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Walking, it seems so simple; most of us do it daily from early childhood on, 

apparently with little conscious thought and physical effort. However, for many 

individuals, for example those with an orthopedic or neurological impairment, 

walking is no longer automatic nor simple. For them, walking may have become a 

struggle, and pose a threat to one’s independence and quality of life. It is therefore not 

surprising that regaining or maintaining the ability to walk represents one of the 

primary rehabilitation goals for these patients5-6. Despite tremendous efforts of both 

patients and caregivers to improve locomotor function, walking often remains a 

challenge for patients undergoing gait rehabilitation, and many will never achieve the 

level of independent community ambulation6-7. An important aspect of impaired 

walking is that the associated energy demands are often elevated. The reasons for this 

increased energy demand are still poorly understood, but are generally sought in 

altered energy demands for weight bearing, propulsion and leg swing1, 4.  

The focus of the present thesis is on the energy demand of another essential 

feature of walking, which might contribute to the increased energy cost of walking in 

patients: balance control. This feature will be examined in able-bodied individuals, as 

well as in people after lower limb amputation and people who have suffered a stroke.  

In the first section of this General Introduction a short overview of the energy cost 

of walking in general, and the contribution of different subtasks of walking to this 

energy cost will be provided. The second section will focus on the energy cost for 

balance control itself, by identifying potential sources of the energy cost for balance 

control. This will be done through a review of pertinent literature in which the energy 

cost for balance control has been manipulated in a variety of ways, and by examining 

current knowledge regarding the energy cost for balance control in pathology. This 

will expose lacunae in the current knowledge, which will be addressed in the 

following chapters of this thesis, as will be stipulated in the final section.  
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THE ENERGY COST OF WALKING 

Measuring the energy cost of walking 

Physical activities such as walking require metabolic energy to replenish ATP 

stores in active muscles1. This metabolic energy demand is reflected in the rate of 

oxygen consumption during submaximal steady state walking, which can be 

measured via indirect calorimetry8. The oxygen consumption (�̇�𝑂2, in ml·min-1) can 

be converted into caloric consumption, or energy expenditure (EE; in J·min-1), using 

the following calorimetric equation9:  

EE = (4.940 ·RER + 16.040) · �̇�𝑂2, 

where RER is the respiratory exchange ratio, i.e. the ratio between oxygen 

consumption and carbon dioxide production. In studies on the energy cost of walking, 

energy expenditure is often expressed as net energy expenditure, with the resting 

metabolic rate subtracted from the gross energy expenditure. Moreover, since the 

energy expenditure of walking is known to vary with the size of the individual, it is 

customary to normalize the energy expenditure with respect to body mass. This 

allows comparison between individuals or within individuals over time10. 

Furthermore, energy expenditure can be normalized to walking speed (expressed in 

m min-1), resulting in the energy cost of walking, defined as the energy expenditure to 

walk a given distance (in J·kg-1·m-1), which is a measure of gait economy1. 

The energy cost of walking in health and disability 

In normal walking the energy demands are a function of walking speed. While the 

energy expenditure during walking (i.e. the energy consumption per unit of time) 

increases quadratically with walking speed, the relation between walking speed and 

energy cost (i.e. the energy consumption per unit distance) follows a U-shaped 

curve11-12. Although quite some individual variation exists in the precise shape of this 

curve, it often has an optimum (i.e. minimum) around 1.3 m s-1 1. This is close to the 

average preferred walking speed of healthy persons and the energy cost of able-

bodied persons at this minimum is approximately 3.5 J·kg-1·m-1 (gross energy cost)11, 

13-15. At speeds slower or faster than preferred the energy cost increases, although the 
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curve is rather flat between 1.1-1.4 m s-1 (Figure 1)11, 16. Similar U-shaped curves have 

been found for energy cost in relation to other basic gait parameters such as stride 

frequency14, step length17 and step width18. These curves also have optima around the 

preferred value of the parameter in question, suggesting that healthy persons tend to 

walk in a manner that minimizes energy cost17.  

 

 

Figure 1: Relation between energy cost of walking and walking speed based on Ralston et al 11. 
Note that gross energy cost is depicted. 

 

For lower limb amputees and stroke patients, the situation is somewhat different. 

Both patient populations exhibit substantial increases in energy cost at their 

preferred walking speed. This increased cost of walking in amputees and stroke 

patients can severely limit their ambulatory activity19, often resulting in a vicious 

cycle of decreased physical activity and deconditioning. For lower limb amputees, 

increases in the cost of walking between 33-66% have been observed, depending 

among others on the level and etiology of the amputation, with higher costs for those 

with a transfemoral amputation and an amputation due to vascular deficiency2, 20. 

Even higher increases have been reported for stroke survivors, with costs of walking 

up to twice as high as in healthy subjects of comparable age3, 21-22. While these 

increases in the cost of walking for stroke patients and people with a lower limb 
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amputation are partly attributable to a decreased walking speed2, 23, the energy cost – 

speed curve also appears to be shifted upward (Figure 2)3, 21, 24. As can be seen in the 

figure, patients seem to  prefer to walk at a speed that is lower than their energetic 

optimum, and/or are often even unable to attain their energetically optimal speed23, 

25.  

 

 

Figure 2: Change in the 
energy cost- speed curve in 
people with a lower limb 
amputation due to trauma or 
vascular deficiency (from 
Wezenberg et al 25, reprinted 
with permission). Large 
squares indicate the average 
preferred walking speed of 
the group, while the inverted 
triangles indicate the 
energetically optimal speed 
based on the fitted curve. 
Note that the vascular 
amputees are unable to 
reach their energetically 
optimal speed.  

Sources of energy consumption during walking 

To understand the energy cost of walking in able-bodied people, as well as the 

causes of the increased cost of walking in pathological gait, it is imperative to know 

the different sources of energy expenditure during walking. Seen from a 

biomechanical point of view, walking can be roughly subdivided into four basic tasks: 

a person must (1) support his or her body against gravity, (2) push off to redirect the 

body’s center of mass from step to step in order to maintain forward motion, (3) 

swing the leg forward, and (4) maintain stability through balance control26-28. Studies 

aimed at assessing the energy cost of walking in able-bodied persons have mainly 

focused on estimating the metabolic requirements for the first three tasks at the 

expense of the fourth.  
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The energy cost of body weight support has been estimated with reduced gravity 

simulations, and with weight added to the trunk. Large variations in the estimated 

contribution of body weight support to the total energy cost of walking have been 

found, with values ranging between 0-28%29-31. The cost of propulsion has been 

investigated by applying external aiding or impeding forces30 32, and by calculating 

the mechanical work associated with redirecting the center of mass33. This has led to 

estimations of the contribution of the cost of propulsion of approximately 33-53%. 

The cost of swinging the leg has been estimated at 10%, by applying external aiding 

or impeding forces to the swing leg34. Simply adding up these individual components 

suggests that they can explain at most ~90% of the energy cost of walking. Although 

this value may represent an overestimation of the contribution of these three 

individual components due to possible cooperative actions between them, at least 

10% of the energy cost of walking remains unaccounted for. Logical reasoning 

suggests that part of this cost may be due to a metabolic cost of the fourth subtask of 

walking: balance control. 

To explain the increases in the cost of walking in people after lower limb 

amputation, and people who have suffered a stroke, researchers have also 

predominantly looked at biomechanical factors affecting the (external and internal) 

mechanical work performed for propulsion or leg swing. In people with a lower limb 

amputation, propulsion is impaired due to the lack of push-off power of the prosthetic 

limb35-36. Also, leg swing problems occur due to the diminished push off, a lack of 

dorsal flexion of the prosthetic ankle, and diminished knee flexion in the prosthetic 

leg35-37. Similar problems with push off and leg swing, although of an entirely 

different nature, often arise in stroke survivors.  

These problems, as well as associated compensatory actions (e.g., increased 

mechanical work performed by the intact or non-paretic leg, or compensatory 

movements of the hip and trunk), are thought to lead to increased external and 

internal mechanical work resulting in an increased metabolic cost2, 21-22, 38-39. 

However, they do not appear to fully account for the difference in energy cost 

between patients and able-bodied people38, 40-42. Perhaps factors not associated with 

forward propulsion and leg swing, such as balance control, also contribute to the 

increased cost of walking in these patient populations.  
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UNRAVELING THE METABOLIC COST FOR BALANCE CONTROL 

In the remainder of this General Introduction the focus will be on the energy cost 

for the aforementioned fourth subtask of walking, balance control. In particular, three 

aspects will be covered: potential sources of a metabolic cost for balance control, 

methods and manipulations that can, and have been used to investigate this cost 

together with their limitations, and current knowledge about the effect of pathology 

on the energy cost for balance control. 

Potential sources of a metabolic cost for balance control  

Balance control may be effectuated through passive dynamics of the limbs, or 

through active neuromuscular control via the central nervous system. Modeling 

studies and empirical studies based on the dynamics of a simple inverted pendulum 

have shown that neuromuscular control is mostly needed to control balance in the 

sideward direction, while balance control in the direction of progression can largely 

be maintained passively43-44. Using the inverted pendulum analogy of walking, several 

researchers have tried to find theoretical and empirical evidence for a metabolic cost 

for balance control. 

The primary strategy for balance control of an inverted pendulum walker in the 

sideward direction is the foot placement strategy45-46. With each step, the center of 

mass (CoM) ‘falls’ to the side. A sideward loss of balance is prevented by placing the 

foot lateral with respect to the center of mass in the subsequent step, at a position 

sufficient to prevent the CoM to cross this new base of support taking into account the 

center of mass velocity46. This foot placement strategy is reflected in a nonzero step 

width and step width variability. Walking with nonzero step width carries a 

metabolic cost because at each step mechanical work has to be performed to redirect 

the center of mass velocity towards the contralateral side18. The inverted pendulum 

model predicts that the mechanical work for these so called step-to-step transitions 

increases with the square of the step width18. Due to this nonlinear dependency, a 

larger variability in step width will, for the same average step width, also increase the 

mechanical and the metabolic cost.  
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Empirical evidence for this interrelation between balance control, step width and 

the energy cost of walking comes from three studies in which subjects were stabilized 

laterally via stiff spring-like cords attached to the waist and pre-stretched in the 

lateral direction. These cords acted as stabilizers by opposing and reversing lateral 

motion of the pelvis, thereby removing or diminishing the need for balance control in 

the lateral direction. In healthy subjects this manipulation resulted in significant 

reductions in average step width (~50%) and step width variability (~40%), with a 

concomitant reduction in energy cost of ~3-6%47-49.  

Although useful, the inverted pendulum is a highly simplified model of human 

walking. In humans, balance control is not only achieved through foot placement. 

After foot placement has occurred, fine tuning takes place by producing an ankle 

eversion/inversion moment to alter the medio-lateral progression of the center of 

pressure under the foot, or by producing an abduction/adduction moment around the 

hip of the stance leg in order to alter the trajectory of the center of mass46, 50. Also, 

muscle co-contraction can be used to stabilize individual joints. The metabolic cost 

involved in the muscle activity for these strategies is not taken into account when 

looking only at the mechanical and metabolic consequences of adopting a certain step 

width. Moreover, analyses of both external and internal work or joint work do not 

take into account isometric muscle contractions (producing force without performing 

work), or muscle co-activation that may be used for such strategies. Therefore, 

further analysis of the metabolic effects of balance control strategies may require the 

analysis of neuromuscular activation patterns. Previous research has indicated that in 

older adults, an increase in muscle activation could explain up to 70% of the 

differences in energy cost of walking between older and younger adults51. Also, EMG 

activity of lower leg muscles correlates to energy expenditure during standing in 

destabilizing situations52.  While studies on the energy cost for balance control 

typically take into account spatiotemporal gait parameters, the relation between 

(altered) metabolic demands of balance control and muscle activation has received 

less attention. Therefore, in the studies described in Chapter 3 and 6 of this thesis the 

effect of altered balance control demands on the energy cost of walking will be 

studied by taking into account not only spatiotemporal parameters but also muscle 

(co-)activation and coordination.   
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Investigating the effort for balance control through experimental manipulation 

There are many ways in which balance control demands can be manipulated 

during walking, but they can be roughly divided into manipulations that facilitate 

balance control and manipulations that challenge balance control. Both kinds of 

manipulation have been used to study the metabolic demands of balance control 

during walking. The challenge herein resides in altering the balance control demands 

of walking in isolation from the other three subtasks in order to disintegrate the 

metabolic cost for balance control from other metabolic costs of walking. The 

following paragraph will provide a short overview of the key literature on this topic.   

Facilitating balance control 

Facilitation has been used in the previously mentioned studies using external 

lateral stabilization47-49. These studies have provided an estimate of the energy cost 

for balance control during walking in a perturbation free environment, and have 

indicated that balance control in physically fit healthy subjects comes with a small but 

significant energy demand. While this set-up appears promising in investigating the 

energy cost for balance control, the stiffness of the stabilizing springs was arbitrarily 

chosen in these studies, and varied between 1200-1900 N·m-1. Since it is unclear 

whether the cords were stiff enough to provide optimal stabilization, resulting in a 

passively stable state, no definite conclusions regarding the magnitude of the effect of 

lateral stabilization on the energy cost of walking can be drawn. Chapter 2 of this 

thesis builds on this stabilization approach in healthy subjects and focuses on the 

effect of varying stiffness. In Chapter 4 this approach is used to study the energy cost 

for balance control in lower limb amputees.  

Challenging balance control 

On the other end of the spectrum of manipulations, challenges to balance control 

have also been used to gain insight into the metabolic effort for balance control. In 

contrast with the relative safety of the clinical lab environment, balance control 

during daily life walking is often challenged due to environmental factors (such as 

walking on a slippery floor) or the task itself (such as walking with a cup of coffee). 
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Such challenges may lead to substantially higher energy costs for balance control than 

estimated in stabilization studies. Several researchers have tried to investigate the 

effect of increased balance control demands on the energy cost of walking, using 

various manipulations. For instance, visual disturbances in the medial direction 

during walking to provoke a sense of imbalance, resulted in a significant 5.9% 

increase in cost with a concomitant increase in step width variability53. In another 

study, participants were enforced to walk a copy of their own preferred gait pattern 

(in terms of step length, width and frequency)54. This manipulation constrains the use 

of a foot placement strategy in case of gait disturbances and will lead to a more active 

ankle strategy. It resulted in a decreased gait economy of up to 13%. Lastly, in two 

studies participants were verbally instructed to adopt a more “relaxed/risky” or a 

more “conservative” gait pattern, or participants were threatened with perturbation, 

during downhill walking. The study showed that from a “relaxed” to a “conservative” 

gait strategy the energy cost of walking increased55, 56. Moreover, even just the threat 

of perturbation increased the energy cost of walking downhill. These studies suggest 

that challenges to balance control, or even the perception or awareness of such a 

challenge, may, consciously or subconsciously, lead to the adoption of different 

control strategies resulting in an increased metabolic effort. In Chapter 3 this 

suggestion is investigated further.  

Walking speed as a manipulation of balance control? 

