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Abstract 

Articular cartilage accrual occurs predominantly during childhood and adolescence, with the 

magnitude, direction, and pattern of internal joint loads directing the cartilage growth. If any of 

these factors of the joint loading are abnormal, it can predispose these children to degenerative 

knee joint disease as an adult. To provide an estimate of the internal joint loads, a paediatric-

focused, static optimization-based lower limb model was developed, compared to recorded 

sEMG, and analyzed for sensitivity to changes in ground reaction force and muscle attachment 

site. 

 

The model was found to provide consistent predictions of joint contact force predictions ranging 

from 0.01 to 0.35xBW with standard error of 8% to 17%, with the exception of left knee medial-

lateral shear at 108%. Muscle force predictions related well to sEMG, with the standard error 

ranging from 14% to 36%, except for gastrocnemius lateral at 104%. The model was sensitive to 

variations in the ground reaction force vector, with a maximum deviation of 0.11 xBW 

determined as a result of a ±5% variation in GRF. 

 

The model was found to be sensitive to clinically relevant deviations in muscle attachment site. 

Maximum knee anterior shear was significantly changed (p < 0.05) with a 1cm posterior 

quadriceps insertion deviation, maximum lateral shear with a posterior semimembranosus 

deviation, and maximum medial shear with a posterior or medial quadriceps deviation. No 

deviations caused statistically significant changes in compression. Statistically significant change 

in joint contact force could not be predicted based on changes in muscle moment arm, but could 

be indirectly predicted by the predicted muscle forces.  
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The model’s uniform convergence and sensitivity to variations in input indicate that the model is 

sufficiently reliable and robust. This sensitivity suggests that the model is capable of adapting to 

altered loading conditions and musculoskeletal geometry, either due to deformity or corrective 

procedure. The model was therefore deemed to be a strong platform for developing clinically 

specific models for analyzing internal knee loads in a diverse paediatric population. 
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Chapter 1 

Introduction 

The biomechanical environment of the knee joint critically influences the development of the 

knee articular cartilage during childhood, which is an indicator of adult joint health (Jones et al., 

2003; Koo and Andriacchi, 2007; Carter and Tse, 2009; Winby et al., 2009). There is clear 

evidence that regular, cyclic compressive loading on the knee, typically associated with physical 

activity, will promote cartilage accrual during child development (Beaupré et al., 2000; Elder et 

al., 2000; Jones et al., 2003). However, any abnormal change in the direction, magnitude, or 

distribution of joint loading can hinder this process (Carter and Wong, 1988; Beaupré et al., 2000; 

Elder et al., 2000; Jones et al., 2003). Computational modeling of the lower limbs would generate 

non-invasive estimates of the knee joint loading profiles, providing valuable information to 

paediatric orthopaedic surgeons planning to implement child-specific supportive or corrective 

interventions to optimize developmental outcome of the knee joint structure and function. Despite 

the apparent benefit, computational modeling has rarely been extended to the paediatric 

population.  

 

Currently, the only method for measuring internal knee joint contact loads directly is the 

implantation of an instrumented total knee replacement (Zhao et al., 2007; Kim et al., 2009). This 

method, while valid for adults already in need of a knee replacement, is not applicable to a 

paediatric population. As a result, non-invasive estimates of knee joint loading must be obtained, 

typically using computational models of the lower limbs that use subject-specific motion and 

ground reaction force data in combination with musculoskeletal geometry to predict the forces 
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produced by lower limb muscles and absorbed by the joints (Erdemir et al., 2007). These types of 

models have been successfully developed and used extensively in research to predict the effects 

of a change in body mass (Messier et al., 2005) and lower limb alignment (Raikova and Prilutsky, 

2001) on knee joint loads in adults. Translation of these computation-based methods to clinical 

practice has not been widely forthcoming, in part due to the cost of the motion capture equipment, 

but more often because models are developed for research purposes and, therefore, cumbersome 

to adapt for clinical practice. Yet, these models would be particularly useful in clinical settings, 

and finding design solutions to support this translation of technology to practice should be 

encouraged.   

 

In evaluating knee pain and lower limb malalignment in children, paediatric orthopaedic surgeons 

currently rely on information obtained by structural imaging of the joint under static conditions 

via radiography (Murray et al., 1999; Cooke et al., 2007) or computerized tomography (Martinez 

et al., 1983), clinical measures of limb alignment (Shultz et al., 2009), and child history of pain. 

This information can be used to form a clinical impression of the weight-bearing pattern on the 

knee joint. However, the complexities in the distribution and magnitude of forces across the knee 

joint cannot be appreciated, and yet, these features of load bearing have a significant impact on 

cartilage development. A clinical evaluation of knee joint biomechanics that includes 

computation-based models would provide clinicians with estimates of internal loads based on a 

child’s individual anatomy and functional knee joint loading patterns. These estimates would be 

useful not only in the planning of intervention strategies, but would also provide objective 

measures for the evaluation of outcomes of corrective treatments. In addition, computational 

modeling could be used to predict the effects of planned surgeries on the load-bearing pattern of 
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the knee, for instance the effects of muscle attachment site transfers and derotational osteotomies. 

The model could also provide objective evidence for the recommendation of supportive devices, 

such as foot orthotics, on the functional weight-pattern of the knee. As models become more 

advanced, they could even be used to investigate the effect of neuromuscular conditions on the 

joint loading patterns. Strategies for encouraging co-contraction in the muscles to replicate 

agonist and antagonist muscle moments could be modified to replicate the effects of spasticity 

and increased muscle tone. Furthermore, once the patient has received treatment for their 

condition, their movement patterns could be analyzed again to provide a measure of correction, 

all based on patient-specific data.  

 

The purpose of this thesis was to develop a paediatric-focused, static optimization-based model of 

the lower limbs to evaluate the magnitude, direction, and pattern of weight-bearing loads on the 

knee joint. The model was created for clinical use from the outset, and for the expressed purpose 

of studying the effects of knee joint loading on articular cartilage development in typical child 

development and in paediatric clinical populations. The development of the model was guided by 

a set of design criteria, established a priori in collaboration with paediatric orthopaedic surgeons. 

The model was required to be open and accessible to future modification of individual 

components, take into account musculoskeletal geometry, use a minimum set of motion capture 

instruments and data management, demonstrate sensitivity to clinically meaningful changes in 

joint loading patterns, and be robust to input errors. 
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Chapter 2 

Literature Review 

2.1 Computational Modeling 

2.1.1 Rationale 

The internal joint contact forces at the hip, knee, and ankle, are difficult to measure, and are 

therefore calculated as approximations, or predictions. The measured approach obtained by 

surgically implementing an instrumented total knee replacement (TKR) is viable for select adult 

cases, but is not appropriate for children. It was proposed that the method of calculating resultant 

inter-segmental forces and moments, also known as external forces and moments, performed 

using the inverse dynamics approach, could inform researchers of the internal joint contact forces. 

Some researchers have used the magnitude of the external adduction moment to draw conclusions 

about the loading in the medial compartment of the tibia (Schipplein and Andriacchi, 1991; 

Miyazaki et al., 2002; Mündermann et al., 2004). However, this external adduction moment 

contains the influence of all structures crossing the joint, which means that while the joint loading 

is contained in that value, the amount of load will be overestimated due to the moments 

contributed by ligaments, musculature, and joint structure. To isolate the loading on the joint 

surface, the effect of all the other structures must be removed from the external joint forces, 

which is not a straightforward process. Each included joint will provide an external force and 

moment, each consisting of three components. That means for each joint, a 3D representation 

would have a maximum of 6 known, calculated values, and a 2D representation would have a 

maximum of 3. Given that most joints are crossed by more than 6 muscles, ligaments, and joint 
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structures, researchers are left with what is referred to as an indeterminate problem: having more 

unknown values than known ones. An indeterminate problem has an infinite number of solutions, 

so finding a plausible, or optimal, solution must involve an alternative method that is sufficiently 

robust to solve the biomechanical complexity of this problem.  

 

2.1.2 Reduction Method 

The first attempt at isolating the joint contact force component within the external forces was that 

of Morrison in 1970. This early technique used standard film cameras to record the motion, and 

force plates to measure the force at the ground, for adults during gait. To solve the issue of 

indeterminacy, Morrison employed the ‘Reduction Method’, in which the number of unknown 

variables is reduced to match the number of known variables, thereby, creating a unique solution 

to the system. Morrison’s planar model only had three known variables, two external forces and 

one external moment. By reducing the number of muscles to three, a unique solution was 

established for the system with direct application of the laws of motion. This method, however, 

relies on the significant assumption that only three muscle groups, the quadriceps, hamstrings, 

and gastrocnemii, would be sufficient to generate the external forces and moments measured.  

 

2.1.3 Forward Dynamics Assisted Tracking Method 

The forward dynamics assisted tracking (FDAT) method takes a different approach to solving the 

indeterminate problem of isolating joint contact forces, inputting a set of muscle activations as 

opposed to the calculated external forces and moments (Erdemir et al., 2007). In this approach, 

the system is described by the location of the pelvis, and the Euler angles of the hip, knee, and 
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ankle. Each muscle in the system is assigned a muscle excitation history comprised of a series of 

muscle activation levels at discrete intervals. An initial guess for the muscle activations, often 

provided by surface electromyography (sEMG) measurements, is input to an optimization 

routine. This results in an optimization problem consisting of a number of unknowns equal to the 

number of muscles multiplied by the number of discrete intervals. The movements predicted by 

the initial muscle activity levels are compared to the recorded movement patterns and the activity 

levels iterated until the error between predicted and recorded movement patterns is minimized. 

 

FDAT modeling has been utilized for various lower limb movements; however, including a large 

number of muscle components increases the computation time substantially, which has limited 

their implementation. The increased expense associated with incorporating additional 

musculature to the optimization routine has limited the number of muscle groups that can be 

efficiently included in the model to 15 (Neptune and Hull, 1998, 1999; Erdemir et al., 2007), 

which is a significant simplification of the human limb.  

2.1.4 Inverse Dynamics Based Static Optimization Method 

The most common method of solving the indeterminate problem is the Inverse Dynamics-Based 

Static Optimization (IDBSO) method (Erdemir et al., 2007). Unlike the FDAT method, an 

optimization routine is done for each individual time step, as opposed to a single optimization 

routine for the entire trial, significantly reducing the computational expense. This allows a larger 

number of muscles to be incorporated into the model, generally upwards of 42 individual 

components per limb (Erdemir et al., 2007). The IDBSO method takes the external forces, 

external moments, or both, as inputs, along with the motion data of relevant landmarks, which are 

used to generate the 3D representation of the subject. Musculoskeletal databases, (Brand et al., 
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1982; White et al., 1989; Kepple et al., 1997; Klein Horsman et al., 2007) provide descriptions of 

the muscle components which are responsible for balancing all, or a subset, of the supplied 

external forces and/or moments. The IDBSO method uses the theory that a body will perform a 

task according to a specified criterion which can be expressed as minimizing a cost function. This 

is most often a function of total muscle stress, but can also be related purely to muscle activity or 

even joint contact force (Erdemir et al., 2007). An IDBSO model outputs a set of muscle force 

predictions that can be removed from the external joint forces, providing a more realistic 

approximation of the internal joint load. 

 

With a smaller optimization routine at each time step, consisting of as many unknowns as there 

are muscle components, the computational expense of an IDBSO model is significantly reduced 

from an FADT model. The parameters necessary for an IDBSO model are also readily available 

in several musculoskeletal databases and the tools necessary for data collection, namely motion 

capture technology and force plates, already exist in the majority of biomechanics research 

facilities. This means that the IDBSO model easy to implement and fast to evaluate, making it 

ideal for clinical use, and the most applicable for use in this thesis.  

 

2.2 Development of Paediatric Model 

The goal of this thesis research was to develop a static optimization-based, paediatric model of 

the lower limbs to evaluate the magnitude, direction, and pattern of the weight-bearing loads on 

the knee joint. There are existing computational models of the knee available for modification 

and testing, with the model of Delp et al. (2007) being the most prominent. However, this model 

contains significant modifications and generalizations to recorded experimental data, which will 
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alter the predictions in unintended ways. These errors will become more frequent as the level of 

deformity increases, with the generalization algorithms attempting to normalize the patients’ 

anatomy. The model in this thesis was designed specifically for clinical use, and with the 

intended application of studying the effects of knee joint loading on articular cartilage 

development in paediatrics. It had five distinct design criteria that were identified in collaboration 

with paediatric orthopaedic surgeons: 

i. Open and accessible to future modification; 

ii. Take into account musculoskeletal geometry; 

iii. Utilize a minimum amount of motion capture instrumentation; 

iv. Be sensitive to clinically meaningful changes in joint loading patterns; and 

v. Be robust to input error. 

To satisfy requirement (i), total control over the individual components of the model was 

required. The model was, therefore, created within the MATLAB environment, with each 

component researched and implemented only when it was deemed acceptable. To be sure that the 

model could be translated to clinical practice, it was decided that an IDBSO model would be 

developed, allowing both data collection and processing to be simple and quickly executed.  

 

Throughout Section 2.2, the different components of the IDBSO method will be detailed, along 

with decisions and rationale regarding the development of this projects model, with the ultimate 

goal of satisfying each of the five specified design criteria. 

 

2.2.1 Inputs 

IDBSO models require the researcher or clinician to input four pieces of information: 
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a. Resultant inter-segmental forces; 

b. Resultant inter-segmental moments; 

c. Motion tracking of skeletal landmarks; and 

d. Subject body mass 

Items (a) and (b) are calculated using a process called inverse dynamics, described by 

Winter (2009), using motion capture and ground reaction force data. To perform inverse 

dynamics, the limb segments, namely the foot, the shank, and the thigh, are analyzed individually, 

and forces are transferred from the ground up. At a particular instant in time, the foot can be 

considered static, with an inertial force and a force pushing from the ground onto the foot, which 

is measured by the force plates. To maintain the static position, a reaction force must exist at the 

ankle equal to the sum of the inertial and ground reaction forces. Furthermore, a moment must 

exist at the ankle that balances the moment at the ground measured by the force plates. Once the 

ankle reaction force and moment are known, they can be mirrored and applied to the shank, and 

the process is repeated to obtain the knee reactions, and subsequently the hip reactions. This is 

performed for both legs, and provides the external forces, !!"#,!,  and moments, !!"#,!, for all 

joints, !, to be supplied as inputs to the model.  

An array of landmarks is necessary for the model to replicate the musculoskeletal anatomy 

throughout the data collection. The 3D position of each of these anatomical landmarks is required 

at each individual time step, so that local coordinate systems (CS) can be determined. A full list 

of the necessary landmarks can be found in Appendix B. The mass of the subject is used to report 

joint contact and muscle force predictions as a factor of the subject’s body weight, which 

increases the translatability of the research. 
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2.2.2 Musculoskeletal Anatomy 

Each muscle generates a force and a moment around a joint, but to determine the magnitude, the 

position, orientation, and size of the muscles must be known. Computational models generally 

rely on musculoskeletal databases which provide coordinates for the muscle attachment sites in 

an average adult (Brand et al., 1982; White et al., 1989; Kepple et al., 1997; Klein Horsman et al., 

2007). In many cases, these muscle attachment sites are broad, meaning that to accurately 

represent the action of a muscle, it must be split into several different components (van der Helm 

et al., 1992). In addition, many muscles do not simply apply force in a straight line from origin to 

insertion; but instead they are wrapped around other anatomical structures. To compensate for 

this, some models incorporate via, or wrapping points, which alter the line-of-action of the 

muscle to make it more physiologically accurate. These muscle attachment and via points are 

always provided in an anatomical coordinate system (ACS) generated using three or more easily 

palpated landmarks. By retrieving the location of those landmarks on an individual subject, the 

location of the muscle attachment and via points can be determined. These 3D locations must 

then be scaled from the average subject in the database to the subject being modeled, requiring 

knowledge of the anthropometry of the average database subject and that of the modeled subject. 

Another important component of musculoskeletal anatomy, as it pertains to computational 

modeling, is the size of the muscle, quantified by the physiological cross-sectional area (PCSA). 

Using the theory that a muscle can generate an amount of force proportional to its PCSA (Fick 

and Bardeleben, 1910), the measure gives the researcher an estimate of the maximum muscle 

force capacity. These values, as with the muscle attachment and via sites, must be scaled to 

appropriately match the modeled subject. 
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The earliest musculoskeletal database was provided by Brand et al. (1982) and generated from 

three adult, cadaveric specimens. This database provided 47 individual muscle components 

comprising 39 muscles, each with an origin, insertion, and PCSA, with no via points provided. 

