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Abstract

Introduction: Knee osteoarthritis (OA) is one of the most prevalent joint diseases worldwide, and mechanical loading
plays an important role in its development and progression. Accurate knee joint kinematics are essential for computa-
tional models that estimate biomechanical parameters such as joint contact forces. Fluoroscopy enables accurate mea-
surement of joint kinematics and may help overcome some limitations of conventional approaches, including soft tissue
artefacts associated with optical motion capture and simplified model assumptions about knee joint motion.

Objective: This study aimed to develop and evaluate a modelling framework integrating fluoroscopy-derived knee kine-
matics into an existing musculoskeletal (MSK) model to assess whether this improves the prediction of tibiofemoral
(TF) forces and medial-lateral load distribution, and how these outcomes are affected by different modelling choices.

Methods: Simulations were conducted using a generic MSK model and walking and squatting data from two subjects
from the CAMS-knee dataset. TF flexion—extension (FE) rotations and anterior—posterior (AP) and superior—inferior
(SI) translations were derived from fluoroscopy. FE rotation was prescribed during inverse kinematics (IK), while AP
and SI translations were implemented as functions of FE rotation by replacing the model’s original coordinate-coupling
functions. Subject-specific mean kinematic relationships were also constructed for each activity. Different kinematic
prescription configurations were evaluated. Joint loading was estimated using the rapid muscle redundancy (RMR)
solver. Total TF forces, as well as medial and lateral compartment forces, medial force peaks, impulse, and medial load
ratio (MLR), were evaluated against in vivo measurements.

Results: Fluoroscopy-derived kinematics showed larger excursions and distinct absolute magnitudes than the original
model parametrisations. Their prescription led to changes in predicted TF forces and compartmental load distribution.
For walking, the kinematic prescription had a limited influence on TF force predictions overall, although the FE-SI con-
figuration showed the poorest agreement with in vivo data. For squatting, all configurations overestimated TF forces, but
the FE-AP and FE-AP-SI configurations improved agreement with in vivo measurements. The FE-AP-SI configuration
yielded the smallest total TF impulse differences relative to the in vivo reference in both subjects (1.663 BW-s and 0.377
BW:s), whereas FE and FE-SI produced the largest deviations. Lateral TF forces were predicted more accurately than
total or medial forces. Subject-specific mean prescriptions yielded results nearly identical to trial-specific prescriptions.

Conclusions: The effect of prescribing fluoroscopy-derived knee kinematics in a generic MSK model depended on the
activity and prescription configuration. No consistent improvements in walking were observed, whereas the FE-AP and
FE-AP-SI configurations improved TF force predictions during squatting. Subject-specific mean prescriptions had a
negligible effect on predicted forces, supporting a simplified implementation of the framework. Overall, this approach
may improve the biomechanical fidelity of MSK models and advance understanding of knee joint loading.
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1. Introduction

Osteoarthritis (OA) is a chronic, degenerative joint disease and the most prevalent joint disorder
worldwide [1]. Particularly, the knee is among the most frequently affected joints because it is a complex
structure that plays a significant role in load-bearing and mobility [2]. The estimated prevalence of
knee OA is 22.9% in adults aged 40 years and older, and it is a major contributor to disability in
older populations [3]. Moreover, the global burden of knee OA is expected to increase further with
population ageing and rising obesity prevalence, as age and obesity are established risk factors for the
disease [4,5].

From a pathophysiological perspective, knee OA is a multifactorial, progressive disease charac-
terised by gradual degeneration of articular cartilage along with broader structural and biochemical
changes in the joint. These include synovial inflammation, joint space narrowing, subchondral bone
remodelling, osteophyte formation, and alterations in periarticular tissues, such as ligamentous laxity
and weakening of the muscles surrounding the knee [6,7]. Collectively, these changes impair nor-
mal joint function and are commonly associated with pain, stiffness, and swelling. As the disease
progresses, symptoms often lead to increasing functional limitations, reduced mobility, and further
declines in muscle strength [8].

Mechanical loading is recognised as an important factor to both the onset and progression of knee
OA [8]. Moderate, physiological joint loading is essential for maintaining articular cartilage integrity
and function, as cartilage adapts to habitual loading patterns that support tissue homeostasis [9].
However, abnormal or excessive loading conditions can have detrimental effects. Specifically, altered
knee joint kinematics, for example, due to injury or malalignment, can shift joint contact towards
cartilage regions that typically experience low or infrequent loading, thereby increasing mechanical
demand on less mechanically adapted tissue [10]. Elevated knee loading rates, as observed in high-
impact physical activities and traumatic injuries, may also induce rapid increases in tissue stress that
exceed the cartilage’s capacity to tolerate load [11]. In addition, obesity is a major risk factor for the
development of knee OA, as it contributes to excessive mechanical stress in the cartilage surface [12].
Together, these mechanical factors can disrupt the balance of cartilage metabolism and contribute to
progressive joint deterioration [8,13].

A detailed understanding of knee joint mechanics and loading is essential for elucidating the
biomechanical pathways underlying knee OA. Beyond mechanistic insight, this knowledge can inform
the design of targeted interventions, such as gait retraining strategies, alignment-correcting procedures,
and rehabilitation programmes aimed at reducing damaging joint loading [14]. Furthermore, accurate
biomechanical characterisation can support implant design and clinical decision-making in areas such
as surgical planning and postoperative evaluation [15].

Key biomechanical parameters of the knee joint include kinematics, contact forces, cartilage stress,
and muscle or ligament forces, all of which are central to understanding its mechanical behaviour.
Among these, joint contact forces, which are the compressive and shear forces exerted on the joint’s
articular surfaces, are important determinants of loading at this level and directly influence the
mechanical environment experienced by the articular cartilage [15].

Although knee OA can involve both the medial and lateral tibiofemoral (TF) compartments, the
medial compartment is affected more frequently [16,17]. Even in neutrally aligned knees, the medial
compartment bears the majority of the TF compressive load during gait [18]. Moreover, individuals
with knee OA often exhibit alterations in frontal-plane alignment. In particular, varus malalignment
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shifts the mechanical axis medially and further increases medial compartment loading, a mechanism
that has been associated with the development and progression of medial knee OA [17,19]. This further
highlights the need to understand the role of knee joint mechanics in load distribution and in the
resulting cartilage mechanical environment that may drive degeneration in knee OA.

A range of approaches has been employed to estimate the forces within the knee joint. One method
is the use of instrumented knee implants, which enable accurate and direct in vivo measurement of TF
contact forces and moments [20]. However, their use is restricted to post-arthroplasty populations and
therefore cannot be readily generalised to native knees [21]. Another important source of insight into
knee joint mechanics comes from ex vivo cadaveric studies [22,23], in which specimens are subjected
to controlled loading using biomechanical testing systems that allow assessment of joint kinematics
and contact mechanics [24]. However, the complexity of in vivo knee loading and motion is difficult
to replicate experimentally, especially due to the absence of real muscle contractions, which limits
the physiological relevance of these measurements [25]. Moreover, cadaveric models cannot capture
biological processes central to OA, such as cartilage degeneration, tissue adaptation, and inflammation
[24].

Computational modelling is widely used to evaluate knee joint mechanics, as it enables estimation
of internal loading quantities that cannot be measured directly in vivo [26]. Within this framework,
different modelling strategies are used depending on the mechanical quantities of interest. For instance,
finite element models simulate tissue-level mechanics, such as cartilage stress, strain, and contact
pressure, given the geometry, material properties, and boundary conditions [27]. Musculoskeletal
(MSK) models are commonly applied to estimate knee joint forces. These models represent bones,
musculotendon units, and joints as a mechanical system and typically rely on optimisation techniques
to resolve muscle redundancy and estimate muscle and joint reaction forces. This is achieved by
minimising a cost function, most commonly based on muscle activations. MSK models can also
incorporate subject-specific anatomical parameters and, in some cases, electromyography (EMG) data
to improve estimations [28]. Combinations of MSK and finite element models have been increasingly
explored in recent years, as they offer complementary insights into knee joint biomechanics [29,30].

MSK models are typically driven by marker-based motion capture and force plate data, which
provide marker trajectories and ground reaction forces (GRFs), respectively [31]. Marker trajectories
are then used to derive whole-body kinematics, which define the model’s motion. Accurate joint
motion is therefore essential for obtaining reliable estimates of joint loading and contact mechanics
[32].

However, marker-based motion capture is inherently limited by soft tissue artefacts because
surface markers are placed on the skin over anatomical landmarks, and during dynamic tasks, the
skin and soft tissues move relative to the underlying bones. This relative motion can introduce
significant errors in the measured kinematics, which may propagate through the MSK simulations
[33,34]. Displacements exceeding 15 mm at bony landmarks and up to 40 mm on the thigh have been
reported [35]. In terms of knee joint angles, rotational errors can reach up to 9° during walking and as
high as 24° during open-chain knee flexion [33]. This issue becomes even more relevant in overweight
and obese subjects, due to the higher amount of adipose tissue [36].

In addition to these measurement-related limitations, inaccuracies may also arise from modelling
assumptions, particularly in the representation of the knee joint. TF motion is described by six
degrees of freedom (DoFs), including three rotations - flexion-extension (FE), varus-valgus (VV), and
internal-external (IE) rotation - and three translations - medio-lateral (ML), anterior-posterior (AP),
and superior-inferior (SI). Because this motion is mechanically complex, MSK models often simplify
TF kinematics using generic relationships that prescribe translations and rotations as functions of
knee flexion angle [37,38]. However, such formulations may not adequately reflect subject-specific
behaviour or task-dependent variations in joint motion, thereby reducing the accuracy of the estimated
TF contact forces.
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To overcome these limitations, X-ray fluoroscopy has been increasingly used as a non-invasive
imaging technique to accurately capture in vivo joint motion during dynamic, weight-bearing tasks
[39]. By enabling direct visualisation of the underlying bone motion during movement, fluoroscopy
substantially reduces kinematic errors caused by soft tissue artefacts in marker-based motion capture.
Furthermore, it allows determining DoFs that are difficult to estimate reliably from marker-based
motion capture alone. These data can therefore be used to inform MSK models with more realistic
representations of TF motion.

It is important to note that fluoroscopy systems vary in configuration, each offering different
levels of kinematic accuracy. Single-plane systems, which acquire images using a single X-ray source
and detector, have reported in-plane accuracies of approximately 2.0 mm for translations and 1.5° for
rotations, but exhibit larger errors in out-of-plane motion [40]. Biplane fluoroscopy uses two sources
and detectors positioned at known angles and significantly improves accuracy, with values reported at
0.24 mm and 0.16° for translational and rotational measurements, respectively [32,41]. Additionally,
high-speed fluoroscopy systems (> 50 Hz [42]) enable the capture of rapid, high-impact dynamic
movements.

Joint kinematics are obtained from fluoroscopy via 2D-3D model-based registration, in which the
three-dimensional bone/implant models are aligned with the fluoroscopy images frame by frame to
estimate the 6 DoF pose. Joint translations and rotations are then computed from the relative poses of
the bones [32].