As mentioned before, the increased energy cost in lower limb amputees and stroke 

survivors has been partly attributed to their slow(er) walking speed. This slow 

walking speed might not only influence the energy cost of walking, but also affect gait 

stability. The role of walking speed in maintaining stability is the source of a 

longstanding debate in the literature. Some authors have argued that slow walking is 

more stable57-58, while other authors have demonstrated that this is not (necessarily) 

the case59-60, or even that slow walking might be less stable than faster walking 

speeds61-62. Either way, íf a slow walking speed does have an influence on gait 

stability, walking speed itself may represent a manipulation of the balance control 

demands. None of the aforementioned studies on the energy cost for balance control 

have taken this potential effect of walking speed into account. While the effect of 
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walking speed on the energy cost for balance control may be difficult to examine in 

patient populations due to their limited ability to adjust walking speed, it can be 

readily assessed in a healthy population. Therefore, the experiments in able-bodied 

people described in Chapter 2 and 3 will involve multiple walking speeds, ranging 

from faster to slower than preferred, to evaluate the possible moderating effect of 

walking speed on the energy cost for balance control.  

The energy cost for balance control in people with gait impairments 

The aforementioned studies already indicate that balance control incurs a small 

but significant metabolic cost in able-bodied people, and that increasing the balance 

control demands also increases the energy cost of walking. In people with gait 

impairments due to, for example a lower limb amputation or stroke, ‘unperturbed’ 

walking might pose a significant threat to balance control, resulting in a markedly 

increased energy cost. Only a single study specifically investigated the energy cost for 

balance control in a stroke population, albeit in the context of standing rather than 

walking52. It revealed that stroke patients have a substantially higher energy 

expenditure during upright standing than able-bodied subjects and that the energy 

expenditure increased twice as much during more challenging upright standing 

conditions (such as standing with eyes closed or on foam) for stroke patients 

compared to healthy subjects52. This study provides a first indication that the energy 

cost for balance control is elevated in the stroke population. To our knowledge, 

similar information regarding people with a lower limb amputation is lacking. 

Chapters 4-6 of this thesis elaborate on this theme, by investigating whether and how 

impaired balance control can contribute to the increased cost of walking in lower 

limb amputees and people who have suffered a stroke.  

AIMS AND OUTLINE OF THE THESIS  

Gaining insight into the relationship between gait economy and balance control is 

important from both a fundamental and a clinical perspective. From a fundamental 

point of view, there is an evident need to better understand the energetic demands of 

walking. In addition, studying the effort for balance control from an energetic point of 
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view may enhance our understanding of the processes underlying balance control. 

From a clinical point of view, it can help to understand the energy cost of pathological 

locomotion and thereby improve therapeutic strategies aimed at restoring gait 

economy. Therefore, the general aim of this thesis is to assess and understand the 

effort for balance control in terms of the metabolic energy cost of walking in both 

healthy people and patient populations.  

 

As has already been alluded to in the previous paragraphs, various outcome 

measures (spatiotemporal and muscle activation parameters), interventions 

(facilitating and challenging balance control) and populations (able-bodied people vs. 

people with a lower limb amputation and stroke survivors) will be studied to attain 

this aim in the experiments incorporated in this thesis. Different combinations of 

these (dependent and independent) factors culminate into the different chapters in 

this thesis which are schematically represented in Figure 3. The first two studies 

reported in the thesis focus on the energy cost for balance control in an able-bodied 

population. Three questions will be addressed in these studies: 1) How do 

manipulations of the balance control demands during walking affect the metabolic 

energy cost of walking in healthy subjects? 2) What is the effect of walking speed on 

the effort for balance control? And, 3) Which changes in the gait pattern and muscle 

coordination are responsible for the effects of the manipulations on energy cost? In 

Chapter 2 balance control is facilitated by means of medio-lateral stabilization with 

spring like cords, in a similar manner as in the previously described stabilization 

experiments47. In addition to addressing the aforementioned questions, it is also 

investigated which stiffness of the stabilizer cords is necessary to stabilize human 

walking. In contrast to the stabilization of Chapter 2, Chapter 3 uses increasing levels 

of postural threat during level walking to investigate the changes in energy cost and 

the gait pattern and muscle activation in a situation which challenges balance control. 

These two studies build on the limited body of knowledge on the energy cost for 

balance control in healthy people, and as such serve as a reference for the studies in 

the second part of this thesis.  

The second part of this thesis focuses on the energy cost for balance control in 

people with a lower limb amputation and stroke survivors. In Chapter 4 the 
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stabilization set-up used  in Chapter 2, is used in people with a lower limb 

amputation. It is investigated whether the increased cost of walking in this population 

can be attributed to an increased cost for medio-lateral balance control. In Chapter 5 

and 6 people who suffered a stroke are studied. In these studies a clinically more 

realistic  method to decrease balance control demands is used: facilitation of balance 

control via a handrail or cane. Chapter 5 describes the effect of this manipulation on 

energy cost, while Chapter 6 describes in more detail how the support provided by a 

handrail can affect the energy cost of walking. The effects of the potential mechanical 

support and the additional sensory information that is obtained through the 

handheld support are disentangled. In addition, the adaptations in gait parameters 

and muscle coordination that might underlie the change in metabolic cost are 

investigated.   

Finally, Chapter 7 summarizes and discusses the results of the aforementioned 

studies to present a general conclusion and recommendations for future research and 

clinical practice.  

 

Figure 3: Schematic overview of the thesis outline 





 

 

 

 

 

 

 

 

 
Energy cost for balance control during walking decreases with external stabilizer stiffness independent 
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EXTERNAL STABILIZATION IN THE 

ABLE-BODIED 
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ABSTRACT 

Human walking requires active neuromuscular control to ensure stability in the 

lateral direction, which inflicts a certain metabolic load. The magnitude of this 

metabolic load has previously been investigated by means of passive external lateral 

stabilization via spring-like cords. In the present study, we applied this method to test 

two hypotheses: 1) the effect of external stabilization on energy cost depends on the 

stiffness of the stabilizing springs, and 2) the energy cost for balance control, and 

consequently the effect of external stabilization on energy cost, depends on walking 

speed. Fourteen healthy young adults walked on a motor driven treadmill without 

stabilization and with stabilization with four different spring stiffnesses (between 

760-1820 N∙m-1) at three walking speeds (70%-100%-130% of preferred speed). 

Energy cost was calculated from breath-by-breath oxygen consumption. Gait 

parameters (mean and variability of step width and stride length, and variability of 

trunk accelerations) were calculated from kinematic data. On average external 

stabilization led to a decrease in energy cost of 6% (p<.005) as well as a decrease in 

step width (24%; p<.001), step width variability (41%; p<.001) and variability of 

medio-lateral trunk acceleration (12.5%; p<.005). Increasing stabilizer stiffness 

increased the effects on both energy cost and medio-lateral gait parameters up to a 

stiffness of 1260 N∙m-1. Contrary to expectations, the effect of stabilization was 

independent of walking speed (p=.111). These results show that active lateral 

stabilization during walking involves an energetic cost, which is independent of 

walking speed. 
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INTRODUCTION 

In human walking the center of mass constantly moves beyond the base of support, 

resulting in an essentially unstable motion. Gait stability is achieved through both 

passive dynamic properties of the system and active neuromuscular control 47, 63-64. 

Mathematical models and empirical studies have shown that stability in the fore-aft 

direction can largely be maintained through passive dynamics of the limbs, whereas 

active neuromuscular control is necessary to stabilize the system in the medio-lateral 

direction 43-44, 63. Although imperative for gait stability, the motor responses and 

muscle activity associated with this active control presumably inflict a metabolic load 

and are thus potentially responsible for part of the energy cost of normal and 

pathological gait. 

The primary control strategy to achieve medio-lateral stability is to adapt the step 

width from step to step in order to preserve sufficient medio-lateral margins of 

stability 46, 50, 61. This strategy likely carries an energy cost. Firstly, the muscle activity 

required to ensure adequate foot placement could inflict a metabolic load 54. 

Secondly, walking with a non-zero step width requires mechanical work performed to 

redirect the movement of the center of mass from side to side from one step to the 

next (so-called step-to-step transition costs). This mechanical work increases with 

the square of the step width, and exacts a proportional metabolic cost 18, 33. Hence, 

increasing the average step width to ensure lateral stability increases the energy cost 

of walking. Moreover, due to the non-linear relationship between step width and 

metabolic load, step width variability adds to the energetic cost of walking. Next to 

step width control, alternative balance control strategies, such as an ankle or hip 

strategy, trunk or arm countermotion to control and fine-tune the path of the center 

of mass after foot contact, and muscle co-activation, might also place a metabolic 

demand by virtue of additional muscle activation.  

Evidence for the presence and magnitude of the energetic cost associated with the 

regulation of medio-lateral stability comes from several studies which aimed to 

remove the need for active control of medio-lateral balance by means of passive 

external stabilization. Mathematical predictions using the simplest walking model 

have shown that applying spring-like forces to the pelvis in the lateral direction acts 

to reduce their inherent instability, which in turn reduces the need for active control 
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47, 64. Empirical evidence has shown that applying such spring-like forces to humans 

while walking on a treadmill indeed causes a small but significant reduction in energy 

cost 47-49. This coincided with a decrease in step width and step width variability, 

suggesting that the reduction in energy cost is related to a reduced need for medio-

lateral balance control.  

All these previous studies, however, used an experimental set-up in which a single 

spring with arbitrarily chosen stiffness and damping characteristics was applied. 

Therefore, it could not be established whether the presumed proportional relation 

between stabilizer stiffness and energy cost reduction indeed exists. Moreover, 

differences in the magnitude of the reduction in the energy cost of walking among 

these studies do not clearly correspond to differences in the applied stabilizer 

stiffness. Although this might be related to other methodological differences, such as 

allowing arm swing and differences in gait speed, it can be questioned whether the 

observed reduction in energy cost represents the total amount of energy required for 

medio-lateral stabilization. In the present study we therefore tested the hypothesis 

that increasing stabilizer stiffness proportionally reduces the need for active control, 

leading to a concurrent decrease in energy cost until a maximal stabilizing effect of 

the external stabilization is achieved.  

 In addition, we used the external stabilization set-up to examine the relation 

between gait stability and walking speed. Although reducing walking speed is 

generally seen as a strategy to enhance stability, this effect is frequently disputed in 

the literature. Some studies argue that slow speeds are more stable 57-58, while others 

argue that this is not the case or even suggest that fast walking is more stable 59, 61, 65. 

By studying the effect of external stabilization at different speeds, the effect of 

walking speed on the metabolic effort to maintain medio-lateral stability can be 

studied.  

In sum, in the present study we elaborate on a previously used experimental 

design of applying external lateral stabilization while walking on a treadmill. In 

particular, we tested two hypotheses: firstly, that increasing stabilizer stiffness 

reduces the need for active control until a maximal stabilizing effect is achieved, and 

secondly, that walking speed influences the energy cost of balance control. 
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METHODS 

Participants  

Fourteen young subjects participated in this study (10 men, 4 women; age 20 ± 1.2 

years; weight 73.2 ± 9.26 kg; length 1.83 ± 0.08 m; trochanter height 0.94 ± 0.04 m; 

mean ± sd). All subjects were physically fit without known impairments or 

medication use that could influence balance control and/or energy consumption. 

Subjects were asked to refrain from strenuous activity the day before the experiment 

and to refrain from food or coffee intake at least 1 hour prior to the experiment. All 

subjects signed a written informed consent prior to participation. The experiment 

was approved by the local ethics committee of the Faculty of Human Movement 

Sciences of the VU University Amsterdam.  

Experimental protocol  

During the experiment subjects walked on a motorized treadmill (ForceLink b.v., 

Culemborg, the Netherlands) with and without external stabilization. Prior to the 

walking trials, resting metabolism was measured in seated position for 5 minutes 

after a resting period of 10 minutes. Thereafter, preferred walking speed was 

determined following the method of Martin et al. 66. Subsequently, all subjects 

completed 15 trials with a duration of 5 minutes each. Trials were separated by a 

resting period of approximately 5 minutes. During the trials both stabilizer stiffness 

and walking speed were manipulated. In addition to the control condition (i.e. 

without external stabilization), 4 different spring stiffnesses were applied ranging 

from 760-1820 N∙m-1. With each stabilizer stiffness subjects walked at 3 different 

walking speeds of 70%, 100%, and 130% corresponding to their preferred walking 

speed.  

Trials were assigned following a two-step randomization procedure. In the first 

step, the sequence of the stabilization conditions was randomly assigned, and in the 

second step the sequence of walking speeds within each stabilization condition was 

randomly assigned. Thus, subjects walked at all three speeds with the same stabilizer 

stiffness before moving to another stiffness.  
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Experimental set-up 

External stabilization was applied in the lateral direction via sets of parallel elastic 

rubber cords (Figure 4). The cords were attached on one end to a frame fastened to a 

belt worn around the waist, and on the other end to a ball-bearing trolley mounted on 

a height-adjustable horizontal rail. The frame was positioned so that the point of 

application of the spring forces was approximately aligned with the body’s center of 

mass in the frontal plane. Unwanted vertical forces of the springs were minimized by 

placing the horizontal rail level with the frame at the waist belt, and unwanted fore-

aft forces were minimized by the trolley to which the springs were attached, which 

moved with minimal friction along with the subject’s movements in anterior-

posterior direction.  

Table 1: Spring characteristics 

 Spring constant  
(N∙m-1) 

Damping coefficient  
(Ns∙m-1) 

Spring 1 760 15.9 

Spring 2 1260 18.5 

Spring 3 1610 26.8 

Spring 4 1820 32.0 

 

The frame allowed normal arm swing of the subject. The springs had an effective 

spring constant between 760 and 1820 N∙m-1 and negligible damping (between 18.5 

and 32.0 Ns∙m-1; Table 1), as determined by oscillating a known mass attached to the 

springs and estimating the damping coefficients from a second order damped 

oscillator model 47. Energy dissipation due to damping was estimated based on the 

displacement of the springs during the experimental trials and was on average less 

than 0.5% of the energy cost of walking for each stabilized trial. In the control 

condition subjects also wore the frame, which was now attached to a freely running 

rope. 
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Figure 4: Schematic representation of experimental set-up. Inset B shows the stabilization in more 
detail. Legend: 1) frame allowing normal arm swing; 2) spring-like cords; 3) height-adjustable 
horizontal rail; 4) ball-bearing trolley free 

Instrumentation 

During all trials, breath-by-breath oxygen consumption was obtained from an 

ambulatory pulmonary gas exchange system (Cosmed K4b2, Cosmed, Italy). Kinematic 

data from two markers attached to the heel of each foot were recorded with an 

Optotrak motion analysis system (Northern Digital Inc, Ontario, Canada), and used to 

calculate step parameters. In addition, two markers placed on the ends of the springs 

were used to record spring displacement in the stabilized conditions to estimate 

energy dissipation due to spring damping. Trunk accelerations were measured with a 

tri-axial ambulant accelerometer fixed with an elastic belt near the level of the third 

lumbar spine segment (DynaPort Hybrid, McRoberts b.v., the Hague, the 

Netherlands). Sampling frequency of kinematic data was set at 100 Hz.  
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 Data-analysis 

Steady state energy expenditure was calculated from oxygen uptake (�̇�𝑂2 in 

ml∙min-1) and respiratory exchange ratio (RER) obtained from the pulmonary gas 

exchange system during the final two minutes of each walking trial. Gross metabolic 

energy expenditure (Egross; J∙ min-1) was calculated using the following equation 9:  

 Egross = (4.960 · RER+16.040) · �̇�𝑂2 

Net energy expenditure was calculated by subtracting resting metabolism from 

Egross. Net metabolic cost (EC; J∙kg-1∙m-1) was obtained by dividing Egross by body mass 

(kg) and walking speed (m⋅min-1). 