The database itself was not directly available until several years later, when it was included as a 

table in the publication of Glitsch and Baumann (1997). While this made the data accessible, 

these were average data of only three specimens, meaning its reported values could potentially 

not be representative of the entire population. Additionally, there was no anthropometric 

information provided regarding the adult specimens, either height or limb segment length, which 

is necessary for accurately scaling the provided data. Using cadaveric specimens also introduces 

error in the PCSA as post-mortem muscles have a tendency to shrink in size (Fukunaga et al., 

1992). Finally, in the absence of via points, this database utilized fictitious attachment sites to 

represent the function of bi-articular muscles, or those ankle muscles that move beneath a 

retinaculum. This generalization can create new error in the system, particularly at the extremes 

of ankle flexion, when the moment arm calculated from the ankle joint center and the fictitious 

muscle insertion does not accurately represent the muscles true function. 

 

White et al. (1989) attempted to create a more accurate model of the musculature, acknowledging 

the limitations of the model of Brand et al. (1982). Instead of assigning fictitious muscle 

attachment sites to attempt to recreate the functionality of the muscle, the actual muscle 

attachments were digitized from a variety of dry bones and dissected limb segments from several 

different sources. The locations of the muscular attachments on the dry bones were determined 

using reference material. The database provided muscle attachment sites for 40 muscle 

components, comprising 35 muscles. Unlike previous work, however, they included the location 
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of the landmarks necessary for generating the ACS for each segment, as well as the location of 

various muscles via points. They were unable to avoid including fictitious landmarks, however, 

including several around the pelvis and ankle, due to the complex anatomy around the hip and 

function of the retinaculum. While the database was readily available in a set of tables within the 

journal article, no PCSA values were incorporated into the database. The data provided was also 

not an average of several complete specimens, but rather an average of many individual specimen 

components. Furthermore, by comparing dry bones to reference material to obtain attachment 

sites, they were introducing several sources of error, including the digitization process, the 

reference material, and human error. 

 

The Terry Musculoskeletal Database (TMD) (Kepple et al., 1997) was also sourced from 

cadavers, however they digitized 52 complete specimens, significantly more than the previous 

two databases. A total of 44 individual muscle components were included, representing a total of 

38 muscles, each with an origin and insertion. In addition, 17 of those muscle components were 

provided with one or more via points to more accurately represent the muscle line-of-action. The 

database was made readily available, making it particularly easy to incorporate into a custom 

model. Because the data was collected from cadaveric specimens, no PCSA values were provided 

with the database; however the locations of the anatomical landmarks necessary for generating 

the ACS’s and scaling the supplied muscle landmarks were all provided. The anatomical 

landmarks were also separated into different categories representing gender and ethnicity; 

however, this was not deemed relevant for a paediatric model as the majority of the differences in 

anatomy between the sexes would manifest themselves after puberty. This database was a 
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significant improvement on the previous two attempts, but still was not complete, lacking the 

PCSA values.  

 

Klein Horsman et al. (2007) acknowledged the lack of a complete representation of the lower 

limb, including muscle attachment sites, via points, and PCSA measurements. They generated a 

database consisting of 57 muscle components, representing 38 muscles, each with an origin, 

insertion, and PCSA value. Via points were included for 19 muscles, while for the gastrocnemius 

and iliopsoas, cylindrical wrapping techniques were implemented. This database represents the 

musculoskeletal geometry of a single, elderly, cadaveric subject, who was of average height and 

above average weight. While this represents the only complete database, the use of a single 

elderly, cadaveric specimen makes its applicability to a paediatric model suspect. 

 

The Terry Musculoskeletal Database (TMD) (Kepple et al., 1997) would provide a sufficient 

number of muscles, with all the information necessary to generate the 3D model. While it lacks 

PCSA values, these can be obtained from the work of Brand et al. (1982); however this results in 

the exclusion of the plantaris and popliteus muscles, which were not included in the model of 

Brand et al. (1982). The broad cross section of specimens used in the TMD would be more 

reliable when scaling downward to a paediatric model. In addition, the database provides a 

number of easily palpated landmarks that can be used to perform anisotropic, or directional, 

scaling (Kepple et al., 1994). This is done by measuring the distance between the two landmarks, 

both in the provided data set and in the recorded experimental data. By calculating the ratio of the 

distances between those two landmarks, a scaling factor can be determined from the database to 

the subject. This is performed for all three components of each segments’ ACS, producing three 
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unique scaling factors for each limb segment, using landmarks chosen to best represent the 

individual ACS components. Those landmarks are summarized below, in Table 2.1. 

 

Table 2.1 – Landmarks used for anisotropic scaling 

Axis Foot Shank Thigh Pelvis 
X NT MT5 LM MM ME LE RPSIS RASIS 
Y CALC MT5 TT MM GT LE   
Z NT MT5 LM MM ME LE LASIS RASIS 

 

Legend: NT, Navicular tuberosity; CALC, Calcaneus; MT5, Base of the 5th metatarsal; LM, 

Lateral malleolus; MM, Medial malleolus; TT, Tibial tuberosity; ME, Medial epicondyle; LE, 

Lateral epicondyle; GT, Greater trochanter; RPSIS, Right posterior superior iliac spine; RASIS, 

Right anterior superior iliac spine; LASIS, Left anterior superior iliac spine.  

 

With all the anatomical landmarks appropriately scaled, a 3D representation of a subject, 

complete with anatomical landmarks and muscle components can be created, as represented in 

Figure 2.1.  
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Figure 2.1 - 3D Representation of the musculature 

 

2.2.3 Patellar Wrapping 

The TMD only provides an origin and insertion for the five quadriceps muscle components, 

rectus femoris, vastus medialis, vastus lateralis, vastus intermedius, and vastus medialis oblique. 

This does not represent the true path of the quadriceps muscle group, as there is no accounting for 

the patella. Various approaches have been taken to account for the lack of a patella. Early work 

assumed a constant position for the two patellar attachment sites in the tibial ACS (Brand et al., 

1982). There are a multitude of patellofemoral joint models (van Eijden et al., 1986; Hirokawa, 

1991; Hefzy and Yang, 1993; Gill and O’Connor, 1996; Huss et al., 2000), and some researchers 
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have incorporated these patellofemoral models, or patellofemoral components, into their 

computational models (Arnold et al., 2000; Delp et al., 2007; Edwards et al., 2008). There are 

limitations involved in modeling the patella, however, as it is very difficult to track using motion 

capture, often requiring a complex dedicated setup (Lin et al., 2003). Approximations can be 

made based on the angle of flexion (van Eijden et al., 1986), a large approximation which does 

not provide information regarding the proximal end of the patella, or using complex algorithms 

(Delp et al., 2007), which increases computational cost.  

 

A computationally inexpensive and adequate approximation of the patella is the incorporation of 

a cylindrical wrapping scheme around the knee (Klein Horsman et al., 2007; Modenese et al., 

2010). This method of replicating the effect of the patella would help satisfy the requirement that 

the model produce results in a timely fashion for implementation in clinical practice. To achieve 

this, a cylinder can be defined with the long axis passing through the medial (ME) and lateral 

epicondyle (LE), with a radius defined as a factor of the condylar width. An algorithm can then 

detect if the vector from origin to insertion of each of the quadriceps muscles required wrapping 

around the cylindrical surface. If necessary, the vector is redefined, producing an effective origin 

and effective insertion on the surface of the cylinder, thereby wrapping the muscle force vector 

and creating two via points (Charlton and Johnson, 2001). 

2.2.4 Kinematics 

Every muscle component, i, is assumed to generate a force across each joint, j. While the 

magnitude of the force is unknown, the direction can be approximated by the 3D position of the 

origin, insertion, and potential via points of muscle component, i. These points can be used to 
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define the normalized muscle force vector (NMFV), denoted as !!,! (Veeger and van der Helm, 

2007). 

 

!!,! =
!!"#$,! − !!"#,!
!!"#$,! − !!"#,!

 (2.1) 

 

If the muscle component does not cross the joint j, then !!,! is equal to zero. 

 

For those muscle components that have via points provided, an effective origin and effective 

insertion is in the place of the origin or insertion in Equation 2.1 (Klein Horsman et al., 2007). 

 

The NMFV provides the direction of the force generated by each muscle component around each 

joint. Given that the NMFV is normalized to unit length, scaling it by the magnitude of the 

muscle force, !!, will provide the muscle force vector (MFV), !!,! (Glitsch and Baumann, 1997). 

 

!!,! = !! ∙ !!,! (2.2) 
 

Each muscle component also generates a moment around the joint, with a moment arm, !!,!, 

calculated using the muscle insertion, or effective insertion, and the joint center, !! (Veeger and 

van der Helm, 2007). 

 

!!,! = !!!"#,! − !!!! (2.3) 
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The cross product of the muscle moment arm, Equation 2.3, and the MFV, Equation 2.2, provides 

the muscle-generated moment around the joint, !!,! (Glitsch and Baumann, 1997). 

 

!!,! = !!!!,!!×!!!,! (2.4) 
 

2.2.5 System of Equations 

As stated in Section 2.1.4, the muscles must balance all, or a subset of the external joint forces 

and moments (Erdemir et al., 2007). The early implementations of computational modeling stated 

that the muscles must balance all the external joint forces and moments (Seireg and Arvikar, 

1973). Later, the requirement of balancing external joint forces was removed, and the internal 

structures of the joint, such as the ligaments and menisci, were deemed responsible for balancing 

the external joint forces not produced by the muscles (Crowninshield and Brand, 1981; Glitsch 

and Baumann, 1997). Most recently, researchers assumed that around the abduction/adduction 

and internal/external rotation axes of the ankle and knee, the internal joint structures would 

balance the external joint moments (Edwards et al., 2008). This meant that for each leg, there 

were five external joint moment components, denoted by !, that the muscles were required to 

balance: ankle and knee flexion/extension, and all three axes of the hip.  

 

The method of Edwards et al. (2008) is particularly applicable to a paediatric model, with the 

assumption that a paediatric population would be less able to regulate muscle loading for all the 

external joint moment components at the same time. With the assumption that the 84 individual 

muscle components must balance the 10 previously stated external joint moment components, the 

system can be described as follows: 
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!!"#,! + !!,! = 0
!"

!!!
 (2.5) 

 

Substituting Equations 2.2 and 2.4 into Equation 2.5, 

 

!!"#,! + !!,!×(!! ∙ !!!,!
!"

!!!
) = 0 (2.6) 

 

Equation 2.6 describes the system to be solved, with the only unknown variables being the 84 

muscle force magnitudes, !!. With Equation 2.6 consisting of only 10 moment balances, the 

problem is indeed indeterminate, meaning an optimal solution must be found. 

2.2.6 Cost Function 

A solution must be found to Equation 2.6 that minimizes a specified criterion, which is done by 

incorporating a cost function (Seireg and Arvikar, 1973). A variety of cost functions have been 

used in IDBSO models, including minimizing overall muscle activity (Seireg and Arvikar, 1973; 

Röhrle et al., 1984), internal joint moments (Li et al., 1999), and muscle stresses (Crowninshield 

and Brand, 1981). Glitsch and Baumann (1997) analyzed the effect of various cost functions, 

including minimizing the sum of the muscles forces, the muscle forces squared, the muscle 

stresses, the muscle stresses squared, and the muscle stresses cubed. These different cost 

functions define the muscle stress as the magnitude of the force divided by the PCSA, denoted !!. 

The predicted muscle forces were compared against recorded sEMG data, while the predicted 

joint contact forces of the different cost functions were compared amongst each other. Glitsch and 

Baumann (1997) found that minimizing the sum of the squared muscle stresses produced the best 

qualitative correspondence with the sEMG measurements, while the effect of changing the cost 

function had less of an effect on the joint contact forces. Glitsch and Baumann (1997), therefore, 
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suggested that the sum of the squared muscle forces was the most applicable cost function for 

walking and running exercises, with the cost function given by Equation 2.7. 

 

! = ! !!
!!

!!"

!!!
 (2.7) 

2.2.7 Constraints 

An IDBSO model is designed to solve a system of equations, Equation 2.6, with a number of 

unknown muscle force magnitudes, while minimizing a supplied cost function, Equation 2.7. The 

optimization routine will satisfy Equation 2.6 with any muscle force magnitudes, including 

negative forces, implying that a flexor muscle can extend, or an extensor can flex, or forces well 

beyond the realm of the muscle force generating capacity. To prevent this, the muscle force 

magnitudes, !!, are restricted to be strictly positive, assuring that all muscle actions are 

functionally accurate.  

 

Different methods have been suggested for an upper limit on the muscle force magnitude. 

Glitsch and Baumann (1997) placed no restriction on the maximum muscle force capacity, while 

Collins (1995) placed a maximum force of 15 xBW. Crowninshield (1978) proposed placing an 

upper limit on the muscle force magnitudes proportional to the PCSA of the muscle (Fick and 

Bardeleben, 1910). This is commonly implemented in IDBSO models (Erdemir et al., 2007) 

because each frame of data is considered independent, there is no information regarding previous 

or future frames, unlike in a FADT model. To account for this, the muscle force magnitudes from 

the previous time frame are converted into a muscle activity level, q, given as a percentage of the 

maximum force magnitude for the muscle. The previous activity levels are supplied to the current 
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time frame and used to generate intermediate upper and lower bounds for muscle, UB and LB, 

preventing non-physiological increases or decreases in force (Pierrynowski and Morrison, 1985; 

Edwards et al., 2008). This allows the IDBSO model to incorporate, although in an indirect 

fashion, the most beneficial part of the FADT modeling method. The intermediate bounds are 

calculated according to the following equations: 

!"! = !!!! + 1− !!
!" !!" × 1− !!!!!  

(2.8) 

!"! = !!!! − 1− !!!" !!"#$ ×!!!! 

2.2.8 Optimization Routine 

Early attempts at modeling relied on basic algorithms such as the Simplex algorithm (Seireg and 

Arvikar, 1973), which was restricted to only calculating positive values, or a linear algorithm 

(Röhrle et al., 1984), which could only predict as many active muscles as there were known 

values. Later, an algorithm capable of predicting the full range of values with an unlimited 

number of unknowns was developed (Pandy et al., 1992); however, it was computationally 

expensive. Presently, a constrained Lagrange multiplier method is frequently used (Forster et al., 

2004; Edwards et al., 2008) which determines the solution to Equation 2.6 which minimizes the 

cost function, Equation 2.7. The algorithm determines the local minima and maxima of the cost 

function using the provided constraints (Arfken, 1985). For minima or maxima to occur, the 

gradient, or slope, of the supplied cost function must be aligned with the gradient of our 

constraints. Since the two vectors need only be aligned, but not necessarily of the same 

magnitude, the Lagrange Multiplier variable, !, is introduced. If !"! and !"! represents the 
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constraint functions in Equation 2.8, and U the supplied cost function, the Lagrange equation is 

given by: 

!" !!! + !!
!!"! !!! +

!!"! !!! = 0  (2.9) 

 

This equation is solved for the 84 muscle components, i, and for each of the moment balance 

equation, !. This produces 10 individual Lagrange multipliers for the 10 moment balance 

equations, allowing the minimum of Equation 2.7 to be determined. 

 

The optimization routine, once complete, will output 84 muscle force magnitude predictions for 

each supplied time frame.  

2.2.9 Joint Contact Forces 

As stated in Section 2.1.4, the goal of an IDBSO model is to remove the effect of the muscles 

from the external joint forces to obtain a more realistic approximation of the internal loads. The 

optimization routine has provided the muscle force magnitude predictions, and the NMFV and 

external joint forces have already been determined. Therefore, the joint contact force (JCF), !!,!, 

predictions can be calculated according to (Edwards et al., 2008): 

 

!!"#,! + !!,! + !!
!"

!!!
∙ !!,! = 0 (2.10) 
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Chapter 3 

Manuscript: Development of a Static Optimization-Based Model to 

Predict Knee Joint Contact Forces in Clinical Paediatrics 

3.1 Abstract 

Background. Knee pain and deviations of the lower limb mechanical axis are common problems 

in paediatric orthopaedics. Clinical interventions aim to prevent or correct pathological load-

bearing patterns to protect knee joint structures and optimise the development of articular 

cartilage. Computational models can provide surgeons with joint contact force estimates to guide 

clinical intervention. The challenge lies in efficiently translating computational methods to 

clinical practice. The goal of this study was to develop a paediatric computational model of knee 

joint biomechanics from a set of design criteria specified by orthopaedic surgeons, and to 

demonstrate its potential clinical usability. Methods. The model consists of a 10-degree-of-

freedom articulated linkage, actuated by 84 muscles. Inverse dynamics and static optimisation are 

combined with subject-specific musculoskeletal geometry to solve for internal muscle and knee 

joint contact forces. The sensitivity of the model to input errors and agreement with 

experimentally measured muscle activity, sEMG, were evaluated. Findings. The model 

consistently converged to a unique solution, with variability in joint contact force estimates 

between 0.01 and 0.35xBW, and a standard error of 8% to 17%, except for left knee medial-

lateral shear at 108%. The model was robust to variations in force input, with a maximum 

deviation of 0.11xBW for a ±5% change in the location of the force vector. The standard error of 

predicted muscle forces to sEMG ranged from 14% to 36%, except for gastrocnemius lateralis at 
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104%. Interpretation. The model is sufficiently reliable and robust, and provides a strong 

platform for the development of clinically-specific models.  