Some studies have already incorporated fluoroscopy-derived kinematics directly into MSK mod-
elling workflows. For example, Nasab et al. [43] developed a total knee arthroplasty (TKA) model in
which 6-DoF TF kinematics obtained from fluoroscopy were prescribed to fully define knee joint mo-
tion, rather than relying on marker-based knee kinematics. Similarly, Navacchia et al. [44] prescribed
6-DoF TF kinematics, together with in-plane patellofemoral (PF) joint motion, within a full-body
MSK model. Overall, both studies highlight the value of incorporating in vivo fluoroscopy-derived
kinematics into MSK workflows, since model outputs depend strongly on the assumed knee motion.

Following a different approach, Zheng et al. [35] incorporated fluoroscopy-derived TF kinematics
by overwriting the knee joint kinematics obtained during the inverse kinematics (IK) step. In this
framework, 5-DoF TF motions were directly replaced with fluoroscopic measurements, while SI
translation was imposed as a flexion-dependent spline function derived from the fluoroscopy data.
The authors reported improved accuracy of predicted joint loading relative to simulations driven solely
by marker-based motion capture data, as evidenced by closer agreement with instrumented implant
measurements. However, a potential limitation of this strategy is that overwriting knee kinematics
after IK may disrupt global kinematic coherence across the full-body model, potentially introducing
biomechanical inconsistencies in the resulting motion.

Gerus et al. [45] presented an approach that is particularly relevant to the present work. The
authors developed a set of MSK models in which the knee joint was represented with five DoFs,
with ML translation omitted, although they did not specify the rationale. VV and IE rotations were
modelled as hinge joints. In contrast, knee FE was modelled as a planar joint, allowing knee flexion
and sagittal-plane TF translations, namely AP and SI. These translational DoFs were defined as spline
functions of the knee FE angle. The simulations were performed using experimental data from walking
trials. To incorporate fluoroscopy-derived kinematics, the flexion-dependent spline relationships
were adjusted to match the experimental data, thereby obtaining subject-specific in-plane translation
behaviour. Notably, the authors concluded that incorporating subject-specific fluoroscopy-informed
kinematics did not improve estimates of TF contact forces compared with models using generic spline
functions, as evaluated against in vivo measurements.

Taken together, these selected studies illustrate several strategies for integrating fluoroscopy-
derived knee kinematics into MSK models, ranging from directly prescribing TF motion to overwriting
knee kinematics after IK, to adapting flexion-dependent spline parametrisations. However, the
reported benefits are inconsistent, and the methodological choices and reporting practices vary sub-
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stantially across studies (e.g., the point of integration in the workflow, the exact manner in which
fluoroscopy data are imposed, and the validation metrics), making systematic comparison difficult
and limiting reproducibility.

In this context, the objective of this study was to develop and evaluate a modelling framework
that integrates fluoroscopy-derived knee kinematics into an existing MSK model to estimate knee joint
reaction forces and medial-lateral load distribution, addressing the following research questions:

RQ1: Does the prescription of fluoroscopy-derived TF kinematics improve the predicted TF forces,
compared with simulations driven solely by marker-based motion capture?

RQ2: How do distinct modelling choices, namely the prescription configurations and strategy,
influence the estimated knee loading and the distribution of loads between the medial and lateral
compartments during dynamic tasks?

The prescription configurations denote the selection of DoFs prescribed from fluoroscopy-derived
kinematics, whereas strategy refers to whether these kinematics are defined on a trial-specific or
subject-specific basis.

2. Methods
2.1. Musculoskeletal model

The generic OpenSim MSK model developed by Rajagopal et al. [37] was used in this study.
This model includes 20 DoFs in the lower body and 17 in the torso and upper body, 80 lower-limb
Hill-type musculotendon units (40 in each leg), and 17 torque actuators driving the upper body. The
knee joint is defined as a 1-DoF joint, permitting only FE rotation, while the remaining DoFs (also
called secondary DoFs) are parametrised as functions of this flexion angle. These parametrisations are
based on the kinematic equations defined by Walker et al. [46]. Similarly, patellar kinematics were also
parametrised as functions of the TF flexion angle, based on Arnold et al. [47]. The knee flexion angle
was constrained to -10° to 120°.

The MSK model was scaled in the OpenSim GUI to match subject-specific anthropometry. Subse-
quently, an OpenSim-based analysis workflow was executed.

2.2. Dataset

This study utilised data from the Comprehensive Assessment of the Musculoskeletal System
(CAMS) knee dataset [48]. This dataset comprises kinematic and kinetic testing data acquired from
six subjects (5 males, 1 female; age 75 £ 5 years; body mass 89 + 13 kg; height 172 & 4 cm), each im-
planted with an instrumented TKA. The implant, an ultra-congruent INNEX FIXUC (Zimmer Biomet,
Switzerland), integrates strain gauges and a telemetry transmitter to enable in vivo measurement of
all six components of TF joint contact forces and moments, with a reported mean measurement error
below 2% at a sampling frequency of 90-100 Hz [49].

The dataset also includes subject information, such as anthropometric and anatomical data,
subject-specific implantation data, and trial data and videos from multiple activities, including walking
and squatting. Trial data include skin-marker trajectories acquired via optical motion capture at 100
Hz for whole-body kinematics, and GRF measurements obtained from force plates at 2000 Hz. The
GREF data provided in the dataset were corrected, following the calibration procedure described by
List et al. [50], to improve centre of pressure (CoP) estimation. In addition, lower-limb EMG data were
collected using a 16-channel system with wireless telemetry communication, also at 2000 Hz.

A moving single-plane fluoroscopy system operating at 25 Hz was used to acquire sagittal-plane
images throughout the activities [50]. For each frame, the three-dimensional models of the implant
components were registered to the fluoroscopic images using the method described by Burckhardt et
al. [51]. The reported accuracy for this registration procedure indicated errors of less than 1° for all
rotational components, less than 1 mm for in-plane translations, and less than 3 mm for out-of-plane
translations. The transformation matrices resulting from the registration procedure were reported in
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the dataset and correspond to the absolute poses of the femoral and tibial implant components in the
laboratory reference frame, at each time frame.

All measurements were recorded simultaneously and temporally synchronised, and the integrated
dataset was reported based on the highest sampling frequency of 2000 Hz. Gait cycles were defined
based on a 25 N vertical GRF threshold, and the heel-strike and toe-off events were reported in the
dataset.

In this dataset, multiple coordinate systems are defined to express the measured quantities, which
are highly relevant to subsequent steps that integrate data from different measurement modalities.
These are detailed in Appendix A.

2.3. Data processing

Motion capture marker trajectories were extracted from the dataset and expressed in the global
reference frame of the MSK modelling environment. Gaps were filled by interpolation, after which the
data were low-pass filtered using a 4th-order Butterworth filter with a cut-off frequency of 6 Hz. GRFs
were similarly extracted from the dataset, expressed in the appropriate reference frame, and filtered
using the same filter.

Fluoroscopy data required additional processing to reconstruct the TF kinematics. The 6-DoF
TF kinematics were obtained by computing the relative pose of the tibial component with respect to
the femoral component at each time frame from the absolute implant poses reported in the dataset.
These kinematics were first obtained in the dataset-specific implant-based coordinate system (CSjw;
see Appendix A), and then transformed to the knee joint reference frames of the MSK model, by
positioning the implant components on the scaled model according to subject-specific implantation
data, and extracting the adequate transformation matrices (details of this approach are in Appendix
B). The reconstructed in-plane kinematics were subsequently filtered using the same low-pass filter
applied to the marker and GRF data.

EMG data were processed following the approach described by Nejad et al. [52]. The raw EMG
signals were first bandpass filtered using a 4th-order Butterworth filter with lower and upper cut-off
frequencies of 10 and 300 Hz, respectively. The signals were then offset-corrected, rectified, and
smoothed using a moving average filter with a 0.25 s window. For each muscle, the resulting signal
was normalised to the maximum activation recorded across all trials for both activities and both
subjects.

2.4. Prescription of fluoroscopy-derived TF kinematics

Fluoroscopy-derived TF kinematics were incorporated into the MSK model through coordinate
prescription. Due to the monoplanar imaging configuration, only the in-plane DoFs, namely the AP
and Sl translations, and the FE rotation were considered, as the out-of-plane DoFs are subject to greater
measurement inaccuracies.

As described previously, FE rotation is the only independent coordinate of the TF joint, whereas the
remaining DoFs are kinematically coupled and prescribed as functions of this coordinate. Consequently,
fluoroscopy-derived FE rotations were directly prescribed during the IK step by defining a coordinate
tracking task that followed the measured trajectory. In contrast, the in-plane translations required
direct overwriting of the coordinate-coupling functions in the model definition.

From the fluoroscopy data, the three in-plane DoFs were extracted for each time frame. For each
gait cycle and each squat trial, the fluoroscopy-derived AP and SI translations were paired with the
corresponding FE values, and cubic polynomial functions were fitted to describe these translations as
continuous functions of FE rotation for both activities. The resulting relationships were implemented
as spline-based coupling functions that replaced the original model definitions. This enabled gait
cycle-specific prescription for walking, and trial-specific prescription for squatting, of TF AP and SI
translations.

In addition, subject-specific mean relationships were obtained by averaging the fitted AP-FE
and SI-FE relationships across gait cycles for walking and across squat trials for squatting. For each
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activity, a common FE domain spanning the full observed flexion range was defined to ensure stable
spline behaviour during simulation. These mean relationships were also implemented as spline-based
coupling functions to allow comparison between cycle-specific and averaged kinematic prescriptions
for walking, and between trial-specific and averaged prescriptions for squatting.

Representative examples of the curve fitting to the experimental data and the resulting subject-
specific average relationships are provided in Appendix C. Additionally, the comparison of the
spline-based AP and SI translations with the original model parametrisations is also presented.

2.5. Simulations

Simulations were conducted in OpenSim using data from two subjects (K5R and K8L), selected
from the dataset based on measurement quality. Only walking and squatting activities were included.
For each subject, the scaled MSK model was employed, and simulations were executed using a
sequential analysis workflow.

IK was first applied to determine the model’s generalised coordinates (joint angles and transla-
tions) by tracking experimental marker trajectories. This step is formulated as a weighted least squares
problem, in which the sum of squared marker and coordinate tracking errors is minimised. Higher
weights were assigned to markers located on bony landmarks, such that the solution prioritised
accurate tracking of anatomically meaningful marker locations. Based on the IK outputs, muscle
moment arms about the knee joint were computed for all muscles across the entire duration of each
trial. Subsequently, inverse dynamics (ID) was performed using the computed kinematics and external
load data (GRFs) to determine the net joint moments and forces consistent with the observed motion.