 

The following six gait parameters were calculated to evaluate the effect of the 

experimental manipulations on the gait pattern: mean and variability of step width 

and stride length, and variability of anterior-posterior and medio-lateral trunk 

accelerations.  

Kinematic data from the Optotrak markers were filtered with a bi-directional low-

pass 2nd order Butterworth filter with a cut-off frequency of 10 Hz. Moments of foot 

contact were determined from local maxima in the anterior-posterior heel marker 

data. Stride length (SL) was calculated by adding left and right consecutive step 

lengths, defined as the anterior-posterior distance between the two heel markers at 

foot contact. Step width (SW) was defined as the absolute medio-lateral distance 

between the heel markers at two consecutive foot contacts. The standard deviation of 

stride lengths (sdSL) and step widths (sdSW) within each trial was used to quantify 

the variability of these parameters.  

Accelerometer data were filtered with a bi-directional low-pass 3rd order 

Butterworth filter with a cut-off frequency of 20 Hz. Variability of trunk accelerations 

was quantified as the average standard deviation of the anterior-posterior and 

medio-lateral trunk acceleration over a stride. First, moments of foot contact were 

derived from anterior-posterior trunk acceleration data 67. Subsequently, all strides 

were time normalized to 100 data points per stride. Standard deviations across 

strides were calculated for each time normalized data point, and averaged over these 

normalized time points to produce a single value for the variability of trunk 

acceleration in anterior-posterior (sdTAP) and medio-lateral (sdTML) direction 57. 
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Statistical Analysis 

Data were tested for normality using the Kolmogorov-Smirnov and Shapiro-Wilk 

tests which showed that all parameters were normally distributed. A two-way 

repeated analysis of variance with Stabilizer stiffness ([Control, Spring 1, Spring 2, 

Spring 3, Spring4]) and Speed ([70%, 100%, 130%]) as within-subject factors was 

conducted to evaluate the effect of spring stiffness and the influence of walking speed 

on the effect of stabilization (Speed × Stabilization interaction). In case of violation of 

the assumption of sphericity the Greenhouse-Geisser correction was applied. Where 

applicable, two planned contrasts were used to further investigate significant main 

effects of stabilization: to investigate the effect of each spring compared to the control 

condition a simple contrast was used, and to investigate the effect of each successive 

spring compared to the preceding spring a repeated contrast was used. Level of 

significance for all statistical analyses was set at p<0.05. 

RESULTS 

The average preferred walking speed of the subjects was 1.31 ± 0.86 m∙s-1 

(mean±sd). Accelerometer data for two subjects (subject 1 and 4) were incomplete 

due to incorrect data storage on the accelerometer, and were removed from the trunk 

accelerations analyses.  

Effect of stabilization 

The energy cost when walking with lateral stabilization was on average 4.6% 

lower than in the control condition. However, the main effect of stabilization failed to 

reach significance (p=.111). Visual inspection of the data revealed one extreme outlier 

in the EC data; this subject showed a tendency completely opposite to that of the 

group average, namely an increasing EC with increasing spring stiffness. Presumably 

this subject did not move along with the springs, but instead opposed their action. In 

view of this deviant response, this subject was removed from all further analyses. 

After removal of this outlier the average decrease in EC when walking with 

stabilization was 5.95% and highly significant (p<.005) (Figure 5, Table 2). The effect 

of spring stiffness increased from the control condition up to spring 2. Increases in 
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stabilizer stiffness beyond spring 2 did not lead to further reductions in EC. Walking 

with springs 2-4 led to a significant reduction in cost compared to the control 

condition, while the difference between spring 1 and the control condition was not 

significant. The average decrease in EC when walking with spring 2-4 was 7.5%. 

 

 Figure 5: Effect of sta-
bilization and speed on 
energy cost. Separate lines 
represent different walking 
speeds (as % of preferred 
speed). The 0-mark on the x-
axis represents the control 
condition without external 
stabilization 

 

With regard to the gait parameters, a significant main effect of stabilization was 

found for the medio-lateral gait parameters only; SW (p<.001), sdSW (p<.001) and 

sdTML (p<.005) (Figure 6, Table 2). When walking with stabilization SW decreased 

by 24.0%, sdSW decreased by 41.0%, and sdTML decreased by 12.5% compared to 

the control condition. Post-hoc contrasts showed that the decreases in SW, sdSW and 

sdTML were significant for each spring compared to the control condition. Moreover, 

walking with spring 2 caused a significant decrease in SW and sdSW compared to 

walking with spring 1 (p<.005). Increases in stabilizer stiffness beyond spring 2 did 

not result in any significant changes in gait parameters.  
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Stabilization by speed interaction 

The effect of stabilization on EC was not significantly influenced by gait speed 

(p=.111). A significant Stabilization × Speed interaction was found only for SW, which 

occurred because the effect of stabilization decreased with increasing speed (p<.001, 

Figure 6, Table 2. 

 

 

Figure 6: Effect of stabilization and speed on gait parameters. Separate lines represent different 
walking speeds (as % of preferred speed). The 0-mark on the x-axis represents the control 
condition without external stabilization 
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Table 2: Effect of stabilization and stabilization × speed interaction on energy cost and gait 
parameters (n=13) 

 Stabilization Speed × stabilization 
 F-value p-value F-value p-value 

Energy cost 4.786 .002* 1.689 .111 

Step width 21.508 .000* 5.954 .000* 

Step width variability 45.294 .000* 1.060 .383 

Stride length .529 .715 1.135 .343 

Stride length variability .798 .486 .596 .655 

APa trunk acceleration variability (n=12) 1.170 .337 1.748 .098 

MLb trunk acceleration variability (n=12) 9.194 .001* .990 .409 
a= anterior-posterior; b=medio-lateral; significant effects are flagged with an asterisk.  

DISCUSSION 

In this study, we used an external lateral stabilization device to investigate the 

energy cost related to active lateral stabilization during walking. Two main questions 

were addressed. Firstly, we were interested in the effect of increasing stabilizer 

stiffness on energy cost and the gait pattern during walking. We expected the effects 

of external stabilization to increase with increasing stiffness until a passively stable 

state in medio-lateral direction was reached. Secondly, we sought to determine the 

influence of walking speed on the effect of external stabilization. We hypothesized 

that the effect of external stabilization would be dependent on walking speed, as 

walking speed is deemed to affect gait stability. 

Walking with external stabilization decreased the energy cost of walking up to 

7.5%, which was achieved with a spring stiffness of 1260 N∙m-1 or higher. The effect 

on energy cost was in line with the changes in medio-lateral gait parameters, which 

also changed up to a spring stiffness of 1260 N∙m-1. These results confirm our 

expectations and previous model predictions suggesting that increasing spring 

stiffness acts to stabilize human walking in the medio-lateral direction until a 

passively stable state is reached 47.  The minimal stiffness required to stabilize human 

walking in the medio-lateral direction apparently lies between 760 N∙m-1 and 1260 

N∙m-1. This value is higher than the predicted stiffness to stabilize human upright 

standing (for our average subject ~675 N∙m-1; based on Winter et al. 68 and Morasso 

et al. 69-70). The difference can be explained by factors not accounted for in the 
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prediction based on semi-static conditions, such as the presence of shear forces and a 

variable vertical ground reaction force component. Clearly, the dynamics of walking 

requires a higher stabilizer stiffness compared to quiet upright standing.  

The spring stiffness of 1260 N∙m-1, at which the reduction in energy cost was 

maximal, is comparable to the spring stiffness used by Dean et al. 48, but lower than 

that used in the studies by Donelan et al. 47 and Ortega et al. 49 who used spring 

stiffnesses of 1700 N∙m-1, and 1900 N∙m-1 respectively. This indicates that these 

studies selected a stabilizer stiffness that effectively replaced the required active 

control of medio-lateral balance with passive external stabilization. The previously 

found reductions in energy cost of 3-6% of the total energy cost of walking can 

therefore be regarded as an accurate estimate of the metabolic effort for medio-

lateral balance control in normal gait. Small differences in the reduction in energy 

cost between studies could have been due to methodological differences like the 

method used to reduce unwanted fore-aft forces (long length cords versus a movable 

cart), and whether subjects walked with or without arm swing.  

Walking speed did not appear to be a factor accounting for differences in the 

energy cost for medio-lateral balance control between studies, since no significant 

interaction with stabilization on energy cost was present. This suggests that in 

healthy young subjects walking speed is not a major factor influencing medio-lateral 

stability. This is in line with a recent experimental study by Hak et al. 61, who showed 

that young subjects do not adapt walking speed when faced with medio-lateral 

perturbations, but is at odds with several other studies that have found conflicting 

effects of walking speed on gait stability. Much of the ambiguity in the results of these 

studies has been attributed to the broad range of outcome measures to quantify 

stability 71. In the current study, we used the effort to maintain balance (as reflected 

in the associated metabolic cost) as an (indirect) indicator of gait stability. This 

outcome measure represents a different, more global index of gait stability than 

previously used outcome measures, such as local dynamic stability or variability 

measures. The relation between these different indexes of gait stability should be a 

focus of future research.  

Nevertheless, an interaction of stabilization and walking speed on step width was 

found in the present study, indicating that the reduction in step width with external 
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stabilization was lower at high compared to low speeds. Since step width in the 

control condition did not vary with speed, this result does not appear to suggest that 

the system is less stable at higher speeds. An explanation for the reduced effect on 

step width at higher speeds could be that when step width decreases due to 

stabilization, the swinging leg needs to move laterally to avoid collision with the 

stance leg. At higher speeds swing time is reduced, thereby also reducing the time for 

the return movement of the swinging leg towards the midline position after lateral leg 

swing. Walking with wider steps will resolve this problem, while the energetic 

penalty of taking wider steps is reduced, since the mechanical work for redirecting 

the body center of mass during the step-to-step transition is provided by energy 

stored in and released from the stabilizing springs.  

The present conclusions are subject to several limitations. Firstly, as stated in the 

results section, one extreme outlier in the energy cost data was removed from all 

analyses. This was the only subject who consistently showed an increase in energy 

cost with increasing stabilizer stiffness. We believe that this occurred because this 

subject was actively resisting the spring forces leading to an increase in energy cost. 

Though some of the other subjects also had problems to comply with the task during 

the first stabilized trial, these subjects were all able to adapt to the experimental set-

up in subsequent trials. An even more extensive habituation period and instructions 

not to resist the spring forces should be employed in future studies to avoid such 

outliers. A second limitation of the current set-up is that the springs not only oppose 

lateral motion but also vertical motion, and rotational motion of the pelvis along the 

vertical axis. These unwanted side effects might offset some of the reduction in 

energy cost caused by the external lateral stabilization. Moreover, these effects might 

obscure a possible relation between external stabilization and walking speed, since 

vertical and rotational motion of the pelvis are known to increase with speed, 

whereas lateral motion of the pelvis reduces with increasing speed 72-73. Although we 

believe that the effects of vertical and rotational forces in our set up were small, their 

potential influence cannot be ignored, and should be further investigated in future 

studies.  

The present study has provided additional evidence that active control of medio-

lateral stability inflicts a small but significant metabolic demand even in healthy 
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subjects. In pathological gait, such as in stroke patients or amputees, the energy cost 

of maintaining medio-lateral stability likely is larger due to imperfect neuromuscular 

sensing and control, as well as increased margins of safety 23, 46, 74. Therefore, the next 

logical step is to evaluate the effects of external lateral stabilization in patient 

populations. Using the current method to determine the consequences of pathological 

changes in the neuromuscular system on the metabolic effort for balance control can 

help understand the cost of pathological locomotion, and may provide new 

therapeutic tools to facilitate balance control in gait training during rehabilitation. 

CONCLUSION 

We have provided further evidence that active control of medio-lateral stability 

during walking imposes a metabolic demand even in young healthy people. We 

demonstrated that this demand reduces with increasing stabilizer stiffness until a 

passively stable state is reached, as predicted by previous mathematical models. In 

addition, we observed that the effect of lateral stabilization on energy cost is 

independent of walking speed, suggesting that medio-lateral stability is not 

influenced by walking speed in young healthy persons. 
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ABSTRACT 

Balance control during walking has been shown to involve a metabolic cost in 

healthy subjects, but it is unclear how this cost changes as a function of postural 

threat. The aim of the present study was to determine the influence of postural threat 

on the energy cost of walking, as well as on concomitant changes in spatiotemporal 

gait parameters, muscle activity and perturbation responses. In addition, we 

examined if and how these effects are dependent on walking speed. Healthy subjects 

walked on a treadmill under four conditions of varying postural threat. Each 

condition was performed at 7 walking speeds ranging from 60-140% of preferred 

speed. Postural threat was induced by applying unexpected sideward pulls to the 

pelvis and varied experimentally by manipulating the width of the path subjects had 

to walk on. Results showed that the energy cost of walking increased by 6-13% in the 

two conditions with the largest postural threat. This increase in metabolic demand 

was accompanied by adaptations in spatiotemporal gait parameters and increases in 

muscle activity, which likely served to arm the participants against a potential loss of 

balance in the face of the postural threat. Perturbation responses exhibited a slower 

rate of recovery in high threat conditions, probably reflecting a change in strategy to 

cope with the imposed constraints. The observed changes occurred independent of 

changes in walking speed, suggesting that walking speed is not a major determinant 

influencing gait stability in healthy young adults. The current study shows that in 

healthy adults, increasing postural threat leads to a decrease in gait economy, 

independent of walking speed. This could be an important factor in the elevated 

energy costs of pathological gait. 
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INTROCUCTION 

Walking requires metabolic energy, primarily to generate muscle force and work 

for body weight support, propulsion and leg swing 1, 30, 33. Balance control is another 

important factor that adds to the energy requirements of walking, but has been 

studied less extensively. Recent studies have shown that external stabilization or 

facilitation of balance control while walking can cause a reduction in the energy cost 

of walking up to 7% in healthy subjects 47-49, 75 and even more so in stroke patients 76. 

This indicates that active balance control during walking inflicts a metabolic load, 

which may be larger for patient populations than healthy subjects. 

While these stabilization studies provide valuable insight into the energy cost of 

balance control during walking, the methodology used is confined to the role of 

balance during walking in a perturbation free environment. During everyday walking 

balance control is often threatened by the environment due to external perturbations, 

such as a push or pull, or challenges with respect to the walking surface (such as 

walking on a narrow ridge). Anticipating such conditions of postural threat has been 

shown to induce changes in the gait pattern in terms of kinematics and EMG activity. 

Some general changes in the face of threatening conditions are a reduced stride time 

and stride length and an increased step width 61, 77-78, as well as increased muscle 

activity and muscle co-activation 79-80. Thus far, effects of postural threat on the 

response to perturbations during gait have not been investigated extensively and 

might vary depending on perturbation type, magnitude, timing and direction 81-82. In 

all likelihood, the responses to postural threat, which may serve to reduce the risk of 

falling and enhance safety, require additional muscular effort and thus carry an 

additional metabolic load. The magnitude of this metabolic demand however, is 

unknown. 

