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Abstract 

Falls in older adults are a substantial cause of injury, morbidity and mortality. Reducing the 

health burden of falls relies in part on identification of an individual’s risk of falling and 

targeted interventions that improve balance. In particular there is increasing evidence that 

many falls occur as a result of an impaired stepping response following loss of balance. It 

therefore follows that a thorough understanding of factors associated with impaired and 

successful step recovery is required to inform efforts to prevent falls via the design of more 

efficacious and safe exercise-based training interventions for fall prevention. The basic 

biomechanics (i.e. kinematics and joint moments) of balance recovery by stepping in older 

versus younger adults, and older fallers compared to non-fallers have been well described in 

the literature. The main focus of this thesis is to build on this fundamental understanding of 

balance recovery through the use of musculoskeletal models to understand the cause and 

effect relationship between muscles forces and the movement patterns and articular loads 

they generate.  

The purpose of the first experimental study (Chapter 3) was to determine the biomechanical 

factors that best predict maximal balance recovery performance. Forward loss of balance was 

achieved by releasing community-dwelling older adults (n = 117) from a maximal static 

forward lean angle from which participants attempted to recover balance by taking a single 

step. Lower limb strength measures, step recovery kinematics, stepping limb kinetics 

accounted for between 8 to 19%, 3 to 59%, and 3 to 61% of the variance in the Maximal 

Recoverable Lean Angle (MRLA) respectively. When all variables were entered into a 

stepwise multiple regression analysis, normalised step length, peak hip extension moment, 

trunk angle at foot contact, and peak hip flexion power during stepping together accounted 

for 69% of the variance in MRLA. It was concluded that successful recovery from forward 
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loss of balance is a whole body control task that requires adequate trunk control and 

generation of adequate lower limb moments and powers to generate a long and rapid step.  

The purpose of the second experimental study (Chapter 4) was to determine how muscles 

contribute to the accelerations of the whole body centre of mass during recovery from 

forward loss of balance using Induced Acceleration Analysis. Ten participants were able to 

recover with a single step and were included in subsequent analysis. The stance and stepping 

leg Gastrocnemius and Soleus muscles were primarily responsible for the vertical 

acceleration experienced by the COM throughout balance recovery. The Gastrocnemius and 

Soleus from the stance side leg together with bilateral Hamstrings accelerate the COM 

forwards throughout balance recovery while the Vasti and Soleus of the stepping side leg 

provided the majority of braking accelerations following foot contact. The Hip Abductor 

muscles provide the greatest contribution to medial-lateral accelerations of the COM. It was 

concluded that deficits in the neuromuscular control of the Gastrocnemius, Soleus, Vasti and 

Hip Abductors in particular could adversely influence balance recovery and should therefore 

be targeted in interventions to improve balance recovery performance. 

The purpose of the third experimental study (Chapter 5) was to determine how muscles 

contribute the accelerations of joints in the stepping leg during recovery from forward loss of 

balance. When released from the same lean angle, older adults that required multiple 

recovery steps used a significantly shorter and faster initial recovery step and adopted 

significantly more trunk flexion throughout recovery compared to the older single steppers. 

Older multiple steppers also produced significantly more force in the stance side hamstrings, 

which resulted in significantly higher hamstring induced flexion accelerations at the lumbar 

spine and extension accelerations at the hip. Since the net joint lumbar spine and hip 

accelerations remained similar between older multiple steppers and older single steppers, it 
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was concluded that the recovery strategy adopted by older multiple steppers was less efficient 

as well as less effective than for older single steppers.   

The purpose of the fourth experimental study (Chapter 6) was to determine the magnitude of 

hip joint contact loads experienced during balance recovery when subjected to balance 

perturbations of varying intensities. Peak hip joint contact increased as lean magnitude was 

increased and were on average 32% higher for Single Steppers compared to Multiple 

Steppers. At the MRLA, peak hip contact loads ranged from 4.3-12.7 body weights and 

multiple linear stepwise regression further revealed that initial lean angle, step length and 

trunk angle at foot contact together explained 27% of the total variance in hip joint contact 

load. Overall findings indicated that older adults experience peak hip joint contact loads 

during maximal balance recovery by stepping that in some cases exceeded loads reported to 

cause mechanical failure of cadaver femurs. It was concluded that although step length and 

trunk flexion angle are strong predictors of step recovery performance, they are at best 

moderate predictors of peak hip joint loading. 

Overall findings from this thesis demonstrated that successful recovery from forward loss of 

balance by stepping depends on the ability to: (1) take a long recovery step, (2) minimise 

trunk flexion (3) generate adequate joint moments and power in the stepping limb; and (4) 

adopt a coordination strategy that minimises the effects of opposing muscle actions and 

simultaneously contributes to support and progression of the centre of mass and accelerates 

the joints of the stepping limb. A degree of caution is also warranted in the use of step 

training involving balance recovery from large postural perturbations in some individuals, 

particularly those with severe osteoporosis, due to a heightened risk of femoral fracture.    



v 

Statement of Originality 

This work has not previously been submitted for a degree or diploma in any university. To 

the best of my knowledge and belief, the thesis contains no material previously published or 

written by another person except where due reference is made in the thesis itself. 

David Fraser Graham 



vi 

Table of Contents 

Abstract ...................................................................................................................................... ii 

Statement of Originality ............................................................................................................. v 

Table of Contents ...................................................................................................................... vi 

List of Figures ........................................................................................................................... xi 

List of Tables ........................................................................................................................... xv 

List of Equations ..................................................................................................................... xvi 

Acknowledgements ................................................................................................................ xvii 

Chapter 1 Introduction ........................................................................................................... 1 

1.1 Background ................................................................................................................... 1 

1.2 Statement of the problem .............................................................................................. 5 

1.3 Significance of the problem .......................................................................................... 6 

1.4 General purpose ............................................................................................................ 7 

1.5 Specific purpose ............................................................................................................ 7 

1.6 Thesis organisation ....................................................................................................... 8 

1.7 Abbreviations ................................................................................................................ 9 

1.8 Acknowledgement of published papers ...................................................................... 10 

Chapter 2 Literature Review ................................................................................................ 12 

2.1 Fall incidence, consequences and risk factors for falls ............................................... 12 

2.2 Aging and the neuromuscular system ......................................................................... 13 

2.3 Balance recovery in older adults ................................................................................. 14 

2.3.1 Assessment of balance recovery .......................................................................... 15 

2.3.2 Kinematics of balance recovery ........................................................................... 16 



vii 

2.3.3 Kinetics of balance recovery ................................................................................ 21 

2.3.4 Balance recovery and joint injury ........................................................................ 24 

2.3.5 Exercises to improve balance recovery ................................................................ 25 

2.4 Biomechanical modelling ........................................................................................... 27 

2.4.1 Inverted pendulum models ................................................................................... 27 

2.4.2 Inverse dynamics models ..................................................................................... 29 

2.4.3 Musculoskeletal models ....................................................................................... 30 

2.4.4 Musculoskeletal models and balance recovery .................................................... 37 

2.5 Summary ..................................................................................................................... 38 

Chapter 3 Biomechanical predictors of maximal balance recovery performance amongst 

community-dwelling older adults ............................................................................................ 40 

3.1 Introduction ................................................................................................................. 41 

3.2 Methods ...................................................................................................................... 43 

3.2.1 Participants ........................................................................................................... 43 

3.2.2 Experimental protocol .......................................................................................... 43 

3.2.3 Balance recovery assessment ............................................................................... 43 

3.2.4 Spatial-temporal, kinematic and kinetic measures ............................................... 45 

3.2.5 Lower limb strength ............................................................................................. 47 

3.2.6 Statistical analyses ................................................................................................ 49 

3.3 Results ......................................................................................................................... 50 

3.3.1 Differences between the lowest and highest MRLA tertiles in lower limb 

isometric strength and balance recovery measures .......................................................... 50 

3.3.2 Predictors of MRLA ............................................................................................. 51 

3.4 Discussion ................................................................................................................... 54 

3.5 Conclusion .................................................................................................................. 58 



 viii 

Chapter 4 Muscle contributions to the support and progression of the whole body centre of 

mass during balance recovery by stepping in older adults ...................................................... 59 

4.1 Introduction ................................................................................................................. 60 

4.2 Methods ...................................................................................................................... 61 

4.2.1 Participants ........................................................................................................... 61 

4.2.2 Experimental procedures ...................................................................................... 62 

4.2.3 Computation of muscle induced accelerations ..................................................... 64 

4.2.4 Model evaluation .................................................................................................. 66 

4.3 Results ......................................................................................................................... 67 

4.3.1 Muscle contributions to the vertical COM acceleration ....................................... 67 

4.3.2 Muscle contributions to anterior-posterior COM acceleration ............................ 68 

4.3.3 Muscle contributions to medial-lateral COM acceleration .................................. 69 

4.4 Discussion ................................................................................................................... 70 

4.5 Conclusion .................................................................................................................. 74 

Chapter 5 Muscle contributions to recovery from forward loss of balance by stepping ..... 75 

5.1 Introduction ................................................................................................................. 76 

5.2 Methods ...................................................................................................................... 78 

5.2.1 Participants ........................................................................................................... 78 

5.2.2 Experimental procedures ...................................................................................... 78 

5.2.3 Statistical Analysis ............................................................................................... 82 

5.3 Results ......................................................................................................................... 83 

5.4 Discussion ................................................................................................................... 89 

5.4.1 Limitations ........................................................................................................... 92 

5.5 Conclusion .................................................................................................................. 93 



 
 

ix 

Chapter 6 Hip joint contact loads during recovery from forward loss of balance by stepping 

in older adults ........................................................................................................................... 94 

6.1 Introduction ................................................................................................................. 95 

6.2 Methods ...................................................................................................................... 97 

6.2.1 Participants ........................................................................................................... 97 

6.2.2 Experimental procedures ...................................................................................... 97 

6.2.3 Computation of hip joint contact loads .............................................................. 100 

6.2.4 Model evaluation ................................................................................................ 101 

6.2.5 Statistical Analysis ............................................................................................. 101 

6.3 Results ....................................................................................................................... 102 

6.3.1 Model evaluation ................................................................................................ 102 

6.3.2 Effect of balance perturbation intensity ............................................................. 103 

6.3.3 Effect of step strategy ......................................................................................... 103 

6.3.4 Relation between kinematic measures and hip contact loading at the maximal 

recoverable lean angle (MRLA) .................................................................................... 106 

6.4 Discussion ................................................................................................................. 107 

6.5 Conclusion ................................................................................................................ 111 

Chapter 7 General Discussion ............................................................................................ 112 

7.1 Summary of experimental findings .......................................................................... 112 

7.1.1 Biomechanical predictors of maximal balance recovery performance amongst 

community-dwelling older adults (Chapter 3) ............................................................... 112 

7.1.2 Muscle contributions to the acceleration of the whole body centre of mass during 

recovery from forward loss of balance by stepping in older adults (Chapter 4) ............ 113 

7.1.3 Muscle contributions to recovery from forward loss of balance by stepping 

(Chapter 5) ..................................................................................................................... 114 



x 

7.1.4 Hip joint contact loads in older adults during recovery from forward loss of 

balance by stepping (Chapter 6) .................................................................................... 115 

7.2 Overview and implications of experimental findings ............................................... 115 

7.3 Limitations ................................................................................................................ 120 

7.4 Recommendations for future research ...................................................................... 121 

7.5 General conclusions .................................................................................................. 122 

Appendix 1 Chapter 4 Supplementary Material .................................................................... 124 

Appendix 2 Chapter 5 Supplementary Material .................................................................... 126 

Appendix 3 Chapter 6 Supplementary Material .................................................................... 130 

References .............................................................................................................................. 133 



xi 

List of Figures 

Figure 2.1 A participant positioned in a static forward lean angle prior to release of the 

restraining tether. ..................................................................................................................... 16	

Figure 2.2 A schematic representation of a Hill-type muscle model along with (a) active and 

passive force length curves, (b) force velocity curves and (c) the tendon force length 

relationship (Thelen 2003). ...................................................................................................... 29	

Figure 2.3 An example OpenSim workflow adapted from Delp et al. (2007) where Scale, IK 

RRA, CMC, and IAA refer to model scaling, inverse kinematics, residual reduction analysis, 

and computed muscle control respectively. ............................................................................. 31	

Figure 3.1 Hip and Knee joint ensemble average joint moment (A and B) and joint power (C 

and D) curves for the stepping-side limb during the stepping phase (TO – KJM) of balance 

recovery at the MRLA for the lowest tertile group (LT) and the highest tertile group (HT)...47	

Figure 3.2 Scatterplots of individual data (n = 117) for the isometric strength measured in hip 

flexion (A), knee extension (B), ankle dorsiflexion (C) and ankle plantarflexion (D).. .......... 53	

Figure 3.3 Scatterplots of individual data (n = 117) for normalised step length (A), step time 

(B) and the trunk angle at foot contact (B). ............................................................................. 53	

Figure 3.4 Scatterplots of individual data (n = 117) for peak joint moments during stepping 

measured in hip extension (A) and hip flexion (B), knee joint extension (C) plus peak 

concentric joint power bursts observed at the hip joint (D) and knee joint (E) and the peak 

eccentric power burst observed at the knee joint ( F). ............................................................. 54	

Figure 4.1 Body configurations at cable release, toe off, foot contact and knee joint maximum 

during balance recovery for a representative participant. ........................................................ 64	

Figure 4.2 Vector plot representing the difference between experimentally measured ground 

reaction force acceleration and the contribution of all muscles to the acceleration of the 

COM. ....................................................................................................................................... 67	



 
 

xii 

Figure 4.3 (A) Instantaneous and mean vertical, (D) anterior-posterior and (G) medial-lateral 

COM accelerations during balance recovery for the period from cable release to toe-off (CR-

TO, indicated by white bars), toe-off to foot contact (TO-FC, indicated by grey bars), and 

foot contact to knee joint maximum (FC-KJM, indicated by black bars). Plots B,E and H 

represent mean muscle contributions from stance side while plots C,F and I represent mean 

muscle contributions from stepping side muscles. .................................................................. 69	

Figure 4.4 Vector plot representing contribution of the Gastrocnemius (GAS) and Soleus 

(SOL) Hamstrings (HAM), Vasti (V), muscles to the acceleration of the COM. ................... 70	

Figure 5.1 Body configurations at cable release, toe off, mid swing and foot contact for a 

representative young single stepper (A), older single stepper (B) and older multiple stepper 

(C). ........................................................................................................................................... 82	

Figure 5.2 Mean muscle forces expressed as a proportion of maximal isometric force 

produced by the stance side muscles (A) and stepping side muscles (B) during the stepping 

phase of the balance recovery. ................................................................................................. 85	

Figure 5.3 Induced accelerations at the lumbar spine joint, stepping side hip and knee joints 

for a representative young single stepper (A), an older single stepper (B) and an older 

multiple stepper (C) produced by key muscle groups on the stance and stepping side during 

the stepping phase of balance recovery. .................................................................................. 87	

Figure 5.4 Mean contributions from stance and stepping side muscles  to joint acceleration at 

the lumbar spine joint (A), stepping side hip joint (B), and stepping side knee joint (C) during 

the stepping phase of balance recovery by group. ................................................................... 88	

Figure 6.1 (A) Comparison of hip joint contact loads during balance recovery from the 

present study with similar data from Bergmann et al. (2004). (B) Comparison of hip joint 

contact loads from 10 ten healthy older adults during the stance phase of walking at 1.00 ± 

0.01 m.s-1 from the present study with similar data from Bergmann et al. (2001) from 4 older 



 
 

xiii 

adults walking at 1.09 ± 0.01 m.s-1 recorded using an instrumented prosthesis. The shaded 

areas represent ± 1SD from the mean. ................................................................................... 105	

 

Figure A1.1 Joint angles derived from inverse kinematics and the residual reduction 

proceedure for the lower limb of the stepping leg of a representative participant during 

balance recovery. ................................................................................................................... 124	

Figure A1.2 Pelvic residual forces and moments derived from inverse dynamics (grey line) 

and the residual reduction proceedure (black line), plus reserve actuator moments from the 

lower limb of the stepping leg for a representative participant during balance recovery. ..... 125 

Figure A2.1 Schematic of musculoskeletal model with wrap object (A) and without the wrap 

object (B) at 40 degrees of trunk flexion. .............................................................................. 126	

Figure A2.2 Superposition error of joint accelerations computed by inverse kinematics and 

joint accelerations computed by induced acceleration analysis at the stepping side hip for a 

representative older multiple stepper. .................................................................................... 127	

Figure A2.3 Muscle activation during the stepping phase of balance recovery for an older 

representative participant with normal and weakened muscles. ............................................ 128	

Figure A2.4 Muscle induced acceleration at the stepping hip during the stepping phase of 

balance recovery for an older representative participant with normal and weakened muscles.

................................................................................................................................................ 129 

Figure A3.1 Pelvic residual forces, moments and reserve actuator moments for a 

representative participant during balance recovery from toe off (TO) to the maximum knee 

joint flexion angle following foot contact (KJM). ................................................................. 130	

Figure A3.2 Comparative pelvic segment angles and lower limb joint angles from the 

stepping side leg of a representative participant during balance recovery from toe off (TO) to 



 xiv 

the maximum knee joint flexion angle following foot contact (KJM) for Inverse Kinematics 

and the Residual Reduction Analysis. ................................................................................... 131	

Figure A3.3 Simulated muscle activations and EMG for key lower limb muscles across all 76 

participants at the maximal recoverable lean angle from toe off of the stepping foot (TO) to 

knee joint maximum (KJM) following foot contact. ............................................................. 132	



xv 

List of Tables 

Table 2.1 Overview of studies that have reported spatiotemporal, kinematic and stability 

variables associated with recovery from a forward loss of balance using the tether release 

method in single compared to multiple steppers. ..................................................................... 19	

Table 2.2 Overview of studies that have reported spatiotemporal, kinematic and stability 

variables associated with recovery from a forward loss of balance using the tether release 

method in younger compared to older adults. .......................................................................... 20	

Table 2.3 Overview of studies that have compared muscle strength and kinetic variables 

associated with recovery from a forward loss of balance using the tether release method in 

young and older adults, or older single and multiple steppers. ................................................ 24	

Table 3.1 Descriptive statistics and coefficient of determination (R2) of isometric strength 

variables and step recovery variables for participants in the lowest, middle and highest tertiles 

of MRLA. ................................................................................................................................. 52	

Table 5.1 Spatial-temporal, kinematic characteristics and peak ground reaction forces of 

young single steppers (YSS), older single steppers (OSS) and older multiple steppers (OMS) 

during the stepping phase of recovery from forward loss of balance. ..................................... 84	

Table 6.1 Summary data for Single Steppers during balance recovery from three perturbation 

intensities. .............................................................................................................................. 104	

Table 6.2 Summary data for Single Steppers and Multiple Steppers at the 20% BW 

perturbation intensity. ............................................................................................................ 104	

Table 6.3 Summary data for balance recovery at the Maximum Recoverable Lean Angle 

(MRLA). ................................................................................................................................ 107	



 xvi 

List of Equations 

Equation 2.1…………………………………………………………………………………33 

Equation 2.2…………………………………………………………………………………33 



 
 

xvii 

Acknowledgements 

I would like to extend my sincere gratitude to my supervisor Professor Rod Barrett who 

provided me the opportunity to move to Australia to pursue this study. I was given 

outstanding guidance throughout this process and in particular I am appreciative of the 

significant time and effort that was directed into developing my writing style. Moving 

countries with a young family is difficult and I could not have completed this thesis without 

Rod’s understanding of my own personal situation outside of this study. I greatly thank my 

supervisor Dr Chris Carty and without the daily mentorship I would not have produced the 

quality of work that preceded me in this project. I am also grateful for the hospitality Chris 

extended to me and the ongoing friendship. I would also like to acknowledge and thank my 

supervisor Professor David Lloyd for his guidance and rigor, and my colleagues Dr Grant 

Trewartha and Dr Luca Modenese for their insight, expertise and advice.  

I would like to thank my all colleagues in the PhD office, in particular David Saxby, Steven 

Obst and Hans Kainz. The three of you made my daily life a pleasure and one of the best 

periods in my working life. I look forward to seeing your successes in work and life and hope 

we have many more coffees in future.  

I sincerely thank my Mum (Betty), Dad (Frank) and Sister (Heather) for their unwavering 

support of all my endeavours. I am very lucky to receive so much encouragement and for you 

to have such strong belief in my capabilities to succeed. To my mountain friends (Scotty and 

Craig), you don’t really know what it is I do each day in the office, but your support over the 

past four years has been  more than I could ask for, try to stay up wind. 

Finally, and most importantly, I would like to thank Katie and Finn for coming with me on 

this journey. The two of you are the most important part of my life and I am profoundly 

grateful for your love, patience and unconditional support. 



 
 

xviii 

Peer reviewed publications 

This thesis contains four manuscripts, three have been accepted for publication and one is 

currently under review. The bibliographic details of these manuscripts are provided in section 

1.8 Acknowledgement of Published Papers. The following invited conference presentations 

also contained material from this thesis.  

D. F. Graham, C. P. Carty, D. G. Lloyd, G. A. Lichtwark, R. S. Barrett (2014). Muscle 

contributions to recovery from a forward loss of balance by stepping in older adults. 7th 

World Congress of Biomechanics, Boston, MA, USA, 6-11 July. 

 

R. S. Barrett, C. P. Carty, G. A. Lichtwark, G. Trewartha, D. G. Lloyd, D. F. Graham (2014). 

Modelling and simulation of recovery from forward loss of balance in older adults. 7th World 

Congress of Biomechanics, Boston, MA, USA, 6-11 July. 

  



 1 

Chapter 1 Introduction 

1.1 Background 

Older adults experience a greater number of falls than their younger counterparts and the 

incidence of injurious falls in older adults is a large and growing health care problem both in 

Australia and internationally. At least one-third of community dwelling older adults fall each 

year and approximately 15% of those falls will be injurious (Lord 2007). The principal 

injuries resulting from falls that require hospital treatments are bone fracture (59.6% of which 

hip fractures account for 27.5% and wrist fractures account for 19.8%), superficial injuries 

(20.9%) and head injury (8.7%) (Hartholt et al. 2011) and the current cost of injurious falls in 

Australia is double that associated with motor vehicular accidents. Further, it has been 

projected that, with an aging population, the total direct health cost attributable to fall-related 

injuries per annum will increase 300% to $1,375 million in Australia by 2051 (Moller 2003).  

The risk factors for falls are numerous and typically classified as intrinsic or extrinsic 

(Graafmans et al. 1996; Lord 2007). Intrinsic risk factors appear to be more closely related to 

incidence of falls with mobility impairment including measures of balance, muscle strength 

and gait performance being strongly associated with risk of experiencing one or more falls 

(Graafmans et al. 1996).  

Decline in neuromuscular function associated with aging (Vandervoort 2002) is of particular 

interest because it is both associated with increased risk of falling (Moreland et al. 2004) but 

also readily modifiable in otherwise healthy older adults. Strength declines with age after the 

5th decade (1-1.5% per year) with the loss of strength suggested to occur primarily because of 

reduced muscle volume (Barber et al. 2013) as a result of reduced muscle fibre number, size 

and quality. Neural factors may also contribute to age reduced force production and are 
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associated with impaired reaction time (Fozard et al. 1994), reduced innervation of agonist 

muscle (Cronin et al. 2013; Yue et al. 1999) and increased antagonist activation (Klein et al. 

2001). However the direct role of these deficits in falls is unclear. 

Falls may occur in any direction but the primary type of fall experienced by older adults is a 

trip during walking (Berg et al. 1997), which typically results in a forward loss of balance. At 

present there is limited evidence to suggest that old adults are actually exposed to more loss 

of balance episodes than their younger counterparts (Pijnappels et al. 2008b). Instead the 

greater number of falls experienced by older adults appears to be a relative inability to 

recover from a loss of balance. An experimental paradigm to investigate forward loss of 

balance involves releasing participants from a static forward lean angle, from which 

participants take either one or more rapid steps to recover balance. Recovery can be assessed 

by either the ability to recover with a single compared to a multiple step strategy at a given 

lean angle or the maximum forward lean angle that can be recovered with a single step. 

Importantly the functional significance of studying recovery from a forward loss of balance 

by stepping is indicated by prospective studies that link the multiple step strategy with 

increased likelihood of future falls in older adults (Carty et al. 2015; Hilliard et al. 2008; 

Mille et al. 2013), which indicates a need to understand the determinants of the rapid step 

response.  

Older adults who fall in the real world are more likely to use a multiple step strategy to 

recovery from a forward loss of balance in the laboratory compared to older and younger 

adults who do not fall and who generally use a rapid single step (Carty et al. 2015). Studies 

also indicate that laboratory-based balance recovery performance is associated with the 

length and speed of the initial step (Karamanidis et al. 2008; Owings et al. 2001), stability at 

touch down and into the support phase (Carty et al. 2011), contribution to support from the 
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stance leg (Pijnappels et al. 2005b), the control of upper body posture (Barrett et al. 2012; 

Grabiner et al. 2008) and the maximal strength of the lower limb muscles (Carty et al. 

2012a). A number of studies examined the extent to which stepping variables are associated 

with, contribute to, or predict the ability to recover a large lean magnitude with a single step. 