 

3.2 Introduction 

Non-traumatic knee pain is one of the most common problems managed in paediatric orthopaedic 

clinics, affecting up to 42% of school-age children in Western societies (El-Metwally et al., 

2005), with an estimated 16% to 22% of children reporting knee pain which limits their daily 

activities and participation (Taylor et al., 2006; Stovitz et al., 2008; King et al., 2011). In many of 

these cases, deviation of the mechanical axis of the lower limb, also known as the weight-bearing 

axis, is identified as a probable contributing factor to the knee pain. Surgical correction of the 

mechanical alignment of the lower limb aims to improve overall function and, more specifically, 

to reduce or eliminate abnormal mechanical loads on the knee joint articular cartilage and 

subchondral bone (Hsu et al., 1990). From an epidemiological perspective, this is a clinically 

meaningful justification for surgery as the accrual of knee joint articular cartilage volume during 

child development is considered to be a surrogate measure of long-term joint health, with greater 

accrual volumes hypothesized to protect against joint disease in adulthood (Jones et al., 2000, 

2003; Koo and Andriacchi, 2007; Carter and Tse, 2009; Winby et al., 2009).  

 

In-vitro research on cartilage development, corroborated by computational studies, has 

demonstrated the strong epigenetic influence that mechanical loads exert on the regulation of 

articular cartilage accrual (Beaupré et al., 2000; Elder et al., 2000; Carter and Beaupré, 2001). 

The nature of these mechanical loads is critical, with intermittent hydrostatic pressure stimulating 

chondrocyte biosynthesis and gene expression, while static compressive loads and shear stresses 
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inhibit these biological responses, stimulating endochondral ossification and cartilage destruction 

(Carter and Wong, 1988; Carter et al., 1998; Beaupré et al., 2000; Elder et al., 2000). The 

thickness of articular cartilage is ultimately governed by the distribution of these positive and 

negative mechanical stresses over the joint surface (Carter et al., 1987; Carter and Wong, 1988; 

Beaupré et al., 2000; Carter and Tse, 2009). Therefore, providing clinicians with knowledge of 

internal joint contact forces would support early identification and management of pathological 

joint loading patterns, and optimise developmental outcomes of joint articular cartilage health.  

 

Internal joint contact forces, however, can only be directly measured using instrumented total 

knee prosthesis (Zhao et al., 2007; Kim et al., 2009), a method of limited clinical applicability in 

paediatrics. Computational modeling, using inverse dynamics and static optimisation methods, 

combined with comprehensive musculoskeletal models can provide a solution to this problem 

(Morrison, 1970; Koopman et al., 1995; Herzog et al., 2003; Erdemir et al., 2007; Edwards et al., 

2008; Kim et al., 2009; D’Lima et al., 2012). Based on the ideas first proposed by Morrison 

(1970), inverse dynamics-based models use musculoskeletal architecture and external inter-

segmental moments and forces, calculated from experimentally measured motion analysis and 

ground reaction forces (GRFs), as inputs to predict muscle forces via optimisation (Brand et al., 

1982; Otten, 2003; Erdemir et al., 2007; Winter, 2009). Internal joint contact forces are then 

estimated as the residual component of the external force at a joint that is not balanced by these 

active forces (Morrison, 1970; Brand et al., 1982). While attractive from a computational 

perspective, the challenge lies in efficiently translating these methods to clinical practice. 
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Therefore, the goal of this study was to develop a paediatric model of knee joint biomechanics 

according to a set of design criteria defined by orthopaedic surgeons as being necessary for 

implementation into a clinical setting. These criteria stated that the model: must be open and 

accessible to future modification of every component; take into account musculoskeletal 

geometry; require a minimum set of motion capture instruments and computer resources; 

demonstrate sensitivity to clinically meaningful changes in joint loading patterns; and be robust to 

input errors. 

3.3 Methods 

3.3.1 General description of the model  

The model was developed using MATLAB (MathWorks Inc, Natick, MA), thereby satisfying the 

design criteria for control over individual components of the model. Existing components and 

solutions from other models developed for adult populations were included as appropriate, and 

are summarized in Table 3.1.  
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Table 3.1 - Components of previous models 

Parameter Source Solution Provided 
Muscle attachment and 
via point locations 

Kepple et al., 1997 Origin, insertion, and via points for 42 
muscle components of the lower limb 

Anisotropic scaling Kepple et al.,  1994 Subject-specific scaling of anatomical 
points 

Quadriceps wrapping Modenese et al., 2010;  
Charlton & Johnson, 2001 

Cylindrical wrapping to mimic patellar 
tracking motion 

Moment balance 
restriction 

Edward et al., 2008 Sequence of moment balance around 3 
lower limb joint axes 

Cost function Glitsh & Baumann, 1997 Minimization of total muscle stress in 
the system 

Maximum muscle 
stress 

Crowninshield & Brand, 
1981 

Maximum tolerance boundary for 
muscle stress 

Physiologic muscle 
cross-sectional area 

Brand et al., 1982 Calculation of muscle-specific stress 
given a generated force 

Muscle activation 
restrictions 

Pierrynowski & Morrison, 
1985 

Boundaries for non-physiologic 
muscle activation patterns 

 

 

3.3.2 Calculation of external joint moments and forces used as inputs in the model 

External forces and moments used as inputs into the inverse dynamics component of the model 

were obtained by motion capture from one representative 9 year old male performing a series of 

25 static body-weight (BW) half-squats. The methods and procedures were granted clearance 

according to the recommended principles of Canadian ethics guidelines, and Queen’s University 

policies. 

 

The relevant anthropometric characteristics of the child were measured clinically (Shultz et al., 

2009) and found to be: height, 132 cm; mass, 35 kg; femoral anteversion, 10o bilaterally; femoral-

tibial angle, measured in the frontal plane, 6o bilaterally; passive maximum ankle dorsiflexion, 



 

 

 

28 

+5o left and -3o right, with an over-pronated foot on the right in standing weight-bearing. The BW 

half-squat was performed according to the performance criteria described by Escamilla (2001). 

All squats were initiated from a standardized position, with one lower limb on each of the two 

force plates, feet aligned in the sagittal plane, knees and hips fully extended, and hands positioned 

behind the neck to encourage trunk extension throughout the half squat. The subject descended in 

a continuous motion to a position of 80o to 90o of knee flexion, maintaining a straight back, 

holding this base position for 1 s, and ascending in a continuous motion back to an upright 

position. The participant completed a series of 25 squats at a self-selected pace. Whole-body 

segment positions and motions were collected at 100 Hz using two Optotrak 3020 position 

sensors (Northern Digital, Waterloo, Ontario, Canada).  

 

During the half-squat performance, the Optotrak sensors tracked the displacement of clusters of 

infrared emitting diodes (IREDs) mounted on molded plastic plates, secured bilaterally over the 

mid-foot, mid-leg, and mid-thigh segments of the lower limbs, with additional clusters positioned 

over the sacrum and the mid-thoracic, T4 to T6, region. In addition, 29 anatomical landmarks 

were identified by palpation, following the International Society of Biomechanics standards (Wu 

et al., 2002), and their position numerically registered (Optotrak) during a quiet standing trial. 

Ground reaction forces (GRFs) were recorded for each lower limb using two force plates 

(1000Hz, model BP400600NC-1000, AMTI, Watertown, MA, USA). Cluster positions and GRFs 

were exported into Visual3D for off-line processing. The marker positions and trajectories, and 

GRFs were low-pass filtered (3rd order, zero-lag, digital Butterworth filter; cutoff 6 Hz for 

motion data, 10 Hz for GRF data) and time synchronized (Günther et al., 2003). 
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Both a laboratory-based coordinate system and a local coordinate system for each segment were 

defined (Bergmann et al., 2001). The laboratory-based coordinate system was defined with the x-

axis anterior-posterior, with positive x anterior; the y-axis medial-lateral, with positive y medial; 

and the z-axis proximal-distal, with positive z proximal. The local coordinate systems were 

defined for each segment with reference to relevant anatomical landmarks (Brand et al., 1982). A 

static standing trial was collected to align the local segment coordinate systems with the 

laboratory coordinate system. 

 

Surface electromyographic signals (sEMG) were recorded from six lower limb muscles that play 

a dominant role in the control of the BW half squat (Escamilla, 2001): three components of the 

quadriceps muscles, vastus medialis, vastus lateralis, and rectus femoris; the medial and lateral 

components of the gastrocnemius muscle; and the biceps femoris. sEMG signals were acquired 

from the subject’s dominant, right, leg using a Bagnoli system (Delsys, Boston, MA, USA). After 

appropriate skin preparation, Delsys double differential sensors were positioned on the muscle 

bellies according to the Seniam recommendations (Hermens et al., 2000). Signals were acquired 

at 1000 Hz and exported to MATLAB for off-line processing. Signals were band-pass filtered, 40 

to 450 Hz, and full-wave rectified. The rectified signals were low-pass filtered at 40Hz to 

generate linear envelopes of muscle activity profiles. 

 

!!"#,! and  !!"#,! were calculated in iterative fashion about the ankle, knee, and hip joints by 

applying inverse dynamics method to the low-pass filtered time histories of experimentally 

measured cluster positions and GRFs (Winter, 2009). These forces and moments were resolved 

within the laboratory coordinate system, with flexion/extension around the y-axis, flexion 
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positive; abduction/adduction around the x-axis, abduction positive; and the internal/external 

rotation moment around the z-axis, external rotation positive. These resultant inter-segmental 

forces and moments were exported into MATLAB, along with the registered positions of the 

anatomical landmarks and motions of the rigid segments. 

 

3.3.3 Musculoskeletal modeling 

The skeletal component of the model was created in Visual 3D (C-motion, Inc., Germantown, 

MD, USA), using the 29 anatomical landmarks as reference. Similar to the methods described by 

Anderson and Pandy (2001), the lower limbs and pelvis were modeled as an articulated linkage 

consisting of 7 rigid segments, with 10 degrees-of-freedom (DOF), and actuated by 84 

independent muscle components. Segments’ inertial and mass properties were scaled to the 

subject’s height, and the location of each segment’s center of mass adjusted in the local 

coordinate frame using anatomical landmark references.  

 

The segments were articulated by three potential ball-and-socket joints (Koopman et al., 1995), 

with the assumption that external joint moments around the abduction/adduction and 

internal/external rotation axis at the ankle and knee joints are controlled by internal joint 

structures, such as ligaments and menisci (Edwards et al., 2008). Applying these constraints 

limited the planes of joint motion in the model to those actively controlled by muscle-generated 

moments, namely flexion/extension at the ankle and knee, effectively creating 1 degree-of-

freedom (DOF) hinge joints, and all three axes of motion at the hip, mirroring the 3 DOF ball-

and-socket structure of the hip (Nordin and Frankel, 2001; Jonkers et al., 2008). This created a 

system of 10 external joint moment components, denoted by the variable µ, to be balanced 
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internally by muscle contractions, ligament and other joint structure forces, and joint contact 

forces (Shefelbine et al., 2002).  

 

Joint centers and axes of motion were defined from relevant anatomical landmarks using the 

methods described by Taddei et al. (2012). For the ankle joint, the axis for flexion/extension was 

defined as a line connecting the tips of the medial and lateral malleoli, approximating the axis of 

rotation of the tibio-talar joint, with the joint center located at the midpoint of this line (Lundberg 

et al., 1989). For the knee, the axis for flexion/extension was defined as a line connecting the 

centers of the medial and lateral epicondyles, with the joint center located at the midpoint of this 

line (Tanavalee et al., 2001). The joint center of rotation for the hip was defined, using the 

functional hip algorithm by Reuleux, as the center of the sphere that best fits the head of the 

femur, with the three axes of motion, flexion/extension, abduction/adduction and internal/external 

rotation, defined along orthogonal planes from this center (Camomilla et al., 2006).  

 

The origin and insertion sites for the 42 muscle components included in the model for each lower 

limb were provided by the Terry Musculoskeletal Database (Kepple et al., 1997). Of these 42 

muscle components, 38 wrap around other anatomical structures, and additional via points were 

specified to more accurately represent the physiological line-of-action for those components 

(Delp et al., 1990). For the quadriceps muscle group, an effective point of insertion on the tibia 

was found using a cylindrical wrapping algorithm, described by Modenese et al. (2010), to 

simulate the effects of the patella. This wrapping technique has been shown to provide moment 

arms for the quadriceps muscles, which correlate with experimentally measured values, 

particularly during deep flexion, in adults.  
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The location of all muscle attachment sites and via points were rigidly attached to one of the 

segments in the system, and the locations on the 3-dimensional skeletal system defined with the 

anatomical coordinate system and provided in a format that can readily be imported into 

MATLAB. These locations were referenced to three or more skeletal landmarks which are 

identifiable by palpation and allow the generic model locations to be scaled to an individual 

subject. The anatomical and physiological parameters of each muscle, namely muscle lengths, 

paths, and physiological cross sectional area (PCSA), can then also be anisotropically scaled to 

the subject’s anthropometry using relevant anatomical landmarks.    

 

For each muscle component, i, the muscle origin and insertion sites were used to define a 

normalized muscle force vector, !!,!, crossing the j-th joint (Delp et al., 1990; Kepple et al., 1994; 

Veeger and van der Helm, 2007): 

 

!!,! =
!!"#$,! − !!"#,!
!!"#$,! − !!"#,!

 (3.1) 

 

If a muscle component did not cross the j-th joint, then !!,! was set to zero. For those muscle 

components with defined via points, effective origin and insertion points were included according 

to two rules (Klein Horsman et al., 2007): (i) The most distal via point on the proximal segment at 

joint, j, if present, became the effective origin for that muscle component, and (ii) the most 

proximal via point on the distal segment at joint, j, if present, became the effective insertion for 

that muscle component. Once the normalized force vectors for each muscle component were 

established, the three-dimensional force vector, !!,! for each muscle, i, at joint, j, was provided by 

scaling !!,! by the magnitude of the muscle force, !!: 
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!!,! = !! ∙ !!,! (3.2) 
 

To determine the muscle-generated moment around the j-th joint, the muscle force vector was 

combined with the muscle moment arm,!!!,!, defined as the vector from the distal site of 

attachment of the muscle, or its effective site of attachment, to the j-th joint centre (Veeger and 

van der Helm, 2007): 

 

!!,! = !!!"#,! − !!!! (3.3) 
 

The moment generated by each muscle component was then calculated as: 

 

!!,! = !!!!,!!×!!!,! (3.4) 
 

The internal muscle-generated balancing moment can then be defined as a function of the 

predicted muscle force by substituting Equation (3.2) into Equation (3.4),  

 

!!,! = !!!!,!!×! !! ∙ !!,!  (3.5) 
 

This created a set of moment balance equations, denoted by the variable µ, with the 10 external 

joint moment components, !!"#,!, balanced by 84 unknown muscle force values,!!!,  

 

!!"#,! + !!,!!×! !! ∙ !!,! = 0
!"

!!!
 (3.6) 
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3.3.4 Optimised solution to solve for unknown muscle forces 

The muscle sharing problem among the 84 unknown muscle force values,!!!, within the 

indeterminate balance equation system described by Equation (3.6), was solved via static 

optimisation, minimizing the total squared muscle stress, U, at each instant of the squat cycle 

(Glitsch and Baumann, 1997). The cost function, U, was calculated using the unknown muscle 

force magnitudes and PCSA of the i-th muscle component, denoted by!!! (Brand et al., 1986; 

Glitsch and Baumann, 1997). 

 

! = ! !!
!!

!!"

!!!
 (3.7) 

 

This cost function was selected as it has been shown to provide the best correspondence between 

predicted muscle forces and recorded sEMG activity (Glitsch and Baumann, 1997). The optimal 

solution to Equation (3.6), according to the cost function given in Equation (3.7), was calculated 

using the built-in MATLAB function fmincon.m. Boundary conditions were defined for Equation 

(3.7) to constrain the optimization-based solution to realistic values (Pierrynowski and Morrison, 

1985; Edwards et al., 2008). A lower bound (LB) restricted muscle forces to be positive, ensuring 

accurate attribution of the physiological directionality of muscles as flexors or extensors. An 

upper bound (UB) set the maximum muscle tensile stress, !!"#, to 1 MPa (Crowninshield and 

Brand, 1981). The maximum potential force, !!"#,!, for each muscle component, i, in the model, 

was calculated as a function of that muscle’s PCSA, !!. 