To date, two studies have been published that experimentally manipulated the 

perceived level of postural threat and evaluated the effect on energy cost during 

locomotion. One study manipulated feelings of postural threat during running by 

elevating a treadmill above the ground, and found that this increased the energy cost 

of running by approximately 3% 83. Similarly, in a study on downhill treadmill 

walking under the threat of perturbations a significant increase in energy cost was 

found 56. While these studies demonstrate that postural threat could affect metabolic 
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cost, they do not necessarily apply to level walking. Therefore, in the current study we 

examined the potential effect of postural threat on the energy cost and the associated 

gait changes for level walking with actual perturbations.  

In addition, since walking speed is known to be a major factor in the organization 

of human walking and the adaptation of walking to environmental contingencies 

including postural threat, we were interested in determining if and how the metabolic 

cost of balance control during conditions of postural threat is influenced by walking 

speed. Changes in walking speed in reaction to postural threat are equivocal, with 

some studies showing a decreased speed in the face of postural threat 84 and others 

showing no change or even increases in speed 61-62.  

The aim of the present study was thus to examine how increasing levels of postural 

threat, induced by a combination of discrete mechanical perturbations and path 

width constraints, affect the energy cost of level walking, as well as the accompanying 

gait parameters, muscle activity and perturbation responses. In addition, we 

examined if and how these effects are dependent on walking speed. 

METHODS  

Study population 

Fifteen healthy young adults participated in the experiment (7 male, 8 female; age 

26.6±5.0 yrs; body height 1.77±0.1 m; body mass 68.1±10.5 kg;  mean±SD). Exclusion 

criteria comprised balance impairments and cardiovascular, neurologic or orthopedic 

limitations that could interfere with the study protocol. All subjects signed a written 

informed consent prior to participation and the study protocol was approved by the 

local Ethical Committee.  

Study design 

Subjects completed 28 five minute walking trials on a treadmill, consisting of 4 

postural threat conditions performed at 7 different walking speeds. Trials were 

performed over two separate days and with a minimum of 2 minutes rest between 

trials to avoid exertion. A habituation trial of 5 minutes walking at preferred speed 
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was performed on both days prior to the first walking trial. For each of the 4 postural 

threat conditions at a given speed 2 conditions were performed on day one and the 

other 2 on day two, such that both days were approximately equal in intensity. The 14 

experimental trials per day were executed in a random order.  

The postural threat conditions were created through a combination of the 

presence of external mechanical perturbations and path width constraints. The 

variations in path width were imposed in order to exacerbate the postural threat 

induced by the mechanical perturbations in a graded fashion. In particular, the 

following four postural threat conditions were applied: 1) No Threat (NT); 

unperturbed walking on a wide path (1.0m); 2) Low Threat (LT); walking with 

perturbations on a wide path; 3) Medium Threat (MT); walking with perturbations on 

a path of intermediate width (0.5m); and 4) High Threat (HT); walking with 

perturbations on a small path (0.3m). Subjects were instructed to walk within the 

imposed path at all times. 

Mechanical perturbations consisted of an unexpected sideward pull to the pelvis in 

the direction of the swing leg applied approximately at midswing. The perturbation 

was controlled by a computer and applied via a rope connected to a frame worn 

around the pelvis, which allowed normal arm swing. On a predefined kinematic cue 

corresponding to midswing as detected by a custom written computer program, the 

normally free running rope was blocked by a pneumatic latch, and a pneumatic piston 

at the other end of the rope went down, causing a shortening of the rope of ~0.1m, 

corresponding to a sideward pull to the pelvis (Figure 7). A force transducer attached 

to the piston and rope of the perturbation device measured the resulting perturbation 

force, which is dependent both on the forces applied by the pistons (the actual 

perturbation force) as well as the compliance of the subjects (e.g. the tension in the 

ropes). Twelve perturbations were applied at random instants with 3 perturbations 

during the final 2 minutes of each trial, during which energy cost was determined, so 

as to limit the effect of perturbation responses on energy cost. 
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Figure 7: Schematic representation of experimental set-up. Legend: 1) Frame allowing normal arm 
swing; 2) Rope holder; 3) Rope; 4) Spin lock; 4) Force transducer; 5) Pneumatic piston. 

 

 Path width was enforced by instructing subjects to stay within a yellow 

rectangular path, which was projected onto the treadmill belt by a beamer placed in 

front of the treadmill. Path widths were chosen such that in the MT condition (0.5m) 

subjects would be able to use a medio-lateral stepping strategy in response to 

perturbations although they needed to be careful not to step too far to the side; in the 

HT condition (0.3 m) they could walk with a normal step width but no longer make 

use of a stepping strategy in the face of perturbations. Subjects were made aware of 

the postural threat condition prior to each trial. 

Trials were executed at 60-70-80-100-120-130-140% of the preferred speed of the 

subject. Preferred speed was determined prior to the first experimental trial 

following a previously described method 16. Subjects wore a safety harness during all 

trials.  

Data collection and analysis 

Energy cost 

Energy cost was calculated from oxygen uptake (�̇�𝑂2, ml·min-1) and respiratory 

exchange ratio (RER) obtained from breath-by-breath gas analysis (Cosmed K4b2, 

Italy). To ensure steady state oxygen consumption rate only the final two minutes of 
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each trial were used for the analysis. Gross energy expenditure (Egross; in J·min-1) was 

calculated using the following formula 9:  

Egross  = (4.960 · RER+16.040) · �̇�𝑂2 

Net energy expenditure Enet was calculated by subtracting resting metabolism in 

supine position from the gross metabolic energy expenditure during walking. Net 

energy cost (EC, J·kg-1·m-1) was obtained by dividing Enet by body mass (kg) and 

walking speed (m·min-1).  

Gait parameters 

Stride time, stride length, step width and their within-trial variability were 

calculated from kinematic data from the heel markers recorded with an Optotrak 

motion analysis system (Northern Digital Inc., Canada) sampled at 100Hz. Data were 

filtered with a bi-directional low-pass Butterworth filter with a cut-off frequency of 

10Hz. Instants of foot contact were determined from local minima in the vertical heel 

marker data.  

Stride time was defined as the time difference (ST) between two consecutive 

homolateral foot contacts. Stride length (SL) was calculated by adding left and right 

consecutive step lengths, defined as the anterior-posterior distance between the two 

heel markers at foot contact. Step width (SW) was defined as the absolute medio-

lateral distance between the heel markers at two consecutive foot contacts. The 

standard deviation of stride times (sdST) stride lengths (sdSL) and step widths 

(sdSW) within each trial were used to quantify the variability of these parameters. 

Gait parameters were calculated over the entire trial, but the first two complete 

strides following a perturbation were removed from this analysis to correct for 

recovery strides.  

Perturbation responses 

Responses to the perturbations were quantified by analyzing the deviation from 

and rate of return towards the nominal gait cycle using 3D linear accelerations (g) 

and 3D angular velocities (deg·sec-1) measured with a tri-axial accelerometer and 

gyroscope (Dynaport Hybrid, McRoberts, the Netherlands), which was attached to the 
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trunk at the level of L5 85. Only perturbations with >10 perturbation-free strides prior 

to and > 5 perturbation-free strides after the perturbation were used for the analysis, 

resulting in an average of 6 valid perturbations per trial.  

Data were filtered with a second order Butterworth filter with a cut-off frequency 

of 15Hz. Instants of foot contact were determined from anterior-posterior (AP) trunk 

accelerations. Instants of perturbations were estimated by detecting peaks in the 

medio-lateral (ML) acceleration data. Data were time normalized so that a single 

stride consisted of 100 samples. A nominal cycle of the strides prior to the 

perturbation was computed by averaging the last 10 strides before the perturbation, 

and standard deviations across strides were calculated for each percentage of this 

nominal cycle. 

 Thereafter, for each of the six dimensions (d; 3D linear accelerations and 3D 

angular velocities), the distance between the actual signal (𝑥) and the nominal signal 

(�̅�) was computed from the last foot contact prior to the perturbation (t=0) until the 

5th foot contact after the perturbation (t=500). Distances were normalized to the 

standard deviation (SD) of the nominal signal at that point in the stride. A resultant 

normalized distance (D) was calculated by taking the square root of the sum of 

squares of the normalized distances of all 6 dimensions: 

𝐷(𝑡) =  �∑ ((𝑥(𝑡) −  �̅�(𝑖,𝑡)) 𝑆𝐷(𝑖,𝑡)⁄ )26
𝑑=1 , 

where t is the normalized time starting from the last foot contact prior to the 

perturbation and i is the % of stride time at point t. An example of D, as a 

function of time, can be seen in  

Figure 8. From D(t), three outcome parameters were calculated to quantify the 

perturbation responses: 1) B is the maximal deviation indicating the disruption of the 

gait pattern caused by the perturbation; 2) DS1 is the normalized distance at the next 

homolateral foot contact, quantifying the recovery after one stride; and 3) β is the 

exponential decay quantifying the rate of return towards the nominal cycle based on 

fitting an exponential function to the data:  

 

𝐷𝑓𝑖𝑡(𝑡) = 𝐴 + (𝐵 − 𝐴) ∙ 𝑒−𝛽(𝑡−𝑡𝐵)  
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where A is the relaxation distance quantified as the average deviation from 200-250 

time points after B. Large values for β correspond to a faster return towards the limit 

cycle. 

Muscle activity 

Muscle activity was recorded using surface electromyography (TMSI, the 

Netherlands) from m. rectus femoris (RF), m. biceps femoris (BF), m. tibialis anterior 

(TA), m. gastrocnemius medialis (GM) and m. peroneus longus (PL) of the right leg. 

Data were high pass filtered (20Hz), rectified, and low pass filtered (10Hz) to create a 

linear envelope. For each subject the EMG signals were normalized to the mean 

amplitude for each muscle during the habituation trial of the same day86. Average 

normalized EMG amplitudes and co-contraction indices (CCI) were calculated over 20 

consecutive perturbation-free strides during the final 2 minutes of each walking trial. 

Co-contraction index (in %) was calculated as the common area of activity of two 

antagonistic muscles for GM_TA, TA_PL, and RF_BF87:  

𝐶𝐶𝐼 (%) =  2 ∙  
∫min (𝑚1,𝑚2)
∫(𝑚1 + 𝑚2)

 ∙ 100% 

 

 
Figure 8: Explanation of 
perturbation responses. 
B=maximal deviation; 
β=rate of return (based 
on fit); DS1=distance 
after 1 stride. 
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where 𝑚1 and 𝑚2 are the full wave rectified EMG profiles of the antagonistic muscle 

pair averaged over 20 consecutive strides and min (𝑚1,𝑚2)) is the minimum of the 

two profiles.  

Statistical analysis 

A two-way repeated analysis of variance with Postural threat (4 levels) and Speed 

(7 levels) as within-subject factors was conducted to evaluate the effect of postural 

threat, and the interaction of walking speed and postural threat on energy cost, 

spatiotemporal gait parameters, muscle activation and perturbation responses. Since 

we were interested in the influence of speed on the effect of postural threat on the 

outcome variables, but not in the effect of speed per se, main effects of speed will not 

be reported for the sake of legibility. In the case of violation of the assumption of 

sphericity the Greenhouse-Geisser correction was applied. Where applicable, a simple 

contrast was used to further investigate the effect of postural threat using the NT or 

the LT (for the perturbation responses) condition as reference category. Level of 

significance for all statistical analyses was set at p<0.05.  

RESULTS  

The average preferred walking speed of the subjects was 1.3 m·s-1. Accelerometer 

data for one of the subjects were lost due to malfunctioning of the equipment; 

therefore this subject was removed from the analysis of the perturbation responses. 

Peak perturbation force was not influenced by walking speed and was 256±21N 

(mean ± standard deviation). None of the subjects fell or made use of the safety 

harness during the trials.  

Energy cost 

A statistically significant main effect of postural threat on the energy cost of 

walking was found. Energy cost was on average 6.7% higher in the MT (p<.05) and 

13.6% higher in the HT condition (p<.01) compared to the NT condition (Figure 9). 

The difference in the LT condition (1.6%) was not significant (p=.178).  
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No significant Speed × Postural threat interaction was found, although the average 

increases in energy cost tended to be largest in the most extreme speed conditions. 

 

Gait parameters 

Postural threat caused statistically significant changes in all gait parameters 

(Figure 10). Planned contrasts showed that in the HT condition subjects walked with 

slightly faster (2.6%), shorter (2.2%), and narrower steps (13%) compared to the 

control condition (p<.01 for all parameters). The decrease in ST was also significant 

for the MT condition (1.2%, p<.01). Furthermore, for the HT condition, sdST and sdSL 

increased (25% and 30% respectively, p<.01), whereas sdSW decreased (15% p<.05). 

No significant Speed × Postural threat interactions were found. 

  

 Figure 9: Energy cost. (N=15) 
Separate lines represent 
different postural threat 
conditions: NT (triangles)=no 
threat; LT (squares)= Low 
threat, wide path with 
perturbations; MT (diamonds) 
= Medium threat, 
intermediate path with 
perturbations; HT (circles) = 
High threat, small path 
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Figure 10: Spatiotemporal gait parameters. (N=15) Separate lines represent different postural 
threat conditions: NT (triangles)=no threat; LT (squares)= Low threat, wide path with 
perturbations; MT (diamonds = Medium threat), intermediate path with perturbations; HT 
(circles) = High threat, small path 
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Perturbation responses 

Increasing postural threat showed a statistically significant main effect on β and 

DS1: for walking in the HT condition recovery was slower compared to the LT 

condition as indicated by a lower rate of return (β; p<.05), and a larger distance at the 

next stride (DS1; p<.01) (Figure 11).No significant Speed × Postural threat interaction 

effects were found.  

 

 
Figure 11: Perturbation responses. (N=14) Separate lines represent different postural threat 
conditions: NT (triangles)=no threat; LT (squares)= Low threat, wide path with perturbations; MT 
(diamonds) = Medium threat, intermediate path with perturbations; HT (circles) = High threat, 
small patht 

Muscle activity 

Statistically significant increases in muscle activity and CCI in response to postural 

threat were found. Planned contrasts showed muscle activity of GM and BF increased 

by 4.7% and 9.6% respectively for the MT condition compared to the NT condition 

(p<.05). For the HT condition muscle activity of GM (6.7%), TA (6.7%), BF (27%), and 

RF (21.8%) were increased compared to the NT condition (p<.05 for all muscles, 

Figure 12). Also, GM_TA and RF_BF co-contraction indices were increased for the HT 

condition compared to the NT condition (11.7% and 6.9% respectively p<.05; Figure 

13). No significant Speed × Postural threat interactions were found. 
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Figure 12: EMG amplitude. (N=15) Separate lines represent different postural threat conditions: 
NT (black)=no threat; LT (blue)= Low threat, wide path with perturbations; MT (green) = Medium 
threat, intermediate path with perturbations; HT (red) = High threat, small 
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DISCUSSION 

This study aimed to determine the influence of postural threat on the energy cost 

of walking, as well as associated changes in gait parameters, muscle activity and 

perturbation responses. In addition, we sought to determine if and how these effects 

are dependent on walking speed. In general, the results showed that postural threat 

significantly increased the energy cost of walking, and resulted in marked effects on 

gait parameters, muscle activity and recovery responses after perturbations. Walking 

speed did not influence the energy cost for walking under postural threat, nor had it 

any effect on the changes in the gait pattern in response to the imposed threat, given 

the absence of any significant interactions with postural threat.  