For example, Carty et al., (2011) demonstrated a link between dynamic stability and control 

of trunk posture and step length and Grabiner et al., (2005) demonstrated a link between 

lower limb strength and the step response, however a large portion of the variance in the 

magnitude of initial lean angle remains unexplained. As such it remains unclear how the 

individual terms used to calculate dynamic stability relate to differences observed between 

individuals who can recover from large initial lean angles and those who cannot. In addition 

to the studies that describe balance recovery performance, it has also been reported that 

exercise interventions that include rapid stepping movements are shown to improve balance 

recovery performance (Grabiner et al. 2012; Pai et al. 2010) and reduce fall incidence (Okubo 

et al. 2016). Although the basic kinematics and kinetics of recovery from a forward loss of 

balance are well described, the role of the neuromuscular system in balance recovery 

performance is still unclear. A better understanding of how the step response is produced and 

controlled requires further investigation to establish possible mechanisms for successful 

recovery. 

The main difficulties understanding the factors underlying the ability to recover from large 

initial lean angles are twofold. Firstly many studies use linear regression models which 

cannot attribute cause to effect, and secondly many neuromuscular variables (including 

muscular forces) cannot be measured directly. Musculoskeletal modelling can provide insight 

into the cause and effect relationship of balance recovery by stepping by utilising 

computational processes that calculate the individual response of all components within the 

modelled neuromusculoskeletal system (Delp et al. 2007; Zajac et al. 2002). The framework 
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provided by musculoskeletal models allows examination of the role of neuromuscular 

variables in the success of recovery from a forward loss of balance. In particular 

musculoskeletal models can be used to estimate muscle force production, the contribution of 

muscle force to joint, segment or whole body acceleration as well as the role of muscle force 

in the production of joint forces. A range of studies have demonstrated the utility of 

musculoskeletal models to determine muscular coordination during normal walking (John et 

al. 2012), running gait (Hamner et al. 2013; Hamner et al. 2010), stair climbing (Lin et al. 

2015) as well as during the gait of cerebral palsy patients (Steele et al. 2010; Steele et al. 

2012b). Similarly studies have also examined the joint contact loads experienced during 

activities of daily living (Giarmatzis et al. 2015; Martelli et al. 2011; Modenese et al. 2013; 

Modenese et al. 2012). However no such study has described the muscular coordination 

required during recovery from forward loss of balance. Results of such a study would 

improve understanding of how neuromuscular deficits influence balance recovery 

performance and could further indicate how interventions may best improve neuromuscular 

function specific to balance recovery.  

Hip fractures account for approximately half of all bone fractures related to falls that require 

hospitalisation (Hartholt et al. 2011). Most hip fractures are sustained as a consequence of the 

fall through direct impact with the ground (high energy trauma). However a small proportion 

of hip fractures occur in the absence of high energy trauma and there is evidence to suggest 

hip joint fractures are feasible during the stance phase of gait in older adults with a 

combination of severe osteoporosis and neuromuscular deficits (Viceconti et al. 2012). The 

hip joint contact loads experienced during stumbling are likely to be substantially higher than 

those during gait (Bergmann et al. 1993, 2004) but at present the magnitude of hip joint 

contact loads during balance recovery by stepping and the influence of step strategy are 

unknown. A better understanding of the hip joint contact loads sustained during recovery 
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from a forward loss of balance would aid in the understanding of the mechanical risk factors 

associated with femoral fracture and could assist in identifying ways to reduce the hip joint 

contact loads experienced during balance recovery by stepping. 

 

1.2 Statement of the problem 

Falling in older people is a large and growing health care problem in Australia and 

throughout the Western world. Falls are a significant cause of mortality, morbidity, and 

disability, which adversely affect the individual concerned, as well as the health care system, 

the economy and the broader community. It has been projected that, with population ageing, 

the total direct health cost attributable to fall-related injuries per annum will increase almost 

three fold to $1.375 billion in Australia by 2051 (Moller 2003). This translates to the need for 

2500 additional acute hospital beds permanently allocated to falls injury treatment and 3320 

additional nursing home places for people who have suffered fall-related injuries (Moller 

2003).  

Although both young and older adults experience loss of balance as a result of postural 

perturbations such as tripping during activities of daily living, older adults are more likely to 

fall because they have a markedly reduced capacity to recover from loss of balance. Results 

to this effect have been reported for experiments that assess stepping reactions in older adults 

using a variety of perturbation. While the basic biomechanics of balance recovery by stepping 

(i.e. kinematics and joint moments) have been investigated in young versus older adults 

(Arampatzis et al. 2008; Carty et al. 2011; Karamanidis et al. 2007; Madigan et al. 2005a), 

and in older adults that are able to recover from balance perturbations compared to those that 

cannot recover (Carty et al. 2011; Crenshaw et al. 2012; Grabiner et al. 2012; Karamanidis et 

al. 2008; Nagano et al. 2015), no studies to date have investigated the cause and effect 
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relationship between muscles forces and the movement patterns and articular loads they 

generate during balance recovery. The key muscles involved in the control and coordination 

of impaired versus successful balance recovery, and their corresponding effect on joint 

loading therefore remains unknown.  

1.3 Significance of the problem 

Exercise is a proven intervention to prevent falls in community-dwelling older adults 

(Gillespie et al. 2012; Sherrington et al. 2011). Poor balance in particular is a highly 

modifiable risk factor for falls, and so exercises that challenge balance are considered a key 

component of exercise-based fall prevention programs (Chodzko-Zajko et al. 2009; 

Tiedemann et al. 2011). Step training in particular appears to show promise in reducing falls 

amongst older adults (Okubo et al. 2016). The main significance of the present study is 

therefore two-fold. Firstly, via use of new musculoskeletal modelling methods, it will provide 

new insight into the muscular control of balance recovery by stepping, and thereby allow a 

more mechanistic understanding of the role of muscles in the coordination of balance 

recovery that could be translated into the design of step training programs. And secondly, as 

there are indications that hip joint loads may be high during stumble recovery from loss of 

balance (Bergmann et al. 2004), the findings of the thesis will also provide new information 

about the risk of hip fracture associated with step training.  
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1.4 General purpose 

To identify the key neuromuscular factors underlying the inability to recover balance in older 

adults and develop an understanding of the cause and effect relationship between muscles 

forces and the movement patterns and articular loads they generate. 

1.5 Specific purpose 

1 To determine the extent that measures of muscular strength, stepping kinematics and 

kinetics contribute to the maximal recoverable lean angle that older adults can recover from 

with a single step.  

2 To determine the muscular contributions to the support and progression of the whole body 

centre of mass in a group of older adults that were able from a forward loss of balance. 

3 To determine the muscular contributions to the stepping phase of recovery from forward 

loss of balance in young and older adults that were able to recover balance with a single step. 

4 To determine the hip joint contact loads experienced during recovery from a forward loss of 

balance in older adults. 
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1.6 Thesis organisation 

This thesis has seven chapters and three appendices. 

Chapter one provides a general introduction to the thesis. 

A review of the literature is presented in Chapter 2, which provides a critical appraisal of the 

relevant literature on the biomechanics of balance recovery by stepping.  

Chapter 3 investigates the biomechanical variables that best predict the maximum lean angle 

from which older adults can recover balance with a single step.  

In Chapter 4 the muscular contributions to the control of the acceleration of the whole body 

COM are described. This study is the first to describe how individual muscles produce and 

control the trajectory of the whole body COM during recovery from a forward loss of 

balance. 

In Chapter 5 the muscular contributions to the acceleration of the joints of the back and 

stepping leg are described. This study is the first to describe how individual muscles produce 

and control accelerations required to produce the recovery step following a forward loss of 

balance and further describe differences in muscle contributions related to step strategy. 

Chapter 6 is the first study to investigate on a large scale the magnitude of the peak hip joint 

contact loads experience during recovery from a forward loss of balance. 

Chapter 7 summarises the results of the thesis and discusses the collective significance of the 

four studies in the context of the broader literature. The main limitations of the thesis are 

discussed and recommendations for future research are provided. 
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1.7 Abbreviations 

BR  Balance Recovery 

COM  Centre of Mass 

FLOB   Forward Loss of Balance 

MoS  Margin of Stability 

MRLA  Maximal Recoverable Lean Angle 

MS  Multiple Stepper 

SS  Single Stepper 

YA  Younger Adult 

OA  Older Adult 
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Chapter 2 Literature Review 

2.1 Fall incidence, consequences and risk factors for falls 

The rate of falling increases significantly with age. For community dwelling adults over the 

age of 65 years over one third will experience at least one fall on an annual basis (Tinetti et 

al. 1988) and 15% of those falls will be injurious (Lord 2007). The relative population of 

Australians aged over 65 years is expected to increase substantially and indicates an 

immediate need to reduce the risk of falling in older adults.  

The consequences of a fall may be relatively minor, for example sustaining minor soft tissue 

damage such as bruises and abrasions, muscular strains and tendon sprains, or conversely a 

fall can result in serious injury such as bone fracture, brain injury, and even death (Hartholt et 

al. 2011; Stevens et al. 2006). In the older population, falls account for 14% of accident 

related admissions to hospital, and falls are the leading cause of injury related death. People 

who experience serious injury from falling also experience increased morbidity and fear of 

falling (Lord 2007) and may be limited in their ability to undertake activities of daily living 

as well as organised activity and exercise. Activities of daily living, organised activity and 

exercise are in part required to maintain the health and well-being of the individual through 

the stimulus to the motor system (Tiedemann et al. 2011). Reduction of these respective 

activities may create early onset of systemic disease secondary to the fall injury that has its 

own consequence and cost and ultimately shortens the life span of the individual. 

A study of the economic cost to the United States health care system estimates of fall related 

injury to cost $19 billion per annum with fractures accounting for 35% of injuries but 61% of 

the total cost (Stevens et al. 2006). The current economic cost of fall injuries in Australia is 

double that associated with motor vehicular accidents. Furthermore it is projected that with an 
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aging population the total direct health cost attributable to fall-related injuries per annum will 

increase three-fold to $1.375 billion in Australia by 2051 (Moller 2003).  

The majority of falls experienced result from an interaction of intrinsic and extrinsic risk 

factors. Intrinsic factors include joint pain and disease, impaired cognitive performance, poor 

vision, poor balance, impaired gait and reduced muscular capacity (Graafmans et al. 1996; 

Tinetti et al. 1988). Extrinsic factors include external objects such as stairs and obstacles, 

poor light conditions, uneven or slippery surfaces (Tinetti et al. 1988). Mobility impairment, 

which includes poor balance, gait and reduced muscular function, is reported as the major 

intrinsic risk factor (Graafmans et al. 1996; Tinetti et al. 1988) indicating a link between age-

related decline in the neuromuscular system and incidence of falls. 

2.2 Aging and the neuromuscular system 

The performance of the neuromuscular system is suggested to be a significant falls risk factor 

(Graafmans et al. 1996; Moreland et al. 2004), which may be caused by the known reduction 

in muscular force production that is associated with advancing age, particularly beyond the 

fifth decade (Doherty 2003; Vandervoort 2002). Reductions in force producing capacity are 

in response to reduced muscle volume (Barber et al. 2013) as a result of reduced muscle fibre 

size, fibre number, resulting in a reduction of muscle cross sectional area, plus reduced 

muscle fascicle length (Mademli et al. 2008) and a reduction of specific force (Doherty 

2003). Concentric contraction force is most affected by advancing age (Klass et al. 2007) and 

additional to the factors mentioned above, shows a reduced maximal shortening velocity 

particularly at high shortening speeds (Leiber et al. 2000; Vandervoort 2002). Isometric 

strength declines with age to a lesser magnitude than concentric strength while eccentric 

strength is least affected (Klass et al. 2007). The reduction in muscle strength differs 
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depending on muscle and muscle location, but is generally greatest in muscles of the lower 

body compared to muscles of the upper body (Vandervoort 2002).  

Alteration in the ability to activate muscle may also contribute to the decline in force 

production. Advancing age is associated with both reduced neural drive to agonist muscle 

(Cronin et al. 2013; Yue et al. 1999) and increased antagonist muscle activation (Klein et al. 

2001) increasing co-contraction about joints. A review of the effects of age on the motor unit 

also indicates that the number of excitable motor units is reduced in the elderly and the 

conduction capacity of motor neurons is reduced (Doherty 2003). The combination of 

reduced muscle size and neural drive to muscle may therefore have important implications 

for the mechanical response to loss of balance in older adults. 

2.3 Balance recovery in older adults 

To maintain static balance the centre of mass (COM) must remain within the boundary of the 

base of support. During activities of daily living we experience loss of balance from which 

we must recover to avoid a fall. It is possible to recover balance using muscle torques about 

the joints of the lower limb to arrest the motion of the COM without changing the base of 

support. If the perturbation is large enough an adjustment of the base of support, by taking a 

rapid step, is required to recover balance. A fall occurs when an individual experiences loss 

of balance and is subsequently unable to recover. While loss of balance can occur any 

direction, the most common direction is a forward loss of balance (Lord 2007), which is 

typically brought about by an external force interrupting the progress of the foot on the 

stepping leg during gait (Barrett et al. 2010). While both young and older adults are exposed 

to loss of balance in activities of daily living, older adults are more likely to fall because they 

have a markedly reduced capacity to recover from loss of balance through the use of rapid 

stepping as a protective strategy (Arampatzis et al. 2008; Maki et al. 2006).  
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2.3.1 Assessment of balance recovery 

A wide variety of experimentally methodologies are used to study the step response to loss of 

balance. These include the constraint of the swing leg via a tether attached at the ankle 

(Smeesters et al. 2001), a sudden pull applied at the waist (Pai et al. 1998; Schulz et al. 2005), 

foot impedance by an unexpected obstacle (Pavol et al. 1999; Pijnappels et al. 2004), rapid 

translation of the floor (Maki et al. 2000) and unexpected release from a forward lean angle 

(Carty et al. 2011; Grabiner et al. 2005; Hsiao-Wecksler 2008). 

The tether release protocol is an example of release from a forward lean angle that is 

commonly used as a surrogate for real world forward loss of balance in the laboratory 

environment (Hsiao-Wecksler 2008). Participants are tilted into a static forward lean position 

and instructed to attempt to recover balance with a single step upon release. There are two 

main outcome measures that assess recovery performance when released from a forward lean 

angle. The first is the ability to recovery with a single rapid step compared to multiple steps. 

Multiple steppers are identified by a second step of any kind by the stepping limb or anterior 

progression of the non-stepping foot past the stepping foot following its initial step 

(Arampatzis et al. 2008). When subjected to the same perturbation magnitude, single steppers 

use longer steps and a greater step time (defined as the interval from toe off of the stepping 

limb to foot contact of the stepping limb) than age matched multiple steppers (Carty et al. 

2011) and are less likely to experience a real world fall (Carty et al. 2015). The second 

outcome measure is the maximum recoverable lean angle that can be recovered with a single 

step (MRLA). Older adults have a smaller MRLA than their younger counterparts and the 

magnitude of MRLA (small compared to large) predicts future real world falls (Carty et al. 

2015). The MRLA is associated with the length and speed of the initial recovery step and also 

the control of trunk posture. Grabiner et al., (2005) examined the extent to which step 

recovery variables influence the magnitude MRLA. Maximal isometric strength of the 
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dorsiflexors significantly predicts 30% of the variance in maximal recoverable lean angle, 

however the variables that account for the remaining 70% of the variance are currently 

unknown. 

Figure 2.1 A participant positioned in a static forward lean angle prior to release of the 
restraining tether. 

2.3.2 Kinematics of balance recovery 

Kinematic variables describe a generalised position of a body of interest and its time 

derivatives; velocity and acceleration. Kinematics of human motion describes segment 

motion, relative joint motion and motion of the whole body (expressed as the motion of the 
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COM). Of most interest with respect to recovery from a forward loss of balance is the motion 

of the lower limb joints, the segment that defines the trunk and the whole body COM. Taking 

a single recovery step is associated with a longer and faster recovery step with less trunk 

flexion and less displacement and rate of displacement of the whole body COM at the point 

foot contact of the stepping leg. Table 2.1 provides a summary of the studies using the tether-

release method where spatiotemporal and kinematic variables were reported for single 

compared to multiple step balance recovery. Similarly, younger compared to older adults take 

longer, faster recovery steps, and successfully recover balance from larger initial lean angles. 

Table 2.2 provides a summary of the studies using the tether-release method where 

spatiotemporal and kinematic variables were reported for younger versus older adults. The 

following section provides a review of the studies reporting the kinematics associated with 

balance recovery by stepping in single versus multiple step recovery and the differences 

reported for younger versus older adults.  

2.3.2.1 Differences between single versus multiple step balance recovery 

Trunk segment angle and velocity during the step response to a forward loss of balance has 

been used to describe the difference between single and multiple steppers. Multiple steppers 

are characterised by greater trunk flexion angles throughout the step response and into the 

accompanying support phase compared to single steppers (Carty et al. 2012c; Grabiner et al. 

2008). Because of the relatively large mass of the trunk, the differences in trunk kinematics 

may influence whole body COM kinematics (Winter 1995) and as such heavily influence the 

ability to recover balance. Therefore control of trunk posture appears to be central to 

improved balance recovery and avoidance of a fall. 

The speed and velocity of the step response differs between step strategy where multiple 

steppers compared to single steppers take faster steps, and use correspondingly greater step 
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velocity during recovery from a forward loss of balance (Nagano et al. 2015; Wojcik et al. 

1999). Correspondingly, the velocities of the hip knee and ankle joints of the stepping limb 

increase as the initial lean angle increases (Madigan et al. 2005a). The difference between 

multiple steppers and single steppers is also represented in the kinematics of the whole body 

COM. Multiple steppers tend to have a greater anterior displacement of the COM and a 

correspondingly larger COM velocity. Kinematics of the COM alone however does not 

completely describe balance recovery performance. The relationship of the COM to the base 

of support is needed to understand the implications of differing COM motion during recover 

from forward loss of balance. The margin of stability (MoS) considers the relationship of the 

COM position, COM velocity and the relative base of support (Hof et al. 2005). Small or 

negative values compared to larger values represent poor dynamic stability because the COM 

is close to the anterior boundary of the base of support. Because multiple steppers take 

shorter steps and have greater COM displacement and velocity (at foot contact) multiple 

steppers have smaller MoS at foot contact and knee joint maximum (Arampatzis et al. 2008; 

Barrett et al. 2012; Nagano et al. 2015). Importance of control of the trunk segment as a 

mechanism for increasing MoS is highlighted with respect to adaptations in step strategy 

during a single testing session. Barrett et al. (2012) demonstrated that adaptations to step 

strategy that occur in a single session improved MoS and are explained by more effective 

control of the whole body. Carty et al., (2012c) reported similar findings for mixed steppers 

(those who alternate between multiple and single step strategies). When released from the 

same lean magnitude multiple steppers used longer steps, had longer step duration, lower 

horizontal velocity of the COM, less displacement of the COM and larger MoS when a single 

step strategy was used versus a multiple step. The mechanism underlying changes to COM 

kinematics is suggested to be changes in the magnitude of the horizontal GRF. 
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Table 2.1 Overview of studies that have reported spatiotemporal, kinematic and stability 
variables associated with recovery from a forward loss of balance using the tether release 
method in single compared to multiple steppers. 

Study Main finding(s) 

Single versus Multple Steppers 

Arampatzis et al. (2008) Lower anterior COM velocity at foot 

Barrett et al. (2012) Less anterior COM displacement and lower anterior COM velocity 
at foot contact. 

Bieryla et al. (2007) Higher step velocity during the stepping phase of balance 
recovery.  

Carty et al. (2011) Lower trunk flexion angle at foot contact and greater MoS at foot 
contact. 

Carty et al. (2012c) Longer step time and step length, faster step velocity during the 
stepping phase of balance recovery and less anterior COM 
displacement with lower anterior COM velocity at foot contact. 

Crenshaw et al. (2012) Higher step velocity. 

Crenshaw et al. (2013) Longer step length and lower trunk flexion angle at foot contact. 

Grabiner et al. (2008) Lower trunk flexion angle. 

Grabiner et al. (2012) Longer step time. 

Karamanidis et al. (2008) Longer step length. 

Madigan (2006) Higher step velocity. 

Nagano et al. (2015) Larger MoS, longer step length, faster step velocity and less 
downward COM velocity. 

Schillings et al. (2005) Increased step length. 
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2.3.2.2 Differences between younger and older adults during recovery from a forward loss 

of balance 

Younger compared to older adults are able to recover from larger MRLA (Arampatzis et al. 

2008; Carty et al. 2011; Hsiao-Wecksler 2008) and are more likely to recover with a single 

recovery step when released from the same lean angle (Carty et al. 2011). The age related 

deficits in balance recovery performance are associated with lower MoS at the point of foot 

contact of the stepping leg (Arampatzis et al. 2008) and are most likely a result of older adults 

taking a shorter step (Carty et al. 2011; Thelen et al. 1997) with greater trunk flexion angles 

(Carty et al. 2011) and overall greater anterior displacement of the whole body COM at foot 

contact (Karamanidis et al. 2007).  

Table 2.2 Overview of studies that have reported spatiotemporal, kinematic and stability 
variables associated with recovery from a forward loss of balance using the tether release 
method in younger compared to older adults. 

Study Main finding(s) 

Younger versus Older Adults 

Arampatzis et al. (2008) Larger MoS. 

Carty et al. (2011) Larger MRLA, greater step length and smaller trunk flexion angles 
at foot contact. 

Hsiao-Wecksler (2008) Larger MRLA. 

Karamanidis et al. (2007) Less anterior COM displacement at foot contact. 

Madigan et al. (2005b) Larger MRLA. 

Wojcik et al. (1999) Larger MRLA. 

Thelen et al. (1997) Longer step length and larger MRLA. 
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2.3.3 Kinetics of balance recovery 

Kinetic variables describe the role of forces in the production or manipulation of human 

motion and can be classified as either external or internal. Of most interest with respect to 

recovery from a forward loss of balance is the magnitude and direction of ground reaction 

forces applied at the center of pressure under one or both feet. Differences of application of 

the three components of GRF alter the displacement and velocity of the whole body COM 

observed between single and multiple steppers. Armpatzis et al., (2008) reported that greater 

anterior-posterior GRF relates to greater COM velocity and displacement, which in turn 

reduced MoS at foot contact. Pijnappels et al., (2005b) report that older adults who are unable 

to recover from a forward loss of balance cannot sufficiently reduce the angular momentum 

of the COM during push-off. Similarly, Carty et al (2012c) report multiple steppers have an 

increased anterior-posterior GRF and impulse during the stepping phase of balance recovery.  

Internal forces, such as muscle forces, cannot be measured easily or non-invasively. Because 

of the limitation in measurement of muscle force, two indirect methods to infer the role of 

muscle force during motion are typically employed; correlation of outcome measurements 

(such as step length, step time, and joint kinematics) to muscle strength determined by 

isokinetic dynamometry; or computation of net joint torque using inverse rigid body 

dynamics methods using measured kinematics and ground reaction forces as inputs to the 

equations of motion. Relative to the balance recovery literature both approaches are reported 

either singularly or in combination and differences are reported for single compared to 

multiple steppers and younger compared to older adults.  

2.3.3.1 Association between muscle strength and balance recovery performance 

Muscle weakness is reported to be related to balance recovery performance and falls. 

Pijnappels et al., (2008a) reported reduced whole lower limb extension force discriminated 
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fallers from non-fallers, Carty et al., (2012a) reported that weakness in the hip flexors and the 

knee extensors was associated with increased odds of requiring multiple steps versus a single 

step to recover forward loss of balance, and Grabiner et al., (2005) reported that lower limb 

strength (ankle dorsiflexion) made a significant, albeit small, contribution to the maximum 

lean angle that can be attained using a single step strategy, this was also consistent with 

Skelton et al. (2002) who demonstrated that ankle dorsiflexion strength predicted fallers from 

non-fallers. In contrast Pavol et al., (2002) reported that both weak and strong older adults 

were unable to avoid a fall following perturbation to gait by a concealed mechanical obstacle. 

Armpatzis et al., (2008) similarly reported that lower limb strength does not account for 

differences in MOS measurements between multiple step and single step recoveries from 

forward loss of balance. 

Because of the lack of consensus, it is not currently clear as to the specific role of muscle 

force in determining balance recovery performance. A reason may reside in limitations of the 

previously mentioned studies because strength is measured independent of the balance 

recovery task and isometric muscle strength measures may not directly relate to the dynamic 

conditions of the specific task. Studies that investigate joint torque and power have attempted 

to address the specific muscular contributions to balance recovery performance for single 

compared to multiple steppers and younger compared to older adults, these studies are 

summarised in Table 2.3. 

2.3.3.2 The relationship between muscle strength and balance recovery performance in 

single compared to multiple steppers 

Nagano et al. (2015) report that Single steppers compared to Multiple steppers do greater 

amounts of negative work in the ankle and knee joints following touchdown of the stepping 

foot. However, the success of the recovery attempt is reported to be determined before the 
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stepping limb contacts the ground (Carty et al. 2012a; Carty et al. 2012c), therefore, joint 

torque and power production in the stepping limb may be more relevant. Multiple steppers 

are reported to have lower peak joint moment at the knee and ankle joints and lower peak 

power at the knee and ankle joints and also use a greater proportion of their available strength 

during balance recovery (Carty et al. 2012b). Considered together, lower muscle force and 

lower power generation during stepping and absorption during support indicate that task 

specific muscle force producing capability may be a limiting factor in the step recovery 

response.  