 

!!"#,! = !!!"# ∙ !! (3.8) 



 

 

 

35 

The muscular forces, !!, predicted from Equation (3.7) were divided by the maximum possible 

forces to convert them into muscle activity levels, !!, given as a percentage of the maximum force 

magnitude for the muscle. To prevent muscle-specific non-physiological increases or decreases in 

predicted muscle activation, the activity levels calculated in one time frame were supplied to the 

next time step to generate intermediate upper and lower bounds, UBi and LBi respectively, of 

activation for each muscle component at each instant of the squat cycle: 

!"! = !!!! + 1− !!
!" !!" × 1− !!!!!  

(3.9) 

!"! = !!!! − 1− !!!" !!"#$ ×!!!! 

 

In Equation (3.9), the time step, !", is the sampling frequency, while !!" and !!"#$!are given as 

0.003 and 0.034 s respectively (Pierrynowski and Morrison, 1985). Time histories of predicted 

muscle activity were generated from the computed data. 

 

3.3.5 Prediction of internal joint contact forces   

The internal joint contact forces at joint j-th, !!,!, were calculated by subtracting the sum of the 

muscle-generated forces, !! ∙ !!,!, predicted via optimisation from the resultant inter-segmental 

forces, !!"#,!, obtained by inverse dynamics: 

 

!!"#,! + !!,! + !!
!"

!!!
∙ !!,! = 0 (3.10) 
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The residual computed !!,!!values were normalized to BW. This internal joint contact force was 

assumed to act at a single point, P, on the surface of the joint at each instant. Equation (3.10) was 

used to calculate all three components of the internal joint contact force at the knee, distal-

proximal (DP) compression-tension along the y-axis, tibial-femoral compression negative; 

anterior-posterior (AP) shear along the x-axis, anterior shear positive; and medial-lateral (ML) 

shear along the z-axis, medial shear positive. Calculated profiles of internal joint contact forces 

for the 25 trials were time-normalized, with maximum knee flexion set at 50% of the squat cycle. 

The grand mean (SD) curve was calculated from the time-normalized profiles and relevant 

descriptive statistics of the resultant curve calculated. 

 

3.3.6 Validation of the model   

The predicted muscular activity profiles and the experimentally measured sEMG low-pass 

profiles were normalized, in time, to 100% of the squat cycle with maximum knee flexion set at 

50%, and, in amplitude, to the respective maximum value on each trial. A linear regression was 

computed between the sEMG and predicted muscle force profiles for each trial, and relevant 

descriptive statistics of agreement between the measured (sEMG) and predicted values 

calculated: the coefficient of determination, R; the standard error of the estimate, % SEE; and the 

significance of the linear regression, P.  

 

To test the sensitivity of the model to deviations in the GRF, a single trial was modeled and used 

as a baseline prediction. The magnitude of the GRF was then modified by ±5% along each of the 

three components of the laboratory coordinate system, x-component, anterior-posterior direction; 

y-component, medial-lateral direction; and z-component, proximal-distal direction. These 6 
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additional sets of GRF data were modeled, using the original motion capture data, and the joint 

contact forces, !!,!, re-calculated. The sensitivity of the model to these manipulations in GRF 

input was evaluated by calculating the percentile change in the average joint contact profile and 

predicted peak force. 

 

3.4 Results 

The calculated resultant inter-segmental knee-joint moment profile, !!"#,!, is shown in Figure 

3.1, with relevant descriptive statistics reported in Table 3.2. The primary component of the 

external knee moment was generated along the flexion/extension plane, with an average peak 

flexor moment of 56.7 (5.6) xBW-mm for the left knee. The abduction/adduction and 

internal/external rotation components were comparatively low, with an average peak abduction 

moment of 4.5 (17.2) xBW-mm and internal rotation moment of -9.9 (2.9) xBW-mm. Limb 

asymmetries were evident, with a 14% lower peak flexor magnitude (t(1,24) = 4.10; P ≤ 0.001) on 

the right knee, coupled with a non-significant 15% decrease in the peak internal rotation moment 

(t(1,24) = 0.007; P = 0.99), and a 19% increase in the peak abduction moment (t(1,24) = -10.81; P ≤ 

0.001). The average 1 SD interval of the calculated resultant inter-segmental knee-joint moment 

across the 25 trials varied between 2xBW-mm and 15xBW-mm over the normalized squat cycle. 

The coefficients of variation of the standard error (CVSE) of the peak moment magnitudes ranged 

between 10% and 53% for the flexion and internal rotation moment components, increasing to a 

maximum of 379% for the external abduction moment component. 
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Figure 3.1 - The mean moment profile for each of the three components of the resultant inter-

segmental force, normalized to 100% of the squat cycle, is shown for the left and right lower 

limbs, with peak flexion set at 50% of the cycle. The flexion/extension component was resolved 

about the y-axis, with flexion positive; the abduction/adduction about the x-axis, with abduction 

positive; and internal/external rotation about the z-axis, with external rotation positive. 
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Table 3.2 - Descriptive statistics of the resultant inter-segmental knee moment and internal 

joint contact forces 

 External Moments (x BW-mm) 

 Flexion/Extension Abduction/Adduction Internal/External Rotation 

 Left Right Left Right Left Right 
Mean Peak Moment 56.71  48.99* 4.54 5.59 -9.90 -6.15* 
SD Peak Moment 5.56 6.76 17.21 16.57 2.88 3.26 
CVTE Peak Moment (%) 9.87 13.79 379.07 296.42 29.09 53.01 

Min SD interval 4.01 5.13 2.93 2.27 0.84 0.99 
Max SD interval 14.46 12.95 10.32 11.97 3.22 3.71 

                                 Internal Joint Contact Forces (x BW)  
 DP compression ML shear AP shear 
 Left Right Left Right Left Right 
Mean Peak Force -2.50 -1.94* 0.13  0.30* 1.58  1.05* 
SD Peak Force 0.20 0.22 0.14 0.05 0.15 0.12 
CVTE Peak Force (%) 8.0 11.34 107.69 16.67 9.49 11.43 

Min SD interval 0.06 0.12 0.01 0.04 0.03 0.06 
Max SD interval 0.35 0.32 0.11 0.07 0.28 0.20 
 

Legend: Peak force units, xBW-mm for resultant inter-segmental moment, xBW for internal joint 

contact force; CVTE, coefficient of variation of the typical error; DP, distal-proximal; ML, medial-

lateral; AP, anterior-posterior; * denotes   significant between-limb differences, P < 0.05. 
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The estimated internal knee joint contact forces are shown in Figure 3.2, with relevant descriptive 

statistics reported in Table 3.2. The large external knee joint flexor moment was principally 

balanced by the DP compression and AP shear components of the internal joint contact force, 

with average peak magnitudes of -2.5 (0.2) xBW and 1.6 (0.2) xBW, respectively, for the left 

knee, while the magnitude of peak ML shear was comparatively low at 0.3 (0.05) xBW. Limb 

asymmetries were again evident, with 22.4% lower peak magnitudes of DP compression on the 

right knee (t(1,24) = -8.07; P < 0.001), coupled with 33.5% lower peak AP shear force (t(1,24) = 

12.28; P < 0.001) and a 56.7% increase in peak ML shear force (t(1,24) = 5.54; P < 0.001). The 1 

SD interval of estimated internal joint contact forces over the normalized squat cycle varied 

between 0.03 xBW and 0.11 xBW, with a CVSE of 8% to 11% for DP compression and AP shear, 

remaining low at 17% for ML shear on the right knee; however, CVSE increased to 108% for ML 

shear force on the left knee. 
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Figure 3.2 - The three components of the internal knee joint contact forces are shown for the left 

and right lower limbs: anterior-posterior (AP) shear about the x-axis; distal-proximal (DP) 

compression the y-axis; and medial-lateral (ML) shear about the z-axis. The mean force (solid 

line) and corresponding 1 SD interval (gray shading) is shown, normalized to 100% of the squat 

cycle, with peak knee flexion set at 50% of the cycle. 
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In Figure 3.3, the components of the internal knee joint contact force are plotted as a function of 

the angular position of the knee. The model predicted different coupling of the three components 

of the total joint contact force for the left and right knee (P < 0.001). For the left knee, the change 

in DP compression explained 98.5% of the variance in AP shear and 16.6% in ML shear. In 

contrast for the right knee, the change in DP compression explained 97.8% of the variance in AP 

shear and 75.8% in ML shear. The higher correlated magnitude of ML shear on the right knee 

was associated with absence of hysteresis in the DP compression and AP shear components 

between the descent and ascent phases of the squat.  
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Figure 3.3 - The mean magnitude of the three components of the internal knee joint contact 

forces, AP shear, DP compression, and ML shear, expressed as a percentage of BW, is plotted 

against the range of motion of knee over the normalized squat cycle, with the descent phase 

shown in black and the ascent phase in gray. 
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In solving the problem of force sharing among the 42 muscle components of each lower limb, the 

model attributed negligible force levels (≤ 0.01x BW, 3 N) for 15 muscles: iliacus, psoas, 

obturator externis, adductor longus, pectineus gracilis, semitendinosus, gracilis, peroneus brevis 

and longus, tibialis anterior, tibialis posterior, extensor digitorum longus, extensor hallucis 

longus, flexor digitorum longus and flexor hallucis longus. Representative profiles of predicted 

muscle force attributed to the remaining muscle components are shown in Figure 3.4.  

 

Among the remaining 28 muscle components, the model restricted force development to the final 

ascent phase of the squat, 75% to 100% of the normalized cycle, in 4 muscles: gluteus minimus 

anterior portion; biceps femoris, short head; semimembranosus; sartorius; and gastrocnemius, 

medial portion. As the estimated knee joint contact forces are uniformly decreasing over this 

period of the squat, the contribution of these muscles to the direction and peak magnitude of knee 

joint contact force estimates was considered to be negligible.  

 

The mean (SD) total force attributed to the 24 muscle components considered to influence knee 

joint contact forces are reported for the right and left lower limbs in Table 3.3. The model 

attributed the dominant share of muscle force to two muscle groups, the quadriceps, and to the 

vastus lateralis and vastus intermedius more specifically, and the glutei. Limb differences were 

noted in the magnitude of force assigned to the glutei muscles, with values generally lower for the 

right lower limb (P ≤ 0.001), and a local minimum of force in these muscles at peak knee flexion 

(Figure 3.4). In compensation, the model attributed higher force values to the hip external rotators 

(P ≤ 0.001) and adductor (P ≤ 0.002) muscle groups for the right lower limb. 
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Figure 3.4 - The predicted muscle force is shown for selected muscles over the normalized squat 

cycle for the left (black) and right (gray) lower limb. GMx Inferior – Gluteus Maximus Inferior; 

AM P/I – Adductor Magnus Posterior/Inferior. 

 

From a computational perspective, the model performed well, converging to a unique solution to 

the optimisation criteria for all trials. The variability in the model estimates of peak joint contact 

force was low, ranging between 0.02 x BW for ML shear, right lower limb, to 0.22 x BW for DP 

compression, right lower limb; all SD values are reported in Table 3.2. Figure 3.5 shows the mean 

predicted muscle force profiles and corresponding mean linear envelope of the experimentally 

recorded sEMG, with both curves normalized to the absolute maximum peak magnitude across 

the 25 trials. The following agreement between sEMG and model predictions of muscle force 

were calculated: vastus lateralis, R = 0.78, SEE = 18.6%, P ≤ 0.001; vastus medialis, R = 0.13, 

SEE = 28.9%, P = 0.21; rectus femoris, R = 0.53, SEE = 17.6%, P = 0.001; gastrocnemius, 

medial portion, R = 0.23, SEE = 16.6%, P = 0.02; gastrocnemius, lateral portion, R = 0.18, SEE = 

34.2%, P = 0.07; biceps femoris, R = 0.02, SEE = 15.3%, P = 0.85.  
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The model was robust to manipulation of ±5% in GRF input, with changes along the x- and y-

components not substantially affecting model estimates of peak joint contact forces, while 

changes along the z-component caused variation in the estimated peak magnitude of DP 

compression of 0.05 (0.02) x BW for the right lower limb to a maximum deviation of 0.11 (0.04) 

x BW for the left lower limb; all values are reported in Table 3.4. The sensitivity of estimated 

peak joint contact forces to the manipulations in GRF input is reported in Table 3.5. Manipulation 

in the z-component of the GRF yielded changes of 4.4% to 4.9% in peak magnitude, while 

manipulations along the x- and y-components yielded changes ≤ 0.9%.  

 

Figure 3.5 - The predicted muscle forces (solid line) are shown for the 6 lower limb muscles of 

the subject’s dominant right lower limb, and the linear envelopes of the recorded sEMG of the 

corresponding muscles are shown (dashed lines), are shown over the normalized squat cycle. 
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3.5 Discussion 

The application of computation-based musculoskeletal model to clinical orthopaedics is 

increasingly being considered to provide clinicians with objective evidence to predict clinical 

outcomes (Fregly et al., 2012). The usability of these models in practice, however, rests on their 

ability to provide valid, subject-specific measures of clinically meaningful variables (Fregly et al., 

2012), while being computationally efficient and requiring realistic investment in equipment and 

training.  

 

In our model, we addressed the issue of computational efficiency at the design level, adopting the 

straightforward method described by Herzog and Read (1993) of combining motion data and 

ground reaction forces with muscle lines-of-action and moment arms to solve for the muscle-

generated forces balancing external moments and forces within a closed quasi-static system  

(Thambyah et al., 2005). This method substantively reduces computation time when compared to 

models that incorporate detailed muscle inputs, such as optimal muscle-length relationships 

(Zheng et al., 1998; Thambyah et al., 2005). The efficiency gained in computation allowed us to 

include a full complement of 42 independent muscle components for each lower limb (Kepple et 

al., 1997), with only two muscles being excluded: the plantaris muscle, a small vestigial 

component of the posterosuperficial compartment of the calf (Spina, 2007), and the popliteus 

muscle, whose primary action is to bring the knee out of full extension through internal rotation 

of the tibia. To ensure biomechanical validity, via points and muscle wrapping methods were 

detailed in the modeled musculoskeletal geometry to simulate effects of anatomical structures 

modifying the line-of-action of 38 of the 42 muscle components (Garner and Pandy, 2000). All 

parameters of the musculoskeletal geometry were scaled to the subject using a standard set of 
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anatomical landmarks that were identifiable by palpation (Kepple et al., 1997). Additionally, the 

three joints of the lower limb were included in the model, thereby accounting for additional 

constraints on the model placed by inter-segmental dynamics on bi-articular muscles spanning the 

knee (Fregly et al., 2012). Therefore, direct and indirect effects of predicted muscle-generated 

forces on estimates of knee joint contact forces are considered in our model, making it a robust 

computational platform to investigate the relationship between altered weight-bearing patterns in 

children and the development of knee joint structure and function, including articular cartilage 

accrual.  

 

The detailed musculoskeletal geometry included in the model further extends the clinical 

applicability in meeting the needs for a variety of paediatric populations, including children with 

neurological impairments, when compared to models that simplify musculoskeletal complexity 

by lumping muscles into functionally equivalent groups as a solution to the problem of 

mathematical indeterminacy produced by the redundancy of the musculoskeletal system (Herzog 

and Read, 1993; Herzog et al., 2003). The study on the biomechanics of spastic diplegic gait by 

Arnold et al. (2000) underlines the clinical importance of a detailed model of musculoskeletal 

geometry. Using a subject-specific musculoskeletal model created from magnetic resonance 

(MR) imaging, Arnold et al. (200) were able to attribute the pathological internal rotation moment 

of the lower limb during swing to the internal rotation moment arm of the gluteus medius and 

minimus muscles created by the combination of femoral anteversion and excessive hip flexion 

position. Traditionally, this pathological internal rotation moment had been attributed to the 

medial hamstring and adductor muscle groups and, consequently, managed with spasticity-

reducing interventions, including botulinum toxin type A or muscle tendon lengthening. 
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Therefore, deviations of the mechanical axis of the lower limb may have substantive effects on 

the muscle lines-of-action and moment arms that significantly influence clinical interpretation of 

external moments and estimated joint contact forces (Delp et al., 1990; Arnold et al., 2000).  