The effect of postural threat 

The energy cost of walking increased with the level of postural threat, with the 

largest change (13.6%) found in the high threat condition. Concomitant changes in 

spatiotemporal gait parameters and muscle activity were evident. In all likelihood, 

these changes reflect an attempt to arm oneself against the postural threat and are 

responsible for, or at least contribute, to the elevated energy cost of walking. 

In accordance with other studies in which balance control was threatened, subjects 

consistently took slightly shorter and faster steps in the high threat condition 61. 

 

Figure 13: Co-contraction indices.  (N=15) Separate lines represent different postural threat 
conditions: NT (black)=no threat; LT (blue)= Low threat, wide path with perturbations; MT (green) 
= Medium threat, intermediate path with perturbations; HT (red) = High 
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Although these changes were minimal (on average 2.2% and 2.6% decrease in stride 

length and stride time), such gait adaptations may help to improve backward and 

medio-lateral margins of stability 88. At the same time, the variability of stride time 

and length increased considerably (25% and 30% respectively). Increased movement 

variability has been interpreted as a sign of instability 65, 89, but could also be a means 

to control stability through variations in timing and position of foot contact 47, 57. 

Together, the changes in mean and variability of these parameters represent a 

deviation from the preferred step frequency – step length combination, which has 

been shown to induce a greater energetic cost 17, 53.  

In addition to these changes in stride time and length, postural threat elicited a 

decrease in step width and step width variability (13% and 15%). This decrease in 

step width seems counterproductive for gait stability since it decreases the medio-

lateral margins of stability 45. However, it also ensures a margin between the lateral 

border of the foot and the lateral border of the projected path, thereby providing 

room for maneuverability in the event of a perturbation. The decrease in step width 

and step width variability could also contribute to the elevated energy cost since 

steps narrower than preferred have been shown to increase the energy cost of 

walking 18, 33. However, compared to these studies, the magnitude of the changes in 

step width observed here will only explain a small part of the observed increase in 

energy cost. Alternatively, the reduced step width and the restriction on the stepping 

strategy for balance control at the high threat condition requires the selection of 

other possibly less efficient balance control mechanisms, such as trunk motion, or an 

ankle or hip strategy 54.  

An increase in muscle activity, requiring increased ATP turnover, is likely an 

important contributor to the elevated energy cost of walking in the highest threat 

conditions. Although EMG was measured in only a limited set of muscles, muscle 

activity of the main muscles of the lower leg was indeed increased in the medium and 

high threat condition compared to normal walking. This increased muscle activation 

could be regarded as increased phasic activity required for the altered foot placement 

or alternative control strategies, such as ankle/hip motion. In addition, it might be 

related to tonic activity to increase joint stiffness, as evidenced by increased co-

activation.  
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Besides the changes in energy cost and in the nominal gait pattern, the high threat 

condition also induced changes in perturbation responses. Although the maximal 

deviation from the nominal gait cycle did not differ between postural threat 

conditions, the recovery time was longer in the high threat condition, as indicated by 

a lower value for β and a larger distance from the attractor after one stride. This 

probably reflects a change in recovery strategy. The small path in the high threat 

condition does not only amplify the threat from the perturbations, but also limits the 

use of a foot placement strategy to control balance. Hence, other less efficient 

strategies such as hip, trunk or arm countermotion need to be employed. Besides 

being less effective in terms of the rate of recovery, these strategies might also be less 

economic, although in our study this effect will have been limited due to the small 

number of perturbations in the time period over which energy cost was calculated. 

In accordance with studies on standing postural control, the observed changes in 

energy cost, spatiotemporal parameters and muscle activity appear to be 

proportional to the level of postural threat 90. Only in conditions where the potential 

consequences of losing balance were large enough (i.e. the highest threat conditions), 

adaptations in the gait pattern were made, resulting in less economic walking. In 

elderly, especially those with fear of falling or impairments in balance control 91-92, 

normal walking might already pose a postural threat large enough to elicit gait 

changes similar to those seen in young adults in conditions of postural threat 91, 93-96, 

resulting in a reduced economy. Therefore, postural threat might explain in part the 

elevated energy cost of walking in these populations 4, 97. However, the current results 

cannot be generalized to these populations and further research is necessary to 

validate these suggestions.  

The influence of walking speed on the effect of postural threat 

It is generally believed that reducing walking speed represents a strategy to 

enhance gait stability and balance control during walking in the face of postural 

threat. However, while postural threat affected the energy cost, spatiotemporal gait 

parameters and muscle activity, no significant interactions with walking speed were 

evident. Together, these results suggest that walking speed is not a major factor 

influencing gait stability and the effort for balance control in this group of healthy 
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young subjects. This is consistent with other recent studies 59, 61, 75, and hence 

contributes to the growing evidence against the hypothesis that slow walking is more 

stable.  

Limitations 

Several limitations of the current study should be considered. Firstly, postural 

threat can be imposed in many ways, and some of the observed changes in the gait 

pattern in this study may not generalize to other types of postural threat. However, 

this does not invalidate the main finding of the study that postural threat can have a 

substantial effect on the metabolic cost of walking. 

Secondly, the current set-up does not permit a conclusion on whether or not the 

changes in gait parameters muscle activation had any beneficial contribution to the 

recovery parameters in terms of the magnitude of deviation or rate of recovery, as 

this would require a control condition at the small path without such adaptations. 

Future studies could be directed at extricating whether the changes in the gait pattern 

induced by the postural threat also lead to altered/beneficial recovery responses. 

Moreover the current experiment does not allow us to reveal the individual 

contribution of all of the observed changes in the gait pattern to the increased 

metabolic cost. Future studies should be designed to unravel this. 

CONCLUSION 

Postural threat during human walking elicits a metabolic cost. If balance control is 

challenged and consequences of a loss of balance are sufficiently large, the metabolic 

effort for balance control increases. This increase in energy cost is accompanied by 

changes in spatiotemporal gait parameters and muscle activity that may be 

understood as an attempt to enhance gait stability or selection of alternative (but less 

economic) balance control strategies. However, the contribution of the specific 

changes in the gait pattern to the increased energy cost cannot be established yet. The 

absence of a significant interaction of speed and postural threat suggests that walking 

speed does not have a major influence on the metabolic effort for balance control. The 

current study clearly shows that postural threat not only alters movement execution 
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in terms of spatiotemporal characteristics, muscle activation and perturbation 

responses but also leads to a decrease in movement economy. This should be kept in 

mind as an essential feature that could in part explain the increased energy cost of 

elderly and pathological gait, where stability might be prioritized over economy. 
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ABSTRACT 

The aim of this study was to examine whether impaired balance control is partly 

responsible for the increased energy cost of walking in persons with a lower limb 

amputation (LLA). Previous studies used external lateral stabilization to evaluate the 

energy cost for balance control; this caused a decrease in energy cost, with 

concomitant decreases in mean and variability of step width. Using a similar set-up, 

we expected larger decreases for LLA than able-bodied controls. Fifteen transtibial 

amputees (TT), 12 transfemoral amputees (TF), and 15 able-bodied controls (CO) 

walked with and without external lateral stabilization provided via spring like cords 

attached to the waist. Effects of this manipulation on energy cost, step parameters, 

and pelvic motion were evaluated between groups. TT (-5%) and CO (-3%) showed 

on average a small reduction in energy cost when walking with stabilization, whereas 

TF exhibited an increase in energy cost (+6.5%) The effect of stabilization was only 

significant between TT and TF. Step width, step width variability, and medio-lateral 

pelvic displacement decreased significantly with stabilization in all groups, especially 

in TT. Contrary to expectations, external lateral stabilization did not result in a larger 

decrease in the energy cost of walking for LLA compared to able-bodied controls, 

suggesting that balance control is not a major factor in the increased cost of walking 

in LLA. Alternatively, the increased energy cost with stabilization for TF suggests that 

restraining (medio-lateral) pelvic motion impeded necessary movement adaptations 

in LLA, and thus negated the postulated beneficial effects of stabilization on the 

energy cost of walking. 



External stabilization in lower limb amputees 

59 

INTRODUCTION 

Regaining walking ability is an important rehabilitation goal for lower limb 

amputees (LLA). Achieving this goal may be hampered by a significantly elevated 

energy cost of walking with a lower limb prosthesis, with reported increases between 

9-33% for transtibial, and 66-100% for transfemoral amputees20, 25, 98. While this 

increased cost of walking is well documented, its underlying causes are still poorly 

understood.  

Previous research has associated the elevated cost of walking in LLA with 

compensatory strategies related to forward progression of the body. LLA compensate 

for the lack of ankle push-off power with increased mechanical work produced at the 

hip, which increases step-to-step transition costs38. Furthermore, particularly 

transfemoral amputees show vaulting, hip hiking and circumduction of the prosthetic 

leg to ensure foot clearance during swing in the absence of active ankle dorsiflexion 

and knee flexion, which supposedly comes with an extra metabolic cost99. However, 

correlations between these adaptations and the elevated energy cost of walking are 

moderate at best2, 38, 40, suggesting a role for other factors, possibly not directly 

related to forward progression. One such factor could be the impaired balance control 

in LLA100-101. While the energy demand of the motor responses associated with 

balance control is relatively low in healthy subjects, this cost might rise considerably 

as a result of compensatory strategies associated with the neuromuscular 

impairments in LLA, and thus contribute to the elevated energy cost of walking in 

LLA98.  

Especially in the frontal plane, the most unstable direction during walking, active 

feedback control appears necessary to ensure stability44, 63. Primary strategies for 

medio-lateral balance control are a stepping strategy, a lateral ankle strategy, and a 

hip strategy46. The stepping strategy provides gross balance control through 

adequate foot placement, while fine-tuning is accomplished by ankle 

inversion/eversion and hip abduction/adduction torques during stance. In LLA, the 

use of these strategies is hampered by reduced neuromuscular control to correctly 

place the foot, and a lack of control over the prosthetic ankle joint. Moreover, 

particularly in transfemoral amputees, the hip strategy is also often impaired due to 

atrophy and loss of control over the remaining muscles around the hip joint102.  
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These impairments can be dealt with by taking wider steps to ensure a sufficient 

margin of stability45. Indeed, an increase in step width has been observed in LLA 

compared to controls, with larger increases for transfemoral amputees46, 103-105. 

Moreover, increased step width variability has been observed in LLA, indicating an 

increased reliance on the stepping strategy to compensate for the reduced ability to 

use an ankle and/or hip strategy106-107. While these compensations may help ensure 

stability, previous work has demonstrated that increasing step width and step width 

variability adversely affects the energy cost of walking18, 53 due to increased 

mechanical work to redirect the center of mass from side-to-side18, 53, 108, or increased 

muscle activity to ensure adequate foot placement54.  

To estimate the contribution of medio-lateral balance control to the total energy 

cost of walking, the need for active balance control can be reduced artificially. To this 

end, Donelan et al.47 constructed a set-up to externally stabilize subjects in the medio-

lateral direction via stiff spring-like cords attached to the waist. In healthy subjects 

this resulted in significant reductions in step width and step width variability, with a 

concomitant reduction in energy cost of 3-7.5%47-49, 75. Since LLA, and especially 

transfemoral amputees, naturally take wider and more variable steps, it can be 

hypothesized that they will benefit more from external lateral stabilization than able-

bodied controls, resulting in a substantially larger reduction in energy cost due to 

stabilization for LLA, particularly for transfemoral amputees.  

The aim of the current study was thus to examine whether the increased energy 

cost of walking in LLA compared to able-bodied people is related to an increased 

effort for balance control. More specifically, we sought to examine whether external 

lateral stabilization leads to larger reductions in the energy cost of walking in 

transfemoral and transtibial amputees compared to able-bodied controls, and 

expected the largest reductions to occur in transfemoral amputees. Furthermore, we 

expected concomitant decreases in step width and step width variability. 
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METHOD 

Study population 

Thirteen unilateral transfemoral amputees (TF), sixteen unilateral transtibial 

amputees (TT) and seventeen age-matched able-bodied controls (CO) agreed to 

participate. All amputees were experienced walkers who had completed their 

rehabilitation period and were able to walk 5 minutes on a treadmill. Subjects were 

excluded in case of contraindications for moderate exercise, or co-morbidities or 

medication use that could interfere with energy expenditure or balance control. 

Additional exclusion criteria for LLA were improper fitting of the prosthesis and 

stump problems (e.g., pain, pressure sores). All amputees walked with their custom 

prosthesis resulting in a heterogeneous group of subjects in terms of prosthetic 

properties. Subjective balance confidence was assessed with the Activities Specific 

Balance Confidence Scale (ABC-Scale). Subject characteristics are presented in Table 

3. All subjects gave written informed consent prior to participation. This study was 

approved by the Medical Ethical Committee of the VU University Medical Center, 

Amsterdam, The Netherlands.  

Study protocol 

Subjects completed two 5-minute walking trials at their preferred speed on a 

treadmill. Trials were applied in random order and consisted of normal walking and 

walking with external lateral stabilization, separated by ~4 minutes of rest. Subjects 

were allowed handrail support for the first half of the trial if deemed necessary. Prior 

to the walking trials, resting energy expenditure was recorded for 5 minutes in a 

seated position after 10 minutes of rest. Thereafter, both experimental conditions 

were practiced at a comfortable speed for 3 minutes to familiarize subjects with the 

experimental conditions. Subsequently, the subjects’ preferred walking speed (PWS) 

was determined without stabilization following a previously described protocol75. 

This PWS was used in both experimental trials. 
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Experimental set-up 

Similar to the set-up of Donelan et al. we used sets of parallel elastic rubber cords 

to provide external lateral stabilization (Figure 14). To allow normal arm swing the 

cords were attached on one end to a frame fastened to a hip belt worn tightly around 

the pelvis49, while the other end was connected to a ball-bearing trolley mounted on a 

height-adjustable horizontal rail. The trolley moved along with the subject in the 

anterior-posterior direction, to minimize fore-aft forces of the springs. The rail was 

adjusted to the subjects’ pelvic height to minimize vertical forces. The springs had an 

effective spring constant of 1260 N·m-1 and negligible damping (~18.5 N·s·m-1). A 

previous study established that this stiffness is sufficient to stabilize human walking 

in the sideward direction and maximally reduce the energy cost of walking in healthy 

subjects75.  

 

Figure 14 Schematic representation of experimental set-up 

Data collection 

Oxygen consumption was measured breath-by-breath via a pulmonary gas 

exchange system (Quark b2, Cosmed, Italy). Optoelectronic markers were attached to 

the heel of each foot to be able to calculate step parameters and to the four corners of 

the frame, to estimate pelvic motion. Marker positions were recorded with a 3D 

motion analysis system (Optotrak 3020, Northern Digital Inc., Waterloo, Canada) at a 

sampling rate of 100Hz.  
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Data analysis 

Energy cost 

Steady state energy expenditure (EE; J·min-1) was calculated from oxygen uptake 

(�̇�𝑂2; ml·min-1) and respiratory exchange ratio (RER) obtained from the pulmonary 

gas exchange system during the final two minutes of each trial according to the 

following equation:9 

EE = (4.940 ·RER + 16.040) ·�̇�𝑂2. 

Resting metabolism was subtracted from EE to obtain nett energy expenditure 

(EEnett). Nett metabolic cost (ECnett; J·kg-1·m-1) was calculated by dividing EEnett by 

body mass (kg) and walking speed (m·min-1).  