2.3.3.3 The relationship between muscle strength and balance recovery performance in 

younger compared to older adults 

Joint torque and power production has been examined during balance recovery for both the 

stepping and support phases. Older adults compared to younger adults tend to be weaker than 

their younger counterparts (Karamanidis et al. 2007; Wojcik et al. 2001), produce lower joint 

power during the stepping phase of balance recovery (Madigan 2006) when released from 

their respective MRLA, exhibit lower peak ankle joint torque during the support phase of the 

step response (Madigan et al. 2005b) which is suggested to play a role in the lower MRLA 

that can be achieve by older adults.  
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Table 2.3 Overview of studies that have compared muscle strength and kinetic variables 
associated with recovery from a forward loss of balance using the tether release method in 
older single and multiple steppers and in younger and older adults. 

Study Main finding(s) 

Single versus multiple steppers 

Arampatzis et al. (2008) Lower limb strength did not predict differences in MoS between Single 
and Multiple steppers 

Carty et al. (2012a) Lower isometric strength in the ankle plantar flexors, knee extensors 
and hip flexors. 

Carty et al. (2012b) Higher ankle plantar flexor and knee extension moments  

Carty et al. (2012c) Greater horizontal GRF under the stance foot during balance recovery 

Nagano et al. (2015) More negative joint work done at the ankle and knee joints following 
foot contact  

Younger  versus older adults 

Karamanidis et al. (2008) Greater isometric strength at the knee and ankle joints 

Madigan et al. (2005b) Larger knee joint extensor moments following foot  

Madigan (2006) Higher joint power at the hip and knee joints during the stepping phase 
and higher ankle joint power during the stance phase when recovering 
from the MRLA. 

Wojcik et al. (2001) Greater ankle plantar flexor and hip flexion isometric strength. 

Karamanidis et al. (2007) Greater ankle plantar flexor and knee extensor isometric muscle 
strength. 

2.3.4 Balance recovery and joint injury 

Injury to the hip joint represents approximately 50% of all bone fracture hospitalisations 

sustained by older adults following a fall. Fracture of the hip is generally believed to result 

from a high-energy trauma such as a collision between the hip and ground. The contact loads 

experienced in the hip joint during gait have been measured in vivo using instrumented joint 

prosthesis and range from 2-4 times body weight (Bergmann et al. 2001; Bergmann et al. 
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1993). Loads of this magnitude are generally regarded as insufficient to injure the femoral 

neck in otherwise healthy older adults because the mechanical failure load of cadaveric 

femurs from older adults ranges from 5.5 to 14 body weights (Schileo et al. 2014). However a 

combination of sub-optimal neuromuscular control and severe osteoporosis may make 

spontaneous fracture during walking feasible (Viceconti et al. 2012) and could explain the 

small proportion of femoral fractures that occur in the apparent absence of high-energy 

trauma typically experienced due to a fall. Recovery from a forward loss of balance using a 

rapid recovery step is a motor task where larger impulsive loads than those associated with 

gait could be applied. Bergmann et al. (1993) reported peak hip contact loads as high as 8.7 

body weights in patients fitted with an instrumented hip replacement during a stumble 

recovery from an unexpected trip perturbation experienced during walking. However studies 

of the joint contact loads experienced during falls, stumbling and balance recovery to date 

have been opportunistic and not systematically investigated. Therefore the magnitude of hip 

joint contact loads during maximal balance recovery by stepping, and the relationship 

between the balance perturbation intensity, motor control strategy and neuromuscular 

coordination used during balance recovery by stepping remains unknown.  

2.3.5 Exercises to improve balance recovery 

Poor balance is a highly modifiable risk factor for falls, and so exercises that challenge 

balance are considered key components of exercise-based fall prevention programs 

(Tiedemann et al. 2011). Currently the American College of Sports Medicine Guidelines 

(Chodzko-Zajko et al. 2009) recommend using volitional activities that include (1) 

progressively difficult postures that gradually reduce the base of support (e.g. two-legged 

stand, semi-tandem stand, tandem stand, one-legged stand), (2) dynamic movements that 

perturb the centre of gravity (e.g., tandem walk, circle turns), (3) stressing postural muscle 

groups (e.g., heel stands, toe stands), or (4) reducing sensory input (e.g., standing with eyes 
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closed). Exercises that safely and progressively challenge balance were also recommended in 

the Exercise and Sports Science Australia Position Statement on exercise and falls prevention 

in older people (Tiedemann et al. 2011).  

Because of the link between aging, reduced muscle strength and increase incidence of fall, 

exercises that specifically improve muscle strength have been suggested to be capable of 

improving balance recovery success (Pijnappels et al. 2008b). While strength of muscle has 

been implicated in the risk of fall (Pijnappels et al. 2008a), reductions in the number of falls 

does not appear related to muscle strength (Okubo et al. 2016). Conventional balance training 

described above tends to be volitional, quasi-static, with individuals remaining within their 

limits of stability and could reduce fall rates by between 17-24% (Sherrington et al. 2011). In 

contrast practicing skills similar to the mechanisms of dynamic stability is demonstrated to 

reduce fall incidence by as much as 50% (Okubo et al. 2016). Furthermore, substantial 

adaptations in balance recovery performance from step training are possible following a 

single training session and as little as a single exposure to a postural disturbance (Barrett et 

al. 2012; Pai et al. 2010) compared to the cumulative 50 hrs required by conventional balance 

training (Tiedemann et al. 2011). It is therefore likely that step training more accurately 

simulates real world falls in terms of the type, speed and stability range of the movement and 

also provides a greater threat to balance and hence a greater stimulus for learning how to 

avoid a fall via feed forward (proactive) control mechanisms. While this new paradigm of 

balance training appears promising, little is yet known how neuromuscular system generates 

and coordinates the rapid step and provides the necessary control of trunk posture required 

for successful balance recovery.  
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2.4 Biomechanical modelling 

This section reviews the different biomechanical modelling approaches that have been 

described in the balance recovery and provides an overview of musculoskeletal modelling 

approach that is employed in the current thesis.  

2.4.1 Inverted pendulum models 

Hsiao et al., (1999) used a simple single link pendulum spring model to investigate the effect 

of initial lean angle, step length, step time, stepping phase rotational spring stiffness 

(representing forces during swing) and linear spring stiffness (representing force at foot 

contact) on recovery effort. Force production was modelled as a torsional spring representing 

the force produced by the lower limb muscles top arrest the forward motion of the COM up 

to foot contact, and a linear spring to model the force required to arrest the forward 

progression of the COM following foot contact. Results suggest a coupling between step 

time, step angle (the combined range of motion of the joints of the stepping leg), body 

configuration and force production. Step variables were regulated to minimise the effort 

required at foot contact and deficits in any one variable were compensated for by increase in 

one or more of the other contributing variables. For example, as the initial lean angle is 

increased step time must be shortened, step length increased, or rotational spring stiffness 

increased or a combination of all, to maintain a constant recovery effort. The optimal 

recovery effort can be theoretically attained via a number of combinations of model variable 

values suggesting a range of solutions produce successful recovery.  The authors conclude 

that balance recovery may be more heavily impaired by a number of small deficits in the 

neuro-motor system compared to a larger impairment of a single variable. A similar study 

(Wu et al. 2007) used a four segment linked model of the lower limbs to investigate the 

minimal step length required for successful recovery from a forward loss of balance. 

Increases in the displacement of the COM, the initial velocity of the COM and reduced 
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strength of the ankle muscles all required a greater minimal step length supporting the 

perspective of a collaborative effect of step response variables to produce a successful 

recovery. 

Barrett et al. (2008) used a similar inverted pendulum model to others (Hsiao et al. 1999; 

Robinovitch et al. 2002) with the exception that ankle torque was developed by Hill-type 

muscle models. Hill-Type muscle models consist of three elements 1) a contractile element, 

2) a parallel elastic element and 3) a series elastic element (Figure 2.2). The force generated

is a product of muscle activation, muscle length and muscle contractile velocity. Muscle force 

varies as a function of muscle length and contraction velocity and as such is governed by the 

length-tension and force-velocity relationships respectively (Zajac 1989). A number of 

parameters are used to characterise the muscle model, these include the muscle maximal 

isometric force, muscle optimal fibre length, the pennation angle of the muscle, and the 

tendon slack length. Barrett et al. (2008) through manipulation of muscle model parameters 

simulated the known effects of aging on the neuromuscular system. The model was 

subsequently used to examine balance recovery, using the ankle strategy, on MRLA. When 

reduced by 20%, maximal isometric force, maximum excitation and rate of torque 

development reduced MRLA by 19.0%, 17.8% and 4.6% respectively.  
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Figure 2.2 A schematic representation of a Hill-type muscle model along with (a) active and 
passive force length curves, (b) force velocity curves and (c) the tendon force length 
relationship (Thelen 2003). 

2.4.2 Inverse dynamics models 

Inverse dynamics (ID) are used to calculate the generalised forces and moments acting at 

each joint throughout the body at a given instance of time. Differential equations are solved 

using known information regarding the position, velocity and acceleration of the body 

segments along with estimated inertial properties of the body segments and the external 

forces acting on the body (Zajac et al. 2002). ID is commonly used in studies of human 

movement and has been used to describe the joint moments and powers used during balance 

recover in single versus multiple steppers (Carty et al. 2012b; Nagano et al. 2015) as well as 

differences in younger and older adults (Madigan 2006; Madigan et al. 2005b). But the 
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determination of joint moment by ID alone has limitations. Firstly, rigid body inverse 

dynamic analysis is a mathematical model that calculates net joint moment generated by all 

muscles muscle crossing the joint of interest. This gives rise to the force-sharing problem 

because there are more unknowns than system equations, and so the individual muscle forces 

cannot be determined. The classification of muscle based only on local joint action ignores 

the capability of muscle forces to accelerate all joints in the body, even those they do not span 

(Zajac et al. 2002). Bi-articular muscles may even accelerate joints opposite to their 

anatomical classification (Zajac et al. 2002). A further limitation of ID is the resulting values 

are not always an accurate representation of the measured kinematics or GRF, this is termed 

the fundamental myoskeletal inverse dynamics problem (Hatze 2002). Errors in data 

collection plus assumptions associated with ID analysis invoke systematic errors that result in 

fictitious forces or residuals. The magnitude of the residual is the difference between the 

external force and the sum of the mass-acceleration product of the ID model (Delp et al. 

2007). Combined these factors may contribute to the difficulty determining how a muscles 

force production influences balance recovery performance. 

2.4.3 Musculoskeletal models 

More complex models have been used to study the role of muscle in healthy and pathological 

gait (Anderson et al. 2004; Delp et al. 2007; Dorn et al. 2012; Hamner et al. 2010; John et al. 

2012; Lin et al. 2011; Liu et al. 2006; Pandy et al. 2000; Steele et al. 2010; Steele et al. 

2012b). These studies use multibody models that represent the anatomical and physiological 

elements of the musculoskeletal system (Delp et al. 2007; Delp et al. 1990) and demonstrate 

how muscle force is utilised throughout a multi-link, multiple degree of freedom system to 

produce normal running gait (Hamner et al. 2013; Hamner et al. 2010), normal walking gait 

(John et al. 2012; Steele et al. 2010; Steele et al. 2012b) and the walking gait of children with 

cerebral palsy (Steele et al. 2010; Steele et al. 2012b). Outcomes from these studies can 
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inform muscle specific interventions for improvement of gait and mobility. Considered 

together these studies present a framework of how simulations using complex 

musculoskeletal models could examine how deficits of neuromuscular variables contribute to 

changes in joint and whole body motion. The following section provides background 

information of the modelling software used in this thesis, OpenSim, plus the methods used to 

estimate muscle force, muscle induced acceleration and joint contact loads.  

2.4.3.1 OpenSim 

OpenSim is an open-source modelling software that allows a user to create simulations of 

motion using a neuromusculoskeletal model (Delp et al. 2007). A variety of tools are 

available in OpenSim that allow the user to load and visualise a generic musculoskeletal 

model, scale the model to known participant dimensions, analyse the kinematics and kinetics 

of the model during motion, reduce the residual forces and moments in a model, estimate 

muscle force, analyse the accelerations induced by muscles, and estimate the joint contact 

loads during movement. A typical OpenSim workflow is presented in Figure 2.3. 

 

 

 

 

Figure 2.3 An example OpenSim workflow adapted from Delp et al. (2007) where Scale, IK 
RRA, CMC, and IAA refer to model scaling, inverse kinematics, residual reduction analysis, 
and computed muscle control respectively. 
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2.4.3.2 Methods for scaling, kinematic analysis and inverse dynamics 

Model Scaling in OpenSim are performed by fitting the generic musculoskeletal model to 

measured 3D marker positions on the participant (Delp et al. 2007; Lu et al. 1999). For 

scaling this is done by first comparing the measurements of body segments from the 

participant to the generic musculoskeletal model. The ratio between the participant 

measurements and the model at each body segment and in each dimension are then used as 

the scale factors to modify the dimensions of the model. The markers placed on the 

participant during motion capture are compared to the location of the corresponding markers 

on the model, marker positions on the model are then matched to the participant makers using 

a least squares, inverse kinematic approach. Inverse Kinematic analysis (IK) determines joint 

kinematics using the same least squares approach to track each marker through the dynamic 

trial. Joint moments can be calculated using the model kinematics and measured external 

forces by solving the equations of motion previously described in section 2.4.2 Inverse 

dynamics models.  

2.4.3.3 Methods of estimating muscle force production 

Muscle forces cannot be easily measured directly and must therefore be estimated. There are 

a number of methods used to estimate muscle forces including Static Optimisation, Dynamic 

Optimisation and EMG-driven methods, all of which either equilibrate or try to match 

measured joint moments. Because the net joint moment about a joint could be balanced by an 

infinite number of combinations of muscle forces an optimal solution is selected based on a 

specified criterion, which are determined by a cost-function. For example the objective of the 

cost-function could be to metabolic consumption or minimise overall muscle activation. 

There are two methods of estimating muscle force available within OpenSim, Static 

Optimisation and Computed Muscle Control (CMC).  
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Static Optimisation is an inverse method whereby at each time instance net joint moments are 

equilibrated by the muscles within the model each acting through their respective moment 

arm about a given joint (Zajac 1989). The force a muscle produces can be constrained firstly 

by the muscle force-length-velocity properties and secondly by the user defined cost function 

(Delp et al. 2007) described in Equations 2.1 and 2.2.  

Equation 2.1 

Equation 2.2 

Where nm represents the number of muscles in the model, am is the activation of a muscle at a 

given time, 𝐹! 
! is the maximal isometric force of the muscle, lm is the muscle length, vm is the 

muscle shortening velocity, rm,j is the moment arm of the muscle, 𝜏! is the generalised 

moment at the joint and p is exponent of the cost-function. The cost-function used to 

converge on a solution (Equation 2.2) is typically a minimisation of the activations of 

muscles required to equilibrate the joint moment (Crowninshield et al. 1981). There are a two 

main of limitations associated with the implementation of Static Optimisation within 

OpenSim, firstly muscles are assumed to have a rigid tendon which has been demonstrated to 

influence muscle force estimates of Hill-type muscle models (Millard et al. 2013). Secondly, 

minimising muscle activations is unlikely to represent high levels of muscle co-contraction 

which may be present particularly during rapid or impulsive movements. However, Static 

Optimisation has the advantage of low computational cost compared to other methods such as 

_ 
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Dynamic Optimisation (Anderson et al. 2001b) and has been reported to produce similar 

estimates to Dynamic Optimisation during gait (Anderson et al. 2001b). 

The second method of muscle force estimation available in OpenSim is Computed Muscle 

Control (CMC) (Thelen et al. 2003). CMC uses both Static Optimisation and proportional-

derivative control to generate a forward dynamic simulation (Delp et al. 2007). Importantly, 

because forward dynamic simulations are used a lumped-parameter model accounts for both 

the force-length-velocity properties of muscle and the elastic properties of tendon (Thelen et 

al. 2003; Zajac 1989). The implementation of CMC uses Static Optimisation to produce a 

first estimate of muscle forces and activations based on the generalised accelerations of the 

model. The activations are then used within a forward dynamic simulation to reproduce 

model kinematics while a tracking algorithm uses a least squares approach to compare 

modelled accelerations to experimental accelerations to find a set of muscle forces and 

activations that best matches the experimental motion. While CMC includes the effects of the 

tendon during contraction, the limitation of CMC is the algorithm requires an initialisation 

period prior to the time period of interest to generate a set of initial model states. In some 

cases an adequate initialisation period may not be available which in turn makes the 

determination of a reliable set of muscle force estimates difficult. 

Two further methods of estimating muscle force are Dynamic Optimisation and the EMG-

driven method. These methods are not currently available in OpenSim and were not used in 

this thesis but are briefly discussed here. Dynamic Optimisation is a forward dynamic 

approach to estimating muscle force production which allows system dynamics to be 

integrated into the solution (Anderson et al. 2001b) and each force is modelled as a time 

dependant variable governed by differential equations (Anderson et al. 2001a, 2001b; Hatze 

1976). The benefit of Dynamic Optimisation is suggested to be the strong relationship 
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between the modelled and true physiological variables (Hatze 1976), but the primary 

limitation of Dynamic Optimisation is the very large computational demand and duration 

required to perform simulations (Anderson et al. 2001b). Estimating muscle forces can also 

be achieved using measured muscle activity (EMG) referred to as the EMG-driven method 

(Lloyd et al. 2003; Lloyd et al. 1996). As opposed to the inverse method used in Static 

Optimisation, activations of muscles are derived from measured EMG and subsequently used 

as inputs to the musculoskeletal model to estimate the force produced by a given muscle. 

There are two main limitations of EMG-driven models, firstly rarely can the activity of all the 

muscles of interest be measured which requires the simplification of the model or a 

simultaneous use of an optimisation method to “fill the gaps” of muscles not directly 

measured. Secondly, the excitations estimated from measured EMG require significant 

calibration in order to match the model estimates to moments from ID, the calibration process 

substantially increases the computation time required to estimate muscle force. 

Static Optimisation is widely used in studies of human motion (Martelli et al. 2011; 

Modenese et al. 2013; Modenese et al. 2012; Steele et al. 2012a) either directly or within 

other algorithms such as CMC (Hamner et al. 2013; Hamner et al. 2010; John et al. 2012; 

Thelen et al. 2006) and is a favourable method because of its low computational demands 

compared to either dynamic optimisation or EMG-driven methods. While studies mentioned 

have estimated muscle forces over a range of common daily activities, no study to date has 

estimated the individual forces produced by muscles of the lower limbs during balance 

recovery. 

2.4.3.4 Induced acceleration analysis 

The force produced by a muscle can simultaneously accelerate all segments in the body, not 

just the segments to which it attaches (Zajac et al. 2002). This is due to the dynamic coupling 
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of segments within a multibody system where a force acting in the body contributes to the 

joint intersegmental forces about which it attaches this force is transferred to other segments 

(Zajac et al. 2002), importantly this principle can be represented mathematically. This allows 

muscle force estimates to be evaluated within the framework of a multibody musculoskeletal 

model to determine the contribution to either joint acceleration, the linear acceleration of a 

segment, or the whole body COM, this is referred to as Induced Acceleration Analysis (IAA) 

(Delp et al. 2007; Dorn et al. 2012). The advantage of IAA is the ability to identify the 

contribution of muscles during movement outside of the fixed constraints of a muscles 

anatomical classification. A number of studies use IAA to determine the relative contribution 

of muscles to running (Dorn et al. 2012; Hamner et al. 2013; Hamner et al. 2010), walking 

(John et al. 2012; Liu et al. 2006), stair climbing (Lin et al. 2015) and in pathological gait 

(Steele et al. 2010). But not study to date has used IAA to evaluate the contribution of 

muscles to balance recovery performance.  

2.4.3.5 Estimating joint contact loads 

A number of studies report joint contact loads measured directly via an instrumented joint 

prosthesis that was implanted during joint replacement surgery (Bergmann et al. 2001; 

Bergmann et al. 1993, 2004). However it is not feasible design original studies around this 

measurement method and as such the joint contact loads must be estimated. This is typically 

achieved using inverse methods (Zajac et al. 2002) which firstly determine joint moments and 

muscle forces and then estimate contact loads by resolving the free body diagrams of the 

rigid bodies included in the model, starting from the most distal and moving proximally 

(Steele et al. 2012a). Contact loads are commonly validated by comparing the estimated 

contact load to loads measured directly for similar movements (Martelli et al. 2011; 

Modenese et al. 2012; Modenese et al. 2011; Steele et al. 2012a). A number of studies have 

estimated and evaluated the joint contact loads experienced during normal walking gait 
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(Martelli et al. 2011; Modenese et al. 2012) and running (Giarmatzis et al. 2015) and 

demonstrate good agreement with contact loads measured directly (Bergmann et al. 2001; 

Bergmann et al. 1993). However no date no study has evaluated the contact loads 

experienced during balance recovery. 

2.4.4 Musculoskeletal models and balance recovery 

The combined complexity of motion and limitations of traditional analysis poses significant 

challenges with respect to determining how force produced by muscles contributes to the 

balance recovery. In particular little is known about the way muscle forces contribute to the 

GRF, the acceleration of joints (local and distal to the muscle), and the loads experienced by 

the lower limb joints during recovery of balance. More complex computational methods to 

address how muscles contribute to recovery from forward loss of balance are required and 

include utilising more comprehensive models of the musculoskeletal system (Delp et al. 

2007; Delp et al. 1990),  inclusion of foot-ground interaction (Dorn et al. 2012), methods to 

reduce or counteract the effect of residuals inherent to inverse dynamics (Delp et al. 2007), 

plus methods to estimate muscle force production (Anderson et al. 1999; Anderson et al. 

2001a, 2001b; Delp et al. 2007; Zajac et al. 2002) and the acceleration muscular forces 

induce across the joints of the body (Delp et al. 2007; Dorn et al. 2012; Hamner et al. 2010; 

Lin et al. 2011; Liu et al. 2006). Musculoskeletal modelling may therefore provide a more 

relevant and accurate estimate of the neuromuscular contribution to measured motion than 

analysing joint kinematics and kinetics. However there is no study currently in the literature 

that applies a complex model to determine the neuromuscular contributions to recovery from 

a forward loss of balance by stepping. 
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2.5 Summary 

Falls are a significant and growing issue for the Australian health care system that has 

substantial economic implications. Deficits of the neuromuscular system as a result of the 

aging process are strongly implicated in the risk of falling and are similarly linked to the 

reason why older adults have a markedly reduced capacity to recover when balance is 

disturbed. Trips, or a forward loss of balance, are the most prevalent reason for a loss of 

balance, therefore protocols that require a rapid forward step strategy are employed as a 

surrogate for forward falls. A sudden and unexpected release from a static forward lean angle 

is an extensively used methodology to replicate forward loss of balance in the laboratory 

environment. When released from a given forward lean angle and asked to recover with a 

single step, a multiple step recovery predicts real world falls. The maximum angle that can be 

recovered with a single step also predicts real world falls with larger maximal recoverable 

lean angles predicting a lesser likelihood of falls. The difference in step recovery 

performance have been well documented particularly with respect to step strategies used at a 

given lean angle, but there is only a limited understanding of the relative importance of step 

recovery variables required for recovery from a large lean angle and little is known about the 

neuromuscular causes of the ability to recover with a single step.  

Importantly the associations between falls and both step recovery variables and balance 

training provide only an avenue for inference of the potential mechanism underlying single 

compared to multiple step recovery and improvement in the step recovery response from 

training. The direct link between the step recovery response and neuromuscular variables 

remains unclear for two reasons. Firstly, statistical methods suggest associations only and not 

causation and secondly, it is difficult to measure neuromuscular system variables such as 

muscle force directly. Musculoskeletal modelling allows examination of the cause and effect 

relationship between the neuromuscular system and balance recovery performance by 
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estimating the contribution of individual muscles to motion of the whole body, the lower limb 

joints and the forces experienced by the joints. The utility of musculoskeletal modelling has 

been demonstrated particularly well in studies of gait, but never specifically in studies 

requiring recovery of a forward loss of balance by stepping. To improve the understanding of 

balance recovery by stepping requires firstly a greater understanding of the predictors of 

recovery success and secondly insight into the role of the neuromuscular system in producing 

successful recovery. Understanding to this effect will aid future development of safe and 

effective exercise interventions to prevent falls in older adults. 
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3.1 Introduction 

Falls in older adults are a major public health concern (Lord 2007) and occur when an 

individual experiences loss of balance from which they are subsequently unable to recover. 

There is convincing evidence that the ability to recover from forward (Carty et al. 2011; 

Thelen et al. 1997), backward (Hsiao et al. 2001) and sideways (Hilliard et al. 2008; Maki et 

al. 2000) loss of balance is compromised in older adults. The tether release method is 

commonly used to study recovery from forward loss of balance (Arampatzis et al. 2008; 

Carty et al. 2011; Karamanidis et al. 2007), it has been shown that older compared to younger 

adults are more likely to adopt a multiple compared to single step recovery strategy when 

released from a given initial static forward lean angle (Carty et al. 2011; Thelen et al. 1997) 

and have a smaller maximum initial lean angle from which they can recover with a single 

step (Thelen et al. 1997). It has further been demonstrated that older multiple compared to 

single steppers, and those with a low versus high maximum release angle from which they 

can recover with a single step are more likely to experience a fall in the following 12 months 

(Carty et al. 2015). It therefore follows that efforts to understand the mechanisms underlying 

the high incidence of falls in older adults should focus on identifying factors that affect the 

ability of older adults to recover from loss of balance. Targeted interventions to address those 

deficits can be subsequently be developed and evaluated. 