 

The hip rotation muscle moment arms supplied by Arnold et al. (2004) in their subject-specific 

model were quantified from MR images, with a magnitude of error in measurement of less than 

4mm. This degree of accuracy cannot be achieved when calculating moment arms based on 

skeletal landmarks localized by palpation. As the muscle moment arm distances are relatively 

small for young children, the model would be very sensitive to errors in registered location of 

skeletal landmarks, and future work should focus on evaluating the reliability of localization of 

the set of landmarks used of our mode with imaging.  

 

In terms of reliability, the variability in model-based estimates of joint contact forces was 

≤0.35xBW, with a standard error range typically between 8% and 11%. The model’s performance 

relative to other models cannot be directly evaluated as few studies have modeled the task of BW 

squat, and even fewer have applied models to a paediatric population. Taddei et al. (2012) 

included variability intervals in their curves of knee joint reaction loads during gait for a child 

having undergone massive skeletal reconstruction of the lower limb following tumour resection. 

The maximum SD interval estimated from the presented curves was 1.5xBW. While our 

variability in estimates was well within this margin, the reliability was low for the ML shear 

component of the joint reaction force, with a standard error in estimation of 17% for the left knee 

and 108% for the right. 
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ML shear is a variable of clinical interest, having been used extensively as an indicator of medial 

knee compartment loading and osteoarthritis (Zhao et al., 2007) and, therefore, would be 

important to reliably quantify in paediatric clinical populations at risk for knee joint degeneration, 

as for instance, children with cerebral palsy (Cathels and Reddihough, 1993; Carter and Tse, 

2009). The input in our model was for an athletic child with no history of knee pain or 

neurological impairment and, as anticipated, peak magnitudes of ML shear were low at 0.3xBW 

or less, within the estimations noise of the model. Considering the robustness of the model to 

input errors and that the SD of our model-based estimates were not related to the mean, we can 

anticipate that the standard error of the mean estimate for ML shear would be acceptable for 

children with pathological ML shear values, including children with cerebral palsy. Additionally, 

solutions for including frontal plane component of the external knee moment being balanced 

(Kim et al., 2009) and modeling the knee as a true 3 DOF joint (Koopman et al., 1995) would 

improve reliability of estimates.  

 

The issue of model validation is critical to the clinical applicability of a model and, yet, one that 

cannot easily be addressed. Several limitations in our model would influence the validity of 

predicted muscle and joint contact forces, including modeling of the knee joint as a strict hinge 

joint; using muscle wrapping rather than a formal patellofemoral joint; and not considering the 

contribution of internal soft tissue forces. The straightforward methods used by Kim et al. (2009) 

and Zhao et al. (2007) of comparing model predictions of joint contact forces to those measured 

directly using an implanted prosthesis is not feasible in paediatrics to evaluate the effects of our 

model assumptions on the validity of estimates. The model of deep knee squat in adults by 

Komistek et al. (2005) estimated peak magnitudes across all three components of the knee joint 
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contact force between 1.8 and 3.0 xBW. In contrast, the peak total joint contact forces in our 

model ranged between 2.7 and 3.5xBW. However, when comparing the ratio of tibiofemoral 

anterior/posterior shear to compression force, our model produced similar results to existing 

models of BW squats in adults, with ratios of 0.54, for the right knee, and 0.63, for the left knee, 

compared to a 0.60 (Escamilla et al., 1998); 0.64 (Escamilla, 2001); and 0.66 (Dahlkvist et al., 

1982). The differences in peak magnitudes of joint contact forces would be influenced by the 

design variable used in the optimisation routine. 

 

Different design variables have been used in static optimisation models to solve for joint contact 

forces, including magnitudes of muscles forces (Heller et al., 2001) and muscle activities 

(Rasmussen et al., 2001). The agreement between predicted muscle force profiles and recorded 

sEMG provides an indirect validation of the design variable used in our model, namely total 

squared muscle stress, in combination with minimum / maximum criterion to ensure 

physiologically-plausible muscle activity predictions (Fregly et al., 2012). Overall, there was 

good agreement between model-based predictions of muscle force and experimentally recorded 

sEMG, with a significant relationship between both curves (P ≤ 0.07), except for vastus medialis 

(P = 0.2) and biceps femoris (P = 0.9), and standard error in agreement ranging between 17% and 

35%.  The absence of significant linear relationship for vastus medialis and biceps femoris could 

be explained by difficulty in isolating the short and long head portions of the biceps femoris and 

vastus medialis and vastus medialis oblique by sEMG recording. Importantly, our model did 

predict physiologically plausible muscle synergies. The difference in the distribution of predicted 

muscle force between the right and left lower limbs can be predicted from the differences in 

lower limb alignment. Hollman et al. (2009) described a series of postural malalignments of the 
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lower limb associated to insufficient muscular control in the frontal plane, namely by the hip 

abductor and adductor muscle groups; this pathological alignment includes knee valgus, tibial 

internal rotation and excessive foot pronation, which, collectively, lead to a medial collapse of the 

weight-bearing axis. This medial collapse of the weight-bearing axis is typical of the lower limb 

alignment of young children, and is initiated by femoral anteversion which causes excessive 

femoral adduction and internal rotation during weight-bearing (Sabharwal et al., 2008). This 

lower limb alignment resolves progressively over the first 10 years of life with weight-bearing 

experience and the consequent remodelling of the femoral neck and increased tensile strength of 

muscles (Sabharwal et al., 2008). For the subject in our study, the medial collapse of the weight-

bearing axis was functional in nature, caused by decreased ankle dorsiflexion range of motion on 

the right, with associated over-pronation of the foot and collapse of the medial arch.  It is likely 

that the higher magnitudes of predicted force for muscles contributing to frontal plane control, 

with decreased knee flexor moment, are part of a functional synergy aiming to control the medial 

collapse of the weight-bearing axis on the right lower limb to maintain bilateral symmetry during 

the squat. This difference in alignment and muscle force distribution resulted in a change in the 

coupling of the components of the joint contact forces, with higher magnitudes of medial shear 

force as a function of compression force. A similar profile of high magnitude medial shear to 

compression force has been reported in children with chronic knee joint instability and poor 

dynamic muscle stabilization resulting from anterior cruciate ligament injuries (Ford et al., 2003; 

Seil et al., 2012). The strong coupling between the compressive and medial shear components of 

the joint contact force on the right knee was associated with an absence of hysteresis in the DP 

compression force over the squat cycle (Figure 4.3), indicative of sustained compressive load on 

the right knee which could be damaging to the articular cartilage. A more complete understanding 
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of the factors contributing to the differences in coupling of the components of the joint contact 

force cannot be resolved within the context of this study; further research with clinical 

populations having documented knee instabilities would be an important next step. 

 

The BW task was selected for our model as this task provides a realistic measure of the typical 

loads applied to the knee joint; is relevant for different clinical populations and is reproducible in 

younger children; can be performed in a small, clinical, space; requires a minimum set of motion 

capture data, which could likely be provided by a combination of position and motion sensors and 

force platform data rather than Optotrak; and once validated, avoids the use of additional data, 

such as medical imaging. However, the task is static in nature and, therefore, does not consider 

the potential for muscles to contribute forces in directions opposite to their moment arm through 

dynamic coupling of inter-segmental motions (Arnold et al., 2000).  

 

In this first iteration of the model, only upper and lower bounds were applied to constrain the 

predicted muscle activity to physiological patterns. However, application of the model to clinical 

populations with neurological impairments will require additional constraints to be developed 

within the computational platform to reflect altered patterns of muscle activity, including co-

activation and spasticity in children with cerebral palsy (Pierce et al., 2007; Poon and Hui-Chan, 

2009), as well as including differences in the viscoelastic properties of the knee joint structures 

(Cathels and Reddihough, 1993). 
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3.6 Conclusion 

The computational model of knee joint biomechanics presented in this study provides a strong 

platform for the future development of musculoskeletal models for clinical use, including the 

following necessary features: based on child-specific musculoskeletal geometry identified from 

palpable anatomical landmarks; based on a task that can be performed in a small space, with 

minimum investment in motion capture equipment, and is relevant to children as young as 3 years 

of age; applicable, with modifications, to children with a range of clinical conditions; sensitive to 

small deviations in the alignment of the mechanical axis of the lower limb; and open source code 

which can accommodate different plugins that consider muscle inputs in more detail, and to, 

possibly, interface with existing graphics based modeling software, such as SIMM 

(MusculoGraphics, Inc, Santa Rosa, CA, USA). Inclusion of patellofemoral contact force and 

ligaments would further refine the joint contact force predictions. Future work will focus on 

development of new plugins to enforce constraints for pathological muscle activation patterns and 

history-dependent muscle behaviour, such as fatigue. From an experimental perspective, the 

model will be useful to investigate the relationship between the pattern of weight-bearing forces 

and the development of articular cartilage in paediatric clinical populations at risk for early onset 

of knee joint disease, and, in the longer term, to define safe boundaries of joint forces as a 

function of child development. 
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Chapter 4 

Sensitivity of Joint Contact Force Predictions to Changes in Muscle 

Attachment Site Location in a Paediatric Optimization-Based Knee 

Model 

4.1 Abstract 

Background. Transfers of the muscle attachment sites (MAS) of those muscles surrounding the 

knee joint are relatively common surgical interventions used in paediatric orthopaedics to 

enhance functional stability, improve function, and decrease pain. A paediatric computation-

based musculoskeletal model was developed to predict the effects of MAS transfers on the 

distribution and magnitude of muscle and joint contact forces (JCFs). Objective. The aim of this 

study was to evaluate the sensitivity of the model-based estimates to simulated MAS deviations 

of the 7 muscle components crossing the knee joint. Methods. The bilateral model consists of a 

10-degree-of-freedom articulated linkage, actuated by 84 muscles, and combines inverse-

dynamics with static optimization to solve for muscle forces and to estimate resultant joint 

contact forces. For the sensitivity analysis, baseline knee joint contact forces were estimated 

during the performance of a series of 25 bodyweight half-squats. MAS were deviated in the 

model by ± 1 cm along the x-, y-, and z-components of the local shank segment coordinate 

system. Muscle paths and moments arms were re-calculated, and a new set of predicted muscle 

forces and joint contact force estimates computed. Results. Magnitudes of anterior, medial and 

lateral shear were influenced by MAS deviations of the quadriceps and semimembranosus (p < 

0.05); compression force was not modified by MAS deviations. JCF effects could not be 



 

 

 

58 

calculated by changes in muscle moment arms with MAS deviations, but by the indirect effects of 

predicted distribution of muscle forces. The largest JCF effect was a 22% increase in anterior 

shear produced by a posterior deviation of the quadriceps MAS. Conclusion.  The model is 

sensitive to clinically relevant deviations in muscle attachment site, and that calculating the 

muscle moment arms is not sufficient for determining the effects of surgical procedures on the 

internal loads and as a result, the development of the articular cartilage. 

 

4.2 Introduction 

Chronic knee pain is the most frequent musculoskeletal complaint in paediatrics, being reported 

by 18% to 32% of children and adolescents (Vahasarja, 1995; Smedbråten et al., 1998) and 

accounting for up to 33% of clinical visits in paediatrics (de Inocencio, 1998). Pain typically 

develops as the magnitudes and directions of the loads borne by the knee exceed the mechanical 

tolerance of the biological tissues. Clinical management aims to alleviate pain, improve function, 

and minimize the effects of pathological weight-bearing loads on the development of knee joint 

structures.  

 

Surgical deviations of the attachment sites of muscles spanning the knee joint are common 

surgical interventions used in paediatrics to achieve these therapeutic goals. The goal is to 

optimize resultant forces and moments acting about the knee to enhance functional stability and 

to correct pathological alignment and movement patterns by modifying the lines-of-action and 

moment arms of specific muscles. As an example, anteromedial deviation of the patellar tendon 

on the tibial tuberosity is commonly used to correct chronic lateral subluxations of the patella 

(Maquet, 1976; Møller et al., 1989; Fulkerson et al., 1990; Georgoulis et al., 2003). In many 
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cases, osteotomies are performed in combination with muscle attachment site transfers to correct 

the underlying skeletal alignment. For instance, transfer of the distal attachment of the rectus 

femoris muscle from the tibial tuberosity to the attachment site of the sartorius muscle or iliotibial 

band is used, in combination with de-rotational osteotomy of the femur, to decrease the 

magnitude of pathological knee extension moment in children with spastic cerebral palsy and 

facilitate knee flexion during swing phase of gait (Saw et al., 2003; Fox et al., 2009).  

 

While the aim of these surgical interventions is to optimize knee joint biomechanics, surgical 

planning and evaluation of outcomes are often based on static measures of lower limb alignment 

obtained by observation, hand-held goniometry, and from standing radiographs (Martinez et al., 

1983; Murray et al., 1999; Cooke et al., 2007; Shultz et al., 2009). The increasing accessibility to 

motion capture systems could offer an efficient method to provide surgeons with more realistic 

measures of knee joint biomechanics, obtained under quasi-static and dynamic conditions, to 

inform planning and predict surgical outcomes. Currently, this approach has been extensively 

used in research, and has been applied to quantifying outcomes of orthopaedic surgeries (Delp et 

al., 1990, 1994; Schmidt et al., 1999; Fox et al., 2009). Musculoskeletal models could further 

extend the applicability of motion capture to paediatric orthopaedics by providing surgeons with 

estimates of internal joint contact forces which directly influence the development of knee 

articular cartilage (Beaupré et al., 2000; Elder et al., 2000).  

 

To address this clinical need, we developed a bilateral computation-based model of knee joint 

biomechanics for paediatrics, combining subject-specific musculoskeletal geometry with inverse 

dynamics and static optimization methods, to predict the time-histories of force for 42 
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independent muscle components for each lower limb, and to estimate the associated knee joint 

contact forces during the performance of a dynamic body-weight (BW) half squat. The aim of this 

study was to evaluate the sensitivity of our model-based estimates of knee joint contact forces to 

deviations in the 7 muscle attachment sites of the muscle components crossing the knee and, 

thereby, determine the potential applicability of our model to the clinical problem of muscle 

modeling. We hypothesized that the largest effect would in the tibial-femoral compression 

component of the joint contact force in response to deviations of the attachment sites for those 

muscles with the largest flexion/extension moment arms.  

 

4.3 Methods 

The methods and procedures for this study were granted clearance according to the recommended 

principles of Canadian ethics guidelines, and Queen’s University policies.  

 

4.3.1 Musculoskeletal model 

An articulated musculoskeletal model of the lower limbs was created, consisting of 7 rigid 

segments - pelvis, bilateral thighs, bilateral shanks, and bilateral feet - 10 degrees-of-freedom 

(DOF), and actuated by 84 independent muscle components. The model was developed within the 

MATLAB environment (MathWorks, Inc., Natick, MA). The muscles were modeled as line 

segments between the points of muscle origin and insertion (Delp et al., 1990; Kepple et al., 

1994), with the muscle attachment sites on the 3-dimensional skeleton obtained from the Terry 

Musculoskeletal Database (Kepple et al., 1997). Additional via points were supplied for 38 of 

these muscle components to model their effective line-of-action as they wrapped around other 
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anatomical structures (Delp et al., 1990; Modenese et al., 2010). For these muscles, the most 

distal via point on the proximal segment was defined as the effective origin of the muscle and, 

similarly, the most proximal via point on the distal segment was defined as the effective insertion 

(Klein Horsman et al., 2007). A normalized muscle force vector, !!,!, was calculated for each 

muscle component, i, crossing joint, j, using the defined points of origin, porg,i, and insertion, pins,i, 

(Veeger and van der Helm, 2007): 

 

!!,! =
!!"#$,! − !!"#,!
!!"#$,! − !!"#,!

 (4.1) 

 

The three-dimensional moment, !!"#,!, generated by each muscle around the j-th joint was 

calculated by multiplying the normalized muscle vector with the predicted muscle force, !!, and 

scaling the resultant muscle force vector, F!"#,!, by the calculated muscle’s moment arm, !!,!, 

relative to the joint center of rotation, !!. 

 

!!"#,! = !!!!,!!×!!!"#,!, where (4.2) 
 

!!"#,! = !! ∙ !!,!, and (4.3) 
 

!!"#,! = !!!"#,! − !!!! (4.4) 
 

Only joint motions actively controlled by muscle-generated moments were considered in the 

model: three components of joint motion at the hip, modeled as a 3 DOF ball-and-socket joint, 

and flexion/extension at the knee and ankle, modeled as 1 DOF hinge joints (Koopman et al., 
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1995). This created a system of 10 external joint moments, M!"#,!, and forces, F!"#,!, denoted by 

the variable µ, to be balanced by actively-generated muscle forces, M!"#,!, acting about the joint 

centers of rotation defined from by the location of skeletal landmarks (Lundberg et al., 1989);  

 

Substituting Equation (4.3) into (4.2), the set of moment balance equations was defined as a 

function of 84 unknown muscle force values, fi:  

 

!!"#,! + !!,!!×! !! ∙ !!,! = 0
!"