In this project, muscle activations and joint contact forces were estimated using a rapid muscle
redundancy (RMR) solver [53]. This algorithm takes the joint trajectories obtained from IK (coordinate
values, velocities and accelerations), together with the experimental GRFs, and solves the muscle
redundancy problem via numerical optimisation. Specifically, at each time instant, it minimises the
sum of weighted squared muscle activations, while enforcing physiological constraints and dynamic
activation behaviour. Further details on the cost function of the RMR solver are provided in Appendix
D.

Additionally, in this algorithm, muscle force generation includes active and passive fibre contri-
butions, which are length- and velocity-dependent. The optimisation is constrained to ensure dynamic
consistency, such that the model-predicted generalised accelerations match those derived from the
kinematic input at each time step. Physiologically plausible muscle activation dynamics are further
enforced, with muscle activations bounded at each time step based on the activation in the previous
step and the time-step size. Finally, joint reaction forces are evaluated efficiently within the RMR
formulation by expressing them as linear functions of the estimated muscle activations.

A series of simulation configurations was performed to evaluate the effects of prescribing
fluoroscopy-derived TF kinematics. First, simulations with no prescribed fluoroscopy-based DoFs
were conducted, relying solely on marker-driven kinematics. Subsequently, TF kinematics were selec-
tively prescribed for each gait cycle/squat trial. FE rotation was prescribed during the IK step in all
configurations, as it represents the independent DoF of the joint and forms the basis for the coupled
translational relationships.

Four prescription combinations were implemented: FE only (FE), FE combined with AP trans-
lation (FE-AP), FE combined with SI translation (FE-SI), and FE combined with both AP and SI
translations (FE-AP-SI). Each configuration was executed independently for every gait cycle/squat
trial, while maintaining identical model and solver settings.

Additionally, to evaluate different kinematic prescription strategies, simulations using subject-
level mean relationships were performed and compared with those based on relationships derived for
each gait cycle/squat trial. In these simulations, the FE trajectory remained specific to the simulated
gait cycle/squat trial, while the AP and/or SI translations were replaced by subject-specific AP-FE
and SI-FE mean relationships. Three configurations were tested: FE with mean AP translation (FE-
AP-average), FE with mean SI translation (FE-Sl-average), and FE with both mean AP and mean SI
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translations (FE-AP-SI-average). Thus, FE remained specific to each simulated motion, whereas AP
and/or Sl translations were prescribed at the subject level.

2.6. Data analysis

The RMR solver yields the joint forces and moments at each time step, muscle activations, and
actuator (including reserves) forces. Joint forces were analysed to assess the effects of prescribing
fluoroscopy-derived TF kinematics. At each time step, the total compressive TF force was extracted.
Medial and lateral compartment loading were estimated, following the approach described by Kutzner
et al. [54]. Specifically, the medial contact force was computed as

Kl M
PmedZTy—|l7X| (1)

where [ is the distance between the medial and lateral condyles, F is the axial (compressive) TF
force component, and M, is the moment generated by this axial force acting on the tibia with a medial-
lateral lever arm (adduction moment). The distance between the medial and lateral condyles was
estimated as half the distance between the medial and lateral epicondyle surface markers in the static
pose. Experimental validation showed that the medial TF force can be estimated with an error below
3% when |Fy| > 1000 N [55]. Therefore, for the walking simulations, compartmental force estimation
was performed only during the stance phase. For the squatting simulations, compartmental forces
were evaluated over the full analysed trial duration. The lateral compartment force was calculated as
Figt = |Fy| — Fuea-

For the walking trials, outcome metrics were extracted from the estimated F,,.; for each gait
cycle and simulation configuration. Specifically, the first and second stance-phase peaks of this force
tance Fmed (t) dt, were
determined. For each metric, the difference between the simulated and the corresponding in vivo

component, as well as its impulse, computed as the time integral over stance, |

values, measured by the instrumented implants, was calculated. These differences were summarised
per simulation configuration, and reported as the median and interquartile range (IQR).

For the squatting trials, the impulse of the total TF force was computed as fs quat Fiopar (t) dt and
likewise reported as the median and IQR of the difference relative to the in vivo measurements. In
addition, the medial load ratio was calculated for both tasks as MLR(t) = F,,.q(t)/|F(t)], to quantify
the fraction of the axial load transmitted through the medial compartment.

For the walking trials, force-related outputs were time-normalised to 0-100% of the stance phase,
whereas kinematics and muscle-related outputs were time-normalised to 0-100% of the gait cycle. For
the squatting trials, all results were time-normalised to 0-100% of the squat cycle. All force components
were additionally normalised to body weight (BW).

2.7. Statistical analysis

Statistical parametric mapping (SPM) was used as the primary statistical analysis method in
this study. SPM enables statistical evaluation of continuous waveform data across the full domain of
interest, rather than at discrete time points, and is therefore well suited for biomechanical data [56].

One-dimensional SPM was used to assess differences of the estimated against the in vivo TF
loading profiles over the analysed interval, corresponding to the stance phase for walking and the full
analysed interval for squatting. Statistical comparisons were performed using non-parametric paired
t-tests with a significance level of & = 0.05. A non-parametric approach was adopted due to the small
number of curves per configuration. This analysis was conducted for the total, medial and lateral TF
force curves by comparing each predicted force with the corresponding in vivo measurement. For each
prescription configuration, the proportion of the analysed interval showing statistically significant
differences was extracted. In addition, the root-mean-squared error (RMSE) was computed over these
significant regions to quantify the magnitude of the deviation where the curves differed significantly.
The same SPM analysis was subsequently performed to assess differences between the predicted and
in vivo-derived MLR curves.
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3. Results
3.1. Walking simulations

All curves shown in this section represent the mean across the simulated gait cycles, with the
corresponding standard deviation (& 1 SD) indicated by the shaded regions. Six gait cycles (n = 6)
were simulated for each subject and prescription configuration.

3.1.1. Knee kinematics

Figure 1 shows the in-plane TF kinematics obtained from the IK step during the walking trials for
subject K5R under each prescription configuration.

The graph demonstrates that the model closely follows the prescribed kinematics, as expected.
The FE rotation obtained from fluoroscopy is very similar to that derived from motion capture, whereas
larger differences were observed for the translational DoFs. For both AP and SI translations, the overall
curve shape remained comparable to that defined by the original model relationships, but the range
and the absolute magnitude varied considerably. Similar trends were observed for subject K8L, but
with larger translational excursions and smaller standard deviations across cycles, indicating more
homogeneous kinematics (see Appendix E).
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Figure 1. In-plane TF kinematics across the gait cycle for subject K5R under each prescription configuration.

3.1.2. Total TF force estimations

Figure 2 shows the estimated total TF compressive force during the walking trials for each pre-
scription configuration for subjects K5R (a) and K8L (b). Table 1 summarises the statistical comparison
between the estimated and in vivo total TF force profiles obtained for walking in both subjects across
all prescription configurations.

Overall, the predicted total TF force curves for subject K5R (Figure 2 (a)) reproduced the char-
acteristic double-peaked pattern associated with the stance phase of gait, with most prescription
configurations yielding curves that followed the in vivo data well in terms of shape. The statistical
analysis further confirms the model’s overall good performance across all prescription configurations,
with significant differences limited to small portions of the stance phase.

Notably, among the tested configurations, the FE-SI configuration showed the largest deviation
from the in vivo forces. In this case, the predicted curve diverged from in vivo data throughout mid-
and late stance and exhibited an unexpectedly high peak not observed in the other configurations.
This is also reflected in the highest RMSE value (0.624 BW) and the largest proportion of stance phase
showing significant differences (9.7%). In contrast, FE-AP demonstrated the best overall agreement
with the in vivo data, with no statistically significant differences detected across the stance phase.

The FE and marker-driven prescription configurations also performed well, yielding nearly
identical results with comparable RMSE values (~ 0.21 BW) and only minimal regions of significant
difference. The FE-AP-SI configuration, corresponding to the most constrained model, showed
intermediate performance, with more deviations from the in vivo curve.
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Figure 2. Estimated total TF compressive force across the stance phase of gait for subjects K5R (a) and K8L (b)
under each prescription configuration. The panels below each plot indicate regions of statistically significant
differences between each configuration and the in vivo measurements.

Configuration

Subject K5R

Subject KSL

Total TF force
% Sig RMSE

Total TF force
% Sig RMSE

Marker-driven 2.0 0.211 7.1 0.787

FE 1.7 0.212 3.1 0.810
FE-AP 0.0 - 17.1 0.747
FE-SI 9.7 0.624 39.5 0.556
FE-AP-SI 5.7 0.321 36.3 0.486

Table 1. Statistical comparison of estimated total TF forces against in vivo measurements across the stance phase
of gait for subjects KSR and K8L under each prescription configuration. Reported metrics are the percentage of
the stance phase with statistically significant differences (% Sig) and the RMSE (in BW) computed over those
significant regions. Where no statistically significant differences were found, RMSE is not applicable (-).

For subject K8L (Figure 2 (b)), the model predictions revealed substantially larger deviations from
the in vivo force measurements. In particular, the second peak of the stance phase was consistently
overestimated across all configurations. As observed for K5R, the marker-driven and FE configurations
produced almost identical results, reproducing the first peak well but markedly overestimating the
second peak, which resulted in relatively larger RMSE values (0.787 and 0.810 BW, respectively).

The FE-AP configuration, which demonstrated the best performance for subject K5R, performed
less well for K8L, considerably overestimating both peaks and showing significant differences in
17% of the stance phase. The FE-SI and FE-AP-SI configurations exhibited the worst performance,
with statistically significant differences exceeding 35% of the stance phase for both. Unlike the other
configurations, these configurations also underestimated the first peak, indicating a more pronounced
mismatch in the predicted loading pattern.

3.1.3. Medial and lateral TF force estimations

Figures 3 and 4 depict the estimated medial and lateral TF forces during the walking trials
for each prescription configuration for subjects K5R and K8L, respectively. Table 2 summarises the
statistical comparison between the estimated and in vivo medial and lateral TF force profiles across
all configurations for both subjects. In addition, tables 3 and 4 report the differences in the medial TF
force peaks and impulse relative to the in vivo measurements for subjects KSR and K8L, respectively.
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Figure 3. Estimated medial (a) and lateral (b) TF force across the stance phase of gait for subject KSR under each

prescription configuration. The panels below each plot indicate regions of statistically significant differences

between each configuration and the in vivo measurements.

Medial TF force [BW]

— Invivo
—= Marker-driven

——- FE-AP
—-— FESI
—— FE-AP-SI

Lateral TF force [BW]

40
Stance [%]

FE-AP-S| -

(@)

— Invivo
~=  Marker-driven
- - FE
——- FE-AP
- — FESI
—-— FE-AP-SI

— FE-AP-SI -

Stance [%]

(b)

Figure 4. Estimated medial (a) and lateral (b) TF force across the stance phase of gait for subject K8L under each

prescription configuration. The panels below each plot indicate regions of statistically significant differences

between each configuration and the in vivo measurements.