Studies of recovery from forward loss of balance to date have reported muscle weakness and 

altered step kinematics and kinetics during recovery as factors underlying either age-related 

declines in balance recovery, or reduced balance recovery performance amongst older adults. 

For example lower extremity strength of older adults significantly predicted use of a single 

versus multiple step recovery strategy (Carty et al. 2012a), strength of the triceps surae and 

quadriceps muscles accounted for between 35%-55% of the variance in margin of stability 

between young and older adults (Karamanidis et al. 2007) and, ankle dorsiflexion strength 
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explained 30% of the variance on MRLA of older adults (Grabiner et al. 2005). Studies of 

recovery kinematics have further demonstrated that a single step compared to a multiple step 

strategy was characterised by the production of an adequately long (Karamanidis et al. 2008; 

Schillings et al. 2005) and rapid first step (Owings et al. 2001) coupled with a lower  

amplitude and rate of trunk flexion (Bieryla et al. 2007; Crenshaw et al. 2012). Furthermore, 

trunk flexion angle at foot contact and step length have been shown to account for 51% of the 

variance in whole body dynamic stability at the time of foot contact of the stepping leg (Carty 

et al. 2011) and correctly classified 92.3% of falls and recoveries from treadmill induced loss 

of balance (Grabiner et al. 2012). Peak hip flexion and knee extension joint moments and/or 

joint powers in the stepping leg during recovery also distinguish between older single and 

multiple steppers (Carty et al. 2012b) and young and older adults (Madigan 2006). Graham et 

al. (2014) also reported differences in  the magnitude of hip peak abductor muscle force in 

the non-stepping limb in older single and multiple steppers. Despite the aforementioned 

studies no study to date has evaluated a comprehensive range of strength, kinematic and 

kinetic predictors of balance recovery in older adults using multivariate models. 

The purpose of the present study was to identify the biomechanical factors that distinguish 

between older adults who can recover with a single step from a small and large MRLA. The 

ability of these variables to predict MRLA was subsequently investigated. Our hypothesis 

was that task-specific measures of balance recovery would explain additional variance in 

predicting MRLA compared to measures of isometric lower limb strength previously reported 

(Grabiner et al. 2005; Karamanidis et al. 2007) and that balance recovery measures 

previously shown to predict successful recovery from a given static lean magnitude (Carty et 

al. 2012a; Carty et al. 2011) and from a rapid disruption of balance (Crenshaw et al. 2012; 

Grabiner et al. 2012) would also predict MRLA.  
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3.2 Methods 

3.2.1 Participants 

One hundred and seventeen community dwelling older adults aged 65 to 80 years (60 men, 

57 women; age: 72 ± 4.9 years; height: 1.67 ± 0.09 m, mass: 76.0 ± 13.3 kg) were recruited at 

random from the local electoral roll. Individuals previously diagnosed with neurological, 

metabolic, cardio-pulmonary, musculoskeletal and/or uncorrected visual impairment were 

excluded. Ethics approval was obtained from the Institutional Human Research Ethics 

Committee and all relevant ethics guidelines including provision of informed consent were 

followed. 

3.2.2 Experimental protocol 

Participants attended the biomechanics laboratory on a single occasion and initially 

underwent a balance recovery assessment to determine their MRLA and corresponding 

measures of recovery kinematics (step length, step time, trunk angle and angular velocity at 

toe off and foot contact) and kinetics (peak joint moments and powers in both the stepping 

limb and stance limb). Ankle, knee and hip strength of the stepping lower limb was 

subsequently assessed on a dynamometer. 

3.2.3 Balance recovery assessment 

The balance recovery protocol was undertaken as reported in Carty et al. (2011). Participants 

stood barefoot with their feet shoulder-width apart in an upright posture and were 

subsequently tilted forward, with their feet flat on the ground, until 15, 20 or 25% of body 

weight (BW) was recorded on a load cell (S1W1kN, XTRAN, Australia) placed in series with 

an inextensible cable. One end of the cable was attached to a safety harness worn by the 

participant at the level of their sacrum and the other end was attached to a rigid metal frame 

located behind the participant. An electric winch, mounted on the frame, was used to adjust 
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the length of the cable until the required force on the cable was achieved. Care was taken to 

ensure the cable was aligned parallel with the ground and that participants kept their head, 

trunk and extremities aligned prior to cable release. The cable was released at a random time 

interval (2-10 s) following achievement of the prescribed posture and cable force (± 1%BW), 

through the disengagement of an electromagnet located in-series with the cable. Participants 

were instructed to relax their muscles while leaning and to regain balance with a single step 

using the stepping lower limb of their choice, once they perceived that they were falling. The 

instruction to attempt to recover using a single step was reiterated prior to every trial. A 

second cable, instrumented with a load cell (S1W1kN, XTRAN, Australia), attached the 

safety harness to the ceiling, and was used to prevent participants from contacting the ground 

in the event of an unsuccessful recovery. Centre of pressure location was displayed in real 

time on a computer monitor and was visually inspected by the investigator to ensure 

anticipatory actions (e.g., antero-posterior and medio-lateral weight shifting) were not evident 

in the period immediately prior to cable release. Following an initial trial at the 15%BW lean 

magnitude, participants performed 4 trials at each lean magnitude, with block randomisation 

used to determine the lean magnitude sequence (i.e., 15, 20 or 25%BW) for the 12 trials. For 

each trial, participants were classified as adopting either a single or a multiple step balance 

recovery strategy using previously published criteria (Carty et al. 2012a) where a multiple 

step is deemed to have occurred if a) a second step of any kind by the stepping limb or 

progression of the non-stepping limb past the stepping foot following the initial step, b) 

lateral deviation of the lateral malleolus marker on the non-stepping foot by greater than 20% 

of body height from its position at cable release and c) if a force of greater than 20% was 

detected in the load cell attached to the ceiling restraint. Following the 12 trials at the 15, 20 

and 25%BW lean magnitudes, a number of additional trials were attempted by each 

participant to determine the Maximal Recoverable Lean Angle (MRLA) that they could 
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recover from with a single step. Participants were re-assessed at the lean magnitude that they 

had successfully recovered from using a single step strategy. The cable was then 

systematically increased in ~1%BW increments until the participant could no longer recover 

with a single step. Once a participant reached a lean angle that which they could not recover 

with a single step a further trial was performed and if a single step recovery was still not 

achieved testing then ceased. One minute of recovery was provided between each trial.   

3.2.4 Spatial-temporal, kinematic and kinetic measures 

Trajectories of 51 reflective markers attached to the head, trunk, pelvis, and upper and lower 

limbs were recorded at 200 Hz using a 10-camera, three-dimensional motion capture system 

(Vicon Motion Systems, Oxford, UK). Ground reaction force data were simultaneously 

acquired at 1 kHz using two 900 x 600 mm piezoelectric force platforms (Kistler, Amherst, 

USA). A single force platform was located under both feet at cable release, and a second 

force platform was located anterior of the first platform to record ground reaction forces 

associated with ground contact of the stepping foot. Marker trajectory and ground reaction 

force data were filtered using a 4th order, zero-lag, low-pass, Butterworth filter (cut-off 

frequency=6 Hz). Joint kinematics and kinetics were determined for both the stepping and 

stance limbs using freely available open source software OpenSim. A scalable anatomical 

model consisting of 17 bodies, 17 joints, 94 muscle actuators and 36 degrees-of-freedom 

(Hamner et al. 2010) with body segment parameter estimates from de Leva (1996) was used 

as the initial generic model for analysis. Model scaling was performed by fitting the 

anatomical model to measured 3D marker positions with a high weighting on virtual markers 

which defined the functional joint centre of the hip, knee and ankle. Functional methods were 

used to define the hip and knee joint center according to Besier et al., (2003). The ankle joint 

center was defined by the midpoint between medial and lateral malleoli. Residual Reduction 

Analysis (RRA) was subsequently performed to improve the dynamic consistency between 
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measured ground reaction forces and the mass-acceleration product of the model (Delp et al. 

2007). The suggested segment mass properties from RRA were implemented in the model 

which was then used for kinetic analysis.   

Lower limb joint moments for the stance and stepping lower limbs during the first step were 

subsequently obtained using the inverse dynamics tool in OpenSim (Delp et al. 2007). Power 

during the first step at the ankle, knee and hip joints was obtained from the product of the 

joint flexion-extension moment and joint flexion-extension angular velocity. Peak joint 

moments and peak joint powers of during the recovery step were defined as shown in figure 

3.1. The stepping phase was defined as the period from toe off until foot contact of the first 

step. Toe off was determined as the first vertical motion greater than 2.5 mm of the great toe 

marker of the stepping foot (De Witt 2010) and foot contact was determined as a force in 

excess of 5 N recorded on the anterior force plate. 
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Figure 3.1 Hip and Knee joint ensemble average joint moment (A and B) and joint power (C 
and D) curves for the stepping-side limb during the stepping phase (TO – KJM) of balance 
recovery at the MRLA for the lowest tertile group (LT) and the highest tertile group (HT). 
TO refers to toe off by the stepping limb and KJM refers to the maximum knee joint angle 
made by the stepping limb following heel strike. Positive moments represent joint flexion 
moments at the hip and knee joints an ankle dorsiflexion moment at the ankle joint. Power 
bursts defined during the stepping phase were: H1 and H2 (peak concentric power by the hip 
flexors and hip extensors respectively), K1 and K3 (peak eccentric power by the knee 
extensors and knee flexors respectively) K2 (peak concentric power by the knee extensors).  

3.2.5 Lower limb strength 

Thirty minutes of rest was provided following the balance recovery assessment following 

which lower limb strength test were conducted. Maximal voluntary isometric strength of the 

ankle, knee flexors and extensors, hip flexors and extensors and abductors in the stepping 
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lower limb, as determined from the preceding balance recovery task, was assessed across the 

joint range of motion using an isokinetic dynamometer (Biodex System 4, Biodex Medical 

Systems, USA) according to Carty et al., (2012a). Ankle and knee strength were assessed in a 

seated position with the arms resting on the thighs. Ankle strength was assessed at end range 

of motion in dorsiflexion and plantarflexion and at 0, 15 and 30° of plantarflexion with the 

hip and knee in 90° and 60° of flexion respectively. Knee strength was assessed at end range 

of motion in extension and flexion and at 30, 60 and 90°of knee flexion with the hip in 70° 

flexion and the ankle in 5° plantarflexion. Hip strength was assessed in a standing position at 

end range of motion in extension and flexion and at 10, 40 and 70°of hip flexion for hip 

flexor and extensor strength and at 5° of hip abduction for hip abductor strength.  The knee 

was constrained to a 60° flexion angle using a post-surgical knee brace. The ankle was 

positioned in 5° plantar flexion. A custom-made frame was used to stabilise the contra-lateral 

lower limb and the upper body during hip strength measurement. Care was taken to align the 

estimated joint axis with the axis of the dynamometer. As a guide markers defining the joint 

axis that were placed earlier during preparation for motion capture trials were utilised. 

Further care was taken to ensure minimal limb and joint motion occurred during trials, 

particularly at the ankle joint where a custom rig was used to fix the foot to the biodex foot 

plate. The sequence of strength assessments was ankle, knee, then hip, flexion then extension 

and from greater to lesser flexion angles. Sub-maximal practice trials were undertaken at the 

second angle for each joint until the investigator was confident that participants were able to 

produce a maximal effort. Participants performed two three-second maximal voluntary 

flexion and extension trials for each joint and joint angle combination. Prior to each trial, 

participants were instructed to flex or extend the appropriate joint “as hard as they could” for 

3 seconds, with verbal encouragement provided to maximise effort. A rest period of 60 

seconds was provided between trials at each joint. Isometric moments at each joint were 
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adjusted to account for the weight of the dynamometer attachment and lower limb segments 

distal to the joint being tested in accordance with the recommendations of Kellis and 

Baltzopoulos (1996). Body segment parameters were estimated using data from Dempster 

(1955). A second order polynomial was fitted to the data to provide a moment angle curve for 

each joint, in each direction. Isometric strength at each joint, in each direction, was defined as 

the peak value on the moment angle curve and was normalised to body mass.   

3.2.6 Statistical analyses 

Participants were assigned to one of three groups (Lowest, Middle and Highest tertiles) based 

on the MRLA achieved during the balance recovery testing. The dependant variables 

measured were: 1) isomeric strength in ankle dorsiflexion and plantarflexion, knee flexion 

and extension, hip flexion and extension, and hip abduction; 2) normalised step length (step 

length was normalised to participant leg length) and step time, trunk angle at toe off and foot 

contact and trunk angular velocity at toe off and foot contact; 3) peak joint moment of the 

stepping and stance limbs in knee flexion and extension, hip flexion and extension, and hip 

abduction; 4) peak power bursts of the stepping limb at the hip and knee joints. Power bursts 

defined during the stepping phase were: H1 and H2 (peak concentric power by the hip flexors 

and hip extensors respectively), K1 and K3 (peak eccentric power by the knee extensors and 

knee flexors respectively) K2 (peak concentric power by the knee extensors) (Figure 3.1). A 

General Linear Model with one between group factor was used to assess the effect of highest 

versus lowest tertile for MRLA on the dependent measures. For dependent variables that 

showed significant differences between tertiles the Pearson Product Moment Correlation 

Coefficient was used to examine the relations between MRLA. A stepwise multiple 

regression model was used to determine overall contribution of each variable to the MRLA. 

Data from all 117 participants for all variables where a between tertile difference was 

detected were entered into an overall stepwise multiple regression model to determine overall 
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the variables that best predicted the MRLA. Statistical analyses were performed using SPSS 

(Version 21, IBM SPSS, USA). Significance was accepted for P<0.05. Entry and exit criteria 

for the stepwise linear regression model were 0.01 and 0.02, respectively.   

3.3 Results 

3.3.1 Differences between the lowest and highest MRLA tertiles in lower limb isometric 

strength and balance recovery measures 

The MRLA that participants were able to recover from ranged from 10% to 35% BW. Mean 

(± SD) of MRLA in the lower, middle and highest tertiles were 14.9 ± 0.02% BW, 20.0 ± 

0.01% BW and 26.4 ± 0.03 % BW respectively, which corresponded to lean angles of 15.3 ±  

2.4deg, 20.4  ±  1.1deg and 25.1 ±  2.3deg respectively. The mean age of participants in the 

Lowest, Middle and Highest tertiles was 73.5 ± 6.2 years, 72.1 ± 4.6 years and 70.8 ± 4.9 

years respectively. The distribution of males and females within the tertiles were Lowest 

(14M, 23F), Middle (15M, 24F) and Highest (31M, 10F). 

Participants in the highest compared to the lowest MRLA tertile exhibited significantly 

higher isometric lower limb strength across all muscle groups tested except the hip abductors 

(Table 3.1). Participants in the highest compared to the lowest MRLA tertile also exhibited 

greater relative step length and a smaller trunk flexion angle at foot contact, produced 

significantly higher peak joint moments in flexion and extension at the stepping side hip and 

joint flexion at the stepping side knee, and generated and absorbed more power at the ankle, 

knee and hip joints of the stepping lower limb during the recovery step compared to 

participants in the lowest MRLA tertile (Table 3.1). No differences in joint moments in the 

stance side hip or knee joints were observed between highest and lowest tertile MRLA 

groups.  
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3.3.2 Predictors of MRLA 

Scatterplots showing the relationship between MRLA and strength, kinematic and kinetic 

measures are presented in figures 2, 3 and 4 respectively. The magnitude of correlation 

coefficients ranged from 0.36 to 0.44 for strength measures, from 0.28 to 0.77 for kinematic 

measures, and from 0.17 to 0.78 for joint moments and powers in the stepping limb. 

When all variables were entered into a stepwise multiple linear regression equation, 

normalised step length (X1), stepping limb hip extension moment (X2), and trunk angle at 

foot contact (X3) and hip flexion power during stepping (X4) together accounted for 69% of 

the variance in MRLA (Y) (SEE = 0.03). The corresponding regression coefficients (A1–A5) 

were: 0.410, -0.189, -0.220, 0.226, 0.106.  
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Table 3.1 Descriptive statistics and coefficient of determination (R2) of isometric strength 
variables and step recovery variables for participants in the lowest, middle and highest tertiles 
of MRLA. 

Lowest tertile, 

Mean ± SD 

Middle tertile, 

Mean ± SD 

Highest tertile, 

Mean ± SD R2 
 

Isometric strength (Nm/kg) 
Ankle Dorsiflexion 0.38±0.02 0.38±0.02 0.44±0.01* 0.13 
Ankle Plantarflexion 0.84±0.08 0.98±0.07 1.16±0.07* 0.18 
Knee Flexion 0.88±0.04 0.94±0.04 1.05±0.04* 0.16 
Knee Extension 0.91±0.06 1.04±0.06 1.21±0.06* 0.17 
Hip Flexion 0.92±0.06 1.01±0.06 1.19±0.05* 0.19 
Hip Extension 1.31±0.06 1.38±0.06 1.57±0.06* 0.17 
Hip Abduction 0.44±0.03 0.45±0.03 0.51±0.03 # 

Kinematics 
Step length (m/LL) 0.34±0.01 0.40±0.01 0.47±0.01* 0.59 
Step time (s) 0.47±0.01 0.46±0.01 0.45±0.00* 0.08 
Trunk angle at toe off (°) 78.7±1.2 73.2±1.2 67.6±1.2* 0.26 
Trunk angle at foot contact (°) 77.7±1.4 69.8±1.4 60.3±1.3* 0.44 
Trunk angular velocity at toe off (°/sec) 1.1±0.2 0.7±0.2 0.5±0.2* 0.04 
Trunk angular velocity at foot contact (°/sec) 1.4±0.2 0.8±0.23 0.8±0.2* 0.03 

Peak step limb joint moment (Nm/kg) 
Ankle Flexion 0.05±0.07 0.13±0.07 0.19±0.07* 0.00 
Ankle Extension -0.03±0.01 -0.04±0.01 -0.07±0.01* 0.03 
Knee Flexion 0.68±0.06 0.81±0.06 1.10±0.05* 0.36 
Knee Extension -0.42±0.07 -0.55±0.07 -0.66±0.07* 0.03 
Hip Flexion 0.63±0.03 0.73±0.03 0.90±0.03* 0.34 
Hip Extension -1.14±0.06 -1.39±0.06 -1.69±0.06* 0.42 
Hip Abduction -0.42±0.05 -0.45±0.05 -0.47±0.05* 0.00 

Peak stance limb joint moment (Nm/kg) 
Ankle Flexion -0.55±0.20 -0.53±0.17 -0.35±0.15* 0.16 
Ankle Extension -0.86±0.19 -0.86±0.18 -0.91±0.28 # 
Knee Flexion 0.53±0.25 0.54±0.27 0.52±0.28 # 
Knee Extension 0.00±0.23 0.00±0.24 0.2±0.18 # 
Hip Flexion 0.48±0.30 0.59±0.37 0.51±0.26 # 
Hip Extension -0.25±0.33 -0.20±0.34 -0.19±0.06 # 
Hip Abduction -0.58±0.25 -0.52±0.19 -0.58±0.22 # 

Peak power stepping limb (W/kg) 
A1 0.09±0.06 0.11±0.06 0.26±0.05* 0.01 
A2 -2.86±0.31 -3.13±0.30 -4.35±0.29* 0.14 
K1 -1.71±0.35 -2.32±0.34 -3.18±0.33* 0.05 
K2 1.09±0.29 2.01±0.29 3.17±0.28* 0.25 
K3 -5.71±0.61 -8.16±0.60 -14.82±0.58* 0.61 
H1 3.53±0.32 5.19±0.32 7.16±0.31* 0.52 
H2 2.36±0.54 4.09±0.54 5.91±0.52* 0.26 

* = p<0.01, # = R2 not calculated because no between tertile difference was found
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Figure 3.2 Scatterplots of individual data (n = 117) for the isometric strength measured in hip 
flexion (A), knee extension (B), ankle dorsiflexion (C) and ankle plantarflexion (D). The 
regression line for each variable is plotted as a solid line accompanied by a dashed line 
representing the 95% confidence limits. The two horizontal lines represent the boundary of 
the highest and lowest tertile groups as determined by MRLA. 

 

 

Figure 3.3 Scatterplots of individual data (n = 117) for normalised step length (A), step time 
(B) and the trunk angle at foot contact (B). The regression line for each variable is plotted as 
a solid line accompanied by a dashed line representing the 95% confidence limits. The two 
horizontal lines represent the boundary of the highest and lowest tertile groups as determined 
by MRLA.  
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Figure 3.4 Scatterplots of individual data (n = 117) for peak joint moments during stepping 
measured in hip extension (A) and hip flexion (B), knee joint extension (C) plus peak 
concentric joint power bursts observed at the hip joint (D) and knee joint (E) and the peak 
eccentric power burst observed at the knee joint ( F). The regression line for each variable is 
plotted as a solid line accompanied by a dashed line representing the 95% confidence limits. 
The two horizontal lines represent the boundary of the highest and lowest tertile groups as 
determined by MRLA. 

 

3.4 Discussion 

This study investigated the extent to which lower limb strength and selected biomechanical 

measures associated with balance recovery differed between individuals with a high and low 

MRLA, and predicted MRLA in a sample of 117 community dwelling older adults. 

Consistent with our hypothesis, step length and time, trunk kinematics and stepping limb 

joint moments and powers associated with balance recovery were more predictive of MRLA 

than lower limb strength. Balance recovery measures previously shown to predict successful 
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recovery from a given lean magnitude (Carty et al. 2012a; Carty et al. 2011) and to 

discriminate fallers from non-fallers when loss of balance was induced on a treadmill 

(Crenshaw et al. 2012; Grabiner et al. 2012), were also found to predict the maximum angle 

from which an individual could recover balance with a single step. Although not a specified 

predictor in the current study, the finding that only 18% of participants in the highest tertile 

for MRLA were women is in agreement with Wojcik et al. (1999) and Carty et al (2012b) 

who reported that older women compared to older men have a reduced capacity to recover 

from a forward loss of balance as lean magnitude is systematically increased.  

Our finding of significantly lower isometric strength in the lowest versus highest MRLA 

tertile groups is in agreement with previous reports that lower limb strength can differentiate 

individuals with large versus small MRLA (Grabiner et al. 2005), single versus multiple 

steppers when released from a given forward lean angle (Carty et al. 2012a), younger from 

older participants (Karamanidis et al. 2007; Karamanidis et al. 2008), and fallers from non-

fallers when loss of balance was induced on a treadmill (Pijnappels et al. 2008a). However 

the two strongest individual joint specific strength measures, ankle plantarflexion and hip 

flexion strength, accounted for only 18% and 19% of the variance in MRLA respectively. 

Taken together with the findings of Grabiner et al., (2005), who reported that 30% of the 

shared variance of MRLA is explained by ankle isokinetic dorsiflexion strength, findings of 

the present study suggest that isometric muscular strength can only be considered at best a 

moderate predictor of MRLA. 

Participants in the highest tertile for MRLA took significantly longer and quicker steps, and 

had lower trunk flexion angles and angular velocities at the time of foot contact compared to 

those in the lowest tertile. These findings confirm the previously reported importance of 

producing a sufficiently long initial recovery step long (Carty et al. 2011; Grabiner et al. 
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2012; Karamanidis et al. 2008; Schillings et al. 2005) and controlling trunk posture during the 

recovery step (Bieryla et al. 2007; Carty et al. 2011; Crenshaw et al. 2013; Crenshaw et al. 

2012). In the current study step length and the trunk angle at foot contact, in particular, were 

found to be the two strongest kinematic predictors of MRLA, and accounted for 59% and 

44% of the variance in MRLA respectively.  Grabiner et al. (2012) previously reported that 

step length and trunk flexion ankle correctly classified 92.3% of falls and recoveries with 

sensitivity and specificity of 0.67 and 0.98. The present study extends these findings by 

showing that step length and trunk angle are also strong predictors of maximal balance 

recovery performance. Because both step length and trunk angle at foot contact were also 

reported to be the principal mechanisms by which balance recovery is improved with 

repeated exposure to the task (Barrett et al. 2012; Carty et al. 2012c) training programs that 

target these variables may be efficacious in improving balance recovery performance by 

improving physical capabilities beneficial to recovery from real word loss of balance. In 

addition to step length and trunk posture, results from treadmill and overground walking 

protocols have also shown reaction time (Owings et al. 2001) and trunk flexion velocity 

(Crenshaw et al. 2012; Owings et al. 2001) to be associated with successful recovery. In 

slight contrast to our findings Pavol et al. (2001) found that walking speed and trunk control 

rather than a deficient stepping responses (i.e. short step length) were associated with a fall 

following a controlled trip during overground walking. It is difficult to directly compare the 

results of our study to these studies given the tether release method involves release from a 

static lean angle and the CoM has no initial velocity whereas treadmill and overground 

walking protocols initially involve an upright posture and in the case of overground walking, 

varying velocity of the CoM. Additionally the criterion for success in this study was a single 

step recovery and our participants were explicitly instructed to recover balance with a single 

step.  These factors may influence the strategy used to recover following a perturbation. 
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While these differences have previously been suggested to limit the ecological validity of the 

tether release method the finding that single step balance recovery performance was a 

significant predictor of a future fall (Carty et al. 2015) indicates that the tether release method 

has good construct validity relative to falls. 