!!!
  (4.5) 

 

The joint contact force, F!,!, is then estimated as the residual difference between the external and 

internal muscle force calculated at each instant:  

!!"#,! + !!,! + !!
!"

!!!
∙ !!,! = 0 (4.6) 

 

4.3.2 Static optimization method to predict unknown muscle forces, !! 

Static optimization was used to solve for the 84 unknown muscle force values in equation (6) at 

each instant. Magnitude of force was attributed to each muscle component, using the 

physiological cross sectional area (PCSA) of each muscle component, denoted by Ai, and solving 

for the minimum total squared muscle stress function, U (Brand et al., 1986; Glitsch and 

Baumann, 1997; Kim et al., 2009): 
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! = ! !!
!!

!!"
!!! . (4.7) 

 

Equation (4.7) was solved using the built-in MATLAB function fmincon.m. Boundary criteria 

were defined for Equation (4.7) at each instant to constrain predicted muscle force direction and 

magnitude to physiologically realistic values (Pierrynowski and Morrison, 1985; Edwards et al., 

2008). The lower bound (LB) was set to be strictly positive to enforce physiological 

directionality. For the upper bound (UB), the maximum muscle tensile stress,!!"#, was set at 1 

MPa (Crowninshield and Brand, 1981) with the maximum force for an individual muscle 

component, i, calculated as a function of its PCSA, Ai,   

 

!!"#,! = !!!"# ∙ !! (4.8) 

 

Muscle activity levels, qi, were then calculated by dividing the predicted muscle forces, fi, by the 

maximum possible force, !!"#,!, (Equation 4.9), and used to calculate intermediate UBi and LBi 

at each instant to prevent non-physiological increase or decreases in muscle activation (Equation 

4.10), 

 

!! =
!!!

!!"#,!!
 (4.9) 

!"! = !!!! + 1− !!
!" !!" × 1− !!!!!  

(4.10) 

!"! = !!!! − 1− !!!" !!"#$ ×!!!!, 



 

 

 

64 

where the time step, dt, is the sampling frequency of the external moments and forces supplied to 

the model, and tup and tdown are given as 0.003 s and 0.034 s respectively (Edwards et al., 2008), 

with the activity level calculated at the i-th time step based on the muscle activity level calculated 

at i-1.   

 

4.3.3 Motion and ground reaction force inputs to the model 

The external moments and forces at the hip, knee and ankle joints, used as inputs to the model 

were calculated from segmental motions of the lower limbs and ground reaction forces (GRFs) 

recorded for one representative 9 year-old, male, physically active subject, performing a series of 

25 dynamic body weight (BW) half squats. The subject was 132 cm in height, weighed 35 kg, and 

was right leg dominant, evaluated by asking him which leg he used for kicking a ball. The BW 

half squats were performed according to the standardized methods described by Escamilla (2001), 

and at a self-selected speed. The subject stood with one foot on each of two force plates, feet 

aligned along the sagittal plane of the body, with hip and knees fully extended. The subject 

descended in a continuous motion to a position of 80o to 90o of knee flexion, maintaining feet flat 

on the ground, holding this base position for 1 s, and ascending in a continuous motion back to 

the standardized upright position. Prior to recording, the subject practiced until comfortable with 

the execution of the experimental task.  

 

For motion capture, two Optotrak 3020 position sensors (Northern Digital, Waterloo, Ontario, 

Canada) tracked the position and displacements of clusters of infrared emitting diodes mounted 

on molded plastic plates, secured bilaterally over the mid-foot, mid-leg, and mid-thigh segments 

of the lower limbs; additional clusters were positioned over the sacrum and mid-thoracic spine to 
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provide references for the calculation of the position and motion of the pelvis. GRFs were 

recorded for each lower limb using two force platforms (1000 Hz; AMTI, model BP400600NC; 

Watertown, MA, USA).  

 

Cluster positions and GRFs were exported into the Visual3D software package, low-pass filtered 

(3rd order, zero-lag, digital Butterworth filter; cutoff 6 Hz for position data, 10 Hz for GRFs), and 

time-synchronized. A local coordinate system was defined for each segment of the lower limbs, 

based on the location of relevant anatomical landmarks (Brand et al., 1982).  

 

A set of 29 anatomical landmarks was identified by palpation (Wu et al., 2002), and their position 

numerically registered (Optotrak). These anatomical landmarks were used to scale the generic 

musculoskeletal model to the subject’s height, to adjust to location of the center of mass for each 

segment in the local coordinate frames, and to anisotropically scale muscle lengths, paths, and 

PCSAs (Kepple et al., 1994). A standard inverse dynamics method (Winter, 2009) was used to 

calculate the resultant inter-segmental forces, F!"#,!, and moments, M!"#,!, at each joint, j, used as 

inputs in the model. With the knee modeled as a 1 DOF joint and the nature of the BW half-squat 

task, the external joint flexion moment is the only component of the external knee joint moment 

balanced within the optimization routine.  

 

4.3.4 Muscle attachment site sensitivity analysis 

Of the 42 muscles included for each lower limb in the model, 14 components cross the knee joint: 

rectus femoris; vastus lateralis; vastus medialis and medialis oblique; vastus intermedius; biceps 

femoris, long and short head; semimembranosus; semitendinosis; gastrocnemius, lateral and 
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medial components; gracilis; sartorius; and tensor fascia latae. These 14 muscles share 7 unique 

distal muscle attachment sites. Each of these attachment sites was defined within the local 

coordinate system of their distal attachment site, with the x-axis anterior-posterior, positive-x 

anterior; the y-axis proximal-distal, positive y proximal; and the z-axis medial-lateral, positive z 

lateral. To evaluate the model's sensitivity to deviations in muscle attachment site, each muscle 

attachment site was independently translated by ±1 cm along each component direction of the 

local coordinate system. Using the new muscle attachment site, muscle paths and moment arms 

were re-calculated using the identical set of anatomical landmark locations. The set of inverse 

dynamics and GRF data recorded for baseline trial was input to the model and a new set of 

predicted muscle forces computed and knee joint contact forces estimated for each of the 6 

directions of deviation, and each of the 7 common muscle attachment sites, for a total of 42 

deviations simulated for each lower limb, repeated for 5 randomly selected squat trials. Therefore, 

420 model simulations were performed and entered in the sensitivity analysis. 

 

4.3.5 Statistical analysis 

The peak magnitudes of the x, y, and z-components of the knee joint contact force were computed 

for all 420 simulations. A Kruskal-Wallis analysis was performed to test for significant 

differences in the calculated muscle moment arms, predicted peak muscle force, and peak joint 

contact force estimates for each simulation, as compared to baseline.  

 

4.4 Results 

All 420 simulations converged to a unique solution to the optimization criteria. For all baseline 

trials and simulated predictions, distal-proximal (DP) compression/tension was strictly 
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compression; anterior-posterior (AP) shear was strictly anterior; while both medial and lateral 

components of the medial-lateral (ML) shear force were present. The resultant mean change (SD) 

in the peak magnitude of the three components of the joint contact force from baseline is shown 

for all simulated deviations in Figure 4.1-4.4. Deviations in the muscle attachment site of the 

quadriceps muscle produced the most consistent effects on estimated peak magnitudes of joint 

contact forces, and more specifically on the compression, anterior shear and medial shear 

components of the knee joint contact force. Other deviations produced discrete effects of small 

magnitude or had no appreciable effects.  

 

Peak joint compression was significantly modulated (P ≤ 0.05) by anterior and posterior 

deviations of the quadriceps attachment site on the left knee, with non-significant increases in 

compression produced by deviations in distal, proximal, medial and lateral directions. Limb 

asymmetries were evident, with all simulated deviations in the quadriceps’ site of attachment 

producing non-significant effects on the three components of the joint contact force for the right 

knee. Deviation of attachment sites along the anterior / posterior and medial / lateral direction for 

the tensor fascia latae, semimembranosus, and gastrocnemii produced small, non-significant, 

modulation of the peak compression force (≤ 0.06 xBW) for the left lower limb, and of the biceps 

femoris and gastrocnemii for the right lower limb (≤ 0.06 xBW).  
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Figure 4.1 - Mean (1 SD) change in peak magnitude of distal compression 

 

Legend. BF, biceps femoris; SM, semimembranosus; ST, semitendinosus; G&S, gracilis and 

sartorius; TFL, tensor fasciae latae 

 

Peak anterior shear was significantly modulated (P ≤ 0.05) by a posterior deviation of the 

quadriceps attachment site on the left knee, and with strong, but non-significant, discernible 

effects with anterior, distal, and proximal deviations of the quadriceps attachment site on the left 

knee, and a posterior deviation of the quadriceps attachment site on the right knee. In the left leg, 

proximal deviations of the semitendinosus produced large, non-significant modulations of peak 

anterior shear (0.13 xBW), while anterior/posterior and distal proximal deviations of the tensor 

fasciae latae (TFL) and semimembranosus attachment sites produced small, non-significant 

modulations of the anterior shear (< 0.09 xBW). 
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Figure 4.2 - Mean (1 SD) change in peak magnitude of anterior shear 

Legend. BF, biceps femoris; SM, semimembranosus; ST, semitendinosus; G&S, gracilis and 

sartorius; TFL, tensor fasciae latae 

 

Peak lateral shear was significantly modulated (P ≤ 0.05) by a posterior deviation of the 

semimembranosus attachment site on the left knee. Smaller, non-significant modulations (< 0.05 

xBW) are seen in the left leg with deviations of the semimembranosus in the anterior, distal, 

proximal, medial, and lateral directions on the left knee, and each of the deviations of the 

quadriceps muscle attachment site.  

 



 

 

 

70 

Figure 4.3 - Mean (1 SD) change in peak magnitude of lateral shear 

 

Legend. BF, biceps femoris; SM, semimembranosus; ST, semitendinosus; G&S, gracilis and 

sartorius; TFL, tensor fasciae latae 

 

Peak medial shear was significantly modulated (P ≤ 0.05) by a posterior and medial deviation of 

the quadriceps attachment site on the right knee, along with strong, but non-significant, effects (P 

≤ 0.10) for the proximal, distal, and anterior deviations of the right quadriceps attachment site. 

Large, but not statistically significant modulations (< 0.04 xBW) were found for the deviations of 

the quadriceps attachment site in the left lower limb, and for the biceps femoris attachment site in 

the right limb. 
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Figure 4.4 - Mean (1 SD) change in peak magnitude of medial shear 

 

Legend. BF, biceps femoris; SM, semimembranosus; ST, semitendinosus; G&S, gracilis and 

sartorius; TFL, tensor fasciae latae 

 

The model considers only the contribution of muscle-generated moments and joint contact forces 

as balancing the external moment around a joint. By modeling the knee as a 1 DOF hinge joint, 

the joint flexion moment is the only component of the external knee joint moment balanced 

within the optimization routine. As such, the change in flexion moment arm for each simulated 

deviation in muscle attachment site was calculated. Of the 84 simulated deviations, 22 produced a 

significant difference in the flexion moment arm relative to baseline for the left lower limb, and 

17 for the right limb (Table 4.1). These significant deviations in flexion moment arms were not 

specifically associated with measured changes in peak joint contact forces.  
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Each simulated deviation in muscle site attachment created a unique set of muscle force 

predictions. All 84 simulations produced significant differences in muscle force predictions in 

both lower limbs; these are reported in Table 4.2, for the left lower limb, and Table 4.3 for the 

right. A specific pattern of predictions was not discernible, with only a few deviations producing 

muscle-specific changes in force: tensor fascia late, semimembranosus and semitendinosus for the 

left lower limb. Generally, simulated deviations produced distributed influences on predicted 

forces, including single and double-joint muscles, with a high percentage of influence on the 

predicted force of distal muscles for the right lower limb.  
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 T
able 4.1 – Significant effects (P-value) of ± 1 cm
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Table 4.2 - Significant effects (P-value) of ± 1 cm deviations in muscle site attachment on 

peak magnitude of predicted muscle force from baseline for the left lower limb. 

Significant 
Deviations Direction Muscle Influenced P-value 

Gastocnemii 
X+1 

Flex. Digitorum Longus 0.016 
Flexor Hallucis Longus 0.028 

Peroneus Longus 0.047 
Tibialis Posterior 0.016 

X-1 
Flex. Digitorum Longus 0.028 

Tibialis Posterior 0.016 

Semi- 
membranosus 

X-1 
Adductor Magnus Mid. 0.047 

Semimembranosus 0.009 

Y+1 
Adductor Magnus Mid. 0.047 
Adductor Magnus P.I. 0.047 

Semimembranosus 0.009 

Semi-
tendinosus 

X+1 Semitendinosus 0.009 

Y+1 
Adductor Magnus Mid. 0.047 
Adductor Magnus P.I. 0.047 

Semitendinosus 0.009 
Y-1 Semitendinosus 0.016 

Tensor Fasciae 
Latae 

X+1 Tensor Fasciae Latae 0.028 
X-1 Tensor Fasciae Latae 0.009 
Y+1 Tensor Fasciae Latae 0.009 

Y-1 
Adductor Magnus P.I. 0.047 
Tensor Fasciae Latae 0.016 
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T
able 4.3 - Significant effects (P-value) of ± 1 cm

 deviations in m
uscle site attachm

ent on peak m
agnitude of predicted m

uscle force from
 

baseline for the right low
er lim

b. 

Significant 
D

eviations 
D

irection 
M

uscle Influenced 
P-value 

Significant 
D

eviations 
D

irection 
M

uscle Influenced 
P-value 

B
iceps 

Fem
oris 

X
+1 

A
dductor Longus 

0.047 

G
racilis &

 
Sartorius 

X
+1 

Tibialis A
nterior 

0.028 
X

-1 
Ext. H

allucis Longus 
0.028 

X
-1 

Ext. H
allucis Longus 

0.047 
Y

-1 
Tibialis A

nterior 
0.047 

Y
+1 

A
dductor Longus 

0.016 
Z+1 

Ext. H
allucis Longus 

0.028 
Y

-1 
Ext. H

allucis Longus 
0.028 

G
astroc-
nem

ii 

X
+1 

A
dductor Longus 

0.028 
Z-1 

A
dductor Longus 

0.047 
Ext. H

allucis Longus 
0.009 

R
ectus 

Fem
oris 

X
-1 

Ext. H
allucis Longus 

0.028 
Flex. D

igitorum
 Longus 

0.016 
Z+1 

Ext. H
allucis Longus 

0.047 
Flex. H

allucis Longus 
0.016 

Z-1 
A

dductor Longus 
0.047 

Peroneus B
revis 

0.009 
Ext. H

allucis Longus 
0.047 

Peroneus Longus 
0.009 

Sem
i- 

m
em

branosus 

X
+1 

Ext. H
allucis Longus 

0.047 
Tibialis A

nterior 
0.016 

Y
+1 

Tibialis A
nterior 

0.028 
Tibialis Posterior 

0.016 
Y

-1 
Ext. H

allucis Longus 
0.009 

X
-1 

Flex. D
igitorum

 Longus 
0.016 

Sem
i- 

tendinosus 

X
+1 

Ext. H
allucis Longus 

0.009 
Flex. H

allucis Longus 
0.016 

Tibialis A
nterior 

0.047 
Peroneus B

revis 
0.016 

Y
+1 

Ext. H
allucis Longus 

0.009 
Peroneus Longus 

0.016 
Y

-1 
Tibialis A

nterior 
0.028 

Tibialis Posterior 
0.047 

Tensor Fasciae 
Latae 

Y
+1 

Ext. H
allucis Longus 

0.047 
Y

-1 
Ext. H

allucis Longus 
0.016 

Y
-1 

A
dductor Longus 

0.047 
Z-1 

A
dductor Longus 

0.047 
Z+1 

A
dductor Longus 

0.028 
 

 
 

 
Ext. H

allucis Longus 
0.028 

 
 

 
 

Z-1 
Ext. H

allucis Longus 
0.016 
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4.5 Discussion 

The goal of this project was to evaluate the sensitivity of an optimisation-based musculoskeletal 

model that we developed to predict the bilateral distribution of forces among 84 muscle 

components of the lower limbs during the performance of a BW half-squat and, using this 

information, to estimate knee joint contact forces. The model was developed for implementation 

in a paediatric orthopaedic clinic and, therefore, includes solutions to adapt musculoskeletal 

geometry in subject-specific ways using a set of anatomical landmarks identified by palpation. It 

also incorporates a static optimization method for computational efficiency, applying design 

criteria that have been demonstrated to have strong correlations to biomechanics and 

musculoskeletal geometry measured by experimentation and imaging. In this study, we focused 

on evaluating the sensitivity of the model to deviations in the site of attachment of muscles 

crossing the knee joint as these are common surgeries used in paediatric orthopaedics to improve 

knee joint stability and weight-bearing function.  