Subject K5R Subject KS8L

Configuration | Medial TF force | Lateral TF force | Medial TF force | Lateral TF force

% Sig  RMSE | % Sig RMSE | % Sig RMSE | % Sig RMSE
Marker-driven | 5.4 0.212 0.0 - 12.2 0.313 30.1 0.297
FE 3.6 0.229 0.9 0.135 12.5 0.287 29.6 0.294
FE-AP 0.0 - 0.0 - 13.7 0.444 41.6 0.360
FE-SI 6.1 0.462 0.0 - 719 0.410 56.5 0.915
FE-AP-SI 3.5 0.126 3.8 0.160 55.8 0.294 10.7 0.148

Table 2. Statistical comparison of estimated medial and lateral TF forces against in vivo measurements across the

stance phase of gait for subjects K5R and K8L under each prescription configuration. Reported metrics are the

percentage of the stance phase with statistically significant differences (% Sig) and the RMSE (in BW) computed

over those significant regions. Where no statistically significant differences were found, RMSE is not applicable (-)
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Configuration A Peak 1 A Peak 2 A Impulse
Median IQR | Median IQR | Median IQR

Marker-driven | -0.069  0.077 0.008 0.189 | -0.060 0.104

FE -0.074  0.076 0.003 0.097 | -0.050  0.077
FE-AP 0.073 0.041 0.130 0.149 0.034 0.061
FE-SI 0.135 0.495 0.581 0.224 0.215 0.203
FE-AP-SI -0.152  0.193 0.076 0.231 | -0.052 0.115

Table 3. Differences in medial TF force first peak (A Peak 1), second peak (A Peak 2), and impulse (A Impulse)
relative to in vivo measurements for subject KSR under each prescription configuration, reported as the median
and IQR across all simulated gait cycles. Peaks are expressed in BW and impulse BW's.

Configuration A Peak 1 A Peak 2 A Impulse
Median IQR | Median IQR | Median IQR

Marker-driven -0.148 0.081 0.310 0.210 -0.020 0.101

FE -0.161 0.095 0.289 0231 | -0.026 0.103
FE-AP -0.110 0.075 0.451 0.232 0.025 0.093
FE-SI -0.355 0.089 -0.433  0.126 | -0.259  0.028
FE-AP-SI -0.239  0.000* 0.424 0.199 | -0.006  0.073

Table 4. Differences in medial TF force first peak (A Peak 1), second peak (A Peak 2), and impulse (A Impulse)
relative to in vivo measurements for subject K8L under each prescription configuration, reported as the median
and IQR across all simulated gait cycles. Peaks are expressed in BW and impulse BW's. * IQR = 0 because only
one curve exhibited a detectable first peak.

The medial and lateral TF force curves provide further insight into the effect of the prescribed
kinematics. For subject K5R (Figure 3), the medial TF force curves generally showed close agreement
with the in vivo measurements. As observed previously, the FE-SI configuration showed the largest
deviation from the in vivo data, which was also reflected in the higher percentage of stance with
significant differences, and in the medial force metrics, particularly in the median differences in the
second peak (A Peak 2 = 0.581 BW) and impulse (A Impulse = 0.215 BWs).

Once again, the FE-AP configuration showed the best overall agreement, with no statistically
significant differences detected for either the medial or lateral force components. The FE and marker-
driven configurations produced very similar results, whereas FE-AP-SI showed intermediate perfor-
mance, with somewhat larger deviations in the medial force metrics. Interestingly, regarding the lateral
TF force, the FE-SI, FE-AP and marker-driven configurations all showed 0% significant differences
relative to the in vivo data.

The graphs presented for K8L (Figure 4) highlight the differences in performance across prescrip-
tion configurations for this subject. The FE-SI configuration stands out most prominently, exhibiting
a marked underestimation of the medial force alongside a substantial overestimation of the lateral
component. This behaviour across compartments resulted in statistically significant differences from
in vivo measurements across more than 70% of the stance phase for the medial force, and more than
55% for the lateral, with the latter yielding an RMSE of approximately 0.9 BW. The medial loading
metrics further support these observations, showing pronounced underestimations of the first peak
and impulse of the medial TF force.

Among the remaining configurations, FE and marker-driven again showed very similar behaviour,
as observed for the first subject, with statistically significant differences mainly concentrated in late
stance and with medial loading metrics remaining close to each other. In addition to overestimating
the second peak of the medial TF force, the FE-AP configuration also significantly overestimated the
lateral TF force. The FE-AP-SI configuration showed widespread significant differences in the medial
component, exceeding 55% of the stance phase, although the difference in medial force impulse relative
to the in vivo measurements remains small.
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3.1.4. Load distribution

The MLR further illustrates how the different prescription strategies influence load distribution
between the knee compartments. Figure 5 depicts the estimated MLR during the walking trials across
prescription configurations, for both subjects analysed.
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Figure 5. Estimated MLR across the stance phase of gait for subjects K5R (a) and K8L (b) under each prescription
configuration.

At the beginning and end of stance, the predicted MLR deviates from the in vivo estimations for
both subjects across all prescription configurations. In particular, during late stance (85-100%), none of
the models reproduced the decline in MLR observed in vivo for either subject.

For K5R (Figure 5 (a)), during most of the stance phase, FE, FE-AP, and marker-driven configura-
tions remained close to the in vivo MLR, consistent with their good agreement in both medial and
lateral TF force components. In contrast, the FE-AP-SI configuration showed the largest and most
sustained overestimation of the MLR throughout mid-stance.

The FE-SI configuration behaves differently from all other prescriptions, being the only configura-
tion to reduce the MLR during part of the stance, indicating a shift in load distribution toward the
lateral compartment. This is consistent with the elevated lateral TF force observed for this configuration
in Figure 3 (b), where it diverged from all others.

As for K8L (Figure 5 (b)), the FE-SI configuration yielded by far the largest deviations from
the in vivo MLR, with a pronounced drop in the ratio throughout the stance phase. This behaviour
likely reflected a substantial and non-physiological shift in loading from the medial to the lateral
compartment, a pattern not observed in any of the other configurations. The remaining configurations
exhibited broadly similar trends for most of the stance phase, following the overall shape of the in
vivo MLR curve, although statistically significant differences are present across several regions of the
stance phase. Notably, and in contrast to subject K5R, the FE-AP-SI configuration showed the closest
agreement with the in vivo MLR, among all prescription strategies, for this subject.

3.1.5. Kinematic prescription strategy

Figure 6 presents a representative comparison between gait cycle-specific and subject-level mean
prescriptions for the FE-AP-SI configuration during the walking trials for subject K5R.

The predicted total, medial, and lateral TF force curves for the cycle-specific and subject-level
mean prescriptions overlapped almost entirely, indicating that averaging the kinematic relationships
at the subject level had a negligible effect on the estimated TF forces. As this was also observed for the
FE-AP and FE-SI configurations, only the FE-AP-SI configuration is presented. Comparable results
were obtained for subject K8L and are provided in Appendix F.
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Figure 6. Comparison of gait cycle-specific and subject-level mean prescriptions for the FE-AP-SI configuration
during walking for subject K5R. Estimated total, medial, and lateral TF forces across the stance phase of gait are
shown for both approaches.

3.2. Squatting simulations

All curves shown in this section represent the mean across the simulated squatting trials, with
the corresponding standard deviation (£ 1 SD) indicated by the shaded regions. Five complete squats
(n = 5) were simulated for each subject and prescription configuration.

3.2.1. Knee kinematics

Figure 7 shows the in-plane TF kinematics obtained from the IK step during the squatting trials
for subject K5R and for each prescription configuration.

As in the walking simulations, the model closely follows the prescribed kinematics. During
squatting, the fluoroscopy-derived FE rotation showed a higher peak around mid-squat than the
FE rotation obtained from the simulations driven solely by marker data. The main differences were
again observed for the AP and SI translations, particularly in their excursion and absolute magnitude.
Similar trends were observed for subject K8L, although with larger translational excursions and smaller
standard deviations across cycles, which indicates more homogeneous kinematics (see Appendix E).
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Figure 7. In-plane TF kinematics during squatting for subject K5R under each prescription configuration.

3.2.2. Total TF force estimations

For the squatting trials, Figure 8 shows the estimated total TF compressive force for subjects
K5R (a) and K8L (b) under each prescription configuration. The corresponding statistical comparison
between the estimated and in vivo total TF force profiles for both subjects is reported in Table 5.
Additionally, Table 6 depicts the differences in the total TF force impulse relative to the in vivo
measurements for both subjects.

For this task, the model consistently and substantially overestimated the total TF force across all
prescription configurations, especially in the deep flexion region (30-70% of the task). This trend was
observed for both subjects, although subject K8L generally exhibited larger discrepancies relative to
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Figure 8. Estimated total TF compressive force during squatting for subjects K5R (a) and K8L (b) under each
prescription configuration. The panels below each plot indicate regions of statistically significant differences
between each configuration and the in vivo measurements.

Subject K5R Subject KSL

Configuration | Total TF force | Total TF force
% Sig RMSE | % Sig RMSE

Marker-driven | 16.80 1.601 6.36 2.812

FE 18.05 2399 | 1948 2511
FE-AP 4272 1.084 | 1712  0.450
FE-SI 4.31 2.715 8.79 3.747
FE-AP-SI 3.95 1.178 3.63 1.283

Table 5. Statistical comparison of estimated total TF forces against in vivo measurements during squatting for
subjects K5R and K8L under each prescription configuration. Reported metrics are the percentage of the squatting
activity with statistically significant differences (% Sig) and the RMSE (in BW) computed over those significant
regions.

Subject K5R Subject KSL

Configuration A Impulse A Impulse
Median IQR | Median IQR

Marker-driven 3.199 0.846 4.335 1.138

FE 5.383 0.602 6.737 1.711
FE-AP 3.441 0.244 1.102 0.863
FE-SI 3.596 0.718 5.815 2.832
FE-AP-SI 1.663 0.418 0.377 1.595

Table 6. Differences in total TF force impulse (A Impulse) relative to in vivo measurements during squatting for
subjects K5R and K8L under each prescription configuration, reported as the median and IQR across all simulated
trials. Impulse is expressed in BW-s.

the in vivo measurements. These overestimates are also reflected in the higher RMSE values. Moreover,
the differences between prescription configurations were more pronounced than in the walking trials.

The FE and FE-SI prescription configurations further exacerbated the overestimation obtained
with the simulations using marker data alone, with RMSE values consistently exceeding 2.3 BW and
reaching up to 3.747 BW for subject K8L in the FE-SI configuration. This behaviour is also reflected
in the impulse analysis, where these configurations produced the largest deviations from in vivo
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measurements, particularly for K8L (median A Impulse of 6.737 BW:s for FE, and 5.815 BW's for
FE-SI).