Previous reports of the importance of generating sufficient joint moments and powers in the 

stepping leg (Carty et al. 2012b; Madigan 2006) during balance recovery were confirmed by 

the findings of the present study, with all peak joint moments and powers being lower for 

lowest versus highest tertile for MRLA. Whereas the aforementioned measures of muscular 

strength accounted for up to 19% of the variance in MRLA, peak hip joint extension and hip 

flexion moments accounted for 42% and 34% of the variance in MRLA respectively and 

concentric hip flexion power (H1) and eccentric knee flexion power (K3) accounted for 52% 

and 61% of the variance in MRLA respectively. The greater variance explained by power 

compared to strength and joint moments measures is likely because power is a compound 

variable that reflects the moment and angular velocity, both of which are important for 

achieving a sufficiently large and rapid step. Our results are also supportive of Foldvari et al., 

(2000) who demonstrated that lower limb joint power produced during a leg press exercise 

test was a stronger predictor of self-reported functional status than muscular strength, 

muscular endurance and cardiovascular fitness.  

When all individual predictor variables were considered together, normalised step length, 

peak hip extension moment, trunk flexion angle at foot contact and peak hip flexion power 

during stepping accounted for 69% of the shared variance in MRLA. Normalised step length 

alone accounted for 59% of the variance in MRLA which suggests that the capacity to take a 

sufficiently long step is critical to recovering from a large initial lean magnitude. The 

additional variance in MRLA explained by the remaining terms further suggests that 
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successful recovery is a whole body control task that requires adequate trunk control and 

generation of adequate lower limb moments and powers to produce a long and rapid step. It 

therefore follows that stepping exercise that specifically target these variables as a component 

of exercise-based fall prevention programs may improve balance recovery by stepping and 

thereby contribute to fall prevention amongst older adults. This view is consistent with 

studies that demonstrate efficacy of perturbation-based training programs for fall prevention 

(Grabiner et al. 2014; Pai et al. 2014). The main rationale for these programs is that they may 

be more specific to real world loss of balance compared to traditional balance training, which 

typically consists of balance tasks which are performed slowly and within the normal limits 

of stability. In the future it will be of interest to investigate the causal relationship between 

neuromuscular factors such as muscle strength and muscle inhibition, and the biomechanics 

of step recovery through the use of neuromusculoskeletal models (e. g. (Graham et al. 2014)).  

3.5 Conclusion 

This study identified that step length, trunk angle and hip and knee joint moments and powers 

in the stepping leg are important predictors of maximal balance recovery performance in 

response to forward loss of balance. Training programs that specifically target these measures 

may be effective in improving balance recovery performance and thereby contribute to fall 

prevention amongst older adults. 
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4.1 Introduction 

Older adults fall more frequently compared to their younger counterparts in part because of a 

reduced capacity to recover from loss of balance (Carty et al. 2011; Karamanidis et al. 2008; 

Thelen et al. 1997). Perhaps the most common strategy employed to avoid a fall involves 

taking a rapid step in the direction of loss of balance. Prospective studies of step recovery 

performance in older adults demonstrate stepping behaviour measured at baseline is 

predictive of real world falls experienced over the following 12-month period (Carty et al. 

2015; Hilliard et al. 2008; Mille et al. 2013). It therefore follows that a clear understanding of 

the age-related neuromuscular deficits in stepping ability are required so that targeted 

interventions to improve stepping reactions may be developed.  

Although it is well known that older adults experience particular deficits in medio-lateral 

stability (Hilliard et al. 2008; Maki et al. 2000), most studies of stepping behaviour in older 

adults to date have focused on forward loss of balance, perhaps because trips during walking 

are a common cause of loss of balance in community dwelling older adults (Berg et al. 1997; 

Lord 2007). Studies have demonstrated that successful balance recovery is achieved by 

taking a rapid and sufficiently long recovery step (Graham et al. 2015; Karamanidis et al. 

2008; Schillings et al. 2005) while simultaneously controlling the rate of forward flexion of 

the trunk (Barrett et al. 2012; Grabiner et al. 2008; Owings et al. 2001). Older adults that can 

recover from more severe balance perturbations also have greater lower extremity muscle 

strength (Carty et al. 2012a; Pijnappels et al. 2008a) and produce higher joint power (Carty et 

al. 2012b; Graham et al. 2015; Madigan 2006), and levels of muscle activation in the stepping 

limb during the recovery step (Cronin et al. 2013). While these studies provide important 

information regarding neuromuscular and biomechanical factors associated with successful 

balance recovery, little is yet known about the cause and effect relationship between muscle 

force generation and movement patterns during balance recovery.  
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Determining how the motor system contributes to the control of balance recovery 

performance is difficult because muscle forces cannot be measured directly or easily. 

Musculoskeletal models provide a framework whereby the role of muscle forces in the 

production and control of movement can be investigated (Delp et al. 2007). In particular 

muscle induced acceleration analysis (IAA) may be used to determine the extent to which any 

given muscle can accelerate any given joint or segment or the body (Zajac et al. 2002), and 

thereby uncover the coordination strategy used by the neuromuscular system to generate 

complex movements such as balance recovery by stepping. IAA has been used to describe the 

contribution of muscle forces to the support and progression of the COM during running 

(Hamner et al. 2013), normal and pathological gait (John et al. 2012; Liu et al. 2006; Steele et 

al. 2010) and stair ambulation (Lin et al. 2015). However no studies to date have examined 

the contribution of muscles to the acceleration of the whole body COM during successful 

single step recovery of balance. Such information would allow the specific muscles that 

provide vertical support and help to control the anterior-posterior and medial-lateral 

accelerations of the whole body COM to be identified and subsequently targeted in exercise-

based fall prevention programs. The purpose of this study was therefore to use IAA 

determine the muscular contributions to the acceleration of the whole body COM during 

recovery from forward loss of balance by stepping in community dwelling older adults.  

4.2 Methods 

4.2.1 Participants 

Fourteen community dwelling older adults aged 65 to 80 years (Males = 8, Female = 6, Age: 

72.0 ± 4.8 years, Weight: 82.6 ± 13.1 kg, Height: 1.62 ± 0.10 m) were recruited from the 

local community. Individuals previously diagnosed with neurological, metabolic, cardio-
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pulmonary, musculoskeletal and/or uncorrected visual impairment were excluded. Ethics 

approval was obtained from the Institutional Human Research Ethics Committee and all 

relevant ethics guidelines including provision of informed consent were followed. 

4.2.2 Experimental procedures 

The balance recovery protocol was undertaken as reported in Carty et al. (2011). Participants 

stood barefoot with their feet shoulder-width apart in an upright posture and were 

subsequently tilted forward, with their feet flat on the ground, until the required load in body 

weight (BW) was recorded on a load cell (S1W1kN, XTRAN, Australia) placed in series with 

an inextensible cable. One end of the cable was attached to a safety harness worn by the 

participant at the level of their sacrum and the other end was attached to an electric winch on 

a rigid metal frame located behind the participant. The length of the cable was adjusted until 

the required force on the cable was achieved. Care was taken to ensure the cable was aligned 

parallel with the ground and that participants kept their head, trunk and extremities aligned 

prior to cable release. The cable was released at a random time interval (2-10 s) following 

achievement of the prescribed posture and cable force (± 1%BW), through the disengagement 

of an electromagnet located in-series with the cable. Participants were instructed to relax their 

muscles while leaning and to regain balance with a single step using the stepping lower limb 

of their choice following cable release. The instruction to attempt to recover using a single 

step was reiterated prior to every trial. A second cable, instrumented with a load cell 

(S1W1kN, XTRAN, Australia), attached the safety harness to the ceiling, was used to prevent 

participants from contacting the ground in the event of a failed recovery. Centre of pressure 

location was displayed in real time on a computer monitor and was visually inspected by the 

investigator to ensure anticipatory actions (e.g., antero-posterior and medio-lateral weight 

shifting) were not evident in the period immediately prior to cable release. Following an 

initial familiarisation trial at an angle producing a force of 15%BW in the support cable 
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participants were given a brief rest before completing a single trial at 20% BW.  The overall 

mean initial lean angle at the 20% BW lean magnitude was 18.3 ± 1.9°. Specific events 

during the stepping phase of balance recovery were defined as follows: Cable release (CR) 

was identified from a 5 N drop in force measured in the horizontal restraining cable, toe off 

(TO) was identified from the first vertical motion greater than 2.5 mm of the great toe marker 

on the stepping foot (De Witt 2010), foot contact (FC) from a force in excess of 5% of the 

participants body weight recorded on the anterior force plate and the maximum knee joint 

flexion angle (KJM) from the maximum flexion angle made by the stepping leg flowing foot 

contact. Ten participants recovered with a single step while the remaining four participants 

required multiple steps to recover. Taking multiple steps was identified by previously defined 

criteria (Carty et al. 2011) as a) a second step of any kind by the stepping limb or progression 

of the non-stepping limb past the stepping foot following the initial step, b) lateral deviation 

of the lateral malleolus marker on the non-stepping foot by greater than 20% of body height 

from its position at cable release and c) if a force of greater than 20% BW was detected in the 

load cell attached to the ceiling restraint. Overall mean normalised step length was 0.79 ± 

0.14 while the trunk flexion angle at TO, FC and KJM were 37 ± 6°, 39 ± 8° and 40 ± 8° 

respectively. Of those who took multiple steps two took two or more recovery steps, one 

applied greater than 20% body weight to the overhead restraining cable and one took a 

substantial lateral step. The four multiple step recovery participants were then excluded from 

further analysis. 

Trajectories of 51 reflective markers attached to each participant (Barrett et al. 2012) were 

recorded at 200 Hz using a 10 camera, 3-dimensional motion capture system (Vicon Motion 

Systems, LA, USA). Ground reaction forces were collected simultaneously at 1 kHz using a 

split belt instrumented treadmill (Bertec Limited, Columbus, OH, USA). Participants stood 

such that that each foot was located entirely on one belt of the treadmill and care was taken to 
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instruct participants to step only to the same side as the foot was initially located. The 

treadmill belts were locked to ensure no translation could occur during trials. Marker 

trajectory and ground reaction force data were filtered using a 4th order, zero-lag, low-pass, 

Butterworth filter with a cut-off frequency of 10 Hz (Bisseling et al. 2006).  

Figure 4.1 Body configurations at cable release, toe off, foot contact and knee joint maximum 
during balance recovery for a representative participant. 

4.2.3 Computation of muscle induced accelerations 

All data analysis were performed using OpenSim (version 3.2) (Delp et al. 2007) in 

conjunction with custom Matlab scripts (Version 2014b, The Maths Works, USA). The 

model described by Hamner et al. (2010) including 17 bodies (head, torso, pelvis, and 

bilateral humerus, radius, ulna, hand, femur, tibia, foot) with 17 joints and 36 degrees of 

freedom (pelvis: 6, neck: 3, lumbar joints: 3, hip: 3, shoulder joints: 3, wrist: 2, elbow: 1, 

radioulnar: 1, knee: 1, ankle: 1) was used as generic scalable model (Figure 1). 92 Hill-type 

muscle actuators were used to actuate the lumbar and lower extremity joins while the arms 

were driven by torque actuators. The mass of the harness worn during balance recovery trials 

was added to the model as a component of the total mass of the participant. A wrap object 
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was embedded in the generic model to ensure reasonable erector spinae muscles moment 

arms during trunk flexion (Graham et al. 2014). Model scaling and inverse kinematic analysis 

(Lu et al. 1999) were performed by fitting the anatomical model to measured 3D marker 

positions with a high weighting on virtual markers which defined the joint centre of the hip, 

knee and ankle. Joint centres were estimated from experimental marker trajectories: the 

regression equations of Harrington et al. (2007) were used for the hip joint (as suggested by 

Kainz et al., 2015), while the knee and ankle joint centres were identified as the midpoints of 

the femoral condyles and the medial and lateral malleoli respectively. Residual Reduction 

Analysis (RRA) was subsequently performed to improve the dynamic consistency between 

measured ground reaction forces and the mass-acceleration product of the model (Delp et al. 

2007). The Static Optimisation tool in OpenSim was used to calculate muscle forces using a 

cost function to minimise the sum of squared muscle activations within the force-length-

velocity constraints of each muscle. Induced acceleration analysis was subsequently 

performed to determine the contribution of each muscle force to the vertical and horizontal 

accelerations of the whole body COM. For reporting purposes muscle actuators were grouped 

as follows: Erector Spinae, Gluteus Maximus, Iliopsoas (psoas and iliacus), Rectus Femoris, 

Hip Abductors (gluteus medius and minimus), Vasti (vastus lateralis, intermedius and 

medius), Hamstrings (biceps femoris, semimembranosus and semitendonosus), Tibialis 

Anterior, Gastrocnemius (medial and lateral gastrocnemius) and Soleus. All analysis were 

conducted over 3 phases of the balance recovery task: cable release to toe off (CR-TO); toe 

off to foot contact (TO-FC); and foot contact to the maximum knee flexion angle following 

foot contact (FC-KJM). The mean durations of each phase were 0.25 ± 0.05 sec, 0.21 ± 0.02 

sec and 0.24 ± 0.04 sec respectively.  
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4.2.4 Model evaluation 

Models were evaluated according to the recommendations of Hicks et al., (2015) to ensure 

possible sources of error were minimised to within recommended tolerances. Scaled model 

dimensions, marker tracking errors, the influence of RRA on joint kinematics, trunk COM 

and residual forces and moments were evaluated across all simulations. Scale factors for 

pelvic width, depth and height were 1.07 ± 0.06, 1.12 ± 0.05 and 1.09 ± 0.04 respectively. 

Mean peak RMS errors for scaling and tracking were 0.018 ± 0.003 m and 0.021± 0.015 m 

respectively. Peak RMS error between residual reduced kinematics and experimental 

kinematics for RRA were below 2.5° across all DOF in all simulations (Figure A1.1). Mean 

residual pelvic forces and moments were all below 5% BW and 0.05 Nm/kg respectively 

(Figure A1.2). The mean peak error between ground reaction forces and total contribution 

muscle forces was less than 5% body weight across all simulations (Figure 4.2). Passive 

muscle forces were found to be negligible (i.e. muscles tended to operate on the ascending 

limb and plateau region of the force-length relation). 
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Figure 4.2 Vector plot representing the difference between experimentally measured ground 
reaction force acceleration and the contribution of all muscles to the acceleration of the 
COM. Each line represents the resultant vector of the vertical and anterior-posterior 
acceleration caused by the ground reaction force or the sum of all muscle forces a 
respectively. X and Y axis are scaled equally. 

4.3 Results 

4.3.1 Muscle contributions to the vertical COM acceleration 

The COM experienced a net vertical acceleration throughout balance recovery which was 

highest following FC (Figure 4.3A). The stance side Gastrocnemius contributed 41 ± 2%, 45 

± 10%, and 8 ± 5% of the mean vertical COM acceleration during CR-TO, TO-FC and FC-

KJM respectively, and the stance side Soleus contributed 10 ± 4%, 25 ± 11%, and 23 ± 3% of 

the mean vertical COM acceleration during CR-TO, TO-FC and FC-KJM respectively 

(Figure 4.3B). The stepping side Gastrocnemius contributed 35 ± 3%, and 15 ± 4%, and 8 ± 

2% of the mean vertical COM acceleration during CR-TO, TO-FC and FC-KJM respectively, 
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and the stepping side Soleus contributed 19 ± 6%, 19 ± 16%, and 58 ± 10% of the mean 

vertical COM acceleration during CR-TO, TO-FC and FC-KJM respectively (Figure 4.3C No 

other muscles contributed more than 5% to the vertical acceleration of the COM. 

4.3.2 Muscle contributions to anterior-posterior COM acceleration 

The COM accelerated forwards from CR to FC, and then experienced a rapid deceleration 

following FC (Figure 4.3D). The main muscles responsible for the anterior acceleration of the 

COM were the Gastrocnemius and Hamstrings of both limbs. The stance side Gastrocnemius 

contributed 23 ± 3% and 42 ± 11% of the mean anterior COM acceleration from CR to TO, 

and TO to FC respectively, and the stance side Hamstrings contributed 23 ± 3% and 21 ± 6% 

of the mean anterior COM acceleration from CR to TO, and TO to FC respectively (Figure 

4.3E). The stepping side Hamstrings contributed 30 ± 6% and 31 ± 21% of the mean anterior 

COM acceleration from CR to TO, and TO to FC respectively, and the stepping side 

Gastrocnemius contributed 12 ± 4% and 25 ± 6% of the mean anterior COM acceleration 

from CR to TO, and TO to FC respectively (Figure 4.3F). The stepping leg Soleus and Vasti 

accounted for 91 ± 25% and 112 ± 30% of the mean posterior COM acceleration from FC to 

KJM respectively, and opposed the posterior acceleration generated primarily by the 

Hamstring muscles of the stepping leg (Figure 4.3F).  
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Figure 4.3 (A) Instantaneous and mean vertical, (D) anterior-posterior and (G) medial-lateral 
COM accelerations during balance recovery for the period from cable release to toe-off 
(CR-TO, indicated by white bars), toe-off to foot contact (TO-FC, indicated by grey 
bars), and foot contact to knee joint maximum (FC-KJM, indicated by black bars). 
Plots B,E and H represent mean muscle contributions from stance side while plots C,F and I 
represent mean muscle contributions from stepping side muscles. Muscles presented are: 
Vasti (V), Gluteus Maximus (GMX), Hip Abductors (HAB), Hip Adductors (HAD), 
Hamstrings (HAM), Iliopsoas (IP) and Gastrocnemius (GAS) and Soleus (SOL). Error bars 
represent one standard deviation.  

4.3.3 Muscle contributions to medial-lateral COM acceleration 

The COM experienced a mean acceleration towards the stepping limb from CR to FC and 

towards the stance limb from FC to KJM (Figure 4.3G). Throughout each phase of balance 

recovery the stance leg Hip Abductors accelerated the COM towards the stepping side 

(Figure 4.3H) while the stepping side Hip Abductors simultaneously accelerated the COM 

towards the stance side (Figure 4.3I).  

V V

V V

V V

FC-KJM 
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Figure 4.4 Vector plot representing contribution of the Gastrocnemius (GAS) and Soleus 
(SOL) Hamstrings (HAM), Vasti (V), muscles to the acceleration of the COM. Each line 
represents the resultant vector of the vertical and anterior-posterior acceleration caused by the 
muscle forces a respectively. X and Y axis are scaled equally. 

4.4 Discussion 

This study demonstrated that the muscular control of recovery from forward loss of balance 

by stepping is achieved through interplay amongst key lower limb muscles which accelerate 

the COM forwards and towards the stepping limb during the stepping action, and cause a 

rapid deceleration of forward COM motion and acceleration of the COM towards the stance 

v
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limb following touchdown of the stepping limb. The Gastrocnemius and Hamstrings on both 

limbs were the main muscles responsible for forward progression in the period from cable 

release to touchdown of the stepping leg. Following touchdown, deceleration of the COM 

was produced almost exclusively by the Soleus and Vasti muscles of the stepping leg. The net 

medial-lateral accelerations of the COM throughout balance recovery were relatively small 

compared to the other directions and were produced by the opposing actions of the stance and 

stepping leg Hip Abductor muscles. Gastrocnemius and Soleus muscles on the stance and 

stepping limbs were the largest contributors to the maintenance of support throughout balance 

recovery. Other muscles including the bilateral Erector Spinae, Gluteus Maximus, Iliopsoas, 

the Hip Adductors and Tibialis Anterior played a minimal role in accelerating the COM 

throughout recovery.  

The stance and stepping leg Hamstrings and Gastrocnemius muscles simultaneously 

accelerated the COM forwards throughout each phase of balance recovery and thereby 

opposed the braking action of the stepping leg Vasti and Soleus following foot contact. 

Although the forward-directed COM accelerations generated by the bilateral Hamstrings and 

Gastrocnemius might be interpreted as counterproductive to balance recovery, they are 

necessary for controlling the stepping action (Graham et al. 2014), and highlight the 

complexity of muscle coordination during balance recovery. The large contribution of the 

Vasti muscles to deceleration of the COM during balance recovery is consistent with findings 

for the early stance phase of walking (Liu et al. 2006) and running (Hamner et al. 2013), 

where Vasti were reported to be the main muscle responsible for the deceleration experienced 

by the COM. However some differences were noted in the secondary muscles responsible for 

decelerating the COM in balance recovery compared to the early stance phase of walking and 

running. For example the Rectus Femoris, Tibialis Anterior and gluteus maximus contributed 

to deceleration of the centre of mass during early stance in running, whereas Soleus 
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contributed to deceleration of the COM following foot contact in balance recovery. These 

differences are likely related to the much larger amount of trunk flexion that occurs during 

balance recovery (Crenshaw et al. 2012; Grabiner et al. 2008; Owings et al. 2001) compared 

to walking and running where the trunk remains relatively upright. A longer recovery step 

and a more upright trunk have been consistently associated with greater ability to recover 

from forward loss of balance (Carty et al. 2012c; Graham et al. 2015). In future it will 

therefore be of benefit to investigate muscle contributions to COM accelerations during 

balance recovery in older adults with a range of balance recovery abilities. Given that there is 

evidence that older adults can rapidly improve their balance recovery ability with repeated 

exposure to the task (Barrett et al. 2012; Carty et al. 2012c), it would also be of benefit to 

understand how these adaptations occur at the level of individual muscle contributions. 

The Hip Abductors accelerated the COM in the opposite direction from their anatomical 

location throughout balance recovery (i.e. the stepping leg Hip Abductors accelerated the 

COM towards the stance side and vice-versa). Our results are in agreement with those 

reported for gait (John et al. 2012) and stair ascent and descent (Lin et al. 2015), which 

similarly indicted that ML accelerations of the COM are generated primarily through the Hip 

Abductor muscles. Although antagonistic contributions from the stepping and stance side Hip 

Abductors throughout balance recovery may appear inefficient, the greater metabolic energy 

expenditure is likely to be small (Wezenberg et al. 2011) and of limited significance in the 

context of a balance recovery task.  Poor Hip Abductor function may contribute to the deficits 

in medial-lateral stability reported in older adults (Mille et al. 2013) and could therefore be 

important muscles to target in exercise-based fall prevention training. This recommendation 

is further supported by the finding that large relative muscle forces have been reported in the 

Hip Abductors during balance recovery (Graham et al. 2014), and suggests that Hip Abductor 

muscle weakness may be a limiting factor in successful balance recovery.  
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The vertical COM acceleration exceeded gravitational acceleration during the two periods of 

double support (i.e. from cable release to toe-off and following foot contact), and was below 

gravitational acceleration for the majority of the period of single leg stance from toe-off to 

foot contact. Gastrocnemius muscles of the stance and stepping limbs were primarily 

responsible for the provision of support of the COM from cable release to toe-off, with lesser 

contributions from the stance and stepping limb soleus. However following foot contact, the 

stepping limb Soleus became the dominant contributor to support with some lesser assistance 

from the Soleus muscle on the non-stepping (stance) leg. These findings are consistent with 

studies that demonstrate Soleus is the principal muscular source of support in the late stance 

phase of walking (Liu et al. 2006) and stance phase of running (Hamner et al. 2013).The 

smaller contribution of the Gastrocnemius to support following foot contact is likely due to 

its role as a knee flexor, which reduces its capacity to accelerate the COM vertically (Hamner 

et al. 2013).  

The results of this study should be considered with the following limitations in mind. Firstly, 

muscle force estimates and the accelerations they induce are sensitive to errors in the 

musculoskeletal geometry of the model. Errors associated with Scaling, IK and RRA were 

however kept within recommended tolerances (Hicks et al. 2015) (see figures A1.1 and 

A1.2). Secondly, muscle forces were estimated using Static Optimisation with a cost function 

that minimised muscle activation squared (Crowninshield et al. 1981) which maximizes the 

efficiency of movement. While this is likely to represent the recruitment of muscle during 

walking well it is unclear if the same is true for balance recovery. While Static Optimisation 

does not exclude contraction of antagonistic muscles the cost function used here makes it less 

likely to reflect high levels of muscle co-contraction likely in a rapid reactive response such 

as balance recovery (Martelli et al. 2011; Modenese et al. 2013).  
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4.5 Conclusion 

Complex and sometimes opposing, interactions of lower limb muscle forces are used to 

control of the COM trajectory during recovery from forward loss of balance by stepping in 

older adults. The bilateral Gastrocnemius and Soleus are primarily responsible for provision 

of vertical support, whereas the bilateral Hamstrings and Gastrocnemius accelerate the COM 

forwards throughout balance recovery and the stepping leg Vasti and Soleus decelerate the 

COM following foot contact. The stance and stepping leg Hip Abductors exert opposing 

actions on the medio-lateral acceleration of the COM throughout the task. Deficits in the 

neuromuscular control of these key muscles could adversely influence recovery and should 

therefore be considered in interventions to improve balance recovery performance. 
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5.1 Introduction 

While both young and older adults are exposed to potential loss of balance in activities of 

daily living, older adults are more likely to fall because they have a markedly reduced 

capacity to recover from loss of balance. For example studies of protective stepping 

behaviours in response to postural perturbations consistently indicate that older adults are less 

able to recover balance from the same magnitude of postural perturbation than younger adults 

(Carty et al. 2011; Karamanidis et al. 2008; Pijnappels et al. 2005b) and that the maximum 

perturbation magnitude from which older adults can recover balance is lower than for young 

adults (Carty et al. 2011; Thelen et al. 1997). The practical significance of balance recovery 

behaviour is further supported by prospective studies which demonstrate that the ability to 

recover from loss of balance with a single rapid step compared to multiple steps predicts a 

lower incidence of real world falls in older adults (Hilliard et al. 2008; Mille et al. 2013).  