 

Comparison of our sensitivity outcomes to established standards for other static optimization-

based musculoskeletal model is not straightforward. While a variety of model sensitivity analyses 

have been undertaken, the majority of these have little implication beyond validating the model’s 

response to variations in input parameters (Brand et al., 1982, 1986; Raikova and Prilutsky, 2001; 

Komistek et al., 2005; Pierce and Li, 2005; Erdemir et al., 2007). Röhrle et al. (1984) did evaluate 

the sensitivity of model-based estimates of knee joint contact forces to simulated 5 mm deviations 

of the muscle attachment sites of two major muscle groups contributing to the knee joint contact 

forces, the gastrocnemii and rectus femoris, in a model of adult gait. In this study, joint contact 

forces were estimated using a four-segment lower limb model, articulated by 42 muscle 
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components, with the knee modeled as a 1 DOF, hinge, joint. The largest measured effect was a 

26% decrease in the predicted muscle force of the sartorius muscle produced by a 5 mm lateral 

deviation of the proximal attachment point of the rectus femoris muscle on the pelvis. This 

decrease in muscle force resulted in only a 5% decrease in the net internal joint contact force. The 

validity of these results is somewhat limited by the linear computation method used to solve for 

the unknown muscle and joint contact forces in this model, with a maximum of only 6 muscles 

considered in the estimation of joint contact forces at each instant of the analysis. However, this 

sensitivity analysis does demonstrate the important point that the effects of deviation in 

attachment site of a discrete muscle will be shared among muscles, such that the resultant effect 

on the magnitude, direction, or pattern of joint loading cannot be predicted directly from the 

change in muscle moment arm and external moment arm alone. This is in agreement with our 

results.  

 

A priori, we had hypothesized that deviations in the attachment site of those muscles 

predominantly responsible for generating the flexion/extension moment about the knee, and the 

quadriceps muscle group in particular, would produce the largest modulation in peak magnitudes 

of joint contact forces, and that these effects could be predicted from the magnitude of the 

resultant change in muscle-specific moment arm and predicted activity level. However, a 

consistent relationship between deviations in muscle attachment site, changes in moment arm, 

muscle force predictions, and joint contact force estimates was not identified.  

 

As expected, small deviations in the attachment site of the quadriceps muscle produced 

significant changes in the magnitude of the knee joint contact force. However, these influences 
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could not be attributed to significant changes in the moment arm of the muscle or in the level of 

predicted muscle tension but, rather, to a distributed change in muscle activity, including 

modulation of distal musculature and muscles whose main line of action is in the frontal plane, 

such as the adductor longus. In contrast, the deviations of the muscle attachment sites of the 

primary knee flexors, the biceps femoris, semimembranosus, and semitendinosus had the most 

frequent significant effect on the flexion moment arms. The medial hamstrings in particular 

created significant differences in their moment arms for the majority of their deviations in both 

legs, while the deviations of the lateral hamstrings, biceps femoris, affected only the left leg 

flexion moment arms. More than half of the hamstring deviations created significant changes in 

the muscle force predictions, however the majority of the muscles affected were ankle and hip 

muscles as opposed to those affecting the knee. This resulted in little modulation of the joint 

contact forces, contrary to our hypothesis, with the only two significant differences being seen in 

the lateral shear with a posterior shift of semimembranosus, and in compression with a posterior 

shift of biceps femoris. The remaining deviations, for the gastrocnemii, tensor fasciae latae, and 

the combined gracilis and sartorius, had no significant effect on the joint contact forces, as 

expected. However, they did have a large number of significant muscle force prediction 

differences for muscles that do not cross the knee.  

 

These results are significant for clinical practice, with the implication that discrete muscle 

attachment site transfer can have distributed effects, altering the function of muscles at a distance 

which may not be able to absorb additional loads due to neurological impairments. This 

highlights the potential value of computation-based models based on subject-specific geometry in 
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predicting outcomes of planned surgeries, allowing clinicians to select the most beneficial course 

of treatment for a specific patient.   

 

The main limitations of this work are based around the design of computational models. This 

form of analysis provides predictions of the muscle and joint contact forces based on recorded 

motion capture and ground reaction force data, in combination with scaled musculoskeletal 

information. Predictions of internal loads are not in vivo measurements, but have been shown to 

provide consistent predicted values (Erdemir et al., 2007). Retrieving these predictions, however, 

requires an accurate representation of the subjects’ anatomy. Developing a paediatric model, 

therefore, requires a paediatric musculoskeletal database, which does not currently exist, meaning 

that all representations must be made using scaled adult musculoskeletal databases. While 

utilizing scaled adult data for paediatrics has been shown to produce reliable predictions (Liu et 

al., 2008), it is unknown how well the scaled model represented that actual anatomy of the 

subject. In regards to our data set, 5 separate squats collected on the same paediatric subject were 

used to calculate average predictions. The subject was chosen to be representative of an average, 

healthy child, to increase applicability. However, the translation to clinical populations has not 

yet been established. As evidenced by the large deviations a small, 1 cm change in muscle 

attachment site location can have on the force predictions, any errors in the musculature due to 

deformity could have a significant effect on the loading predictions. 

 

4.6 Conclusion 

Translation of computation-based methods to clinical practice can increasingly be considered, 

balancing the costs of motion capture systems with the need to objective measures upon which to 
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plan and predict outcomes of surgical interventions as part of an evidence-based model of 

practice. Overcoming the computational load of models to provide estimates based on a 

reasonable set of input data and in near-real time is essential to clinical implementation. 

Moreover, models need to demonstrate responsiveness to changes in inputs that are clinically 

meaningful. The modeling solutions described in this study meet these design criteria and 

provides a robust platform for creating models for tailored to clinical practice. The demonstrated 

sensitivity to small deviations in muscle attachment sites makes this version of the model ideal 

for studying the relationship between knee joint biomechanics and the magnitudes of knee joint 

contact forces in paediatrics.  
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Chapter 5 

Discussion 

The accrual of knee articular cartilage during childhood is directed by the mechanical loading 

within the joint, with the magnitude, direction, and pattern of the joint loads all contributing to the 

cartilage development (Carter and Wong, 1988; Carter et al., 1998; Beaupré et al., 2000; Elder et 

al., 2000). A healthy volume of cartilage accrual during childhood has been linked to positive 

joint health during adulthood (Jones et al., 2000, 2003; Koo and Andriacchi, 2007; Carter and 

Tse, 2009; Winby et al., 2009); therefore an understanding of the internal joint loads would be 

advantageous to ensuring long term joint health. The model detailed in this thesis is intended to 

satisfy the need in research and clinical practice for a tool to measure the internal joint loads at 

the knee joint in paediatrics. 

 

Applying computational modeling to paediatrics, while not frequently performed, has been shown 

to be quite beneficial. For instance, Arnold et al (2000) were able to utilize a computational 

model to show that the internal rotation of the lower limb during the swing phase of gait in spastic 

diplegic cerebral palsy patients can be attributed to the gluteus medius and minimus muscles, and 

not the medial hamstring and hip adductor muscles as is commonly assumed. They drew this 

conclusion by modeling the muscle moment arms, while other paediatric models have relied on 

predicting the muscle forces (Pierce et al., 2007). However, articular cartilage development is 

contingent on the internal biomechanical loading, and not directly affected by the muscle moment 

arms and forces. In fact, this thesis demonstrated that those external measurements, the moment 

arms and muscle force predictions, do not directly suggest anything regarding the internal joint 
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loads. A model that could appropriately measure the muscle moment arms and muscle force 

predictions and translate that into predictions of joint loading would be substantially more 

valuable to ensuring the healthy accrual of joint cartilage. 

 

While the values obtained in this thesis were consistent across trials, validating the predictions is 

difficult. Computational models attempt to replicate a biological system using mathematical 

formulas based on theories of neurological and muscular function. Recreating a system as 

complex as the human body requires significant assumptions to even approach feasibility of 

implementation. To confirm that the predictions are comparable to in vivo loads, researchers 

generally rely on comparisons between joint contact force predictions and measurements 

provided by instrumented total knee replacements (Kim et al., 2009), or the predictions of 

previously developed models (Erdemir et al., 2007). With no instrumented total knee replacement 

measurements from paediatric subjects, and a lack of paediatric models, adult knee load 

predictions can be used to gauge face validity. In adults, a peak overall joint contact force, equal 

to the non-directional Euclidean norm of the three individual components, during a deep squat 

was found to range from 1.8-3.0 xBW (Komistek et al., 2005). The results of Chapter 3 indicate 

that our values, with average right and left peak net forces of 2.7 and 3.5 xBW, are larger than 

those predicted for adults; however, the ratio of anterior/posterior shear to compressive force 

produced results comparable to published adult data, with 0.54 and 0.63 in our model, compared 

to published values of 0.60, 0.64, and 0.66 (Dahlkvist et al., 1982; Escamilla et al., 1998; 

Escamilla, 2001). Another frequently used computational model validation test is comparing the 

muscle activity recorded using sEMG to the corresponding muscle force predictions. This method 

showed good agreement for the majority of our muscles in Chapter 3, with significant 
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relationships found for vastus lateralis (P ≤ 0.001), rectus femoris (P = 0.001), the medial 

compartment of the gastrocnemius (P = 0.02), and the lateral compartment of the gastrocnemius 

(P = 0.07), providing an indirect validation of the cost function utilized in this model. These 

validation methods suggest that the model is predicting plausible values for both the muscle force 

and joint contact force predictions.  

 

Sensitivity analysis can provide estimates of the models tolerance to change, malalignment, or 

input error. This is not the same as providing validity, although it does give useful information 

from a clinical standpoint. A subject who presents with abnormal GRF patterns will have 

significantly different muscle and joint contact force predictions, with a 5% change in GRF 

resulting in up to a 0.11 xBW change in knee compression, as per Chapter 3. The same holds for 

a subject reporting lower limb malalignment, as in Chapter 4, where a change in the muscle 

attachment sites can result in significant increases in the joint contact forces. The same results 

also indicate that errors in ground reaction force (Chapter 3), or errors in digitization (Chapter 4) 

can significantly alter the joint contact force predictions. The muscle attachment site sensitivity 

analysis, agreed with previous research (Röhrle et al., 1984; Brand et al., 1986), suggesting that 

the muscle force predictions are more sensitive to change than the joint contact force. This 

implies that the model is sufficiently reliable and sensitive to predict the internal joint loads in a 

research or clinical setting, yet may produce higher levels of variability if the variable of interest 

is the muscle force predictions. Given that the intended goal of this project was to produce a 

model for evaluating the internal joint loads and their relationship to articular cartilage 

development, the results indicate a sufficient level of robustness and sensitivity within the model. 
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There are several caveats involved in utilizing a computational model to estimate internal joint 

loads. Computational models rely on major assumptions to predict muscle and joint contact 

forces, including the cost function, the muscle force capacity, and most importantly, the 

musculoskeletal anatomy. At present, the major musculoskeletal databases are all comprised of 

adult data, which is frequently cadaveric. Creating a 3D model of the paediatric musculoskeletal 

system, therefore, requires substantial scaling of an adult database. This can create substantial 

errors in muscle definition, as even between large and small adults there exists a substantial 

amount of variation (Brand et al., 1982). This introduces error early on in the computational 

modeling process, altering the muscle force vectors, muscle moment arms, and as a result, the 

muscle force predictions. 

 

There are several limits on the reliability and repeatability of computational models that must be 

addressed before they can be widely implemented in clinical practice. For large rotational and 

angular deformities, a definition of the average musculoskeletal system may not accurately 

represent their anatomy. The assumption that the body will perform a task according to an 

optimality criterion may be invalid when studying neuromuscular conditions, for example muscle 

spasticity in cerebral palsy patients will alter the force generating capacities of the muscle. The 

bony prominences that biomechanists rely on, such as the knee epicondyles, can often result in 6-

12 mm of error (Kepple et al., 1994) during landmarking, and are even more difficult to isolate in 

children, as they are either not fully formed or prohibitively small. In the obese and overweight 

population, palpation of external landmarks for numerical registration can be difficult, as a layer 

of subcutaneous fat on top of a bony prominence makes the palpation of that landmark even more 

difficult. Errors in digitization will introduce error at the most basic stage of the computational 
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modeling process, altering the definition of anatomic coordinate systems as well as muscle 

attachment sites, which have both been shown to significantly alter joint contact force predictions 

(Röhrle et al., 1984; Pierce and Li, 2005). 

 

The muscle moment arms require a representation of the muscle line-of-action, which can be 

based off of simply an origin and an insertion, or be comprised of a number of smaller line 

segment components (Delp et al., 1990). Therefore, the varying levels of detail in the 

musculoskeletal anatomy definition included in different models will significantly affect the face 

validity of the model-based estimates. At the other end of the muscle moment arm, is the joint 

centre. At the hip, a ball and socket joint, locating the centre where muscles will act around can 

be found reliably through the functional hip method, as digitization of the femur and pelvis can 

introduce errors early on in the process. At the knee and the ankle, the task of selecting a joint 

centre can be significantly more difficult. Muscle force predictions are very sensitive to changes 

in joint centre, with only a 10 mm range producing 56% deviations in muscle force prediction, 

while the joint contact forces were less variable, at only 26% deviation (Pierce and Li, 2005). At 

the knee and ankle, the joint centres were determined by taking the midpoint of two digitized 

landmarks, the epicondyles at the knee, and the malleoli at the ankle. Given that errors of 6-12 

mm are possible during landmark digitization (Kepple et al., 1994), encountering large muscle 

force prediction changes as a result of the 10 mm deviations measured by Pierce and Li (2005) is 

possible, meaning that accurate digitization of the epicondyles and malleoli is integral to 

producing reliable results.  
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There are several options available for future development of this model, either with the goal of 

reducing error or for targeting specific clinical populations. The easiest way to reduce overall 

error in the system is to accurately recreate the patient-specific musculoskeletal anatomy through 

magnetic resonance imaging. This would provide extremely accurate muscle lines-of-action, as 

well as physiological cross sectional area, and measures of deformity. For those patients who 

have substantial angular or rotational deformities, the musculoskeletal representation would not 

be relying on a scaled average adult, but rather that patient’s true anatomy. To more accurately 

represent the effect of the patella on the quadriceps muscle group, a more anatomically accurate 

model of the patella should be incorporated, which could also have a substantial effect on the 

anterior shear component of the knee joint contact force. Incorporating more physiologically 

accurate muscle models, such as Hill’s muscle model, could also refine muscle force capabilities. 

This type of model includes tendon and muscle tissue, and utilizes the muscle length and 

orientation to determine its maximum muscle force capabilities. Finally, to target specific clinical 

populations, separate versions of the model can be developed that contain different parameters. 

