limitations of the current study. Firstly, the original

model developed in Chapter 3 was restricted to a left-right symmetrical model in Chapters

4 and 5. The purpose of this restriction was to reduce computational time of predictive

simulations, which was crucial for performing implant optimization algorithms. However,

in real-life scenarios, the reaction forces at the left and right hips or knees may not be equal,

even during motions that appear symmetrical, such as sit-to-stand. Analysis of the 4th

Grand Challenge Competition [13] dataset revealed lower ground reaction forces on the side

that underwent THA surgery (refer to Fig. 6.1) during sit-to-stand movements. Various

factors, including pain or muscle weakness, can contribute to unsymmetrical reaction forces.

One possible approach to overcome this limitation is to employ sub-optimal methods, such

as nonlinear model predictive control (NMPC), for predictive simulations. By utilizing

relatively short horizons in NMPCmodels, the optimization process can run faster, allowing

for relaxation of the left-right symmetrical assumption [239].

Another limitation of the current study pertains to the optimization framework pro-

posed for hip and knee implant positioning. Although this framework considers multiple

factors in optimizing implant positions, rendering it more comprehensive than previous

studies in the literature, there are additional factors that should be taken into account

when optimizing implant positioning, which were not considered in this study. Regarding

the hip joint, this study assessed the risk of dislocation after THA based on two factors:
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Figure 6.1: The normal ground reaction force (GRF) of the left and right foot, adjusted

to the body weight, during a sequence of four consecutive sit-to-stand and stand-to-sit

movements [13]. It is noticeable that the maximum GRF values of the left foot are greater

than those of the right foot. The subject had undergone a TKA on his right knee.

implant impingement and edge-loading. However, for a more comprehensive optimiza-

tion, other factors such as bony impingement [100,206], implant wear [93], and soft tissue

management [207] should also be considered. Incorporating bony impingement into the

optimization framework requires accurate computer-aided design (CAD) models of the

patient’s pelvis and femur bones. Once these CAD models are obtained, the bony im-

pingement factor can be included in the presented optimization framework using CAD

collision detection algorithms like fast triangle-to-triangle intersection tests [240].

Regarding the knee joint, three factors were utilized in this study to assess optimal

implant positioning: medial and lateral load balance, ligament balance, and varus/valgus
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alignment, which were identified as important in the literature [226–229]. However, other

factors such as proper patella tracking and stability [241], which were not considered in

this study, are also important. Including these patella-related factors in the optimization

presents challenges, mainly due to the lack of experimental data on patellofemoral con-

tact forces. Additionally, defining patellar maltracking and instability in a mathematical

manner suitable for inclusion in an optimization algorithm poses another challenge.
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[54] Ö Gündogdu, K Anderson, and M Parnianpour. Simulation of manual materials

handling: Biomechanial assessment under different lifting conditions. Technology

and Health Care, 13(1):57–66, 2005.

[55] C Chang, D Brown, D Bloswick, and S Hsiang. Biomechanical simulation of manual

lifting using spacetime optimization. Journal of Biomechanics, 34(4):527–532, 2001.

[56] S Zheng, Q Li, and T Liu. Multi-phase optimisation model predicts manual lifting

motions with less reliance on experiment-based posture data. Ergonomics, pages

1–16, 2022.

[57] J Song, X Qu, and C Chen. Lifting motion simulation using a hybrid approach.

Ergonomics, 58(9):1557–1570, 2015.

[58] CJ Lin, MM Ayoub, and TM Bernard. Computer motion simulation for sagittal

plane lifting activities. International Journal of Industrial Ergonomics, 24(2):141–

155, 1999.

125



[59] R Zaman, Y Xiang, J Cruz, and J Yang. Two-dimensional versus three-dimensional

symmetric lifting motion prediction models: a case study. Journal of Computing and

Information Science in Engineering, 21(4), 2021.

[60] R Rakshit, Y Xiang, and J Yang. Dynamic-joint-strength-based two-dimensional

symmetric maximum weight-lifting simulation: Model development and validation.

Proceedings of the Institution of Mechanical Engineers, Part H: Journal of Engineer-

ing in Medicine, 234(7):660–673, 2020.

[61] S Zheng, T Li, Q Li, and T Liu. Different phases in manual materials handling have

different performance criteria: evidence from multi-objective optimization. Journal

of Biomechanical Engineering, 144(9):091004, 2022.

[62] Y Xiang, J Arora, S Rahmatalla, T Marler, R Bhatt, and K Abdel-Malek. Human

lifting simulation using a multi-objective optimization approach. Multibody System

Dynamics, 23:431–451, 2010.