Commonly reported neuro-mechanical mechanisms underlying age-related deficits in 

recovery from loss of balance by stepping include lower extremity muscle weakness (Carty et 

al. 2012a), slower reaction and step execution times (Owings et al. 2001; Schillings et al. 

2005), reduced muscle activation (Cronin et al. 2013; Pijnappels et al. 2005a) and joint power 

in the stepping limb (Carty et al., 2012b), inadequate step length (Karamanidis et al. 2008; 

Schillings et al. 2005), and less effective use of the support limb (Pijnappels et al. 2005b) and 

trunk (Barrett et al. 2012; Grabiner et al. 2008; Owings et al. 2001) for controlling forward 

motion of the centre of mass following forward loss of balance. The ability to recover from 

forward loss of balance has also been shown to be primarily governed by factors associated 

with the stepping phase of the recovery response, rather than those associated with the period 

following touchdown of the stepping leg (Arampatzis et al. 2008; Carty et al. 2011) 

Furthermore, step length and trunk flexion angle and angular velocity were reported to be 

significantly correlated with whole body dynamic stability at the instant of touchdown of the 
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stepping leg (Carty et al. 2011),  and adaptations in the length and speed of the recovery step 

and enhanced control of upper body motion (Barrett et al. 2012; Bierbaum et al. 2010; Carty 

et al. 2012c) have been identified as  mechanisms underlying improved stability following 

repeated exposure to forward loss of balance.  

While the aforementioned studies have revealed important insights into spatial-temporal, 

kinematic and joint level kinetic factors affecting successful versus unsuccessful recovery 

from forward loss of balance, the contribution of individual muscle forces to balance 

recovery by stepping remain unclear. Muscle-driven dynamics based simulations may be 

used reveal how muscles are coordinated during balance recovery, and to help explain 

differences in muscle coordination between successful and unsuccessful recovery. Because 

the mechanical effect of a muscle force acting in a multi-joint system is not restricted to the 

segment/s to which the muscle attaches (Zajac et al. 2002), the ability of older adults to 

effectively control the amplitude and rate of trunk flexion during balance recovery by 

stepping could impact upon the accelerations induced in the joints of the lower extremity. 

Evaluation of muscle forces may also provide insight into the muscular demands of balance 

recovery and help identify how close muscle groups may be working relative to their force 

generating limits. 

A commonly used criterion to evaluate balance recovery behaviour is whether an individual 

is able to recover from loss of balance with a single step, or requires multiple steps. The 

ability to recover from loss of balance using a single recovery step is of practical significance 

when space available to recover balance may be constrained, and in the case of forward loss 

of balance has been shown to depend on the ability to rapidly generate a sufficiently large 

step, primarily through recruitment of the hip flexor and knee extensor muscles, while 

simultaneously retaining adequate control of trunk motion (Arampatzis et al., 2008; Carty et 
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al. 2011; 2012b). It therefore follows that assessment of muscle contributions to lumbar 

spine, hip and knee joint accelerations during the rapid stepping response may provide 

insights into the factors that distinguish the ability to recover balance with a single step 

response compared to a multiple step response. The purpose of this study was therefore to 

determine the muscular contributions to the stepping phase of recovery from forward loss of 

balance in a group of young adults, and older adults that were able to recover balance in a 

single step, and a group of older adults that required multiple steps. It was hypothesised that 

older adults that required multiple compared to single recovery steps would exhibit altered 

patterns of muscle force production, which in turn would adversely influence the 

accelerations induced at the hip and knee joints of the stepping leg during the recovery step. 

5.2 Methods 

5.2.1 Participants 

Participants consisted of a sub-sample of 10 male older adults (Age: 70±3.9 years, Height: 

1.71±0.10 m, Mass: 80.6±10 kg) and 5 male young adults (Age: 34±2.6 years, Height: 

1.83±0.9 m, Mass: 83.9±8.8 kg) from a previous study that contained 31 older adult and 16 

younger adult participants (Carty et al. 2011). All participants had normal or corrected to 

normal vision. Individuals that reported neurological, cognitive, metabolic or musculoskeletal 

impairment were excluded. Ethics approval was obtained from the Institutional Human 

Research Ethics Committee and all relevant ethical guidelines were followed.  

5.2.2 Experimental procedures 

The balance recovery protocol was conducted as described previously (Barrett et al. 2012; 

Carty et al. 2011) and so is described only in brief here. Participants were fitted with a 

custom safety harness and then tilted into a static forward lean position until the force on a 

horizontal cable attached at one end to the safety harness at the level of the waist, and at the 
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other end to a rigid support frame located 1 m behind the participant, corresponded to 20% of 

the person’s body weight. Participants were instructed to maintain alignment between the 

head, trunk, hips and knees prior to release and to attempt to recover balance with a single 

step following cable release. No group differences were detected for the initial release angle, 

measured as the angle between the vertical axis of the global coordinate system and the line 

connecting the whole body COM and the lateral malleolus marker of the stance side leg 

(young single steppers: 18±2 deg; older single steppers: 18±2 deg; and older multiple 

steppers: 19±4 deg). Participants were released following a random time delay (2-10 s). 

Centre of pressure location and restraining cable force was displayed in real time on a 

computer monitor and was visually inspected by the investigator to ensure that anticipatory 

actions (e.g., antero-posterior and medio-lateral weight shifting) were not evident in the 

period immediately prior to cable release. An overhead safety line attached to the harness was 

used to prevent the occurrence of a fall in the event of failed recovery attempt. The criteria 

used to distinguish failed versus successful recovery strategy was: a second step of any kind 

by the stepping limb or anterior progression of the non-stepping foot past the stepping foot 

following its initial step (Arampatzis et al. 2008). As adaption in balance recovery has been 

reported following repeated exposure to the task (Barrett et al. 2012; Carty et al. 2012c), only 

the first of the four trials performed by each participant was subjected to analysis. Further, 

only the first recovery step was analysed. Single steppers were participants who used a single 

step recovery strategy for all 4 trials. Multiple steppers were participants who used a multiple 

step recovery strategy for all 4 trials. Young participants were exclusively single steppers 

(YSS, n=5), older participants were either single steppers (OSS, n=5) or multiple steppers 

(OMS, n=5). There were no significant differences in height, mass or body mass index 

between YSS and OSS, or between OSS and OMS (All p’s >0.05). 
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Trajectories of 51 reflective markers attached to each participant (Barrett et al. 2012) were 

recorded at 200 Hz using a 10 camera, 3-dimensional motion capture system (Vicon Motion 

Systems, LA, USA). Ground reaction forces were collected simultaneously at 1 kHz using 

two 900 mm x 600 mm piezoelectric force platforms (Kistler Instruments, USA). One plate 

was located beneath the two feet in the initial forward lean position and the second plate was 

located 800mm (center of plate one to center of plate two) anterior to the first plate in order to 

record ground reaction forces associated with touchdown of the stepping foot.  

Specific events during the stepping phase of balance recovery were defined as follows. Cable 

release (CR) was identified from a 5 N drop in force measured in the horizontal restraining 

cable, toe off (TO) was identified from the first vertical motion greater than 2.5mm of the 

great toe marker on the stepping foot (De Witt 2010) and foot contact (FC) from a force in 

excess of 5 N recorded on the anterior force plate. All data analysis were performed using 

OpenSim (version 2.4.0) (Delp et al. 2007) in conjunction with custom Matlab scripts 

(Version 7.14.0, The Maths Works, USA). A scalable anatomical model consisting of 17 

bodies, 17 joints, 94 muscle actuators and 36 degrees-of-freedom (Hamner et al. 2010) was 

used as the initial generic model for analysis. A wrap object was embedded in the generic 

model to maintain a realistic erector spinae muscles moment arms during trunk flexion (see 

Supplemental Figure 1). Model scaling and inverse kinematic analysis were performed by 

fitting the anatomical model to measured 3D marker positions with a high weighting on 

virtual markers which defined the functional joint centre of the hip, knee and ankle. 

Functional methods were used to define the hip and knee joint center according to Besier et 

al., (2003). The ankle joint center was defined by the midpoint between medial and lateral 

malleoli. Residual Reduction Analysis (RRA) was subsequently performed to improve the 

dynamic consistency between measured ground reaction forces and the mass-acceleration 

product of the model (Delp et al. 2007). RRA was performed with the position of the rear 
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(non-stepping) foot constrained to prevent displacement of the foot with respect to the 

measured centre of pressure. Rear foot constraint was achieved by prescribing the coordinates 

of the model markers of the forefoot to match the corresponding measured experimental 

marker coordinates (Donnelly et al. 2012). Mean peak residual moments and forces during 

the stepping phase (TO to FC) following RRA were Mx = 1.0±0.5 Nm, My = 1.9±0.8 Nm, 

Mz = 2.3±1.1 Nm and Fx = 0.5±0.2 N, Fy = 1.8±0.7 N, Fz = 0.3±0.1 N. The effect of RRA 

on the generalised coordinates was also small (Mean RMS error = 0.4±0.6 deg). The 

contribution to total force by reserve actuators was small with mean peak reserve actuator 

forces for all participants across all degrees of freedom less than 0.03±0.00 N. Passive muscle 

forces were also checked for each simulation and found to be negligible (i.e. muscles tended 

to operate on the ascending limb and plateau region of the force-length relation). 	

Muscle forces were computed by minimising the sum of squared muscle activations within 

the force-length-velocity constraints of each muscle. All muscle actuator forces were 

expressed relative to maximum isometric force. Induced acceleration analysis was 

subsequently performed to determine the contribution of each muscle force to the angular 

accelerations experienced in the sagittal plane by the lumbar spine joint (defined as the joint 

between L5 and S1), the hip joint and knee joint of the stepping leg using a pseudo-inverse 

method (Dorn et al. 2012; Lin et al. 2011). Muscle force and induced acceleration analysis 

were performed for the period from toe off to foot contact of the stepping leg. For reporting 

purposes muscle actuators were grouped as follows: Erector Spinae (ES), Gluteus Maximus 

(GMX), Iliopsoas (IP – psoas and iliacus), Rectus Femoris (RF), Hip Abductors (HAB – 

gluteus medius and minimus), Vastus Femoris (VAS – vastus lateralis, intermedius and 

medius), Hamstrings (HAM – biceps femoris, semi-membranosus and semitendonosus) and  

Gastrocnemius (GAS – medial and lateral gastrocnemius) and Soleus (SOL). 
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Figure 5.1 Body configurations at cable release, toe off, mid swing and foot contact for a 
representative young single stepper (A), older single stepper (B) and older multiple stepper 
(C). Corresponding AVI video files of balance recovery for these participants are provided as 
supplementary data. 

 

5.2.3 Statistical Analysis 

Analysis of Variance (ANOVA) was used to compare YSS versus OSS, and OSS versus 

OMS on step length, step time, joint angles at 4 events (cable release, toe off, mid swing and 

foot contact), peak three-dimensional ground reaction forces (anterior-posterior, medial-

lateral and vertical), mean muscle forces and mean muscle induced accelerations at the trunk, 

and swing leg hip and knee joints during the recovery step. Statistical analysis was performed 

using the Statistical Package for the Social Sciences (Version 17, SPSS, USA) and 

significance was accepted for p<0.05. Effect sizes were reported as Cohen’s d and 



83 

corresponded to a small (d = 0.2-0.49), moderate (d = 0.5-0.79) or large effect (d > 0.8) 

(Cohen 1988).  

5.3 Results 

OMS used a significantly smaller mean step length (F=7.61, p=0.03, d=0.30) and step time 

(F=6.21, p= 0.05, d=1.34) relative to OSS and also adopted a significantly smaller trunk 

segment angle measured from the right hand horizontal at toe off (F=5.91, p=0.05, d=1.57), 

mid swing (F=11.39, p=0.02, d=1.90), and foot contact (F=9.82, p=0.02, d=1.52) compared 

to OSS (See Figure 5.1 for representative kinematic data and table 5.1 for group summary 

data). OMS also tended to exert larger mean peak anterior-posterior ground reaction force 

compared to OSS, although this difference only approached statistical significance (F=4.75, 

p=0.07, d=2.87). No significant differences were found between YSS and OSS in any 

kinematic or kinetic dependent variable. 

The largest normalised muscle forces from toe off to foot contact were generated by the 

stance side Hip Abductors (Figure 5.2). OMS produced significantly higher mean Hamstring 

muscles forces on the stance side than OSS (F=9.50, p=0.02, d=1.35). OMS also tended to 

produce higher mean Erector Spinae muscle forces on the stance side than OSS (F=4.66, 

p=0.07, d=2.24). No significant differences in muscle force production were found between 

YSS and OSS. 
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Table 5.1 Spatial-temporal, kinematic characteristics and peak ground reaction forces of 
young single steppers (YSS), older single steppers (OSS) and older multiple steppers (OMS) 
during the stepping phase of recovery from forward loss of balance. Trunk segment angles 
were relative to the right hand horizontal. Full joint hip and knee extension were defined as 0 
degrees and flexion angles were defined as positive. Data are mean ± one standard deviation. 
The asterisk (*) indicates a significant difference between OMS and OSS. Statistical 
significance was accepted at p < 0.05. 

 YSS OSS OMS 

Step Length (m) 0.66±0.01 0.65±0.8 0.48±0.09* 

Step Time (sec) 0.19±0.02 0.20±0.01 0.17±0.03* 

Angle at cable release (deg)    

Trunk Segment 77±4 75±3 70±6 

Hip Joint -15±5 -1±7 7±4 

Knee Joint 8±7 7±7 5±17 

Angle at toe off (deg)    

Trunk Segment 76±5 76±2 69±6* 

Hip Joint 8±2 21±12 20±13 

Knee Joint 41±1 42±5 36±2 

Angle at mid swing (deg)    

Trunk Segment 72±6 74±4 62±8* 

Hip Joint 47±3 52±13 41±3 

Knee Joint 72±7 77±2 67±4 

Angle at foot contact (deg)    

Trunk Segment 71±5 73±5 61±10* 

Hip Joint 51±6 54±11 44±33 

Knee Joint 31±6 30±8 37±7 

Peak ground reaction force (BW)    

Anterior-posterior 0.18±0.07 0.15±0.05 0.28±0.12 

Medio-lateral 0.12±0.04 0.10±0.25 0.08±0.04 

Vertical 0.81±0.29 0.72±0.15 0.80±0.25 
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Muscle induced accelerations for representative YSS, OSS and OMS participants are 

displayed in figure 5.3. The most pronounced differences between the representative 

participants were that the Erector Spinae and stance side Hamstrings of OMS induced greater 

lumbar spine joint, hip joint and knee joint accelerations than for the YSS and OSS. The 

induced extension accelerations produced by individual muscles at the hip and knee were also 

correspondingly larger for the OMS. No significant differences in muscle induced joint 

accelerations were found between YSS and OSS. 

 

 

Figure 5.2 Mean muscle forces expressed as a proportion of maximal isometric force 
produced by the stance side muscles (A) and stepping side muscles (B) during the stepping 
phase of the balance recovery. Muscles presented are: Erector Spinae (ES), Gluteus Maximus 
(GMX), Iliopsoas (IP), Rectus Femoris (RF), Hip Abductors (HAB), Vastus Femoris (VAS), 
Hamstrings (HAM) and Plantar Flexors (PF). Error bars represent one standard deviation. 
Asterisk (*) indicates significant difference between OMS and OSS (p < 0.05). 
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Mean accelerations induced by stance and stepping side muscles at the lumbar spine joint and 

stepping leg hip joint and knee joint over the period from toe off to foot contact for each 

group are displayed in Figure 5.4. For all groups the near zero mean lumbar spine joint 

acceleration was primarily produced by the opposing effects of the Erector Spinae 

(bilaterally) and stepping side Iliopsoas which accelerated the lumbar spine into extension, 

and the stance side Hip Abductors and stepping side Hamstrings which accelerated the hip 

into flexion (Figure 5.4A). The mean hip joint extension acceleration of all groups was 

primarily produced by the stance side Hip Abductors but partially opposed by flexion 

accelerations induced by the stance side Iliopsoas and Erector Spinae (bilaterally) (Figure 

5.4B). The mean knee joint extension acceleration of all groups was primarily produced by 

the stance side Hip Abductors and stepping side Vastus Femoris but partially opposed by 

flexion accelerations induced by the stance side Iliopsoas (Figure 5.4C). For all groups the 

largest induced accelerations were generated by muscles on the stance limb.  

Induced accelerations produced by the stance side Hamstring muscle were significantly 

higher at the lumbar spine joint for OMS compared to OSS (F=9.02, p=0.02, d=1.54), and hip 

joint for OMS compared to OSS (F=9.55, p=0.02, d=1.59). Induced accelerations produced 

by the Erector Spinae of the stance leg tended to be larger at the lumbar spine joint (F=4.11, 

p=0.08, d=0.88) and hip joint (F=4.13, p=0.08, d=2.25) for OMS compared to OSS, however 

despite the large effect sizes, these differences only approached statistically significance. 
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Figure 5.3 Induced accelerations at the lumbar spine joint, stepping side hip and knee joints 
for a representative young single stepper (A), an older single stepper (B) and an older 
multiple stepper (C) produced by key muscle groups on the stance and stepping side during 
the stepping phase of balance recovery. Muscles presented are: Erector Spinae from the 
stepping side (ESstep) and from the stance side (ESstance), the stance side Iliopsoas 
(IPstance), the stance side Hip Abductors (HABstance), the stepping side Vastus Femoris 
(VASstep), the stance side Hamstrings (HAMstance) and the stance side Gastrocnemius 
(GASstance) and Soleus (SOLstance). The net joint acceleration (JT) is also displayed. 
Labelled events are toe off (TO), mid swing (MS) and foot contact (FC). Positive values 
represent flexion acceleration.  
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Figure 5.4 Mean contributions from stance and stepping side muscles  to joint acceleration at 
the lumbar spine joint (A), stepping side hip joint (B), and stepping side knee joint (C) during 
the stepping phase of balance recovery by group. Muscles presented are: Erector Spinae (ES), 
Gluteus Maximus (GMX), Iliopsoas (IP), Rectus Femoris (RF), Hip Abductors (HAB), 
Vastus Femoris (VAS), Hamstrings (HAM), Gastrocnemius (GAS) and Soleus (SOL).  The 
acceleration induced by gravity (GV), centrifugal force (CF) and the net joint acceleration 
(JT) are also displayed. Positive values represent flexion acceleration. Error bars represent 
one standard deviation. Asterisk (*) indicates significant difference between OMS and OSS 
(p < 0.05). 
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5.4 Discussion 

We have described the muscular contributions to the step response recovery from forward 

loss of balance in a group of young and older adults that were able to recover from forward 

loss of balance with a single rapid step, and a group of older adults that required multiple 

steps. We initially demonstrated that the accelerations of the lumbar spine joint and the hip 

joint and knee joint in the stepping leg during recovery arise due to the complex interaction of 

trunk muscles together with muscles on the stance and stepping leg sides of the body for the 

young group. Findings also supported our hypotheses that the muscle contributions to lumbar 

spine and hip and knee joints accelerations in the stepping leg during the recovery step would 

differ between older adults that require multiple versus single steps to recover balance. In 

OMS there was a tendency for the accelerations induced by the majority of stance side 

muscles at the lumbar spine and hip joint to be higher in OMS compared to OSS. However 

the net lumbar spine and hip joint accelerations remained similar between OMS and OSS, 

which we interpreted to indicate a less efficient, as well as less effective motor control 

strategy in OMS.   

No significant differences in recovery kinematics, ground reaction forces, muscle force 

production or induced accelerations were identified between YSS and OSS. In both groups 

the largest normalised muscle forces during recovery were for the Hip Abductors on the 

stance leg, and were in general higher for stance compared to swing leg muscles. The Hip 

Abductor muscles underwent rapid eccentric contractions in the range of 0.4 to 1.0 optimum 

fibre lengths per second at near maximal activation which gave rise to muscles forces in the 

order of 1.5 times their peak isometric force capacity. These findings add to the current 

understanding of muscular contributions to balance recovery (Barrett et al. 2012; Carty et al. 

2012b; Carty et al. 2011; Grabiner et al. 2005; Karamanidis et al. 2008; Madigan et al. 2005b; 

Pijnappels et al. 2005b; Schillings et al. 2005) by demonstrating that the demands of balance 
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recovery by stepping are high for specific stance leg muscles and the muscles that control the 

hip in the frontal plane. Muscle weakness of the Hip Abductors in particular could be a factor 

limiting the ability to recover from forward loss of balance. 

The induced acceleration analysis also revealed stance side muscles exerted a major influence 

on the accelerations experienced by joints on the stepping side. For example the main muscle 

group responsible for accelerating the hip and knee in extension was the stance leg Hip 

Abductors. Similarly, the stance leg Iliopsoas was influential in accelerating the lumbar spine 

joint into extension and the hip joint into flexion. It was also noted that reciprocal 

accelerations at adjacent joints were induced by most muscles. For example, the Erector 

Spinae and Iliopsoas muscles accelerated the lumbar spine into extension while 

simultaneously accelerating the hip into flexion. Conversely, the Hip Abductors (bilaterally) 

and stance side Plantar Flexors simultaneously accelerated the spine into flexion and the hip 

into extension. The complexity of the coordination of balance recovery by stepping was 

further illustrated by the antagonistic effects of different muscles at a given joint. For 

example at the lumbar spine large induced accelerations by muscles acting in flexion were 

opposed by muscles producing induced extension accelerations, resulting in a near zero net 

joint acceleration. Similarly, the hip experienced net extension accelerations in the period 

from toe off to foot contact, which was opposed by the Erector Spinae muscles and Iliopsoas 

muscles (bilaterally). Taken together, these findings highlight that balance recovery by 

stepping is a whole body coordination task under the active and interdependent control of 

trunk, stance leg and stepping leg muscles.  

Compared to OSS, the OMS group took shorter and quicker steps and had significantly 

increased trunk flexion at toe off, mid swing and foot contact consistent with previous 

findings (Arampatzis et al. 2008; Carty et al. 2011). Despite their inability to recover with a 
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single step, OMS generated significantly higher muscle force in the stance side Hamstring 

muscles than OSS, as well as a trend towards higher force in the stance side Erector Spinae. 

These same muscles also produced the largest induced accelerations at the lumbar spine and 

hip joints in OMS compared to OSS. However the larger mean extension accelerations 

induced by the Erector Spinae at the lumbar spine in OMS were counter-balanced by larger 

mean flexion accelerations induced by the stance Hip Abductors and Iliopsoas. Similarly, the 

larger extension accelerations induced by the Hip Abductors and Hamstring muscles on the 

stance leg at the hip joint in OMS were almost completely offset by larger flexion 

accelerations induced by the Erector Spinae. Similar effects were also noted at the knee joint, 

where the net joint extension acceleration was opposed by the stance side Erector Spinae 

muscle. It is therefore apparent that the larger mean Erector Spinae forces in OMS are 

counterproductive in terms of the large flexion accelerations they induce in the hip and knee 

joint of the stepping leg in the period from toe off to foot contact, which increases the 

demand on muscles capable of inducing opposing (extensor) accelerations in order to 

generate the required extension acceleration at the joint. Our findings therefore suggest that 

the motor strategy adopted by OMS is not only ineffective in terms of recovering balance in a 

single step, but is also inefficient because failed recovery occurs with more force in specific 

muscles. Efforts to reduce trunk flexion during balance recovery in OMS might therefore be 

expected to enhance muscular control of the stepping leg and hence the ability of OMS to 

recover with a single step (Crenshaw et al. 2012). The greater trunk flexion used by OMS 

during balance recovery does not appear to be explained by strength deficits in this group 

since OMS paradoxically have a tendency to use more erector spinae muscle force during 

recovery that OSS, and is more likely to be related to group differences in the amplitude and 

timing of muscle recruitment patterns in the period immediately following cable release. 

Irrespective of the neuromuscular mechanisms involved, the significance of trunk control in 
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balance recovery is supported by studies that demonstrate a reduction in failed recovery 

following perturbation-based balance training designed to enhance deficits in trunk control 

during balance recovery by stepping in older adults (Bhatt et al. 2012; Bierbaum et al. 2010, 

2011; Pai et al. 2010). 

5.4.1 Limitations 

The main limitation of the present study was that we examined muscle forces and induced 

accelerations in the period of the stepping response from toe off until foot contact of the 

stepping leg when only a single foot was in contact with the force plate. During this period 

the direction of the net accelerations of the hip and knee joints were in extension. Our 

analysis therefore does not provide any information concerning the muscular contributions to 

balance recovery in the period from cable release to toe-off, where the hip and knee 

experience rapid flexion accelerations. We also did not scale the strength of the muscles in 

the model according to the strength of the individual. As strength is reduced in older 

compared to younger adults (Barber et al. 2013), and in OMS in particular (Carty et al. 

2012a), normalised muscle forces produced by older adults were likely to have been 

underestimated in our study. To address this limitation we conducted a sensitivity analysis to 

assess the effect of reduced maximal isometric strength on modelled force production. The 

results of this analysis suggest that this limitation is unlikely to have affected the central 

findings of our study as the muscle contributions to recovery from loss of balance were 

generally insensitive to muscle weakening because the reduction in maximum isometric 

strength of the model was compensated for by a corresponding increase in predicted muscle 

activation, which remained sub-maximal (see supplementary figures 3 and 4 for full details). 