In contrast, the FE-AP and FE-AP-SI configurations markedly reduced the overestimation, with
predicted force profiles generally closer to in vivo measurements throughout the activity. This improve-
ment was particularly evident in the deep flexion region, where the deviation from the in vivo profile
was visibly smaller than in the marker-driven, FE, and FE-SI configurations. Consistent with this,
these configurations also yielded the smallest impulse differences relative to in vivo, with the FE-AP-SI
configuration producing the lowest median A Impulse values for both subjects (1.663 BW-s for K5R
and 0.377 BW-s for K8L), indicating a substantial reduction in loading prediction error. Additionally,
the FE-AP-SI configuration showed the lowest percentage of statistically significant difference from
the in vivo force measurements, with values below 4% for both subjects.

3.2.3. Medial and lateral TF force estimations

Figures 9 and 10 show the estimated medial and lateral TF forces during the squatting task for each
prescription configuration for subjects K5R and K8L, respectively. Table 7 summarises the statistical
comparison between the estimated and in vivo TF compartment forces across all configurations for
both subjects.
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Figure 9. Estimated medial (a) and lateral (b) TF force during squatting for subject KSR under each prescription
configuration. The panels below each plot indicate regions of statistically significant differences between each
configuration and the in vivo measurements.

During squatting, the medial and lateral TF force profiles showed consistent overestimation of
load in both compartments across all prescription configurations for both subjects, with subject KSL
exhibiting larger deviations from in vivo measurements. The discrepancies were generally greater in
the medial compartment, while the lateral compartment loading remained relatively closer to the in
vivo force profiles. This trend is also reflected in the RMSE values, which were generally higher for the
medial than for the lateral compartment.

As observed for the total TF force, the FE and FE-SI configurations showed the largest overestima-
tions of compartment loading, with medial TF force RMSE values reaching 1.870 BW and 1.776 BW
for subjects K5R and K8L, respectively. Once again, the FE-AP and FE-AP-SI configurations reduced
discrepancies in both compartments relative to the marker-driven simulations, yielding lower RMSE
values and force profiles that were generally closer to in vivo measurements for both subjects. This
improvement was particularly evident in the lateral compartment, where the estimated force profiles
more closely matched the in vivo measurements in the deep flexion region, as evidenced by the lower
RMSE values and reduced percentage of the squat with a significant difference relative to the in vivo
measurements.
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Figure 10. Estimated medial (a) and lateral (b) TF force during squatting for subject K8L under each prescription
configuration. The panels below each plot indicate regions of statistically significant differences between each
configuration and the in vivo measurements.

Subject K5R Subject KS8L

Configuration | Medial TF force | Lateral TF force | Medial TF force | Lateral TF force
% Sig RMSE | % Sig RMSE | % Sig RMSE | % Sig RMSE

Marker-driven | 3.58 1.451 20.01 0.407 12.86 1.149 3.72 1.297

FE 8.00 1.870 15.80 0.526 14.10 1.513 7.10 1.669
FE-AP 5.75 0.988 21.60 0.294 5.63 0.358 0.00 -

FE-SI 10.96 1.095 242 0.931 15.48 1.776 3.83 1.489
FE-AP-SI 6.90 0.860 5.31 0.136 12.05 0.908 431 0.560

Table 7. Statistical comparison of estimated medial and lateral TF forces against in vivo measurements during
squatting for subjects K5R and K8L under each prescription configuration. Reported metrics are the percentage of
the squatting activity with statistically significant differences (% Sig) and the RMSE (in BW) computed over those
significant regions. Where no statistically significant differences were found, RMSE is not applicable (-).

3.2.4. Load distribution

The estimated MLR during the squatting trials is shown in Figure 11. The results indicate that
the predicted MLR profiles were highly consistent across subjects and prescription configurations.
In the deep flexion region, the predicted MLR was higher than the in vivo measurements for both
subjects, consistent with the previously reported overestimations of the medial TF force. Moreover, the
predicted MLR deviated from the in vivo curve at the beginning and end of the squat, with deviations
more pronounced than those observed during walking. Deviations also appeared generally larger
for subject K8L than for subject K5R, with both subjects exhibiting extensive regions of statistically
significant differences from the in vivo curve.
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Figure 11. Estimated MLR during squatting for subjects K5R (a) and K8L (b) under each prescription configuration.

3.2.5. Kinematic prescription strategy

Figure 12 presents a representative comparison between squat trial-specific and subject-level
mean prescriptions for the FE-AP-SI configuration for subject K5R.

As observed in the walking simulations, the force curves for the trial-specific and subject-level
mean prescriptions overlapped almost entirely, indicating that averaging the prescribed kinematic
relationships at the subject level did not impact the estimated TF forces. Similar trends were observed
for the FE-AP and FE-SI configurations. Comparable results for subject K8L are provided in Appendix
F.
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Figure 12. Comparison of cycle-specific and subject-level mean prescriptions for the FE-AP-SI configuration
during squatting for subject K5R. Estimated total, medial, and lateral TF forces during squatting are shown for
both approaches.

4. Discussion

This study aimed to develop and evaluate an MSK modelling framework that incorporates
fluoroscopy-derived knee kinematics to estimate TF forces and medial-lateral load distribution. Specif-
ically, this study examined, in two subjects and across two distinct activities, whether prescribing
fluoroscopy-derived TF kinematics improved force estimates compared to simulations driven solely
by marker data, and how distinct modelling choices affected the predicted knee loading and load
distribution. The findings provide insight into how fluoroscopy-derived kinematics can be used as
inputs to MSK models.

Walking and squatting were selected as complementary tasks because of their different kinematic
and loading characteristics, with squatting involving larger flexion angles and higher joint loading.
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This contrast enables the effects of prescribing fluoroscopy-derived kinematics to be evaluated under
distinct movement conditions.

In general, the results demonstrate that fluoroscopy-derived kinematics substantially affect the
predicted TF contact forces, with notable differences observed across prescription configurations in
both activities. This can be explained by the fact that TF kinematics define the relative position and
orientation of the femur with respect to the tibia and, consequently, the location and orientation of
the joint rotation axis, which influences muscle moment arms. In particular, AP and SI translation,
together with IE rotation, have been shown to be the DoFs that most strongly influence these moment
arms [44,57]. These changes alter the muscle forces required to generate the joint moments, thereby
affecting the muscle activations needed to reproduce the movement. Since muscle forces are the
primary contributors to knee joint loading [58], these changes directly translate into differences in the
estimated joint contact forces. In Appendix I, a schematic representation of how AP translation can
change the muscle moment arm is presented.

4.1. Alterations in kinematics

As shown in the results section, although the overall shapes of the AP and SI translation curves
remained similar to those of the original model parametrisations, the fluoroscopy-derived kinematics
exhibited larger magnitudes and excursions. This likely reflects subject- and task-specific translational
behaviour that generic parametrisations cannot fully capture. Such differences are biomechanically
relevant, as alterations in AP and SI translations affect muscle moment arms and muscle force require-
ments, and are also expected to shift the TF contact locations throughout the movement. In turn, these
changes may influence the distribution of load across the articular surface and the location of the CoP
[58].

4.2. Walking simulations

The model driven solely by marker data produced TF force patterns during walking that were
consistent with those reported in a previous MSK modelling study [52], indicating that the reference
simulations align with established simulation approaches. Within this context, prescribing fluoroscopy-
derived kinematics was assessed as a potential means of further improving these estimates.

Across both subjects, the marker-driven and FE configurations produced nearly identical force
curves for all TF force components. This was expected, as the flexion profiles derived from marker-
based motion capture were highly similar to those obtained from fluoroscopy. This is consistent
with previous studies showing that knee flexion angles are generally well estimated using motion
capture systems [59,60]. This suggests that prescribing fluoroscopy-derived FE alone does not lead to
meaningful improvements in the predicted TF loading during walking.

Prescribing the two remaining in-plane DoFs produced more pronounced changes in model
behaviour. In particular, AP translation increased the first and second peaks of the total TF compressive
force in both subjects, suggesting that the predicted loads are sensitive to this translational DoF,
as expected. A possible explanation for the increase in TF force is that, in both participants, AP
prescription led to increased activation of the quadriceps muscles included in the analysis (rectus
femoris, vastus lateralis and vastus medialis; see Appendix H). Despite this increase in peak magnitude,
the FE-AP configuration yielded the best overall agreement with in vivo data for subject K5R, with no
regions differing significantly during stance according to the statistical analysis.

In contrast to the FE-AP configuration, prescribing SI translation alongside FE led to markedly
different model behaviour, with considerably larger discrepancies between predicted and in vivo TF
forces. In both subjects, the FE-SI configuration introduced an additional increase in the total TF force
during mid-stance, appearing almost as a third peak within the stance phase. This suggests that SI
prescription substantially altered muscle moment arms and activation patterns. More specifically, it
not only increased the activation of certain muscles, particularly the gastrocnemii, but also induced
muscle activity during phases of stance in which this was not observed in other configurations, as seen
for the semitendinosus (see Appendices G and H). In addition, the imposed SI kinematics may have
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contributed directly to an increase in compressive TF loading by shifting the femur to a more inferior
position relative to the tibia.

Although this behaviour was observed in both subjects, it was considerably more pronounced
in K8L, likely because this subject exhibited a larger SI excursion, leading to greater changes in
muscle moment arms. This larger SI excursion may be related to the larger femoral condyle size in
K8L, as SI translation is linked to the condylar geometry of the knee joint. Notably, in subject K8L,
these altered muscle activations were also accompanied by a marked shift in the medial-lateral load
distribution. This can be explained by a change in the moment arm of the gastrocnemius medialis.
As its moment arm decreased and even became negative during mid-stance, greater activation of
the gastrocnemius lateralis was required to generate the same net knee joint moment. The resulting
increase in gastrocnemius lateralis force contributed to the observed shift in load towards the lateral
compartment.

A possible explanation for these findings is that AP and SI translations are mechanically coupled
in the knee joint through the rolling and gliding behaviour of the femoral condyles [61]. As a result,
prescribing SI translation alone, while maintaining the original model relationship for AP translation,
may introduce a kinematic inconsistency in the sagittal plane. Although the model-defined AP
and SI relationships follow trends similar to those observed in the fluoroscopy-derived data, their
ranges differ, potentially leading to unrealistic combinations of joint translations when only one
DoF is prescribed. This may partly explain the abnormal muscle mechanics observed in the FE-SI
configuration and the more stable, physiologically plausible behaviour observed when AP and SI were
prescribed simultaneously in the FE-AP-SI configuration.

Overall, the FE-AP-SI configuration yields better results than FE-SI, but appears to perform less
well than FE-AP alone. This indicates that although prescribing both translational DoFs simultane-
ously may reduce the kinematic inconsistency associated with the FE-SI configuration, including SI
translation still appears to negatively affect the estimation of TF forces during walking. Within this
modelling framework, AP translation appears to provide useful subject-specific information during
walking, whereas SI translation is more difficult to prescribe reliably.