The method of enforcing co-contraction by introducing a shift factor to the cost function could 

prove valuable in paediatrics. It also has the potential to be modified to study the effect of muscle 

spasticity by enforcing muscle activity based on muscle velocity. 
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Appendix A – List of Muscle Components 

Muscle Component Origin  Via Point 1  Via Point 2  Insertion PCSA (cm2)* 

Adductor Brevis Pelvis   Thigh 8.88 

Adductor Longus Pelvis   Thigh 7.91 

Adductor Magnus Anterior 
Superior 

Pelvis   Thigh 8.66 

Adductor Magnus Middle Pelvis   Thigh 8.66 

Adductor Magnus Posterior 
Inferior 

Pelvis   Thigh 8.66 

Biceps Femoris Long Head Pelvis Thigh  Shank 9.89 

Biceps Femoris Short Head Thigh Thigh  Shank 7.24 

Extensor Digitorum Longus Shank Shank  Foot 2.85 

Extensor Hallucis Longus Shank Shank  Foot 2.88 

Flexor Digitorum Longus Shank Shank  Foot 1.96 

Flexor Hallucis Longus Shank Shank  Foot 2.90 

Gastrocnemius Lateral Thigh Thigh  Foot 7.73 

Gastrocnemius Medial Thigh Thigh  Foot 9.88 

Gemelli Pelvis   Thigh 6.44 

Gluteus Maximus Inferior Pelvis   Thigh 25.065 

Gluteus Maximus Superior Pelvis   Thigh 25.065 

Gluteus Medius Anterior Pelvis   Thigh 14.54 

Gluteus Medius Posterior Pelvis   Thigh 14.54 

Gluteus Minimus Anterior Pelvis   Thigh 8.43 

Gluteus Minimus Posterior Pelvis   Thigh 8.43 

Gracilis Pelvis Thigh  Shank 5.02 

Iliacus Pelvis   Thigh 12.54 
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Obturator Externus Pelvis Thigh Thigh Thigh 3.22 

Obturator Internus Pelvis   Thigh 9.99 

Pectineus Pelvis   Thigh 7.50 

Peroneous Brevis Shank Shank  Foot 2.97 

Peroneous Longus Shank Shank  Foot 4.61 

Pirformis Pelvis   Thigh 8.66 

Psoas Pelvis   Thigh 10.98 

Quadratus Femoris Pelvis   Thigh 7.67 

Rectus Femoris Pelvis   Shank 9.03 

Sartorius Pelvis Thigh  Shank 4.17 

Semimembranosus Pelvis Thigh  Shank 9.96 

Semitendinosus Pelvis Shank  Shank 7.99 

Soleus Shank   Foot 15.08 

Tensor Fasciae Latae Pelvis   Shank 8.23 

Tibialis Anterior Shank Shank  Foot 6.28 

Tibialis Posterior Shank Shank  Foot 3.41 

Vastus Intermedius Thigh   Shank 9.03 

Vastus Lateralis Thigh   Shank 17.76 

Vastus Medialis Thigh   Shank 7.02 

Vastus Medialis Oblique Thigh   Shank 7.02 

 

* - Retrieved from the work of Brand et al. (1982)  
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Appendix B – List of Required Digitized Landmarks 

Landmark Segment 

Superior Aspect of the Head of the 1st Metatarsal Left Foot 

Navicular Tuberosity Left Foot 

Superior Aspect of the Head of the 5th Metatarsal Left Foot 

Lateral Aspect of the Base of the 5th Metatarsal Left Foot 

Posterior Aspect of the Calcaneus Left Foot 

Lateral Aspect of the Lateral Malleolus Left Shank 

Medial Aspect of the Medial Malleolus Left Shank 

Tibial Tuberosity Left Shank 

Head of the Fibula Left Shank 

Lateral Epicondyle Left Thigh 

Medial Epicondyle Left Thigh 

Greater Trochanter Left Thigh 

Superior Aspect of the Head of the 1st Metatarsal Right Foot 

Navicular Tuberosity Right Foot 

Superior Aspect of the Head of the 5th Metatarsal Right Foot 

Lateral Aspect of the Base of the 5th Metatarsal Right Foot 

Posterior Aspect of the Calcaneus Right Foot 

Lateral Aspect of the Lateral Malleolus Right Shank 

Medial Aspect of the Medial Malleolus Right Shank 

Tibial Tuberosity Right Shank 

Head of the Fibula Right Shank 

Lateral Epicondyle Right Thigh 

Medial Epicondyle Right Thigh 
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Greater Trochanter Right Thigh 

Left Anterior Superior Iliac Spine Pelvis 

Right Anterior Superior Iliac Spine Pelvis 

Left Posterior Superior Iliac Spine Pelvis 

Right Posterior Superior Iliac Spine Pelvis 

Sacrum Pelvis 

Standing Trial  

  



 

 

 

98 

Appendix C – Letter of Information 

KNEE BIOMECHANICS IN CHILD & YOUTH DEVELOPMENT 
WHO WE ARE AND WHAT WE STUDY 
You are being invited to participate in a research study directed by Dr. Lucie Pelland, 
from the School of Rehabilitation Therapy, and Dr. Daniel Borschneck, from the School 
of Medicine, Division of Orthopaedic Surgery. The purpose of this study is to investigate 
the relationship between loads that are applied to the knee and the development of knee 
articular cartilage.  
 
Why is this important?  
Knee pain is a common problem in children and youths. Knee pain usually develops as 
the loads that are applied to the knee during weight-bearing activities exceed the load-
bearing tolerance of the joint structures. High loads are placed on the knee during every 
day activities, such as going up and down the stairs and high-impact sport activities, and 
by body weight. The alignment between the thigh, the leg and the foot plays an 
important role, as it determines the location of load application on the knee. An important 
question for clinicians is whether or not the loads are causing damage to the articular 
cartilage of the knee.  
 
Articular cartilage is a smooth tissue that covers the ends of the bones in joints and 
allows the bones to easily glide over one another with little friction. Damage to cartilage 
creates pain and a loss of motion at the joint. Cartilage develops in childhood and must 
last over the person’s lifetime. Understanding the relationship between knee loads and 
cartilage development will provide orthopaedic surgeons with the information they need 
to make the best treatment decisions in managing knee pain in children and youths.  
 
To investigate this relationship, we combine mathematical modelling of the knee, which 
is based on your movements while performing different weight-bearing tasks, with 
magnetic resonance (MR) images, which allows us to measure the thickness of knee 
articular cartilage. The model tells us the magnitude and location of the loads that you 
apply to your knee and we can then relate this information to the measures on the MRI.   
 
Investigating these relationships in a large group of children of different ages, body 
types, lower limb alignment and levels of physical participation will allow us, in the longer 
term, to a range of mechanical conditions under which orthopaedic intervention is 
indicated to optimize developmental outcome of knee joint structure and function. 
 
WHO CAN YOU TAKE PART IN THIS STUDY? 
We are recruiting children, 4 to 16 years old, with no medical history of: 

• neurodevelopmental disorder; 
• prior surgery or major injury to the lower limbs; 
• arthritis or other inflammatory disease; and 
• cardiac problems, including arrhythmias. 
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WHAT ARE WE ASKING OF YOU? 
There are two different components to this study. These are described below. You can 
select to participate in both of our protocols or only in one or the other. After reading 
through the protocols with you, we will ask you to check the box of the protocols 
that you are interested participating in. Remember that you are free to change your 
mind at any time, and that you can stop your participation at any time if you wish to.  
 
� MATHEMATICAL MODEL OF KNEE LOADS 
The mechanics of your knee will be evaluated as you perform tasks of standing balance, 
dynamic knee squats, and step-downs from a low height. This evaluation will take place 
at the Motor Performance Laboratory at the School of Rehabilitation Therapy at 
Queen’s. The entire session will take about 1.5 to 2 hours, including getting ready for the 
study and completing the different tasks. Please try to wear comfortable shorts and t-
shirt.  
 
To create a mathematical model of your knee, we must first measure the motions of your 
leg while you are performing the different tasks. To do this, we use a “motion capture” 
system. This requires that we attach small clusters of lights to different parts of your leg. 
We use special cameras to capture the movement of these clusters of lights, which tells 
the computer how your leg is moving. We also ask you to perform the tasks on a “force 
platform” which tells us how much force you are applying to the floor and the direction of 
that force. We use these two sets of information in our model to calculate the amount 
and location of loads applied to your knee.  
 
We are also interested in measuring the activity of some of your leg muscles that are 
contributing to the loads on your knee. To measure this activity, we will tape small 
microphones called “electrodes” to the skin overlying specific muscles of your leg. 
 
� IMAGING OF KNEE ARTICULAR CARTILAGE 
This evaluation will take place at the MRI Facility at Queen’s, which is located on the 
lower level of the Cancer Research Institute. Magnetic resonance (MR) scanner uses 
magnet fields to create images of your knee. MR detects the water in your body and 
forms these images based on the amount of water and its movement in soft tissues, like 
the cartilage in your knee. Therefore, MR imaging is not harmful to your body and you 
cannot feel it. The entire session may take 1 hour, including getting ready for the study 
and positioned in the magnet, etc.  
 
Please try to wear clothing containing no metal, or bring a change of clothing. Metal in 
clothing, such as zippers and snaps can interfere with the imaging. You will be asked to 
remove or change out of any clothes that contain metal that will be near the area being 
imaged. A shirt or pants (surgical scrubs) will be provided if you need to change clothes. 
You will be asked to remove your shoes as many shoes contain some metal.  
 
You will begin by filling out a checklist and questionnaire, with your parent, to make sure 
that you meet the requirements for the study and that it is safe for you to be in the MRI. 
The following steps will be followed for the imaging.  
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• You will be asked to lie on your back on the well-padded bed of the magnet. 
Pillows will be placed under your legs for comfort and a blanket will be placed 
over your legs if you wish.  

• A small device that uses light to monitor your blood flow will be clipped onto your 
index finger.  

• You will be asked to wear headphones to protect your ears from the noise of the 
magnet, and for communication with the researchers over the two-way 
communication system.  

• You will be able to watch a movie, if you want to, during the session.  
• A knee coil will be placed over your knee. You and the bed will then slide into a 

long tube (the magnet).  
• You will need to keep still while the images are taken. To help you, we will make 

as comfortable as possible and we will pack soft foam around your head if 
needed.  

• The MR scanner has a two-way intercom for communication. During the imaging 
sessions the researchers will be able to talk to you to let you know what to expect 
and they will be able to hear you in case you have any questions or wish to quit.  

• Once you are comfortably positioned inside the magnet the researchers will 
leave the room, but will be able to see you via cameras in the room, and will be 
able to talk to you as described above. The first few sets of images we will 
acquire will take between 15 seconds and 2 minutes. The purpose of these 
images is to provide position information that we will use to focus on the regions 
of the brain that we want to image in this study.  

• For the study, we will take different sets of images in order to see the details of 
your knee. These will take about 2 to 5 minutes for each set, and the sounds that 
the MRI system makes will be different for each one.  

• The total time you will spend in the magnet will typically be about 20 minutes.  
 
RISKS / SIDE EFFECTS 
Leg pain during testing: If you are not use to doing squats and step-downs, you may 
experience some pain or discomfort in your legs. You will only be doing a maximum of 
20 squats and 20 step-downs in this study and walking a few meters at your preferred 
speed. Therefore, the likelihood of pain is small. If at any time you do experience pain or 
discomfort during the testing, please let us know and we will stop. You can also ask us 
to take a rest at any time.  
 
Skin irritation: The preparation of the skin for muscle recording and the tape that we 
use to hold the microphones in place could irritate your skin. To reduce the chance of 
irritation, do not use perfumed soap or skin lotion before testing. We will also check if 
you are sensitive to the skin tape by placing a small piece on the back of your hand 
when you come to the lab. If there is redness, we will not record muscle activity during 
testing. If your skin does become red, it should not last more than a few hours. 
 
MRI: There are no known risks involved with magnetic resonance imaging. However, the 
MR scanner uses a very strong magnet that will attract metal. Therefore, ALL metallic or 
magnetic objects must be removed from your person before you approach the scanner. 
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If you have a cardiac pacemaker or a metallic clip in your body (such as a clip for an 
aneurysm) you should NOT participate in any MRI study. Metals used for dental work 
are generally safe for MRI. However, we will make sure that it is safe for you to 
participate.    
 
Participation in this study will not prevent you from receiving alternative 
assessments and/or therapies related to any medical condition. 
 
WILL YOU BENEFIT FROM PARTICIPATING IN THIS STUDY?  
The answer is NO; there are no direct benefits to you for participating in this study. You 
will NOT get a personal medical benefit from participating. However, your participation 
will help us to better understand the problem of knee pain in children.  
 
YOUR PARTICIPATION IS VOLUNTARY 

• The decision to take part in this study is yours to make. You can say YES or NO. 
If you say NO, no one will be upset with you or be mad at you. It is also important 
for you to understand that you can decide to STOP participating in the study at 
any time. You simply have to tell us.  

• At any time during testing, if you feel pain, discomfort or unwell, please tell us 
immediately and we will stop the session.  

• Also, if you decide after you have completed the study that you DO NOT WANT 
us to use your information, you can tell us and we will remove your data.  

• If you decide after the testing has ended that you DO NOT WANT us to use your 
information, you can ask your parents to contact either Dr. Pelland or Dr. 
Borschneck. Our contact information is at the end of this letter.   

 
WITHDRAWAL BY THE RESEARCHER 
The researcher could ask you to withdraw from this study if: 

• You cannot perform the tasks requested, OR 
• It is unsafe for you to be in the MR scanner.  

 
 
ANONYMITY 
On all the data that we collect, we will use a ‘code’ that is unique to you rather than your 
name. We will use this unique identified code on all data. Only the researchers that are 
identified on this letter, and the graduate students under their supervision, will have 
access to your information. No one else will be allowed to access the information that we 
receive or measure from you.  
 
CONFIDENTIALITY 
All the data that we collect will be stored on a computer at the Motor Performance Lab at 
the School of Rehabilitation Therapy. MR images will be stored on a computer in the 
MRI Facility at Queen’s. No one can access this information without a password. Our 
system is very safe.  
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Any information recorded on paper, as for example your Consent Form and Health 
Questionnaire, will be kept in a locked cabinet in the principal investigator’s office. Any 
reports, journal articles, presentations, posters, or theses using the data from this project 
will not use the names of any of the research participants. All researchers on this project 
understand the importance of maintaining your personal information confidential and 
safe.  
 
LIABILITY 
In the event that you are injured as a s result of taking part in this study, medical care will 
be provided to you until resolution of the medical problem. By signing this consent 
form, you DO NOT waive your legal right nor release the investigator(s) from their 
legal and professional responsibilities.  
 
IF YOU OR YOUR PARENTS HAVE QUESTIONS,  
If you have any questions about this study, you can contact: 

• Dr. Lucie Pelland by e-mail (lucie.pelland@queensu.ca) or by phone (613-533-
53237),  

• Dr. Daniel Borschneck by email (borschnd@kgh.kari.net) or by phone (613-549-
6666 x-3351);  

• Dr. Patrick Stroman by e-mail (stromanp@queensu.ca) or by phone (613-533-
3245) 

 
If you have questions regarding your rights as a research participant, please contact Dr. 
Albert Clark, Chair, Queen’s University Health Sciences and Affiliated Teaching 
Hospitals Research Ethics Board at 613-533-6081 or by e-mail: clarkaf@queensu.ca. 
 
If you want to receive a copy of our findings, please send your e-mail or mailing address 
to Lucie.Pelland@queensu.ca 
 
This study has been granted clearance according to the recommended principles of 
Canadian ethics guidelines, and Queen’s University policies.  
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CONSENT FORM 
 

By signing this consent form, I agree that:  
• I have had the opportunity to read the letter of information and to have the 

researcher explain the study to me in a way that I can fully understand what I am 
being asked to do; 

• The researcher has answered all my questions; 
• I have had the time to ask questions from other people if I choose to do so; 
• No one will have access to any of my information; 
• My participation is voluntary and that I can stop participating at any time without 

any consequence, and that no one other than the researchers will know that I 
have stopped;  

• I know how to contact the researchers and the Chair of the Health Research 
Ethics Board at Queen’s university if I have any further questions or concerns; 

• By signing this consent from, I am NOT waiving my legal rights, nor releasing the 
investigators from their legal and professional responsibilities; 

• I am voluntarily signing this consent form and that I will receive a copy of the form 
for future reference. 

• I understand that for the MRI component of this study, I must provide the name 
and contact information for my physician.  

 
My physician Dr. __________________ can be reached at ______________________. 
 
If you have any questions about this study, you can contact:  

• Dr. Pelland by email (lucie.pelland@queensu.ca) or phone (613-533-3237),  
• Dr. Daniel Borschneck by email (borschnd@kgh.kari.net); OR 
• Dr. Patrick Stroman by e-mail (stromanp@queensu.ca) or by phone (613-533-

3245). 
 
If you have questions regarding your rights as a research participant, please contact Dr. 
Albert Clark, Chair, Queen’s University Health Sciences and Affiliated Teaching 
Hospitals Research Ethics Board at 613-533-6081 or by e-mail: clarkaf@queensu.ca. 
 
By signing this consent form, I am indicating that I agree to participate in this study. 
 
_________________________________________  ____________________ 
Signature of Participant     Date 
 
_________________________________________  ____________________ 
Signature of Parent/Guardian     Date 
 
_________________________________________  ____________________ 
Signature of researcher     Date 
 
 
Participant ID #: __________________ 
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Statement of Investigator: 
By signing this consent form, I confirm that I have carefully explained the nature of the 
above research study to the subject. I certify that, to the best of my knowledge, the 
subject understands clearly the nature of the study and the demands, benefits, and risks 
involved to participants in this study. 
 
_____________________________________   _________________ 
Signature of researcher      Date 
 
 
 
Consent for Photographs: 
By signing below, I am indicating my willingness to be photographed for presentations or 
publications.  
 
_____________________________________   _________________ 
Signature of Participant       Date 
 
_____________________________________   _________________ 
Signature of Parent/ Guardian     Date 
 
 
 
 
Consent to Receive Summary of the Research Results: 
If you wish to receive a copy of our findings, please send your e-mail or mailing address 
to Lucie.Pelland@queensu.ca or provide your mailing address below.  
 
 
 
 