[63] J Song, X Qu, and C Chen. Simulation of lifting motions using a novel multi-

objective optimization approach. International Journal of Industrial Ergonomics,

53:37–47, 2016.

[64] S Hsiang and MM Ayoub. Development of methodology in biomechanical simulation

of manual lifting. International Journal of Industrial Ergonomics, 13(4):271–288,

1994.

[65] R Zaman, Y Xiang, R Rakshit, and J Yang. Hybrid predictive model for lifting by

integrating skeletal motion prediction with an opensim musculoskeletal model. IEEE

Transactions on Biomedical Engineering, 69(3):1111–1122, 2021.

[66] Y Xiang, J Arora, and K Abdel-Malek. 3d human lifting motion prediction

with different performance measures. International Journal of Humanoid Robotics,

9(02):1250012, 2012.

126



[67] R Zaman, J Quarnstrom, Y Xiang, R Rakshit, and J Yang. Hybrid predictive model

for assessing spinal loads for 3d asymmetric lifting. In International Design Engineer-

ing Technical Conferences and Computers and Information in Engineering Confer-

ence, volume 86212, page V002T02A022. American Society of Mechanical Engineers,

2022.

[68] Y Xiang, S Tahmid, P Owens, and J Yang. Two-dimensional symmetric box deliv-

ery motion prediction and validation: Subtask-based optimization method. Applied

Sciences, 10(24):8798, 2020.

[69] M Wesseling, L Derikx, F De Groote, W Bartels, C Meyer, N Verdonschot, and

I Jonkers. Muscle optimization techniques impact the magnitude of calculated hip

joint contact forces. Journal of Orthopaedic Research, 33(3):430–438, 2015.

[70] BW Stansfield, AC Nicol, JP Paul, IG Kelly, F Graichen, and G Bergmann. Direct

comparison of calculated hip joint contact forces with those measured using instru-

mented implants. an evaluation of a three-dimensional mathematical model of the

lower limb. Journal of Biomechanics, 36(7):929–936, 2003.

[71] J Costa, J Peixoto, P Moreira, A Pedro Souto, P Flores, and H Lankarani. Influence

of the hip joint modeling approaches on the kinematics of human gait. Journal of

Tribology, 138(3):031201, 2016.

[72] G Lenaerts, F DeGroote, B Demeulenaere, M Mulier, G Van der Perre, A Spaepen,

and I Jonkers. Subject-specific hip geometry affects predicted hip joint contact forces

during gait. Journal of Biomechanics, 41(6):1243–1252, 2008.

[73] M Wesseling, F Groote, L Bosmans, W Bartels, C Meyer, K Desloovere, and

I Jonkers. Subject-specific geometrical detail rather than cost function formulation

affects hip loading calculation. Computer Methods in Biomechanics and Biomedical

Engineering, 19(14):1475–1488, 2016.

127



[74] R Bohannon, D Bubela, S Magasi, Y Wang, and R Gershon. Sit-to-stand test:

performance and determinants across the age-span. Isokinetics and exercise science,

18(4):235–240, 2010.

[75] E Sariali, T Stewart, Z Jin, and J Fisher. Effect of cup abduction angle and head lat-

eral microseparation on contact stresses in ceramic-on-ceramic total hip arthroplasty.

Journal of Biomechanics, 45(2):390–393, 2012.

[76] M Mak, Z Jin, J Fisher, and T D Stewart. Influence of acetabular cup rim design

on the contact stress during edge loading in ceramic-on-ceramic hip prostheses. The

Journal of Arthroplasty, 26(1):131–136, 2011.

[77] Q Meng, J Wang, P Yang, Z Jin, and J Fisher. The lubrication performance of the

ceramic-on-ceramic hip implant under starved conditions. journal of the mechanical

behavior of biomedical materials, 50:70–76, 2015.

[78] M M Mak and Z M Jin. Analysis of contact mechanics in ceramic-on-ceramic hip

joint replacements. Proceedings of the Institution of Mechanical Engineers, Part H:

Journal of Engineering in Medicine, 216(4):231–236, 2002.

[79] J Elkins, M K O’Brien, N J Stroud, D R Pedersen, J J Callaghan, and T D Brown.

Hard-on-hard total hip impingement causes extreme contact stress concentrations.

Clinical Orthopaedics and Related Research®, 469(2):454–463, 2011.

[80] M M Morlock, N Bishop, J Zustin, M Hahn, W Rüther, and M Amling. Modes of
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