Notably, for both subjects, the lateral TF force was more sensitive to the prescribed kinematics,
as reflected by greater variation in lateral force curve shape across the prescription configurations.
Regarding the medial-lateral load distribution, the MLR results (Figure 5) are consistent with the
previous observations and further highlight that model performance was subject-dependent. Moreover,
the deviations observed at the beginning and end of the gait cycle for the MLR should be interpreted
with caution, as compressive TF forces in these regions remained below the 1000 N threshold for
which the medial force estimation method is valid. These discrepancies may therefore partly reflect
limitations of the estimation approach rather than model error.

4.3. Squatting simulations

As observed in the walking simulations, the marker-driven model also produced squat force
estimates that agreed with those reported by Nejad et al. [52]. For the squatting simulations, the
results were more consistent across subjects, with all prescription configurations leading to a marked
overestimation of the TF forces.

In contrast to the walking simulations, prescribing FE further increased the overestimation relative
to the marker-driven configurations. This may be explained by the higher flexion angles observed for
this configuration, which are likely to increase joint loading. More generally, this observation suggests
that marker-based motion capture may be less capable of accurately reproducing knee flexion during
high-flexion tasks, such as squatting, than during walking, where the flexion range is smaller, and the
differences between marker- and fluoroscopy-derived kinematics appear less pronounced.

Consistent with the walking trials, adding SI translation to the prescribed flexion angle did not
improve force estimates and was generally associated with the largest increases in muscle activation.
As discussed previously, this may be explained by the mechanical coupling between AP and SI
translations in the knee joint. Prescribing SI translation independently of AP translation may therefore
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increase joint compression and amplify the predicted contact forces, while failing to account for the
coupled AP motion that normally accompanies SI translation, even more relevant during high-flexion
activities.

On the other hand, configurations including AP translation appeared to improve the TF force
estimates relative to the marker-driven simulations during squatting. In particular, the FE-AP-SI
configuration substantially reduced the overestimations obtained with the marker-driven model,
resulting in force curves that were much closer to the in vivo measurements and with small regions
of statistically significant difference. This suggests that incorporating subject-specific AP translation
provides a more realistic representation of TF joint kinematics, likely because AP motion plays a central
role in shifting the contact location and the resulting muscle force requirements during flexion.

Despite the improvements achieved by prescribing the three in-plane DoFs from the fluoroscopy
data, the model still consistently overestimated the TF forces across all prescription configurations.
One possible explanation is that IE rotation is a relevant component of TF kinematics during squatting
[62], yet it cannot be prescribed in the present simulations because it cannot be determined accurately
with a monoplanar fluoroscopy system. Consequently, this rotational DoF remained driven by the
model’s generic kinematic relationships, which may have contributed to discrepancies in the predicted
joint loading.

Additionally, the muscle activation patterns may help explain the persistent overestimation of
the TF forces (see Appendix H). During squatting, some muscles reached activation levels of 1.0,
particularly the biceps femoris long head and rectus femoris in both subjects, with the tibialis anterior
also reaching saturation in K5R. This saturation suggests that the squatting task imposed mechanical
demands that the model could not satisfy, given its available muscle force capacity and actuator setup.
In particular, the optimal actuator force was not adjusted across simulations and may therefore have
been insufficient for the higher joint moments associated with squatting. As a result, the muscles
had to compensate, leading to activation saturation. This indicates that further improvements in the
predicted TF forces may be achievable by tuning the actuator setup.

Regarding the estimated MLR, the simulations did not accurately reproduce the in vivo load
distribution for either subject under any prescription configuration. In the deep flexion region, the
predicted MLR was too high, consistent with the large overestimations of the medial TF force in
this phase. At the beginning and end of the squat, the opposite trend was observed, with lower
predicted MLR values due to relatively greater lateral and lower medial loading. As in walking,
these discrepancies may partly be explained by limitations in the force estimation approach at low
compressive TF force magnitudes. Overall, these findings suggest that improvements in total and
compartmental TF force prediction did not translate into a more accurate representation of medial-
lateral load distribution during squatting.

4.4. Overall interpretation of kinematic prescription effects

The comparison between walking and squatting simulations indicates that the effects of prescrib-
ing fluoroscopy-derived kinematics are task-dependent. For walking, the marker-driven simulations
already provided a reasonable representation of TF loading, and the inclusion of fluoroscopy-derived
kinematics resulted in limited changes, without consistent improvement in agreement with the in
vivo measurements. This is consistent with previous studies, which have also reported limited im-
provements when incorporating subject-specific kinematics in gait simulations [45]. In contrast, for
squatting, prescription configurations FE-AP and FE-AP-SI, particularly the latter, led to substantially
improved agreement with the in vivo TF forces compared to the marker-driven model.

A possible explanation for this difference between tasks is that the MSK model used in this study
has only been validated for walking and running. Its generic kinematic parametrisations are therefore
likely more appropriate for walking than for a functionally distinct movement such as squatting, where
they may be less representative of the underlying joint mechanics. As a result, incorporating more
accurate subject-specific kinematics becomes more relevant in squatting.
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In addition, model performance appeared to be subject-dependent, with overall more accurate
predictions for subject K5R. For walking, these differences were already clearly visible in the marker-
driven simulations, with the predicted TF forces for K5R remaining consistently closer to the in vivo
measurements. In contrast, for subject K8L, the marker-driven configuration already overestimated
the second stance peak, and prescribing fluoroscopy-derived kinematics did not lead to any clear
improvement. This suggests that the inaccuracies in the predicted forces cannot be attributed solely to
limitations in marker-based kinematics, but may also reflect modelling errors arising from assumptions
inherent to the modelling framework. For squatting, the discrepancies between subjects were less
pronounced, although the predictions for K8L still appeared to perform slightly worse than those for
K5R.

Lastly, the comparison of prescription strategies showed that subject-specific averaged kinematics
yielded results nearly identical to those obtained with cycle- and trial-specific prescriptions for
walking and squatting, respectively, for both subjects. This was expected for subject K8L, given the
high kinematic uniformity across trials, but was less anticipated for K5R, whose kinematics were
much more heterogeneous. Nonetheless, these findings indicate that the modelling framework can be
simplified by using subject-specific mean parametrisations without loss of accuracy. Additionally, they
support the adequacy of spline interpolation for representing the prescribed kinematic relationships.

4.5. Limitations and future work

There are some limitations to consider when interpreting the results of this project. First, the MSK
model used in this work assumes a native knee and the prescribed kinematics were derived from
subjects with TKA. Therefore, part of the observed kinematic mismatch may also reflect differences
between native and implanted knee joint mechanics, rather than task- and subject-specific kinematic
variation alone. Moreover, previous studies have shown that TKA knees can exhibit greater kinematic
excursions, particularly in the AP direction, with greater anterior tibial translation [63,64], consistent
with the kinematic patterns observed in the present study.

Another limitation is that the simulations were conducted with only two subjects, limiting the
generalisability of the findings. In addition, only two activities were investigated. Future work should
extend the analysis to a larger number of subjects and a broader range of activities to further evaluate
and get more robust conclusions on the effects of prescribing fluoroscopy-derived kinematics in MSK
models. Moreover, the limited number of available trials per subject for both walking and squatting
weakened the statistical analysis.

A further limitation concerns the reconstruction and implementation of the fluoroscopy-derived
kinematics. Although subject-specific implantation data were used to guide the positioning of the
implant geometries within the scaled MSK model, this procedure still relied partly on visual inspection
and could have introduced small alignment errors. The absence of subject-specific skeletal geometries
further complicated this implant positioning. Incorporating subject-specific bone geometries could
improve the alignment between the implant frames and the model-defined joint reference frames,
thereby enhancing the overall consistency of the reconstructed kinematics.

In addition, only the in-plane DoFs were prescribed from the fluoroscopy data, while the out-of-
plane DoFs remained driven by the model’s generic kinematic parametrisations. As discussed before,
this may have introduced inconsistencies in the overall joint kinematics and affected the predicted
loading patterns. Moreover, these out-of-plane DoFs are highly relevant for joint loading estimations.
Further research should investigate integrating out-of-plane DoFs as kinematic inputs to the MSK
model, provided that biplanar fluoroscopy data are available.

Furthermore, modifying the parametrisations of the AP and SI translations directly in the model
file enforces these kinematics rigidly throughout the simulation. Consequently, these DoFs cannot
adapt to the interactions with the remaining model coordinates during the IK step. This may intro-
duce further errors and prevent the model from achieving a fully mechanically consistent solution,
potentially affecting the predicted joint loading.
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In addition, the available EMG data could be further exploited within the modelling framework.
Incorporating these data into EMG-informed MSK models would enable a more subject-specific
representation of muscle recruitment, including the effects of muscle co-contraction, and may improve
the accuracy of the predicted joint loading.

Lastly, future work could explore the use of more advanced modelling frameworks. For instance,
the Joint Articular Mechanics (JAM) MSK model provides a more detailed representation of the knee
joint, including multiple DoFs and ligament structures [65]. Such a framework would eliminate the
need for predefined kinematic parametrisations, and incorporating fluoroscopy kinematics would be
more straightforward, as these could be prescribed directly during the IK step rather than imposed
through modifications to the model file. This could reduce the kinematic inconsistencies described pre-
viously, since the non-prescribed DoFs would be free to settle into equilibrium during the optimisation.
In addition, the model enables the estimation of load distributions within the TF joint. Building on
this, further developments could aim to derive CoPs from these load distributions, thereby providing
additional insight into joint contact mechanics.

5. Conclusions

This study successfully developed and implemented a modelling framework to integrate
fluoroscopy-derived knee kinematics into a generic MSK model, enabling evaluation of how pre-
scribing fluoroscopy-derived TF kinematics affects predicted joint loading. For walking, incorporating
fluoroscopy-derived kinematics did not result in consistent or significant improvements in the esti-
mated TF loads, compared with simulations driven solely by marker data. In contrast, for squatting, the
FE-AP and FE-AP-SI prescription configurations consistently improved TF force predictions compared
with marker-driven simulations.

The results further showed that the chosen prescription configuration clearly influenced the esti-
mated knee loading, whereas comparing prescription strategies indicated that subject-level averaging
of kinematic relationships did not meaningfully affect the predicted forces. Therefore, the modelling
framework can be simplified without compromising prediction accuracy. Despite improvements, the
medial-lateral load distribution remained difficult to estimate accurately during squatting.

Overall, the improvements in TF force predictions observed during squatting highlight the
potential of incorporating fluoroscopy-derived kinematics into generic MSK models, particularly
for tasks that may not be well represented by generic modelling assumptions. Future work should
therefore focus on evaluating the proposed framework across a broader range of dynamic tasks and
subjects, and on integrating all six DoFs of fluoroscopy-derived kinematics to further improve model
performance.