We interpret these findings to indicate that older adults that are weaker would require more 

muscle activation to recover balance. A further limitation is that we used static optimisation 

to compute muscle forces. This process assumed muscles were recruited in order to minimise 
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muscle activation, which may not reflect the way muscles are recruited in a tasks such as 

reactive stepping where rapid generation of large forces is required. Finally, the small sample 

size of our study (n = 5 per group) resulted in low statistical power to detect significant group 

differences, although this limitation needed to be balanced against the time required to 

perform the large number of simulations involved. 

5.5 Conclusion 

This study demonstrated that the trunk extensor and stance limb muscles play an influential 

role in determining the angular acceleration experienced by the stepping leg joints during 

recovery from forward loss of balance. The stance leg hip abductors generated the largest 

relative forces of all muscles and may be a limiting factor in balance recovery. Poor control 

of trunk motion in OMS was shown to adversely affect the muscular control of the stepping 

leg. The mechanism of this effect is an increase in the accelerations induced by the Erector 

Spinae muscles at the lumbar spine and the hip and knee in the stepping leg that were 

counterbalanced by the stance leg Hamstrings. Since the net joint lumbar spine and hip 

accelerations remained similar between OMS and OSS, we suggest that the recovery strategy 

adopted by OMS was less efficient as well as less effective than for OSS. Efforts to improve 

stepping reactions in older people should consider the interdependent nature of the muscular 

control of the trunk, stance limb and stepping limb during balance recovery.  
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6.1 Introduction 

Contact loads in the hip joint during normal walking are reported to be in the vicinity of 2-4 

times body weight (Bergmann et al. 2001; Bergmann et al. 1993). These loads are well below 

the mechanical failure load of 5.5 to 14 body weights reported by Schileo et al. (2014) who 

tested the load bearing capacity of femurs from older adults in conditions that approximated 

the stance phase of gait. However Viceconti et al. (2012) demonstrated via use of a 

musculoskeletal modelling approach that a combination of sub-optimal neuromuscular 

control and severe osteoporosis may make spontaneous fracture during walking feasible, and 

thereby explain the small proportion of femoral fractures that occur in the apparent absence 

of high-energy trauma that may occur due to a fall. It therefore follows that motor tasks 

where larger impulsive loads than those associated with gait are applied, could produce hip 

loads that are in the range associated with failure, perhaps even in the absence of degraded 

neuromuscular control and severe osteoporosis. One such motor task where high joint contact 

loads are experienced is the stumbling response used to recover balance from a trip 

perturbation. Bergmann et al. (1993)  reported peak hip contact loads as high as 8.7 body 

weights in patients fitted with an instrumented hip replacement during a stumble recovery 

from an unexpected trip perturbation experienced during walking. At present however the 

magnitude of hip joint contact loads during maximal balance recovery by stepping, and the 

extent to which these forces are affected by the balance perturbation intensity and motor 

control strategy used during balance recovery by stepping remain unknown. Such information 

would inform efforts to understand the mechanical risk factors associated with femoral 

fracture and implant loosening and help identify ways by which hip contact loads 

experienced during balance recovery by stepping may be reduced.  



 96 

A common method used to evaluate balance recovery performance involves suddenly 

releasing participants from various static forward lean magnitudes (perturbation intensities). 

Carty et al. (2015) reported that older adults are significantly less likely to experience a real 

world fall if they are able to recover from a large forward perturbation intensity or use a 

single versus a multiple step recovery strategy when released from a set perturbation 

intensity. Recovery from a large perturbation intensity and recovery using a single recovery 

step are strongly associated with the ability to resist forward trunk flexion during the stepping 

response (Barrett et al. 2012; Grabiner et al. 2008; Owings et al. 2001), the ability to take a 

suitably long recovery step (Graham et al. 2015; Karamanidis et al. 2008; Schillings et al. 

2005) and the ability to produce adequate hip and knee joint powers in the stepping limb 

(Carty et al. 2012b; Graham et al. 2015; Madigan 2006). Recovery step length, trunk angle at 

touchdown of the stepping limb and lower limb joint moments and powers during recovery 

from forward loss of balance are all reported to increase with balance perturbation intensity 

(Carty et al. 2012b; Madigan et al. 2005b) and would therefore be expected to result in a 

corresponding increase in lower extremity muscle force and hence joint contact loads for 

larger balance perturbations. Poor trunk control in particular has been shown to result in more 

co-contraction of spine, hip and knee muscles during the stepping phase of balance recovery 

from an equivalent balance perturbation and might therefore be considered an example of 

inefficient coordination that adversely affects balance recovery (Graham et al. 2014).  

However the effect of single versus multiple step recovery on hip joint contact loads remains 

unknown. 

 The purposes of this study were to (1) determine the effect of balance perturbation intensity 

on peak hip contact loads during balance recovery using the single step balance recovery 

strategy, (2) compare the effect of single versus multiple step balance recovery strategy on 

peak hip contact loads during balance recovery from the same perturbation intensity, and (3) 
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evaluate the association of peak hip contact loads with perturbation intensity, step length and 

trunk flexion angle at foot contact at each participant’s maximum recoverable lean angle 

(MRLA). We hypothesised that hip loads would be greater at higher balance perturbation 

intensities and during the single compared to multiple step balance recovery strategy, and that 

step length, MRLA, and trunk flexion angle at foot contact would be associated with peak hip 

contact loads. 

6.2 Methods 

6.2.1 Participants 

Participants consisted of a sub-sample of one hundred and six community dwelling older 

adults (Age: 72.0 ± 4.8 years; Height: 1.67 ± 0.09 m, Mass: 75.4 ± 12.5 kg) from a larger 

prospective study (Carty et al. 2015), which were recruited at random via letters sent to 5000 

residents aged 65 to 80 years that were registered on the local electoral roll. Individuals 

previously diagnosed with neurological, metabolic, cardio-pulmonary, musculoskeletal 

and/or uncorrected visual impairment were excluded. Ethics approval was obtained from the 

Institutional Human Research Ethics Committee and all relevant ethics guidelines including 

provision of informed consent were followed. 

6.2.2 Experimental procedures 

The balance recovery protocol was undertaken as reported in Carty et al. (2011). Participants 

initially stood barefoot with their feet shoulder-width apart in an upright posture before being 

positioned in a forward lean posture. Lean perturbation was measured in body weights (BW) 

recorded on a load cell (S1W1kN, XTRAN, Australia) placed in series with an inextensible 

cable. One end of the cable was attached to a safety harness worn by the participant at the 

level of their sacrum and the other end was attached to an electric winch on a rigid metal 

frame located behind the participant. The length of the cable was adjusted until the required 
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force (15%, 20% or 25% BW) on the cable was achieved. Care was taken to ensure the cable 

was aligned parallel with the ground and that participants kept their head, trunk and 

extremities aligned prior to cable release. The cable was released at a random time interval 

(2-10 s) following achievement of the prescribed posture and cable force (± 1% BW), 

through the disengagement of an electromagnet located in-series with the cable. Participants 

were instructed to relax their muscles while leaning and to regain balance with a single step 

using the stepping lower limb of their choice following cable release. The instruction to 

attempt to recover using a single step was reiterated prior to every trial. A second cable, 

instrumented with a load cell (S1W1kN, XTRAN, Australia), which attached the safety 

harness to the ceiling, was used to prevent participants from contacting the ground in the 

event of a failed recovery. Centre of pressure location was displayed in real time on a 

computer monitor and was visually inspected by the investigator to ensure anticipatory 

actions (e.g., antero-posterior and medio-lateral weight shifting) were not evident in the 

period immediately prior to cable release.  

Following an initial familiarisation trial, participants performed 4 trials at each of the 15% 

BW, 20% BW and 25% BW perturbation intensities, with block randomisation used to 

determine the perturbation intensity sequence. For each trial, participants were classified as 

adopting either a single step or a multiple step balance recovery strategy using previously 

published criteria (Carty et al. 2011) where a multiple step was identified by a) a second step 

of any kind by the stepping limb or progression of the non-stepping limb past the stepping 

foot following the initial step, b) lateral deviation of the lateral malleolus marker on the non-

stepping foot by greater than 20% of body height from its position at cable release and c) if a 

force of greater than 20% BW was detected in the load cell attached to the ceiling restraint. 

Single Steppers and Multiple Steppers were participants who exclusively recovered with 

either a single or multiple recovery steps respectively at each of the 3 perturbation intensities 
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investigated. To control for the effects of learning by repeated exposure to the task (Barrett et 

al. 2012) only the first trial at each lean magnitude was analysed in the present study. 

Following the trials at the 3 standardised perturbation intensities, the Maximal Recoverable 

Lean Angle (MRLA) was determined for each participant by systematically increasing the 

perturbation intensity by ~1% BW increments from the last intensity that each participant 

could recover from with a single step until the participant could no longer recover with a 

single step. The release angle associated with the final trial at which the participant was able 

to recover using a single step was taken to represent their MRLA. 

Trajectories of 51 reflective markers attached to each participant (Barrett et al. 2012) were 

recorded at 200 Hz using a 10 camera, 3-dimensional motion capture system (Vicon Motion 

Systems, LA, USA). Ground reaction forces were collected simultaneously at 1 kHz using 

two 900 mm x 600 mm piezoelectric force platforms (Kistler Instruments, USA). One plate 

was located beneath the two feet in the initial forward lean position and the second plate was 

located 800mm (centre of plate one to centre of plate two) anterior to the first plate in order to 

record ground reaction forces associated with touchdown of the stepping foot. Marker 

trajectory and ground reaction force data were filtered using a 4th order, zero-lag, low-pass, 

Butterworth filter with a cut-off frequency of 20Hz (Bisseling et al. 2006). Specific events 

during the stepping phase of balance recovery were defined as follows: Cable release (CR) 

was identified from a 5 N drop in force measured in the horizontal restraining cable, toe off 

(TO) was identified from the first vertical motion greater than 2.5 mm of the great toe marker 

on the stepping foot (De Witt 2010) and foot contact (FC) from a force in excess of 5% of the 

participants body weight recorded on the anterior force plate. For the purpose of this study 

the length of each trial was the period from TO to the maximum knee joint angle made by the 

stepping leg following foot contact (KJM). 
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6.2.3 Computation of hip joint contact loads 

All data analysis were performed using OpenSim (version 3.2) (Delp et al. 2007) in 

conjunction with custom Matlab scripts (Version 2014b, The Maths Works, USA). The 

model described by Hamner et al. (2010) including 17 bodies (head, torso, pelvis, and 

bilateral humerus, radius, ulna, hand, femur, tibia, foot) with 17 joints and 36 degrees of 

freedom (pelvis: 6, neck: 3, lumbar joints: 3, hip: 3, shoulder joints: 3, wrist: 2, elbow: 1, 

radioulnar: 1, knee: 1, ankle: 1) was used as the initial generic scalable model. 92 hill-type 

muscle actuators were used to actuate the lumbar and lower extremity joins while the arms 

were driven by torque actuators. The mass of the harness worn during balance recovery trials 

was added to the model as a component of the total mass of the participant. A wrap object 

was embedded in the generic model as previously reported (Graham et al. 2014) that matched 

erector spinae muscle moment arms during trunk flexion (Daggfeldt et al. 2003).  Model 

Scaling and Inverse Kinematic analysis (Lu et al. 1999) were performed by fitting the 

anatomical model to measured 3D marker positions with a high weighting on virtual markers 

which defined the joint centre of the hip, knee and ankle. Joint centres were estimated from 

experimental marker trajectories: the regression equations of Harrington et al. (2007) were 

used for the hip joint (as suggested by Kainz et al. (2015)), while the knee and ankle joint 

centres were identified as the midpoints of the femoral condyles and the medial and lateral 

malleoli respectively. Residual Reduction Analysis (RRA) was subsequently performed to 

improve the dynamic consistency between measured ground reaction forces and the mass-

acceleration product of the model (Delp et al. 2007). The Static Optimisation tool in 

OpenSim was used to calculate muscle forces using a cost function to minimise the sum of 

squared muscle activations within the force-length-velocity constraints of each muscle. Joint 

contact loads were computed using the Joint Reaction analysis available in OpenSim, which 

calculates contact loads through a recursive procedure equivalent to resolving the free body 
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diagrams of the rigid bodies included in the model, starting from the most distal and moving 

proximally (a detailed description of the tool implementation can be found in Steele et al. 

(2012a)).  

6.2.4 Model evaluation 

Models were evaluated according to the recommendations of Hicks et al. (2015) to ensure 

possible sources of error were minimised to within recommended tolerances. Participant data 

were excluded from further analysis if the pelvis from the generic model was scaled in depth 

or width in excess of two standard deviations from the mean value of the average male or 

female geometry reported by Reynolds et al. (1982). Marker tracking errors, the influence of 

RRA on joint kinematics, trunk COM and residual forces and moments, and agreement 

between model activations and measured EMG activity of key muscles were then evaluated 

across all simulations. Hip joint contact load estimates of Multiple Steppers at the 20% BW 

perturbation intensity were compared to hip contact loads associated with stumbling during 

level walking and stumbling during stair climbing measured using an instrumented hip 

prostheses (Bergmann et al. 2004). Additionally, we compared the hip joint contact load 

estimates during the stance phase of walking for 10 older adults with the direct measurements 

made using an instrumented hip prosthesis (Bergmann et al. 2001) and indirect estimates 

from a computational modelling study of hip joint loading during gait (Giarmatzis et al. 

2015).   

6.2.5 Statistical Analysis 

A repeated measures general linear model was used to assess the effect of the three 

perturbation intensities (15%, 20% and 25%BW) on each dependent measure (hip contact 

load, step length, trunk angle at foot contact). A priori contrasts were used to make 

comparisons between the successive perturbation intensities. A between factor general linear 



 102 

model was used to assess the effect of step strategy (Single Steppers versus. Multiple 

Steppers) at the 20% BW perturbation intensity on each dependent measure. Pearson Product 

Moment Correlation Coefficients were used to examine the relations between hip joint 

contact loads and the MRLA, step length normalised to participant leg length (leg length was 

defined as the distance between the hip and ankle joint centres) and trunk flexion angle at 

foot contact. These data were subsequently entered into stepwise multiple regression model 

with entry and exit criteria of p<0.05 and p>0.05, respectively. All statistical analyses were 

performed using the Statistical Package for the Social Sciences (SPSS, Version 22, IBM, 

USA). Significance was accepted for p<0.05.  

6.3 Results 

6.3.1 Model evaluation 

The evaluation of pelvic dimensions of each scaled model resulted in a reduction of the 

number of included participants from 106 to 76. Pelvic scaling factors for included 

participants were 1.10 ± 0.08, 1.18 ± 0.09 and 1.08 ± 0.08 respectively for width, depth and 

height. Mean peak RMS errors for Scaling and Inverse Kinematics were 0.018 ± 0.005 m and 

0.037 ± 0.028 m respectively. Mean residual pelvic forces and moments were all below 5% 

BW and 0.05 Nm/kg respectively (Figure A3.1). Peak RMS errors between residual reduced 

kinematics and experimental kinematics were below 2.5° across all DOF in all simulations 

(Figure A3.2). On average RRA modified the trunk COM location in the vertical, 

anterior/posterior and medial/lateral dimensions by 0.00 ± 0.04 m, 0.05 ± 0.03 m and 0.01 ± 

0.03 m respectively. Qualitative agreement was also achieved between model activations and 

measured EMG activity of key muscles (Figure A3.3). The mean peak hip contact load for 

Multiple Steppers at the 20% BW perturbation intensity was within 10% of the peak load 
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associated with stumbling during gait (Bergmann et al. 2004) and within 20% of the load 

associated with stumbling during stair climbing (Bergmann et al. 2004) (Figure 6.1a). During 

walking gait, early stance and late stance mean peak hip joint contact loads were 34%  and 

20%  higher than those measured by Bergmann et al. (2001) (Figure 6.1b) but were 23% and 

47% BW lower than numerical estimates for young adults walking at a similar speed 

(Giamatzis et al. (2015) . Finally, passive muscle forces were checked for each simulation 

and found to be negligible (i.e. muscles tended to operate on the ascending limb and plateau 

region of the force-length relation).  

6.3.2 Effect of balance perturbation intensity 

A total of 20 participants were able to recover balance with a single step from each of 15, 20 

and 25% BW perturbation intensities. Perturbation intensity had a significant main effect on 

normalised step length (F = 26.7, p < 0.01), trunk flexion angle at foot contact (F = 13.2, p < 

0.01) and peak hip contact load (F = 14.9, p < 0.01). A priori-contrasts revealed that 

normalised step length, trunk flexion angle at foot contact and peak hip contact load were 

higher at the 20% BW compared to 15% BW condition and at the 25% BW compared to 20% 

BW condition (Table 6.1).  

6.3.3 Effect of step strategy 

For the purpose of comparing the effects of step strategy on hip joint contact loads Single 

Steppers (n = 20) were compared Multiple Steppers (n = 18) at the 20% BW perturbation 

intensity. Single Steppers compared to Multiple Steppers used a significantly higher 

normalised step length (F = 7.3, p < 0.01), trunk flexion angle at foot contact (F = 4.2, p = 

0.03) and had higher peak hip contact loads (F = 4.1, p = 0.01) during recovery from the 20% 

BW perturbation intensity (Table 6.2). 
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Table 6.1 Summary data for Single Steppers during balance recovery from three perturbation 
intensities. 

 15% BW 20% BW 25% BW 

Initial Lean Angle (°) 16.0 ± 1.7 20.2 ± 1.6* 25.2 ± 1.9* 

Step length/leg length 0.67 ± 0.13 0.88 ± 0.12* 1.03 ± 0.08* 

Trunk flexion angle at foot contact  (°) 9.8 ± 5.7 16.5 ± 4.5* 21.7 ± 6.0* 

Peak hip contact load (BW) 7.3 ± 1.7 8.4 ± 1.7* 10.7 ± 1.0* 

Asterisk (*) indicates significant difference from the preceding group (p<0.05). 

 

 

Table 6.2 Summary data for Single Steppers and Multiple Steppers at the 20% BW 
perturbation intensity.   

 SS MS 

Initial Lean Angle (°) 20.2 ± 1.6 20.6 ± 2.6 

Step length/leg length 0.88 ± 0.12 0.72± 0.13* 

Trunk flexion angle at foot contact  (°) 16.4 ± 4.8 23.6 ± 8.7* 

Peak hip contact load (BW) 8.4 ± 1.7 6.5 ± 1.1* 

Asterisk (*) indicates significant difference between single steppers and multiple steppers at 
the 20% perturbation intensity (p<0.05). 
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Figure 6.1 (A) Comparison of hip joint contact loads during balance recovery from the 
present study with similar data from Bergmann et al. (2004). (B) Comparison of hip joint 
contact loads from 10 ten healthy older adults during the stance phase of walking at 1.00 ± 
0.01 m.s-1 from the present study with similar data from Bergmann et al. (2001) from 4 older 
adults walking at 1.09 ± 0.01 m.s-1 recorded using an instrumented prosthesis. The shaded 
areas represent ± 1SD from the mean. 
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Figure 6.2 Scatterplots showing the relationships between peak hip joint contact load 
during the MRLA trial and (A) the maximum recoverable lean angle (MRLA), (B) 
trunk angle at foot contact and (C) step length/leg length. The regression line for 
each variable is plotted as a solid line accompanied by a dashed line representing the 
95% confidence limits.  

6.3.4 Relation between kinematic measures and hip contact loading at the maximal 

recoverable lean angle (MRLA) 

At the mean MRLA the mean peak hip joint contact loads were approximately 9 times BW 

(Table 6.3) with the largest peak hip joint contact load experienced by an individual was 12.7 

BW. Hip joint contact loads were significantly correlated to MRLA (r = 0.49) as well as 

trunk flexion angle at foot contact (r = 0.45) and step length (r = 0.41) (p < 0.05 for all 

correlations) (Figure 6.2). When all variables were entered into a stepwise multiple linear 

regression equation of the form Y = A1X1 + A2X2 + A3X3 + A4, MRLA (X1), normalised step 

length (X2) and trunk flexion angle at foot contact (X3) together accounted for 27% of the 

variance in hip contact load (Y) (SEE = 1.7). The corresponding regression coefficients (A1–

A4) were: 0.185, 0.265, 0.153 and 2.789.  
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Table 6.3 Summary data for balance recovery at the Maximum Recoverable Lean Angle 
(MRLA). 

6.4 Discussion 

A musculoskeletal model was used in the present study to investigate the effect of 

perturbation intensity on peak hip joint contact loads during single-step balance recovery (i.e. 

same strategy-different intensity) and the effect of single versus multiple step balance 

recovery strategy on the peak hip joint contact loads during recovery at the same perturbation 

intensity (i.e. same intensity-different strategy). In support of our hypotheses, peak hip joint 

contact loads increased with each increase in balance perturbation intensity for older adults 

that were able to recover with a single step. Peak hip joint contact loads were also found to be 

higher for older adults that were able to recover with a single compared to multiple step 

balance recovery strategy when evaluated at the same perturbation intensity. Similar to 

previous studies step length and trunk flexion angle increased as the initial perturbation 

intensity was increased, and at the fixed perturbation intensity, Single Steppers took longer 

steps and used a more upright trunk posture than their Multiple Stepper counterparts. We also 

demonstrated that step length and trunk flexion angle at foot contact during maximal balance 

recovery performance explained additional variance in peak hip joint contact loads beyond 

that explained by perturbation intensity alone. Taken together these findings confirm that 

perturbation intensity and stepping strategy adopted are important determinants of peak hip 

contact loading experienced during balance recovery by stepping in older adults. 

Mean ± SD Range 

Maximum recoverable lean angle (°) 21.2 ± 4.0 12.3-31.3 

Step length/leg length 87.1 ± 0.18 0.43-1.3 

Trunk flexion angle at foot contact  (°) 15.7 ± 7.7 13.1-35.8 

Peak hip contact load (BW) 9.1 ± 1.8 4.3-12.7 
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The peak hip joint contact loads during balance recovery at the 15, 20 and 25% BW 

perturbation intensities in the present study were 7.3 ± 1.7 BW, 8.4 ± 1.7 BW and 10.7 ± 1.0 

BW. These values were respectively 3.2, 3.6 and 4.7 times higher than the peak contact load 

of 2.3 BW previously reported for slow walking on level ground (Bergmann et al. 2001), and 

1.7, 2.0 and 2.5 times higher than the peak contact load of 4.3 BW previously reported for 

running at 9 km/hr (Bergmann et al. 1993). The peak hip contact load estimates from the 

present study were also within the range of 5.5-14 BW reported to cause mechanical failure 

of cadaver femurs (Schileo et al. 2014). The peak hip joint contact loads associated with the 

highest perturbation intensity in the present study were also in excess of the upper limit of 

around 9 BW reported by Martelli et al. (2011) to be feasible during walking in cases of 

severe neuromotor degradation, and according to Viceconti et al. (2012), capable of 

producing spontaneous hip fractures in the presence of severe osteoporosis of the hip and 

degraded neuromuscular function. Balance recovery could therefore be a motor control task 

that imposes risk of hip fracture in individuals, particularly following large balance 

perturbations in individuals with sub-optimal neuromuscular control and low bone mineral 

density.  

Hip joint contact loads were on average 32% higher for older adults that were able to recover 

from the 20% BW perturbation intensity using a single step (8.4 ± 1.7 BW) compared to 

multiple step (6.5 ± 1.1 BW) recovery strategy, and were therefore slightly lower in the 

Multiple Stepper group compared to the peak hip contact load of 8.7 BW reported for 

stumbling by Bergmann et al (1993). Previous studies have suggested that a multiple step 

recovery is associated with an increased risk of experiencing a real world fall (Carty et al. 

2015; Hilliard et al. 2008; Mille et al. 2013) and reflects underlying lower limb muscle 

weakness (Carty et al. 2012a) and concomitant lower limb muscle inhibition during balance 

recovery (Cronin et al. 2013). However the findings presented here may also suggest that 
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older adults could also adopt a multiple step strategy, in part to protect the hip against large 

peak contact loads during balance recovery.  

Peak hip contact loads ranging from 4.3 to 12.7 BW were generated during maximal recovery 

from forward loss of balance by stepping. While 24% of the variance in peak hip contact load 

following touchdown of the stepping leg was explained by MRLA alone, a further 3% was 

explained by the addition of step length and trunk angle at foot contact to the regression 

model. Although step length and trunk angle at foot contact are strong predictors of balance 

recovery performance (Grabiner et al. 2008; Graham et al. 2015; Karamanidis et al. 2008; 

Schillings et al. 2005), they appear at best moderate predictors of hip joint contact load. The 

relatively low amount of total variance in hip joint contact load explained in the multiple 

regression model further reinforces the importance of subject-specific dynamic simulations, 

such as that used in the present study, for studying joint loading.  

The results of this study should be considered with the following limitations in mind. First, 

hip joint contact loads have previously been shown to be sensitive to errors in pelvic scaling, 

which strongly influence the location of the hip joint centre location (Lenaerts et al. 2009; 

Martelli et al. 2015). Efforts were made in the present study to minimise these errors by 

excluding participants where pelvic scaling factors were large relative to pelvic geometries 

reported in the literature (Reynolds et al. 1982). The main reason for high scale factors in our 

excluded participants was associated with difficulties in representing pelvic geometry with 

skin mounted markers due to high centralised adiposity. While any remaining errors in pelvic 

scaling were unlikely to affect the mean hip contact loads reported here, a degree of caution 

is nevertheless warranted when interpreting values at the upper and lower bounds of the hip 

contact load distribution. Errors associated with Scaling, Inverse Kinematics and RRA were 

kept within recommended tolerances (Hicks et al. 2015) and residual pelvic forces and 
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moments were also low. Second, consistent with computational studies aiming to estimate hip 

contact loads in activities of daily living (Giarmatzis et al. 2015; Modenese et al. 2012; 

Modenese et al. 2011), muscle forces were estimated using Static Optimisation with a cost 

function that minimised muscle activation squared (Crowninshield et al. 1981). Joint contact 

loads reported here are therefore unlikely to reflect sub-optimal neuromuscular control 

(Martelli et al. 2011; Modenese et al. 2013) including high levels of muscle co-contraction. 