Step parameters 

Kinematic data were low-pass filtered with a bi-directional 2nd order Butterworth 

filter with a cut-off frequency of 10Hz. Only the last 2 minutes of each trial were 

analyzed, because subjects were allowed handrail support for the first half of the trial. 

Instants of foot contact were detected based on minima in the vertical heel marker 

position data and used to calculate mean and variability of stride length and step 

width. Variability was expressed as the standard deviation of stride length and step 

width within a trial.  

Pelvic motion 

Linear and angular motion of the pelvis was estimated based on the four frame 

markers, which were rigidly connected to the pelvis and therefore defined changes in 

position and orientation of the pelvis. Again only the final 2 minutes of each trial were 

analyzed. Peak-to-peak amplitude of the displacement in medio-lateral (ML) and 

vertical (V) direction, and rotation around the anterior-posterior (pelvic obliquity) 

and vertical axis (pelvic rotation) of the pelvis with respect to the global coordinate 

system were calculated for each stride and averaged over a trial.  
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Statistical analysis 

Anthropometric characteristics, balance confidence, PWS, ECnett, step parameters, 

and pelvic motion during normal (unstabilized) walking were tested for group 

differences using a one-way ANOVA. A mixed-design ANOVA with Condition 

([Normal, Stabilized]) as within-subjects factor and Group ([TF, TT, CO]) as between-

subjects factor was used to test for statistically significant differences between 

conditions and group × condition interaction on energy cost, step parameters and 

pelvic motion. Significant interaction effects were further examined using a one-way 

ANOVA on the difference scores between conditions (Normal−Stabilized) with Group 

as between subjects factor. Level of significance was set at p<.05. In case of significant 

effects, post hoc tests were applied with a Bonferroni correction for multiple 

comparisons. 

RESULTS  

In each group one subject was unable to complete the protocol, for different 

reasons: soreness in the stump (TF), difficulty walking on a treadmill (TT) and 

dizziness (CO). Oxygen data for one subject (CO) were aberrant, therefore this subject 

was excluded, leaving a total of 12 TF, 15 TT and 15 CO subjects that were included in 

the analysis.  
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Table 3 Descriptive characteristics of study population 

 CO (N=15) TT (N=15) TF (N=12) 

Age (yrs) 56.7±12.4 58.8±12.7 54.8±13.0 

Gender (male/female) 10/5 13/2 8/4 

Cause (Trauma/Vasc/Other)a N.A 10/3/2 9/1/2 

Time since amputation (years) N.A. 23.3±22.3 23.7±18.9 

Body mass (kg) 76.7±13.1 84.2±14.6 81.0±13.9 

Body height (m) 1.78±0.10 1.78±0.08 1.76±0.08 

BMI 24.3±3.3 26.3±4.1 25.9±4.2 

Trochanter height (m) 0.91±0.06 0.93±0.07 0.91±0.05 

Basal metabolic rate (J·kg-1·min-1) 74.4±18.3 72.4±16.3 68.5±14.3 

ABC score 91.8±6.3 81.3±12.8* 80.3±11.9* 

Walking speed (m·s-1) 1.1±.13 .90±.20* .71±.19*† 

* = significantly different from CO; †=significantly different from TT; a = Cause of amputation: 
Traumatic, Vascular or Other (e.g. bacterial, cancer) in number of subjects.  

Group differences 

Age and anthropometric characteristics did not differ between groups (Table 3). 

CO had significantly higher balance confidence (p<.05), and a significantly higher PWS 

than both amputee groups (p<.05). Also, TT had a higher PWS than TF (p<.05).  

Significant group differences were found for normal walking. The energy cost of 

walking was significantly higher for TF than for CO (77%, p<.01), and TT (34%, p<.01; 

Figure 15). The difference between TT and CO was borderline significant (33%, 

p=.086). Step parameters differed significantly between groups, with both amputee 

groups walking with shorter (p<.05) and wider (p<.001) steps, and a larger stride 

length variability (p<.01) compared to CO (Figure 16). In addition, TT had a larger 

step width variability than CO (p<.05). Differences in pelvic motion between groups 

showed that ML pelvic displacement was larger for both amputee groups than for CO 

(p<.01 for TT; p<.001 for TF), and also larger for TF compared to TT (p<.05; Figure 

17). Finally, TT walked with less peak-to-peak pelvic obliquity and more pelvic 

rotation compared to CO (p<.01).  
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Effects of external lateral stabilization 

Energy cost 

No significant main effect of stabilization (p=.395), and no significant group × 

stabilization interaction (p=.307) were found on energy cost (Figure 15). Further 

inspection of the data showed that one outlier in the energy cost data considerably 

influenced the significance of these results (Figure 15B). With removal of the outlier, 

a significant interaction effect on energy cost was observed (p<.05). The effect of 

stabilization was significantly different (p<.05) between TT, who on average showed 

a reduction in cost when walking with stabilization (-5%), and TF, who on average 

showed an increase in cost with stabilization (+6.5% without outlier). Also, a trend 

was found between TF, and CO (p=.104) who on average showed a reduction in cost (-

3%).  

 

 

Figure 15: Effect of stabilization on net energy cost. A): for CO (blue circles, N=15), TT (green 
triangles, N=15) and TF (red squares, N=12), error bars indicate SD. B): Boxplot of differences in 
net energy cost (Stabilized – Normal) for each group, the black line in the box indicates the 
median difference in energy cost, edges of the box represent the 25th and 75th percentile. In the 
TF group, one outlier was observed (indicated with the red cross). 

Step parameters 

Stabilization caused a reduction in step width and step width variability (p<.001; 

Figure 16). In addition, a significant group × stabilization interaction (p<.01) revealed 

that the reduction in step width was larger for TT compared to CO (p<.01) and TF 
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(p<.05). A significant interaction was also found on step length (p<.05), with a 

reduction in step length for TF compared to a slight increase in TT (p<.05).  

Pelvic motion 

Stabilization caused a decrease in ML pelvic displacement, pelvic obliquity and 

pelvic rotation (all p-values<.001; Figure 17). Furthermore, a significant group × 

stabilization interaction was found for pelvic obliquity (p<.01) and rotation (p<.05). 

Follow-up analysis showed a significantly larger reduction in pelvic obliquity for CO 

compared to both amputee groups (p<.01). Furthermore, TT showed a trend towards 

a larger reduction in pelvic rotation than CO (p=.093) and TF (p=.098).  

 



Chapter 4 

 

68 

 

Figure 16: Effect of stabilization on mean and variability of step parameters for CO (blue circles, 
N=15), TT (green triangles, N=15) and TF (red squares, N=12), error bars indicate SD.  
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Figure 17: Effect of stabilization on pelvic motion for CO (blue circles, N=15), TT (green triangles, 
N=15) and TF (red squares, N=12), error bars indicate SD. 
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DISCUSSION 

The goal of this study was to investigate whether the increased energy cost of 

walking in LLA could partly be explained by impaired balance control, by evaluating 

the effect of external lateral stabilization in LLA and able-bodied subjects. Our 

hypothesis that external lateral stabilization would result in larger reductions in 

energy cost for LLA, especially for TF, was not corroborated by the results. The effect 

of stabilization on energy cost was small in light of previous studies with healthy 

subjects (3.1-7.5%47-49, 75), and particularly in light of the large differences in the 

energy cost of walking between LLA and able-bodied controls (77% and 33% higher 

than CO for TF and TT, respectively). Moreover, the effects of the stabilization did not 

differ significantly between TT and CO (-5% vs. -3%), while, after removal of an 

outlier, TF even showed an unforeseen increase in energy cost when walking with 

stabilization (+6.5%). These effects on metabolic cost occurred even though as 

expected, step width, step width variability and medio-lateral pelvic movement 

decreased with stabilization. These limited effects of stabilization on metabolic cost 

imply that balance control problems do not have a substantial effect on the energy 

cost of walking in LLA. 

The unexpected increase in cost for TF, however, suggests that potential 

confounding effects of the stabilization device on the gait pattern of (transfemoral) 

LLA might have occurred. Potentially, constraints on pelvic motion imposed by the 

stabilization device interfered with compensatory gait strategies used by TF, 

unrelated to balance control, resulting in an energetic penalty. With respect to able-

bodied controls, TF exhibit excessive medio-lateral displacement of the pelvis and 

altered patterns of pelvic rotation and obliquity46, 109-110. Together with increased step 

width, increased ML pelvic displacement is commonly seen as a strategy to help 

ensure sufficient medio-lateral stability. However, while step width and ML pelvic 

displacement decreased when walking with external stabilization in TF, they 

remained more than twice as large as for CO, even though this was no longer 

necessary for balance control. These findings support a previous suggestion that the 

excessive ML pelvic movements may not only relate to balance control, but also 

satisfy other functional requirements for walking with a prosthesis46. The altered 

patterns of pelvic rotation and obliquity can likewise be regarded as functional 
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adaptations to walking with a prosthesis. Pelvic rotation has been suggested as a 

compensation to provide a thrust to the swing leg in the absence of ankle power109, 

while pelvic obliquity can be used to ensure foot clearance of the prosthetic swing leg 

(hip-hiking), or result from the trunk leaning over the prosthetic stance leg to reduce 

the hip abduction moment and relieve weakened hip abductor muscles99, 110. Similar 

to ML pelvic motion, pelvic obliquity and rotation are opposed by the stabilization 

device. TF appear to have difficulty dealing with these constraints, as evidenced by 

the larger ML pelvic displacement, rotation, and obliquity during stabilized walking 

compared to CO and TT. Working against the springs to maintain these functional 

compensations, or adapting to the imposed constraints in the face of an already 

impaired motor system, is likely energetically demanding.  

These disadvantageous effects of constraining pelvic motion on the use of 

compensatory gait strategies are not necessarily restricted to TF alone. TT also 

exhibit altered patterns of pelvic motion during walking, although the pattern is in 

general disrupted less than in TF99, 110. The reduction in pelvic displacement, 

obliquity, and rotation during stabilized walking to values similar to those of the able-

bodied group, suggests that they were better able to cope with the imposed 

constraints. Unfortunately, with the current results we were not able to discern if, and 

to what extent, these constraints on pelvic motion negate beneficial effects of external 

lateral stabilization with respect to balance control.  

Thus, while we intended to investigate the metabolic effort for balance control, it 

appears that the external stabilization paradigm as used in this experiment is 

inappropriate to answer this question for this population. The problems with the 

constrained pelvic motion might in part be overcome by adapting the set-up to allow 

pelvic rotations around the vertical and anterior-posterior axis. However, a pilot with 

such a frame was unsuccessful, suggesting that also medio-lateral pelvis motion is 

indispensible in amputee gait. Similar problems with constrained pelvic movement 

may also arise in other patient populations that rely on pelvic movements as 

compensation strategy, such as stroke survivors and children with cerebral palsy. We 

know of only one study that used the external stabilization paradigm in a patient 

population. In this study, involving persons with myelomeningocele, stabilization was 

claimed to result in a substantial decrease in energy cost, although this claim was 
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based on heart rate recordings only111. Hence, some reservation about the use of this 

paradigm in patient populations seems justified.  

Besides the limitation with respect to the experimental set-up, two other issues 

deserve attention when interpreting the results. Firstly, in the TF group, one 

statistical outlier was found. Although no explanation for this anomaly could be 

found, this outlier had such a distinct effect on the statistical analysis that we deemed 

it justified to remove it. Secondly, while all subjects were allowed a habituation 

period prior to the experiment, it is possible that a more extensive training period 

would allow LLA to overcome the imposed constraints on the use of their 

compensatory gait strategies.  

In conclusion, external lateral stabilization had no marked effect on the energy cost 

of walking in LLA, and even appeared to have a detrimental effect for TF. This limited 

effect potentially emanated from restriction of pelvic motion in the current set-up, 

which could interfere with functional gait compensations unrelated to balance 

control. This highlights the importance of pelvic motion as an adaptation strategy to 

walking with a prosthesis. In all, the energy cost of balance control, and its 

contribution to the increased energy cost of walking in LLA, remains undetermined 

and should be unveiled further in future research. 
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ABSTRACT 

The objective of this study was to examine the influence of balance support on the 

energy cost of treadmill and overground walking in ambulatory patients with stroke. 

Patients with stroke depending on a walking aid in daily life (n=12; walking aid 

dependent ambulators) and walking aid independent ambulators (n=12), all able to 

walk for at least 5 minutes participated in this experiment. Energy cost (J∙kg-1∙m-1) 

and temporal gait parameters (walking speed, mean and coefficient of variation of 

stride time, and symmetry index) were obtained during 4 walking trials at preferred 

walking speed: overground with and without a cane and on a treadmill with and 

without handrail support. On the treadmill, handrail support resulted in a significant 

decrease in energy cost of 16%, independent of the group. Although walking aid 

dependent ambulators had on average a larger reduction in energy cost than walking 

aid independent ambulators (19% vs. 14%), this interaction did not reach statistical 

significance (p=.11). Interestingly, overground walking with support resulted in an 

8% reduction in energy cost for walking aid dependent ambulators, but a 6% increase 

for walking aid independent ambulators. The reduction in energy cost with support 

was accompanied by changes in temporal gait parameters, most notably an increase 

in stride time and symmetry and a decrease in stride time variability. Balance support 

can result in a significant reduction in the energy cost of walking in stroke patients, 

the magnitude of which depends on walking ability and the walking task. Impaired 

balance control should not be overlooked as a contributing factor to the increased 

energy cost of walking in patients with stroke, and improving or assisting balance 

control should be considered to reduce the energy cost of hemiplegic gait. 
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INTRODUCTION 

Stroke is one of the leading causes of death and disability in the western world for 

people older than 65 years112. It can result in various physical and neuropsychological 

impairments that limit performance of activities of daily living and participation in 

society. Two major physical problems that often arise in this population are post-

stroke fatigue and difficulties with maintaining balance113.  

Poststroke fatigue is thought to be a multidimensional concept involving physical 

as well as neuropsychological factors113-114. Physiologically fatigue can be seen as the 

consequence of an imbalance between physical capacity, or energy resources, and 

energy demands113. In patients with stroke physical capacity is often decreased due 

to deconditioning115-116, while the energy demand of activities of daily life is 

frequently increased. For instance, patients with stroke often have an energy cost of 

walking (in J∙kg-1∙m-1) of up to twice the cost of healthy counterparts walking at the 

same speed21, 117.  

The nature of this increase in the energy cost of walking is not fully understood. 

Increased muscle work due to stroke related impairments, such as increased muscle 

tone and spasticity, and compensatory strategies, such as increased displacement of 

the center of mass, hip hiking, and circumduction of the paretic leg, have all been 

related to this increase1, 39, 117-118. However, in these analyses the potential metabolic 

effort for maintaining balance and ensuring a stable gait pattern is often overlooked.  