By improving the estimation of TF joint loading, integrating fluoroscopy-derived kinematics has
the potential to overcome the limitations of current MSK models and measurement approaches, con-
tributing to a more accurate and comprehensive understanding of knee joint biomechanics. Ultimately,
this may provide deeper insight into the biomechanical pathways underlying knee OA and enable
more informed approaches to its analysis, prevention, and treatment.
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List of abbreviations

AP Anterior-posterior

BW Body Weight

CAMS  Comprehensive Assessment of the Musculoskeletal System
CoPs Centre(s) of Pressure

CS Coordinate System

DoF(s)  Degree(s) of Freedom

EMG Electromyography

FE Flexion-extension

GRF(s) Ground Reaction Force(s)
ID Inverse Dynamics

1IE Internal-external

IK Inverse Kinematics

ML Medio-lateral

MLR Medial Load Ratio

MSK Musculoskeletal

OA Osteoarthritis

PF Patellofemoral

RMR Rapid Muscle Redundancy
RMSE  Root-mean-squared Error

SI Superior-inferior

SPM Statistical Parametric Mapping
TF Tibiofemoral

TKA Total Knee Arthroplasty

\A% Varus-valgus

Appendix A. Coordinate Systems and Transformations in the CAMS-knee Dataset

In the CAMS-knee dataset, four main coordinate systems are defined:

e  CSpap: coordinate system of the motion capture laboratory; all motion capture and force plate
measurements are reported in this coordinate system.

*  CSjpy: local coordinate systems fixed to the implant components; the in vivo TF contact forces
and moments measured by the instrumented implant are expressed in CS;yyj,,, .

*  CSppmp: local coordinate systems fixed to the tibia and femur bones; the fluoroscopic measure-
ments of implant kinematics are reported as a transformation from this coordinate system to
CSpaB-

*  CScr: coordinate system of the computed tomography (CT) images; the position of anatomical
landmarks is presented in this coordinate system, and the subject-specific implantation data are
reported as transformations from CSjyy; coordinate systems to CScr

Data can be transformed between all four CS definitions by using the transformation matrices
Tiwi—ims, Tiwi—cr, and Tpyp— 1 4p- The first two are static and for each subject, and are provided
in the dataset description. The transformation matrix T7 5,1 4p is reported for each time step in the
main data file of the dataset.

Appendix B. Transformation of fluoroscopy-derived kinematics to MSK model
joint frames

In this section, T4_,p denotes the transformation matrix that expresses coordinates from frame A
in frame B.

In the dataset, the fluoroscopic implant kinematics are provided as the transformations of the tibial
and femoral LMB implant frames with respect to the global laboratory frame CSy 4, i.e., as Tyjp, ,,,—s1.4B
and Ty, . 14B- From these, the relative TF transformation was first reconstructed between the tibial
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and femoral LMB frames and subsequently expressed in Sy, yielding Tiip;,y,— fem,,,- This was done
as follows:

TtibLMB%femLMB = TLAB%femLMB : Ttl‘bLMBHLAB (Al)
Ttih]WI%femLMB = TfibLMB—{fEmLMB ) Tfib[w[%fllbLMB (AZ)
Ttib]W]—>fem]W, = TfemLMB—>fem]WI ' Ttib]WI%fEmLMB (A3)

An additional transformation step was required to express the fluoroscopy-derived kinematics
in the reference frames defining the knee joint in the MSK model. For this purpose, the implant
geometries, whose local reference frames are defined in CSjyy;, were positioned on the scaled model
in OpenSim Creator. The femoral component was first aligned by visual inspection. Subsequently,
the tibial component was positioned relative to the femoral component using the subject-specific
implantation data, specifically the translational parameters. Figure A1 illustrates the positioning of the
implant geometries in one of the scaled models.

Figure A1l. Positioning of the implant CAD geometries on the scaled femur and tibia for subject K5R, illustrating
the alignment of the implant components with the bone geometries.

The implant positioning was performed solely to determine the transformations between the
JWI coordinate systems and the reference frames defining the knee joint in the MSK model, namely
Ttib]WI—>tiba et and T,y Wi femy et This was done using OpenSim Creator, after which the implant ge-
ometries were removed and were not included in the final simulation models. The final transformation
between the tibial and femoral reference frames was obtained as:

Ttihoffset"femoffset = Tfem]WI‘)femoffset ’ Ttib]WIerm]WI ’ Ttibaffset"tib]WI (A4)

The transformation was formulated from the tibia to the femur because, in the MSK model, the
tibia defines the child frame and the femur the parent frame of the knee joint. The TF translations and
rotations were extracted from the final transformation matrices.
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Appendix C. Parametrisations of TF AP and SI translations as functions of knee
flexion
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Figure A2. Example of polynomial fitting of AP (top) and SI (bottom) translations as functions of knee flexion for
subject K5R, shown for a gait cycle (a) and a squatting cycle (b). Scatter points represent the original fluoroscopy
data, and the solid lines represent the fitted curves.
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Figure A3. Subject specific mean AP (top) and SI (bottom) translation-flexion relationships during walking for
subject K5R, obtained by averaging the fitted curves across cycles. Shaded regions indicate the standard deviation.
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Figure A5. Comparison of spline-based TF kinematics derived from fluoroscopy data with the original model
parametrisations for K5R (a) and K8L (b). The parametrisations were evaluated over the subject-specific maximum
flexion range observed in the fluoroscopy trials.

Appendix D. RMR solver - cost function

For each time step f;, the optimiser finds the optimal combination of muscle activations (ax) and
controls (cx), by minimising the following cost function:

N 5 N‘i 5
J(ay, cx) = Z w;a; + Z i€k
i=1 j=1

(A5)

in which a; ; is the activation of muscle i at time step #;, and c; x corresponds to the control input
of the actuator j at the same time step. The coefficients w; and v; are the weights that define the penalty
on muscle activation and actuator use. The actuator set ¢; x includes the actuators driving the trunk
and the pelvis, as well as reserve actuators. In the presented cost function, the reserve actuators are
assigned larger weights v; than the muscle weights w;, such that the solution remains predominantly
muscle-driven and reserves are used only when necessary. In addition, the RMR formulation requires
that each unlocked coordinate in the model be actuated, meaning there has to be at least one actuator
per DoF.

Appendix E. Knee kinematics
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Figure A6. In-plane TF kinematics across the gait cycle for subject K8L under each prescription configuration,
shown as mean + 1 SD over six simulated gait cycles (n = 6).
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Appendix F. Kinematic prescription strategy - additional graphs

—-- FE-AP-SI —-- FE-AP-Sl-average

S
L

Total TF force [BW]
Medial TF force [BW]
Lateral TF force [BW]

0 20 40 60 80 100 0 20 40 60 80 100
Stance [%]

Figure A8. Comparison of gait cycle-specific and subject-level mean prescriptions for the FE-AP-SI configuration

during walking in subject K8L. Estimated total, medial, and lateral TF forces across the stance phase of gait are
shown for both approaches as mean + 1 SD over six simulated gait cycles (n = 6).
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Appendix G. Muscle moment arms
Appendix G.1. Walking simulations

biceps femoris long head gastrocnemius lateralis gastrocnemius medialis rectus femoris
—0.03
0.035 [ — ~ ~ 0.04 4
% ye e -\ ’f\\
= 2 0041 ! i \ I
E o030 ! ; 0.03 1 i I —0.04
0.03 1 Vo
E 0.025 | Py e 0oz b
© g 1027 — ]
b= 0.02 [ }’ : 0051 ..
£ 0.020 1 LAY
[ 0.01 4
E p— - BN -
S 0.015 % 0.01 \/ L —0.06 |
= 0.00 -
0.010 0.00 4
: : : : : . : . ~0.01 —0.071 : : : :
semitendinosus
—0.03
0.055 |
E #f-;-_a'-% 0.04
1 — g -
E oos0 {f‘ - L) —0.04
£ 1 pmmrane V. / %
£ 0045 paT Tt ne A | |
© —0.05 4
€ 0.040 \ —~0.05 4o
uEJ \
5 00351 I \ —0.06 1 —0.06 1
= | 3
s \v
0.030 N s S : &
: : ‘ : 0071 : ; : ; -0.07 ; ; ; ;
0 20 40 60 80 100 0 20 40 60 80 100 0 20 a0 60 80 100

Gait cycle [%]

----- Marker-driven --- FE ——= FE-AP —— FE-SI —-— FE-AP-SI

Figure A10. Estimated muscle moment arms about the knee joint across the gait cycle for subject K5R under each
prescription configuration. Curves are shown as mean £ 1 SD over six simulated gait cycles (n = 6).
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Figure A11. Estimated muscle moment arms about the knee joint across the gait cycle for subject K8L under each
prescription configuration. Curves are shown as mean =+ 1 SD over six simulated gait cycles (n = 6).



Appendix G.2. Squatting simulations
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Figure A12. Estimated muscle moment arms about the knee joint during squatting for subject KSR under each

prescription configuration. Curves are shown as mean + 1 SD over five simulated squats (n = 5).

biceps femoris long head

gastrocnemius lateralis

gastrocnemius medialis

rectus femoris

0.035 | 0.045 *_\ 0.04 1 —0.02 1
,E 0.040 o3
0.030 ] —0.03 4
= 0.035 0.03
£ _0.04 4
&5 0.025 0.030 ., 0.02 1 0.04
;,;J‘ 0.025 b —0.054 # 4
0.020 0.014 oo
£ 0.0204 4
o —-0.06 {_-
= 50154 0.015 4 0.001
A —0.07
0.010 - 0014 ‘ ‘ ‘
0.055 _0.02 ] 002
— 0.050 1 003
£ 0037 -0.034
0.045 - 4
E —0.04 1 —-0.044_
S 0.040
= ~0.05 4 0054 .
“E‘ 0.035 - fe -
=] —0.06 . —0.06
= 0.030
. -0.07 4
0.025 o - —0.07
r r T T r T T T T r T T

Marker-driven

Squatting trial [%]

FE

—— FE-AP

-— FE-SI  —— FE-AP-SI

Figure A13. Estimated muscle moment arms about the knee joint during squatting for subject K8L under each

prescription configuration. Curves are shown as mean + 1 SD over five simulated squats (n = 5).



30 of 40

Appendix H. Muscle activations
Appendix H.1. Walking simulations
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Figure A14. Estimated muscle activations across the gait cycle for subject K5R under each prescription configura-
tion. Curves are shown as mean £ 1 SD over six simulated gait cycles (n = 6).
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Figure A15. Estimated muscle activations across the gait cycle for subject K8L under each prescription configura-

tion. Curves are shown as mean £ 1 SD over six simulated gait cycles (n = 6).



Appendix H.2. Squatting simulations
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Figure A16. Estimated muscle activations during squatting for subject K5R under each prescription configuration.
Curves are shown as mean + 1 SD over five simulated squats (n = 5).
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Figure A17. Estimated muscle activations during squatting for subject K8L under each prescription configuration.
Curves are shown as mean + 1 SD over five simulated squats (n = 5).
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Appendix L. Illustration of the Effect of TF AP Translation on Muscle Moment Arm

Figure A18. Schematic representation of the hamstring force Fyy and its knee flexion moment arm 7, illustrating
the effect of altered TF AP translation on moment arm length. In the configuration on the right, the femur is
translated posteriorly relative to the tibia, resulting in a decreased moment arm. The drawing is adapted from a
figure from Delp et al. [66].