While surface EMG from key muscles and modelled muscle activations were qualitatively 

similar, EMG amplitudes tended to be higher than the corresponding muscle activations 

immediately following foot contact, which likely reflects the inability of Static Optimisation 

to predict high levels of muscle co-contraction. Additionally, a rigid tendon was assumed 

within the Static Optimisation algorithm used in the present study. It has been demonstrated 

within the context of a Hill-type muscle model that model force estimates, particularly for 

muscles with long compliant tendons, can be sensitive to this assumption (Millard et al. 

2013). The influence of the rigid tendon assumption within the current study is unknown and 

therefore requires further investigation. Third, surface EMG data from only one muscle that 

crossed the hip (Medial Hamstring) was collected and so the ability to compare measured and 

modelled hip muscle activations was limited. Fourth, direct validation of model predicted hip 

contact loads was not possible in the present study however model hip contact load 

predictions were found to be in relative agreement with hip joint loads measured using an 

instrumented hip prosthesis during a stumbling task (Bergmann et al. 2004) and walking 

(Bergmann et al. 2001) as well as hip contact loads during gait estimated using methods 

similar to those reported here (Giarmatzis et al. 2015). Finally, in future it will be of benefit 

to evaluate how the application of joint contact loads interact with the geometry and material 

properties of the proximal femur to more accurately determine the risk of femoral fracture 

during balance recovery by stepping. 
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6.5 Conclusion 

Hip contact loads increased as a function of perturbation intensity and were higher during 

single versus multiple step recovery from the same perturbation intensity. The magnitude of 

peak hip joint loads during maximal recovery efforts experienced by some individuals 

exceeded the loads required to cause mechanical failure of older cadaver femurs. Single step 

balance recovery from large postural perturbations may therefore present a risk of fracture in 

some individuals, most notably those with severe osteoporosis. While step length and trunk 

flexion angle are strong predictors of step recovery performance, they are at best moderate 

predictors of peak hip joint loading during maximal recovery from forward loss of balance 

with a single step. 
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Chapter 7 General Discussion 

7.1 Summary of experimental findings 

This section of the general discussion provides a summary of the main findings of each 

experiment (chapters 3-6) in accordance with the four main purposes of the thesis stated in 

Chapter 1. 

7.1.1 Biomechanical predictors of maximal balance recovery performance amongst 

community-dwelling older adults (Chapter 3) 

The ability to recover from a large MRLA is predictive of future incidence of falls, however 

only a relatively low percentage of the variance in MRLA has been explained neuromuscular 

measures in previous studies (Grabiner et al. 2005; Karamanidis et al. 2007). Therefore the 

purpose of this study was to determine the relative contribution of a broad range of 

neuromuscular and biomechanical variables associated with balance recovery to the MRLA. 

Forward loss of balance was induced by releasing participants (n = 117 community-dwelling 

older adults) from a static forward lean angle. Participants were instructed to attempt to 

recover balance by taking a single step. A scalable anatomical model consisting of 36 

degrees-of-freedom was used to compute kinematics and joint moments from motion capture 

and force plate data. Isometric muscle strength at the ankle, knee and hip joints was assessed 

using a dynamometer. A univariate analysis revealed that lower limb strength measures, step 

recovery kinematics, stepping limb kinetics accounted for between 8 to 19%, 3 to 59%, and 3 

to 61% of the variance in MRLA respectively. When all variables were entered into a 

stepwise multiple regression analysis, normalised step length, peak hip extension moment, 

trunk angle at foot contact, and peak hip flexion power during stepping together accounted 

for 69% of the variance in MRLA. These findings confirm that successful recovery from 

forward loss of balance is a whole body control task that requires adequate trunk control and 
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generation of adequate lower limb moments and powers to generate a long and rapid step. 

Training programs that specifically target these measures are recommended to improve 

balance recovery performance and thereby contribute to fall prevention amongst older adults.  

7.1.2 Muscle contributions to the acceleration of the whole body centre of mass during 

recovery from forward loss of balance by stepping in older adults (Chapter 4) 

Stability during balance recovery is associated with the displacement and rate of 

displacement of the whole body COM (Arampatzis et al. 2008; Carty et al. 2012c). The 

purpose of this study was to determine the muscular contributions to the acceleration of the 

whole body centre of mass (COM) in older adults that were able to recover from forward loss 

of balance with a single step. Forward loss of balance was achieved by releasing participants 

(n = 10) from a static forward lean angle of approximately 18 degrees. A scalable anatomical 

model consisting of 36 degrees-of-freedom was used to compute kinematics and joint 

moments from motion capture and force plate data. Forces for 92 muscle actuators were 

computed using static optimisation and induced acceleration analysis was used to compute 

individual muscle contributions to the acceleration of the whole body COM. The stance and 

stepping leg Gastrocnemius and Soleus muscles were primarily responsible for the vertical 

acceleration experienced by the COM. The Gastrocnemius and Soleus from the stance side 

leg together with bilateral Hamstrings accelerate the COM forwards throughout balance 

recovery while the Vasti and Soleus of the stepping side leg provided the majority of braking 

accelerations following foot contact. The Hip Abductor muscles provide the greatest 

contribution to medial-lateral accelerations of the COM. Deficits in the neuromuscular 

control of the Gastrocnemius, Soleus, Vasti and Hip Abductors in particular could adversely 

influence balance recovery and should therefore be targeted in interventions to improve 

balance recovery performance. 
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7.1.3 Muscle contributions to recovery from forward loss of balance by stepping (Chapter 

5) 

The length and speed of the recovery step has been consistently implicated in balance 

recovery performance and success (Bieryla et al. 2007; Carty et al. 2012c; Carty et al. 2011; 

Crenshaw et al. 2012; Karamanidis et al. 2008). The purpose of this study was to determine 

the muscular contributions to the stepping phase of recovery from forward loss of balance in 

5 young and 5 older adults that were able to recover balance in a single step, and 5 older 

adults that required multiple steps. Forward loss of balance was achieved by releasing 

participants from a static forward lean angle. All participants were instructed to attempt to 

recover balance by taking a rapid single step. A scalable anatomical model consisting of 36 

degrees-of-freedom was used to compute kinematics and joint moments from motion capture 

and force plate data. Forces for 94 muscle actuators were computed using static optimisation 

and induced acceleration analysis was used to compute individual muscle contributions to net 

lumbar spine joint, and stepping side hip joint and knee joint accelerations during recovery. 

Older adults that required multiple recovery steps used a significantly shorter and faster 

initial recovery step and adopted significantly more trunk flexion throughout recovery 

compared to the older single steppers. Older multiple steppers also produced significantly 

more force in the stance side hamstrings, which resulted in significantly higher hamstring 

induced flexion accelerations at the lumbar spine and extension accelerations at the hip. 

However since the net joint lumbar spine and hip accelerations remained similar between 

older multiple steppers and older single steppers, it is suggested that the recovery strategy 

adopted by older multiple steppers was less efficient as well as less effective than for older 

single steppers.   
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7.1.4 Hip joint contact loads in older adults during recovery from forward loss of balance 

by stepping (Chapter 6) 

Hip joint contact loads during activities of daily living are not generally considered high 

enough to cause acute bone or joint injury. However there is some evidence that hip joint 

loads may be higher in stumble recovery from loss of balance (Bergmann et al. 2004). The 

main purpose of this study was to use a musculoskeletal model to determine the effect of 

three balance perturbation intensities and the use of single versus multiple recovery steps on 

hip joint contact loads during recovery from forward loss of balance in community dwelling  

older adults (n = 76). The association of peak hip contact loads with perturbation intensity, 

step length and trunk flexion angle at foot contact at each participant’s MRLA was also 

evaluated. Peak hip joint contact loads were computed using muscle force estimates obtained 

using Static Optimisation and increased as lean magnitude was increased and were on 

average 32% higher for Single Steppers compared to Multiple Steppers. At the MRLA, peak 

hip contact loads ranged from 4.3-12.7 body weights and multiple linear stepwise regression 

further revealed that initial lean angle, step length and trunk angle at foot contact together 

explained 27% of the total variance in hip joint contact load. Overall findings indicated that 

older adults experience peak hip joint contact loads during maximal balance recovery by 

stepping that in some cases exceeded loads reported to cause mechanical failure of cadaver 

femurs. While step length and trunk flexion angle are strong predictors of step recovery 

performance they are at best moderate predictors of peak hip joint loading.  

7.2 Overview and implications of experimental findings 

The importance of generating an adequately long recovery step (Carty et al. 2011; 

Karamanidis et al. 2008; Schillings et al. 2005) while controlling the forward flexion of the 

trunk (Bieryla et al. 2007; Crenshaw et al. 2012) to recover from a forward loss of balance 
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was confirmed in Chapter 3. Consistent with a previous study (Grabiner et al. 2005), Chapter 

3 confirmed that only a small to moderate amount of the variance in MRLA was predicted by 

isometric muscle strength and further demonstrated that hip and knee joint moments and joint 

powers account for up to 60% of the variance in MRLA which was also in agreement with 

previous studies (Carty et al. 2012b; Madigan 2006). Overall stepping behaviour was more 

important than strength in determining recovery from a forward loss of balance. This finding 

supported the prescription of stepping, rather than resistance training for the prevention of 

falls (Grabiner et al. 2014; Okubo et al. 2016). A particular strength of Chapter 3 was the 

inclusion of a broad range of balance recovery variables within a single multiple regression 

model which explained a larger amount of the variance in MRLA compared to that 

previously described by isometric strength alone (Grabiner et al. 2005).  

Chapters 4 and 5 were the first studies to specifically identify the contribution of individual 

muscles to balance recovery performance. Previous studies inferred the contribution of a 

given muscle based only on the anatomical classification of the muscle about the joint(s) the 

muscle crossed (i.e. flexor, extensor, abductor etc). For example the Hip Flexor and Vasti 

muscles were reported to be important for the production of a rapid step because the moments 

produced by these muscles would flex the hip and extend the knee respectively (Carty et al. 

2012b; Madigan 2006; Madigan et al. 2005b). Similarly, the ability of the knee and ankle 

muscles to do negative work following touchdown of the stepping leg were implicated in 

successful balance recovery performance (Nagano et al. 2015). Chapter 5 confirmed that the 

Vasti, Hamstring and Ankle Plantar flexor muscles have a substantial influence on balance 

recovery because of their respective contribution to acceleration at the knee, hip and ankle 

joints respectively. Chapters 4 and 5 identified the key muscles that contribute to COM 

progression and support while simultaneously contributing to the joint acceleration of the 

stepping leg. For example, during the stepping phase of balance recovery the Erector Spinae 
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contributed to the lumbar joint acceleration but opposed hip joint extension. Conversely the 

Hamstrings contributed to hip joint acceleration but opposed the acceleration lumbar joint. 

Muscles were also found to have influence on the contralateral side of the body with the 

stance side hip abductor muscle able to accelerate the COM in the medial-lateral direction 

towards the stepping side and also contributing to the lumbar joint and stepping side hip joint 

accelerations. The Hamstring muscles which were required to contribute to hip joint 

acceleration were also found to oppose the supporting COM acceleration induced by the 

Soleus and Gastrocnemius muscles. Differences in balance recovery performance were not 

explained by the previously reported strength deficits of lower limb muscles (Carty et al. 

2012a) because Multiple Steppers used more muscle force during recovery than Single 

Steppers. This suggested poor muscle coordination could be cause of reduced balance 

recovery performance. In particular, it was suggested that neuromuscular deficits of the 

bilateral Erector Spinae and Ankle Plantar Flexors, stance side Hamstrings and Hip 

Abductors, and stepping side Vasti and Hip Abductors were most likely to impair balance 

recovery performance. Improving balance recovery performance then requires more effective 

and efficient coordination of trunk and lower limb muscles that minimises the effects of 

opposing muscle actions while still producing 1) the required lower limb joint accelerations 

and 2) adequate support of the COM.  

Chapter 6 was the first large scale study to investigate hip joint contact loads associated with 

recovery of balance by stepping. The magnitude of hip joint contact loads during balance 

recovery were similar to the hip joint contact loads previously measured directly (Bergmann 

et al. 1993, 2004) and hip joint contact loads during maximal recovery were also in some 

cases higher than those reported to fracture the proximal femur in laboratory stress tests 

(Schileo et al. 2014), but were on average lower when using a multiple step compared to a 

single step recovery strategy. However, paradoxically taking multiple recovery steps also 
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exposes older adults to further risk of real world falls (Carty et al. 2015). This presents a 

trade-off whereby reducing fall risk by learning to take a single long recovery step would also 

increase the risk of acute hip joint injury.  

Exercises that challenge balance are central to exercise-based fall prevention programs 

(Tiedemann et al. 2011). Currently the exercises typically prescribed in balance training 

programs are volitional, quasi-static, with individuals remaining within their limits of 

stability For instance the American College of Sports Medicine Guidelines (Chodzko-Zajko 

et al. 2009) currently recommend using volitional activities that include (1) progressively 

difficult postures that gradually reduce the base of support (e.g. two-legged stand, semi-

tandem stand, tandem stand, one-legged stand), (2) dynamic movements that perturb the 

centre of gravity (e.g., tandem walk, circle turns), (3) stressing postural muscle groups (e.g., 

heel stands, toe stands), or (4) reducing sensory input (e.g., standing with eyes closed). 

Exercises that specifically improve muscle strength have also been recommended to improve 

balance recovery because of the link between aging, reduced muscle strength and increase 

incidence of falls (Pijnappels et al. 2008b). But while strength of muscle has been implicated 

in the risk of fall (Pijnappels et al. 2008a), strength training does not appear to directly 

improve the recovery from a loss of balance more than practicing skills similar to the 

mechanisms of dynamic stability (Gillespie et al. 2012).  

Recovery from a forward loss of balance is reactionary and requires a long and rapid step 

reposition the base of support to avoid a fall. Therefore the current balance training 

recommendations may have limited efficacy because of a lack of task specificity. The results 

presented in Chapters 4 and 5 suggest that the reason for limited efficacy of strength and 

power training of lower limb is because of the complex coordination of muscles required to 

control the trajectory of the COM while simultaneously accelerating the joints of the stepping 
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leg. These results also suggests that balance training interventions should favour exercises 

that more closely represent the dynamics of a real world loss of balance compared to isolated 

joint action.  

Perturbation based training (PBT) involves suddenly and unexpectedly disrupting a balance 

and is therefore reactive, dynamic, and imposes a high-challenge to balance. The conclusion 

from a 2011 narrative review of balance training in older adults was that PBT may be more 

effective in improving balance recovery mechanisms than conventional balance training 

(Granacher et al. 2011). It is likely that PBT more accurately simulates real world falls in 

terms of the type, speed and stability range of the movement and also provides a greater 

threat to balance and hence a greater stimulus for learning how to avoid a fall via feed 

forward (proactive) control mechanisms. It is likely that PBT causes adaptations more 

specific to the muscle coordination reported in Chapters 4 and 5 that is required to 

successfully produce a long and rapid step while controlling the forward flexion of the trunk. 

Improving balance by improving the coordination of the neuromuscular system may also be 

more efficient than traditional balance training. The minimum recommended dose for 

conventional BT is 50 hours (~2 hours per week for 6 months) (Tiedemann et al. 2011), 

whereas adaptations in balance recovery from PBT have been reported following a single 

training session and as little as a single exposure to a postural disturbance (Barrett et al. 2012; 

Pai et al. 2010).  

Collectively the results presented in this thesis indicate that targeted exercise interventions 

should emphasise the key muscles of lower limb and trunk and use exercises that incorporate 

movements with similar coordination patterns to stepping. Importantly though, while 

exercises that repeatedly expose participants to a rapid loss of balance are demonstrated to 

improve balance recovery performance and reduce fall risk (Grabiner et al. 2012; Okubo et 
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al. 2016; Pai et al. 2014) it is suggested degree of caution is applied when prescribing 

repeated high-intensity stepping exercises to older adults, particularly in individuals with 

osteoporosis, because of the risk of femoral fracture. 

7.3 Limitations 

The limitations associated with each study have been discussed in detail within each chapter. 

However, there are two main limitations pertaining to the thesis as a whole that warrant 

further discussion. An impending loss of balance may influence the neuromuscular response 

of the subsequent recovery (Bergmann et al. 2004). Efforts were made to reduce the effects of 

anticipation by monitoring forces under the feet and in the restraining cable prior to each. 

However it cannot be discounted that participants did not use a single step if they perceived it 

to be beyond their capabilities, therefore it is possible in some cases the measured responses 

may not genuinely be those of a failed attempt at recovering balance. Secondly, the loss of 

balance induced by the tether release method may lack ecological validity because it differs 

from real world falls which generally occur during activities such as gait where the centre of 

mass has horizontal velocity (Owings et al. 2001; Pavol et al. 1999). Although the strategy of 

recovery following a forward loss of balance using the tether release method reliably predicts 

the likelihood of future real world falls (Carty et al. 2015; Hilliard et al. 2008; Mille et al. 

2013) it is still possible that release from a static lean angle does not accurately reflect the 

response to a real world loss of balance.  

Although every effort was made to validate the musculoskeletal models used in each chapter 

further improvements could be made. In this thesis a generic musculoskeletal model was 

scaled to the dimensions of each participant. Scaling in this way changes the dimension of a 

bone and alters muscle length (Delp et al. 2007; Hicks et al. 2015), but this is unlikely to 

represent the actual bony geometry or actual muscle path of the participant and may influence 
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model estimates of muscle force and joint contact loads. For example, generalised muscle 

paths in musculoskeletal models are reported to influence estimates in the muscle force 

production (Klein Horsman et al. 2007) and errors in pelvic geometry influence the position 

of hip joint centres which produced errors in estimated hip joint contact loads (Lenaerts et al. 

2009; Martelli et al. 2015). The use of medical imaging methods such as MRI to personalise 

musculoskeletal models is therefore recommended (Lenaerts et al. 2009).  

7.4 Recommendations for future research  

The preceding discussion identified the need for evaluation of balance recovery more closely 

related to real world falls, evaluation of alternative methods of muscle force estimation and 

the need for development of and evaluation of models based subject specific musculoskeletal 

geometry.  

Chapters 4 and 5 described the coordination of muscle forces and their influence on 

accelerations of the COM, trunk and stepping leg during recovery but do not fully describe 

the cause of successful versus unsuccessful recovery. Forward dynamic musculoskeletal 

models are required to better determine cause and effect relationship between age-related 

deficits in the neuromuscular system and balance recovery performance. Forward dynamics 

use muscle activations to produce modelled kinematics and external forces (Zajac 1993) as 

opposed to the inverse methods used here that determine activations based on measured 

kinematics and external forces (Delp et al. 2007). Forward driven models facilitate 

manipulation of model parameters to simulate the effects of deficits in the neural and 

muscular systems associated with aging such as inhibition, reaction time and muscle strength. 

Examining cause and effect relationships in this way may better indicate which model 

properties are associated with poor balance recovery performance.  
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Chapter 6 indicated that the magnitude of hip joint contact loads during balance recovery may 

be large enough to fracture of the proximal femur during the recovery step. However is 

unclear if the hip joint contact loads are applied in such a way as to produce sufficient 

bending moment in the femoral neck. Therefore further research is required, possibly 

incorporating finite element modelling (Schileo et al. 2014), to determine the feasibility of 

femoral neck fracture during balance recovery. The purpose of Chapter 6 was to determine 

the magnitude of hip joint contact loads during balance recovery, but it is also possible that 

the contact loads experience distal to the hip and in particular the knee joint could be also be 

large and therefore influential in the balance recovery response. A further study is required to 

determine the role of knee contact loads to the performance of balance recovery by stepping. 

Overall the results presented in this thesis indicate that improvements of step length, trunk 

control and neuromuscular coordination could improve balance recovery performance but 

may increase joint contact loads. A systematic review of balance recovery training studies 

that use rapid/reactive stepping interventions reported substantial improvements in balance 

recovery performance and  up to 50% reduction in the occurrence of real world falls (Okubo 

et al. 2016). But little is known the neuromuscular adaptation underlying these improvements 

or the influence of such repetitive loading of the hip joint. Therefore a prospective study is 

required to determine the role of muscles in the improvement of balance recovery 

performance following step recovery training. 

7.5 General conclusions 

Overall findings from this thesis demonstrated that successful recovery from forward loss of 

balance by stepping depends on the ability to: (1) take a long recovery step, (2) minimise 

trunk flexion (3) generate adequate joint moments and power in the stepping limb; and (4) 

adopt a coordination strategy that minimises the effects of opposing muscle actions and 
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simultaneously contributes to support and progression of the centre of mass and accelerates 

the joints of the stepping limb. A degree of caution is also warranted in the use of step 

training involving balance recovery from large postural perturbations in some individuals, 

particularly those with severe osteoporosis, due to a heightened risk of femoral fracture.   
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Appendix 1 Chapter 4 Supplementary Material 

Figure A1.1 Joint angles derived from inverse kinematics and the residual reduction 
proceedure for the lower limb of the stepping leg of a representative participant during 
balance recovery.  
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Figure A1.2 Pelvic residual forces and moments derived from inverse dynamics (grey line) 
and the residual reduction proceedure (black line), plus reserve actuator moments from the 
lower limb of the stepping leg for a representative participant during balance recovery. 
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Appendix 2 Chapter 5 Supplementary Material 

 

 

Figure A2.1 Schematic of musculoskeletal model with wrap object (A) and without the wrap 
object (B) at 40 degrees of trunk flexion. Erector spinae moment arm as a function of joint 
angle with wrap object (solid line), without wrap object (dashed line) and mean moment arm 
of all back extensors (o) at four joint angles reported by Daggfelt, et al., 2003 (C). Positive 
values represent joint flexion. 
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Figure A2.2 Superposition error of joint accelerations computed by inverse kinematics and 
joint accelerations computed by induced acceleration analysis at the stepping side hip for a 
representative older multiple stepper. IK represents acceleration computed by inverse 
kinematics, All Actuators represents the total actuator (muscle) induced acceleration and 
Model Total represents all model components. Labelled events are toe off (TO), mid swing 
(MS) and foot contact (FC). Positive values represent flexion acceleration.  
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Figure A2.3 Muscle activation during the stepping phase of balance recovery for an older 
representative participant with normal and weakened muscles. Maximum isometric for was 
reduced by 20% in the weakened condition resulting in an upward shift of muscle activation 
during the step response. Muscles presented are the Erector Spinae from the stepping side 
(ESstep) and from the stance side (ESstance), the stance side Iliopsoas (IPstance), the stance 
side Hip Abductors (HABstance), the stance side Hamstrings (HAMstance) and the stance 
side Gastrocnemius (GASstance). Labelled events are toe off (TO), mid swing (MS) and foot 
contact (FC). 
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Figure A2.4 Muscle induced acceleration at the stepping hip during the stepping phase of 
balance recovery for an older representative participant with normal and weakened muscles. 
Maximum isometric for was reduced by 20% in the weakened condition but did not alter the 
acceleration induced by the respective muscles. Muscles presented are the Erector Spinae 
from the stepping side (ESstep) and from the stance side (ESstance), the stance side Iliopsoas 
(IPstance), the stance side Hip Abductors (HABstance), the stance side Hamstrings (HAMstance) 
and the stance side Gastrocnemius (GASstance). Labelled events are toe off (TO), mid swing 
(MS) and foot contact (FC). Positive values represent flexion acceleration. 
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Appendix 3 Chapter 6 Supplementary Material 

Figure A3.1 Pelvic residual forces, moments and reserve actuator moments for a 
representative participant during balance recovery from toe off (TO) to the maximum knee 
joint flexion angle following foot contact (KJM). 



 131 

Figure A3.2 Comparative pelvic segment angles and lower limb joint angles from the 
stepping side leg of a representative participant during balance recovery from toe off (TO) to 
the maximum knee joint flexion angle following foot contact (KJM) for Inverse Kinematics 
and the Residual Reduction Analysis. 
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Figure A3.3 Simulated muscle activations and EMG for key lower limb muscles across all 76 
participants at the maximal recoverable lean angle from toe off of the stepping foot (TO) to 
knee joint maximum (KJM) following foot contact. Surface EMG activity was recorded using 
bipolar surface electrodes (Duo-trode, Myotronics Inc., Australia) positioned along muscle 
fibre direction at an inter-electrode distance of 2 cm. Data were collected telemetrically 
(Aurion ZeroWire; Milano, Italy) from 5 muscles of each leg: vastus medialis, biceps 
femoris, semitendinosus, gastrocnemius, and soleus at 1 kHz. Raw EMG signals were root 
mean square integrated and lowpass filtered at 10 Hz. EMG is normalised to the maximum 
amplitude measured during recovery and is presented in grey representing ± 1SD of the 
overall mean. Mean model activations are represented by the bold black line with dashed 
lines indicating ± 1SD. 
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