Literature has shown that maintaining balance during gait involves a metabolic 

energy cost even in healthy subjects47-49. Moreover, previous research suggests that 

balance problems, which are often seen in stroke survivors, can result in an increased 

metabolic effort for balance maintenance. It has been shown that balance 

perturbations during upright standing, for instance standing on foam, lead to an 

increase in energy expenditure which is up to twice as high for patients with stroke 

than for healthy controls52. If perturbing balance in patients with stroke elicits an 

extra metabolic demand, supporting balance, by contrast, could lead to a decrease in 

energy cost. This should especially be true for stroke survivors with more residual 

deficits affecting balance control, such as those relying on a walking aid, and for more 

challenging walking conditions.  
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Therefore, the purpose of this study was to investigate the effect of balance 

support on the energy cost of walking in walking aid independent and walking aid 

dependent ambulatory patients with stroke, and whether this effect was similar for 

treadmill and overground walking. We hypothesized that providing support would 

decrease the energy cost of walking in patients with stroke, and that this decrease 

would be larger for patients depending on a walking aid in daily life than for 

independent ambulators. For patients with stroke the energy cost of walking is 

generally higher on the treadmill than overground22, and treadmill walking is claimed 

to be more challenging to balance control for these patients due to altered visual and 

proprioceptive input, the moving support surface, and the constant beltspeed. We 

thus hypothesized that for patients with stroke the effect of support would be larger 

on the treadmill than overground.  

METHODS 

Participants  

Subjects were recruited from the stroke unit at the rehabilitation center Heliomare 

(Wijk aan Zee, the Netherlands). From the total number of stroke patients admitted to 

the rehabilitation center during the time of the measurements (n=88 over 2.5 

months), twenty-four patients (age 52±15.9 years; 14 men; 10 women) who fulfilled 

the inclusion criteria and were available for measurements, agreed to participate. All 

patients were able to walk for at least 3 minutes without, and 5 minutes with support 

of an assistive device overground and on a treadmill, and achieved a score of 4 or 

higher on the Functional Ambulatory Category (FAC)119. Prior to the experiment, all 

subjects had walked on the treadmill at least once during regular physical therapy 

sessions. Exclusion criteria were vestibular disease, cardiovascular or pulmonary 

comorbidities contra-indicating moderate exercise, visual impairments, cognitive and 

communicative disorders that could interfere with the protocol, and medication use 

and/or non-stroke related sensory/motor impairments that could interfere with 

balance control.  

Subjects were classified as either dependent or independent ambulators based on 

their dependence on walking aids in daily life. Of the 24 subjects, 12 subjects used a 
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walking aid in daily life (dependent ambulators), whereas the other 12 did not 

(independent ambulators). Based on previous studies on the energy cost for balance 

control we estimated the effect size in this group to be .447, 54. With this effect size, an 

alpha of .05 and a beta power of .8, 12 subjects per group were deemed appropriate 

to detect statistically significant differences in energy cost between groups and 

conditions. Balance and walking ability were characterized by the FAC score, Berg 

Balance Score120 (BBS) and score on a 10 meter timed walk test (TMWT)121. The 

scores were obtained from a standard clinical assessment by a physical therapist, no 

longer than 1 month prior to participation. Descriptive characteristics did not differ 

significantly between the groups except for walking speed on the TMWT and BBS, 

with lower scores for dependent ambulators (Table 4).  

Prior to giving their written informed consent, all participants were fully informed 

about the content and purpose of the study. This study was approved by the local 

medical ethics committee.  

Experimental protocol  

The experiment consisted of two support conditions (with and without support), 

which were performed overground and on a treadmill (task conditions), resulting in 

four walking trials which all lasted 5 minutes. Trials were seperated by a resting 

period of approximately 5 minutes. Subjects were randomly assigned to start on the 

treadmill or overground, and supported and unsupported trials were then performed 

Table 4: Descriptive characteristics of study population 

 All Independent Dependent 

Age (years) 51.8 (15.9) 46.9 (17.3) 57.1 (13.0) 

Gender (male/female)  15/9  8/4 7/5 

Time since stroke onset (days) 79.0 (50.4) 64.8 (48.4) 94.5 (48.4) 

BMIa 25.5 (3.0) 26.8 (2.6) 24.1 (2.9) 

FAC (score 4/5) 6/17 2/10 4/7 

BBS 52.5 (4.5) 54.9 (1.3) 49.9 (5.5)* 

TMWT (km·h-1) 3.5 (1.3) 4.3 (1.1) 2.7 (1.0)* 

Values are mean (±SD) except for FAC (number of subjects with score 4/ number of subjects with 
score 5); * indicates significant difference from independent gr oup (p<.05); a=Body Mass Index;  
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in random sequence. Prior to the walking trials resting metabolism was measured in 

a seated position for 5 minutes, after a 10 minute resting period.  

Support was provided by a standard height-adjustable cane on the non-paretic 

side during overground walking, and by handrail support on the non-paretic side 

during treadmill walking. For some patients treadmill walking without support for 

five minutes can be very challenging; therefore balance support was allowed if 

necessary during the first 2 minutes of the unsupported treadmill trial. The last 3 

minutes were performed without support to ensure steady state oxygen consumption 

during the final 2 minutes of the trial from which energy consumption was calculated. 

To avoid excessive weightbearing on the handrail and cane, subjects were given the 

instruction to use the support to maintain balance without leaning on it. Post-hoc 

analysis on force platform data from the instrumented treadmill revealed that 

weightbearing on the handrail was on average no more than 5% of the subject’s body 

weight.  

All walking trials were performed at preferred speed. Prior to the first treadmill 

trial, preferred walking speed with and without support was determined by having 

subjects walk on the treadmil at a low beltspeed (0.4 km∙h-1), and increasing 

beltspeed gradually with 0.2 km∙h-1 every 10 seconds until the subject subjectively 

identified his/her preferred walking speed. This speed was maintained for 

approximately 30 seconds after which the subjects were asked to re-evaluate; if 

necessary beltspeed was adjusted. This was repeated until the subjects preferred 

walking speed was established. This process concurrently served as a habituation 

period for treadmill walking. If necessary this habituation period was extended until 

the subject reported feeling comfortable walking on the treadmill. During overground 

trials subjects walked at a comfortable speed back and forth on a 20m indoor path set 

between two cones. During each lap, the duration to walk the middle 10 meters of the 

path was timed with a stopwatch. During turns, subjects were supported at the waist 

by one of the investigators to minimize the possible additional metabolic cost of 

turning.  
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Instrumentation 

Breath by breath oxygen consumption was obtained from a pulmonary gas 

exchange systema. Oxygen consumpation data from the final two minutes of each trial 

were analysed to ensure steady state energy expenditure. During all walking trials 

trunk accelerations were measured using a tri-axial ambulant accelerometerb fixed 

with an elastic belt near the level of the third lumbar spine segment (sampling 

frequency 100Hz). Treadmill trials were executed on an instrumented treadmillc 

equipped with a forceplate (1.5 by 1m, sampling frequency 300 Hz) from which 

vertical ground reaction force was derived to calculate weightbearing on the handrail. 

 Data-analysis 

Steady state energy expenditure (J∙kg-1∙min-1) was calculated from oxygen uptake 

(�̇�𝑂2, ml∙kg-1∙min-1) and respiratory exchange ratio (RER) obtained during the final 

two minutes of each trial. Gross metabolic energy expenditure (Egross) was calculated 

using 9:  

Egross = (4.960 ∙ RER+16.040) ∙ �̇�𝑂2. 
Net energy expenditure was calculated by subtracting resting metabolism from Egross. 

Net metabolic cost (J∙kg-1∙m-1) was obtained by normalizing for body weight and 

walking speed. Oxygen data for one subject (dependent ambulator) did not show 

prolonged periods of steady state oxygen consumption, therefore this subject was 

removed from all analyses. 

Walking speed was determined from the beltspeed during treadmill walking, and 

for overground walking from the average time to walk the middle 10 meters of the 

path over all laps walked during the final 2 minutes of a trial.  

The accelerometer data were used to calculate the following gait parameters: 

mean and variability of stride time, and symmetry index (SI). The accelerometer data 

were first low-pass filtered with a third order zero-lag Butterworth filter with a cut-

off frequency of 20 Hz. Subsequently moments of foot contact were determined from 

anterior-posterior trunk accelerations based on the method by Zijlstra et al.67 These 

moments of foot contact were used to calculate step time. Outliers in the step time 

data during overground trials caused by turning were removed from the data using a 
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median filter which removed data points more than 3 SD’s away from the median. 

Step time was quantified as the time interval (in seconds) between foot contact of the 

contralateral limb and the next foot contact of the ipsilateral limb. Stride time was 

calculated by adding left and right consecutive step times. Variability of stride times 

was quantified by the coefficient of variation (CV) of the stride times of individual 

participants within a trial. SI was calculated as the ratio between the shorter and 

longer step time, with perfect symmetry resulting in an SI of 1.0 and smaller values 

corresponding to larger asymmetry.  

Statistical Analysis 

Level of significance for all statistical analyses was set at p<0.05. Data were tested 

for normality using the Kolmogorov-Smirnov and Shapiro-Wilk tests which revealed 

that the majority of the outcome measures were not normally distributed. Therefore 

non-parametric tests were used.  

Main effects of support condition (unsupported vs. supported) and task condition 

(overground vs. treadmill) were tested using the Wilcoxon signed rank test. Main 

group effects (independent vs. dependent) were investigated using the Mann-

Whitney test. Group × Support condition interaction was tested using the Mann-

Whitney test on difference scores (unsupported–supported) between groups. Task 

condition × Support condition interaction was investigated using a Wilcoxon signed 

rank test on difference scores (unsupported–supported) for overground and 

treadmill walking. 

 RESULTS 

Effect of support on the treadmill 

A significant main effect of support on energy cost was found for treadmill walking. 

Supported walking resulted in a significant decrease in energy cost of 16.2% (0.99 

J∙kg-1∙m-1) on average (p<.001). Although the reduction in energy cost with support 

was on average larger for dependent (19%) than independent ambulators (14%), no 

significant Group × Support condition interaction effect was found (p=.107). A 

significant main effect of group showed that independent of support condition, 
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dependent ambulators had a significantly higher energy cost of walking than 

independent ambulators (p<.01; Figure 18; Table 5).  

 

 

Figure 18: Effect of support on energy cost for the independent and dependent ambulators 
seperately for treadmill (A) and overground walking (B). Error-bars represent standard deviations. 

 

The effect of support on gait parameters for treadmill walking are shown in Figure 

19A-D and Table 5. No significant main effect of support was found for walking speed, 

but results did show a significant Group × Support condition interaction (p<.05). 

Further analysis showed that for independent ambulators walking speed did not 

change due to support, whereas dependent ambulators showed a trend towards an 

increased speed with support (p=.058). A significant main effect of support for mean 

stride time showed that during walking with support stride time increased 

significantly (p<.01). No significant effect of support on CV of stride time was found. A 

significant Group × Support condition interaction on step time symmetry was found 

(p<.05); further analysis showed that step time symmetry improved (became more 

symmetrical) for dependent ambulators only (p<.05). 

 



Chapter 5 

82 

 
Figure 19: Effect of support on gait parameters during treadmill walking for independent and 
dependent ambulators seperately. Error-bars represent standard deviations. 

Effect of support overground  

No significant main effect of support condition was found for overground walking. 

A main effect of group revealed that independent of support condition, dependent 

ambulators had a significantly higher energy cost than independent ambulators 

(p<.01, Figure 18B; Table 5). Furthermore, a significant Group × Support condition 

interaction was found (p<.05); dependent ambulators showed a significant decrease 

in energy cost due to support (8.4%, p<.05), whereas independent ambulators 

showed a significant increase in energy cost due to support (6.1%, p<.05).  

The effect of support on gait parameters for overground walking are shown Figure 

20A-D and Table 5. Similar to treadmill walking no significant main effect of support 

was found for walking speed, but a significant Group × Support condition interaction 

for speed (p<.05) revealed that independent ambulators decreased their walking 

speed significantly with support (p<.05), whereas no change in speed was found for 

dependent ambulators. Stride time increased significantly during supported walking 

(p<.01). No significant main effect of support on CV of stride time was found, but a 

significant Group × Support condition interaction effect on CV of stride time showed 

that supported walking resulted in a significantly reduced CV of stride time for 
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dependent ambulators only (p<.01). No significant effect on step time symmetry was 

found.  

 

 
Figure 20: Effect of support on gait parameters during overground walking for independent and 
dependent ambulators seperately. Error-bars represent standard deviations. 

Treadmill vs. overground walking 

Treadmill walking resulted in a significantly higher energy cost than overground 

walking both with (15%) and without (38%) support (p<.01). Furthermore the effect 

of support on energy cost was significantly larger on the treadmill than during 

overground walking (p<.05).  

Regarding gait parameters, walking speed was significantly lower on the treadmill 

compared to overground (p<.01). No significant Support condition × Task condition 

interaction was found for any of the gait parameters.  
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DISCUSSION 

In this study we hypothesized that walking with support would decrease the 

metabolic effort to maintain balance and would therefore decrease the energy cost of 

walking. Moreover we expected that this effect would be stronger in dependent 

ambulators than in independent ambulators, and higher for treadmill walking 

compared to for overground walking. Support significantly reduced the energy cost of 

walking on the treadmill, with a reduction in energy cost of 16% on average, 

corresponding to a decrease of 0.99 J∙kg-1∙m-1. For overground walking the effect of 

support was smaller and significant only for dependent ambulators (8.4%). These 

results demonstrate that providing support can result in a substantial and clinically 

relevant reduction of the energy cost of walking in patients with stroke122.  

The effect of support appears to be mediated by the individual’s walking ability; 

dependent ambulators showed a higher energy cost of walking in general, and a 

larger effect of support than independent ambulators. In addition, the effect of 

support appears to be mediated by the walking task. We expected larger effects of 

support on the treadmill, since we assumed treadmill walking to be more challenging 

for balance control. Indeed, energy cost was higher, and the reduction in cost due to 

Table 5: Energy cost and gait parameters during unsupported (US) and supported (S) walking for 
independent and dependent ambulators. 

 Treadmill Overground 

 Independent Dependent Independent Dependent 

 US S US S US S US S 

Energy cost  (J·kg-1·m-1) 3.19 
(1.12) 

2.66 
(0.69)* 

6.45 
(2.91) 

4.95 
(1.70)* 

2.58  
(0.57) 

2.95 
(0.56)*† 

4.54 
(2.13) 

4.00 
(1.47)*† 

Walking speed (m·s-1) 0.91 
(0.30) 

0.87 
(0.22) 

0.50 
(0.30) 

0.59 
(0.23) 

1.13  
(0.26) 

1.05 
(0.22)*† 

0.70 
(0.28) 

0.74 
(0.27)† 

Stride time (s) 1.23 
(0.13) 

1.32 
(0.14)* 

1.42 
(0.35) 

1.50 
(0.39)* 

1.22  
(0.12) 

1.29 
(0.15)* 

1.42 
(0.39) 

1.50 
(0.43)* 

CVa of stride times (%) 
4.5 (1.9) 

4.1  
(2.2) 

10.8 
 (9.4) 

5.6  
(3.3) 

4.4  
(1.9) 

4.8  
(1.9)† 

9.0  
(5.8) 

6.4 
(2.4)*† 

Symmetry index 0.93 
(0.06) 

0.89 
(0.10)† 

0.75 
(0.13) 

0.81 
(0.11)*† 

0.88  
(0.12) 

0.89 
(0.13) 

0.74 
(0.09) 

0.76 
(0.10) 

Values are mean (±SD); a=Coefficient of Variation; * = significantly different from unsupported 
walking; † = significant difference in effect of support between independent and dependent 
ambulators (group × support interaction) 
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support was considerably larger on the treadmill than overground. During 

overground walking independent ambulators even experienced a disadvantage of 

support. However, this difference in effect of support on the treadmill and 

overground might also be affected by the type of support on the treadmill (handrail) 

and overground (cane). While cane-assisted walking can provide a biomechanical and 

somatosensory advantage for balance control, it also represents a dual task and may 

lead to an increase in energy cost due to handling and carrying the cane123, 124. In 

healthy subjects an increase in cost of 30% in cane-assisted walking has been 

reported123, 125. Similary, these metabolic demands of cane-assisted walking would be 

encountered by patients with stroke, negating positive effects of cane support due to 

facilitation of balance control. Nonetheless, the extra metabolic cost of cane-assisted 

walking in independent ambulators (6.1%), who were less accustomed to using a 

cane and showed a more normal gait pattern, was far less than what has been 

reported for healthy subjects. Moreover, dependent ambulators even showed a 

reduction in energy cost with support, implying that the benefit of facilitating balance 

control outweighs disadvantages of cane-assisted walking in this group.  