Appendix J. Initial Modelling Framework: JAM Model

This appendix documents the work developed during the early stages of this thesis, focusing on
the implementation and evaluation of the JAM MSK model as the initial computational modelling
framework. The reasons for its exclusion from the final methodology are also discussed.

Appendix ].1. Overview of the JAM model

The JAM model is a full-body MSK model featuring a detailed representation of the knee joint
[65] (Fig. A19 (a)). The model comprises 52 DoFs and includes 44 Hill-type musculotendon units
representing the musculature of the right lower limb. Given the characteristics of the dataset used in
this study, which included participants with TKA, a TKA-specific version of the model was employed
[67]. In this configuration, the knee joint is represented by a three-body TKA system, consisting of
tibial, femoral, and patellar implant components that are appropriately positioned relative to the
underlying bone geometries. Both the TF and PF joints are modelled with 6 DoFs and incorporate
deformable contact between the articulating surfaces, based on an elastic foundation formulation, in
which contact pressures are defined as functions of surface penetration depth.

Additionally, the model includes an extensive representation of ligaments and tendons within
the knee joint. Specifically, it incorporates the patellar tendon and eleven ligament bundles. These
model components are represented as non-linear spring elements. The anterior cruciate ligament was
excluded from the model because it was resected during the TKA surgery of the patient used as the
basis for model development [67]. While these detailed ligamentous representations enable a more
physiologically realistic description of knee joint mechanics, they also increase the complexity of the
model and can introduce additional sources of error.

Appendix ].2. Solution strategy - COMAK optimisation algorithm

For walking simulations, the JAM model is solved using the Concurrent Optimisation of Muscle
Activations and Kinematics (COMAK) algorithm [68,69]. Within the COMAK framework (Fig. A19
(b)), model coordinates are grouped according to their role in the solution strategy. The primary
coordinates include knee flexion of the leg of interest, hip rotations, and ankle flexion, which are
obtained from marker-based motion capture data and used to drive the model dynamics. COMAK
subsequently solves for the muscle and joint forces required to produce the corresponding accelerations.
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and GRFs), the model enforces the equations of motion while minimising a cost function. The resulting solution
provides estimates of secondary kinematics, muscle activations, ligament forces, and articular contact pressures.

The secondary coordinates comprise all TF translations and non-sagittal rotations, as well as PF
coordinates. These DoFs cannot be accurately measured using conventional motion capture techniques
and are estimated by COMAK through optimisation. Solving these coordinates within the optimisation
process also helps maintain dynamic consistency. The remaining coordinates, including those of the
upper body, contralateral limb, and pelvis, are prescribed to the model as inputs and are not solved
dynamically.

This algorithm begins with an IK step to determine the values, velocities, and accelerations of
the primary coordinates from the measured marker data. During this step, the secondary coordinates
are coupled to the independent coordinate, the knee flexion, through coordinate constraint functions.
These constraint functions are generated via a passive forward simulation and incorporated into the
IK formulation, yielding an IK solution that enforces the prescribed coupling between the primary and
secondary coordinates.

Subsequently, the numerical optimisation takes place to estimate the secondary kinematics, as
well as muscle, ligament and articular contact forces, by minimising the following cost function:

MMuscles NContactForce
min Y Wi Vixa2+CW ) CE]? (A6)
i=1 =1

where W;, V; and a; represent the i-th muscle weight, volume, and activation, respectively, CW
denotes the contact energy weight and CE the articular contact energy. This formulation enforces a
balance between minimising muscle activation effort and net knee contact energy. The inclusion of the
contact energy term is not always employed across studies, in which case the optimisation is driven
solely by the muscle activation term.

Appendix |.3. Rationale for model selection

As previously mentioned, the JAM model was initially considered for this project for multiple
reasons. First, it includes a highly detailed representation of the knee joint. Many widely used MSK
models define the knee using simplified joint formulations, often with a single DoF and without explicit
representation of ligamentous structures [37,47]. In such models, the remaining TF and PF DoFs are
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commonly parametrised as functions of the knee flexion angle. While computationally efficient,
these formulations do not enable estimation of ligament or cartilage loading profiles, structures that
contribute to the stabilisation of secondary joint motion. Additionally, joint constraints are usually
derived from cadaveric studies, failing to capture the load-dependent variations of joint kinematics
[65].

In contrast, the JAM model defines both the TF and the PF joints with six DoFs and incorporates
explicit ligament constraints, constructed based on imaging-derived anatomical data. This level
of detail was considered advantageous for capturing joint behaviour beyond simplified kinematic
assumptions.

Furthermore, the model incorporates deformable contact at the TF and PF joints using the elastic
foundation formulation, as previously mentioned, thereby accounting for the elastic material properties
of the articulating surfaces. This allows the COMAK algorithm to compute joint contact forces and
surface pressure distributions. The ability to resolve contact pressure distributions was considered
valuable, as it was hypothesised that changes in joint kinematics, resulting from the direct prescription
of fluoroscopy-derived kinematics, could alter the spatial distribution of articular contact, based on the
findings of previous studies [70].

An additional motivation for selecting the JAM model, especially its TKA-specific version, is
that it facilitates subject-specific representation of implant geometry. In particular, the model implant
components can be readily replaced and positioned using subject-specific implant geometries and im-
plantation data provided in the dataset. Moreover, the framework allows straightforward prescription
of in-plane TF kinematics derived from fluoroscopy within the IK step.

Together, these features made the JAM modelling framework a promising option to investigate
how fluoroscopy-derived knee joint kinematics could be integrated into computational models to
improve the estimation of joint mechanics.

Appendix ].4. Model adaptations

The JAM model was modified to incorporate the specific implant components from the CAMS-
knee dataset, utilising the provided geometry files and aligning them according to subject-specific
implantation data. Although the TKA configurations in the CAMS-knee dataset subjects did not
include a patellar component, this element was retained in the model. This choice was motivated by
the aim to limit additional modelling complexity associated with replacing the implanted patellar
component with a native patella representation, which would require further modifications to ligament
and muscle attachment sites and their associated properties. In addition, the presence of a patellar
implant was expected to have a low influence on TF kinematics, provided that it did not impose
additional constraints on joint motion.

For the contact surface geometries of the tibial and femoral implant components, computer-aided
design software was used to extract the relevant mesh regions from the provided geometry files.
Subsequently, the extracted surfaces underwent a cleaning procedure and were remeshed to obtain
suitable contact meshes. The resulting triangulated surfaces were defined to match the element count
of the original implant designs.

The final model was then scaled on the OpenSim GUI to match the subject’s anthropometry. All
subsequent steps of the COMAK analysis workflow were executed via the OpenSim command-line
interface using customised settings files.

Appendix ].5. Simulations

A series of walking simulations was performed using the adapted JAM model to evaluate its
behaviour under different kinematic and solver configurations. Initial simulations focused on single
gait cycle analyses without prescription of fluoroscopy-derived kinematics. These simulations were
repeated multiple times, for distinct gait cycles, adjusting some optimisation parameters and model
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components. At a later stage, simulations with prescribed knee flexion and AP translations were also
performed.

Overall, while IK results were adequate and consistent, instabilities emerged in subsequent
analysis stages, particularly during the COMAK and ID steps. The resulting joint contact forces were
unrealistically high and exhibited substantial noise, limiting their interpretability. An example of
such outputs is presented in Figure A20. In addition, large reserve actuator forces and activations
were observed at the TF and PF DoFs, indicating dynamic inconsistency in the simulations. Non-
physiological patellar behaviour was consistently observed, particularly toward the end of the gait
cycles, with excessive displacement and deviations from the femoral groove.
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Figure A20. Example of TF contact force components obtained from the COMAK analysis of a single gait cycle,

showing high magnitudes and substantial noise. (a) Force component in the AP direction. (b) Force component in
the SI direction (axial). The irregular behaviour indicates potential dynamic inconsistencies in the simulation.

To investigate the sources of these instabilities, additional simulation configurations were ex-
plored. COMAK solver parameters, including damping-related settings and allowable ranges for
secondary kinematics, were adjusted in an attempt to improve numerical stability. Moreover, the
experimental data from the CAMS-knee dataset were processed and filtered to assess whether signal
noise contributed to the observed behaviour. The positioning of the implant components was also ad-
justed to evaluate the sensitivity of the simulations to implant alignment and try to improve estimates.
All intermediate calculations and coordinate transformations were thoroughly reviewed to identify
potential errors. However, none of these modifications led to measurable improvements in simulation
outcomes.

Following these extensive troubleshooting efforts, additional baseline simulations were conducted
using both the original TKA model configuration and the reference model used in Febrer-Nafria et al.
(2023) [71], which was made available by one of the collaborators involved in this study. Nevertheless,
these additional simulations did not resolve the previously observed instabilities.

Appendix ].6. Limitations and rationale for model transition

In light of all the efforts undertaken and the issues encountered, there are some limitations of
the JAM modelling framework worth acknowledging. First, a considerable number of simulation
frames failed to converge, indicating convergence issues within the COMAK optimisation process.
When convergence is not achieved, COMAK propagates the solution from the previous time step
[68], resulting in a model state that no longer satisfies dynamic equilibrium for the affected frame.
Because each time step serves as the initial guess for the subsequent optimisation, these convergence
failures accumulate and propagate over time, ultimately leading to erroneous estimates and numerical
instability.
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A second limitation is related to the high sensitivity of the model to implant component posi-
tioning. Joint contact forces are computed using an elastic foundation formulation, in which contact
pressures depend on local surface penetration depth and elastic material properties. As a result, the
contact response is numerically stiff and very sensitive to small variations in relative surface alignment,
such that minor discrepancies in implant positioning can lead to large changes in contact forces and
numerical instability. This sensitivity is further reinforced by the fact that implant positioning, although
informed by subject-specific implantation data, relied partly on visual inspection in the absence of
subject-specific bone geometries.

A third limitation concerns the substantial computational cost of this modelling approach. Even
relatively simple walking simulations required several hours of computation on a high-performance
computer, which significantly constrained the feasibility of iterative troubleshooting and systematic
parameter exploration. Moreover, many studies employing this modelling framework rely on Monte
Carlo-based sensitivity analyses to explore the solution space and identify robust parameter sets
[69,71]. Implementing such approaches would require access to high-throughput computing resources,
which were not available within the scope of this project.

Finally, the limited availability of documentation, examples, and community support for this
specific modelling framework further restricted the ability to diagnose and resolve the observed issues.
Despite repeated consultation with experts and multiple attempts to stabilise the simulations, the
problems persisted. Given the remaining time constraints of the project and the absence of a clear
resolution path, it was necessary to transition to an alternative modelling approach that offered greater
numerical robustness while still enabling meaningful biomechanical analyses.
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