Although many factors could influence energy cost, the manipulation that was used 

in this study was aimed to primarily alter balance control. Furthermore, the reduction 

in energy cost with support was accompanied by changes in temporal gait 

parameters, most notably an increase in stride time, a decrease in stride time 

variability and an increase in gait symmetry. Previous studies have found that people 

reduce stride time when gait stability is challenged61. Also, lower stride time 

variability and improved symmetry is often seen as an indicator of a more stable gait 

pattern126-128. Together these changes can be regarded as evidence that providing 

support during walking as imposed in this study indeed facilitates balance control, 

thereby reducing the strain on the balance control system and reducing metabolic 

cost. Note, however, that providing support does not necessarily reduce the energy 

cost to normal values (especially not in the dependent ambulators). With balance 

support the energy cost of walking in stroke patients might still be higher compared 

to able-bodied subjects, due to other stroke-related problems, such as impairments in 

leg swing and propulsion. 
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The mechanisms underlying the energetic requirement of balance control are 

currently not well understood, but might be related to the selection of energetically 

less optimal gait parameters such as step frequency or walking speed, or increased 

muscle co-contration, to improve stability despite a penalty on energetic cost. In 

addition, part of the changes in energy cost when walking with support could be 

related to changes in walking speed, as energy cost is known to depend on walking 

speed by a U-shaped function41, 97. For instance, on the treadmill dependent 

ambulators showed a trend towards a small increase in speed accompanied by a 

reduction in energy cost with support. Possibly, walking with support enables these 

patients to walk at an energetically more optimal walking speed. In future studies, a 

more elaborate investigation of gait parameters related to gait stability might shed 

more light on the underlying changes related to the decrease in energy cost due to 

support.  

Study limitations 

It can be questioned whether treadmill walking, as used in this study to 

demonstate the effect of support in a challenging situation, is relevant in the context 

of daily functioning. However, the same could be said for the overground walking task 

in a perturbation free environment, which can be seen as a simplification of real life 

walking in which perturbations continuously occur. While both conditions can thus 

be considered somewhat artificial, they do provide an indication of the magnitude of 

the effect of support that could occur in daily life.  

Another limitation of the current study is the relatively young age, and good 

ambulatory ability of the study population, even in the group of dependent 

ambulators, due to the inclusion criteria necessary to be able to complete the protocol 

(FAC>3 and able to walk without support on a treadmill). Therefore this study may 

actually underestimate the effect of support in patients with more limited ambulatory 

capacity.  

And lastly, the group sizes in this study were relatively small (n=12 for both 

groups), especially given the large variation in individual impairments in patients 

with stroke, which may have reduced the statistical power of this study. However, 

despite the small sample sizes and the heterogenous population we were able to 
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detect statistically significant results, suggesting that the obtained results reflect 

more generic prinicples regarding the metabolic effort for balance control.  

CONCLUSIONS  

In conclusion, balance support can result in a significantly reduced energy cost of 

walking in patients with stroke, providing further evidence for the notion that 

balance control exacts a metabolic demand during walking, particularly in balance 

impaired populations. The effect of balance support on the energy cost of walking is 

dependent on both ambulatory capacity and the walking task itself, with larger 

reductions for subjects depending on a walking aid in daily life and during 

challenging tasks, such as walking on a treadmill. Based on these results it can be 

argued that, besides other stroke related problems, the increased cost of walking in 

patients with stroke partly originates from an increased metabolic effort for balance 

control. Improving or assisting balance control during rehabilitation could lead to a 

decreased metabolic effort for balance control and a reduced cost of walking in 

patients with stroke. 
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ABSTRACT 

Holding a handrail or using a cane can reduce the energy cost of walking in stroke 

survivors.  Possible causes of this reduction have not been previously addressed. The 

purpose of the current study was to fill this void by investigating the effect of physical 

support (through handrail hold) and/or somatosensory input (through light touch 

contact with a handrail) on energy cost and accompanying changes in both step 

parameters and neuromuscular activity.  

Fifteen stroke survivors participated in this study. Participants walked on a treadmill 

under three conditions: no handrail contact, light touch of the handrail, and firm 

handrail hold. During the trials we recorded oxygen consumption, center of pressure 

profiles, and bilateral activation of eight lower limb muscles. Effects of condition on 

energy cost, step parameters and neuromuscular activation were extracted and 

statistically assessed using conventional ANOVAs with repeated measures. To 

examine to which degree energy cost and step parameters/muscle activity are 

associated, we further employed a partial least squares regression analysis. 

Handrail hold resulted in a significant reduction in energy cost, whereas light touch 

contact did not. With handrail hold subjects took longer steps with smaller step width 

and improved step length symmetry, whereas light touch contact only resulted in a 

small but significant decrease in step width. The EMG analysis indicated a global drop 

in muscle activity, accompanied by an increased constancy in the timing of 

neuromuscular organization, and a decreased co-activation with handrail hold, but 

not with light touch. The regression analysis revealed that increased stride time and 

length, improved step length symmetry, and decreased muscle activity were most 

closely associated with the decreased energy cost during handrail hold.  

Handrail hold, but not light touch, altered step parameters accompanied by a global 

reduction in muscle activity, with improved timing constancy. This suggests that the 

use of a handrail allows for a more economic step pattern that requires less muscular 

activation without resulting in substantial neuromuscular re-organization. Handrail 

use may thus have beneficial effects on gait economy after stroke, but not through 

enhanced somatosensory input alone. 
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BACKGROUND 

Regaining the ability to walk independently is an important goal in the 

rehabilitation of stroke survivors. Only 60% of all stroke survivors eventually attain 

this goal to the level of community walking6. An important limiting factor in this 

regard is the substantial metabolic cost of hemiparetic gait, which can be more than 

two times larger than in healthy subjects4, 13, 21, and which is predictive of community 

ambulation19. We have previously shown that an increased (metabolic) effort to 

control balance contributes to this decreased gait economy 52, and that this cost can 

be reduced considerably by providing balance support in the form of a handrail or 

cane76.  

Using a handrail or cane may have biomechanical and/or somatosensory 

advantages that could facilitate balance control. Biomechanically, the use of a handrail 

or cane increases the base of support, resulting in greater margins of stability, and 

enables one to generate corrective forces via the hands to compensate for 

perturbations123. Apart from this biomechanical advantage, the use of a handrail or 

cane may provide additional somatosensory (tactile and proprioceptive) information 

about body orientation and movement relative to the point of contact123, 129. This may 

reduce sensory noise/uncertainty and might therefore lead to better balance 

control129-130. There is experimental support that, even in the absence of additional 

biomechanical support, the mere contact of fingertips or hand with a stable support 

surface can decrease the excursion of the center of mass during standing and 

walking129-133. This decrease matched that observed with firm handrail hold in 

healthy participants and stroke survivors. This suggests that enhanced 

somatosensory information may add to the mechanical stabilization through holding 

a handrail, which in turn may result in a decreased energy cost of walking after 

stroke.  

To unravel the factors underlying the differential effects of handrail hold and light 

touch on the energy cost of walking, it is imperative to investigate which gait 

parameters alter in line with metabolic changes and which neuromuscular 

modifications might engender these effects. In stroke survivors, handrail or cane use 

yields increased stride length and time as well as decreased cadence and step width 

and variability134-135. These changes may be linked to an improved gait efficiency 
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through a more optimal step length/frequency combination33, 108, and lower step-to-

step transition costs with a smaller step width18. Using a handrail or cane may also 

improve gait symmetry135-136, which may also contribute to enhanced gait 

economy137. 

 Effects of holding a handrail or cane have also been examined in terms of changes 

in neuromuscular control as reflected in altered amplitude and timing of muscle 

activation. Some studies reported decreases in EMG burst duration and a decrease in 

amplitude of several lower limb muscles during cane use138-139. Furthermore, a 

decrease in the variability of EMG profiles of the lower leg muscles has been found as 

a result of handrail support, which indicates a more consistent timing of muscle 

activity possibly relating to increased (lateral) gait stability140-141. Reduced EMG 

amplitude and more accurate timing of muscle activity may reflect improved 

economy51. In contrast, other studies reported no effect of firm handrail hold or light 

touch contact with a cane on muscle activity142-143, while light touch contact has even 

been shown to result in higher activation amplitudes than force contact132, 142.  

As of yet, it is unclear whether somatosensory and/or biomechanical aspects of 

handrail or cane use affect the energy cost of walking after stroke, nor whether 

altered step parameters and/or altered neuromuscular control are responsible for 

this effect. Our research aims were therefore twofold: 1) to compare the effects of 

light touch contact with a handrail and firm handrail hold on the energy cost of 

walking, step parameters, and muscle activity (in terms of amplitude and timing) in 

stroke survivors, and 2) to examine which changes in step parameters and muscle 

activity are associated with the observed changes in energy cost. To evaluate changes 

in muscle activation amplitude and timing we used a principal component analysis 

(PCA), since this method allows for studying patterns of multivariate muscle 

activation instead of looking at isolated muscle activities alone.  

METHODS 

Participants 

Fifteen stroke survivors from the in- and outpatient stroke unit of rehabilitation 

center Heliomare, Wijk aan Zee, The Netherlands, agreed to participate in the study. 
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All participants received therapy for stroke-related gait impairments at the time of 

the experiment, were able to walk independently on a treadmill for at least 5 minutes, 

and scored between 3-5 on the Functional Ambulatory Category (FAC). People with 

cognitive, communicative, or non-stroke related orthopedic or neurologic 

impairments, or a contraindication for moderate exercise, were excluded from the 

study. Descriptive characteristics of the study population are presented in Table 6. All 

participants received written and verbal information about the experiment and 

provided a written informed consent. The Medical Ethical Committee of the VU 

University Medical Center, Amsterdam, The Netherlands, approved the experiment 

prior to conduction. 

Study protocol 

Participants visited the lab twice. The first session was used to familiarize them 

with walking on a treadmill under the aforementioned experimental conditions, while 

the actual measurements were conducted in the second session. At the end of the first 

session, the participant’s preferred walking speed while walking without handrail use 

Table 6: Descriptive characteristics of study population (N=15) 

Characteristics Values 

Gender (male/female) 12/3 

Age (yrs) 57.5 ± 10.16 

Weight (kg) 82.0 ± 18.45 

BMIa  25.5 ± 5.31 

Etiology (infarct/hemorhage) 13/2 

Lesion side (left/right) 5/10 

Time since stroke (days) 69.5 ± 38.39 

AFOb (yes/no) 5/10 

Walking aid (none/cane/walker/quadcane) 3/7/4/1 

Preferred walking speed on the treadmill (m·s-1) 0.52 ± .19 

ABC-scorec 67.7 ± 19.69 

FACd (3/4/5) 1/3/11 

BBSe  50.0 ± 5.93 
a= body mass index; b=ankle foot orthosis; c= activities specific balance confidence score; d= 
functional ambulatory category; e= Berg balance score. Values are mean±SD unless otherwise 
indicated.  
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was established following a previously employed protocol76. This speed was 

subsequently used in the experimental trials. The protocol consisted of three 

experimental trials: walking with handrail hold (HOLD), walking with light touch 

handrail contact (TOUCH), and walking without handrail contact (NORM). The 

randomly offered experimental trials lasted 5 minutes each in order to ensure steady 

state oxygen consumption during the second half of the trial. Since some participants 

were unable to walk for 5 minutes on the treadmill, trial duration was reduced to 4 

minutes for those participants. In the TOUCH condition, participants were instructed 

to lightly touch an aluminum plate mounted on the handrail with the fingertips of 

their non-paretic hand without exceeding a force of 5N in the vertical (V), 

anteroposterior (AP), and mediolateral (ML) direction. The amount of force exerted 

in each direction was monitored during the trial and, if necessary, verbal feedback 

was provided to reduce the amount of force. In the HOLD condition participants were 

instructed to hold the handrail at all times without any specific instruction as to how 

to use the handrail. The paretic arm was allowed to hang freely during the trial, 

unless participants preferred to carry their arm in a sling. Participants wore a harness 

during all trials for safety, which did not provide any body weight support. 

Equipment 

Participants walked on an instrumented treadmill with an embedded force plate 

(C-Mill, ForceLink, Culemborg, The Netherlands; size 1m × 1.5m, sampling rate 100 

Hz), from which step parameters were derived off-line. Oxygen consumption (𝑉𝑂2) 

and respiratory exchange ratio (𝑅𝐸𝑅) were measured breath-by-breath via open 

circuit respirometry (Oxycon delta, CareFusion, San Diego, USA). An instrumented 

handrail, equipped with two 6-DOF force sensors (AMTI, Watertown, USA, sampling 

rate 100 Hz) was placed on the non-paretic side of the participant to measure forces 

exerted on the rail. Muscle activity of the following 8 muscles of both legs were 

recorded using surface electromyography and sampled at a rate of 1 kHz (TMSi, 

Enschede, The Netherlands); m. gastrocnemius medialis, m. tibialis anterior, 

m. peroneus longus, m. rectus femoris, m. vastus lateralis, m. semitendinosus, 

m. tensor fascia latae, m. gluteus medius. EMG recordings were made with disposable 
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Ag/AgCl electrodes (∅ 20 mm) with an inter-electrode distance of 10 mm after 

standard skin preparations following SENIAM recommendations144.  

Data analysis 

Energy cost 

After visually inspecting the data to ensure steady state oxygen consumption, gross 

energy expenditure (𝐸𝐸gross) was determined during the final 90s each trial via the 

𝑅𝐸𝑅 and the oxygen consumption �̇�𝑂2 according to 𝐸𝐸gross  =  (4.960 ∙ 𝑅𝐸𝑅 +

16.040) ∙ �̇�𝑂2; see9. Energy expenditure at rest was subtracted from 𝐸𝐸gross to obtain 

net energy expenditure (𝐸𝐸net). Subsequently, 𝐸𝐸netwas divided by body mass and 

walking speed to obtain net energy cost. 

Spatiotemporal gait parameters 

Data from the force plate of the treadmill were converted to center of pressure 

profiles (𝐶𝑂𝑃AP and 𝐶𝑂𝑃ML in anteroposterior and mediolateral direction, 

respectively). The characteristic butterfly pattern of these profiles (𝐶𝑂𝑃AP over 

𝐶𝑂𝑃ML plots) served to identify initial contact and toe-off through peak detection145. 

Instances of initial contact were used to determine mean and variability of stride 

time, length, and width. Step time was defined as the time between two consecutive 

initial contacts. Stride time was defined as the sum of the corresponding left and right 

steps. Stride/step length were derived by multiplying belt speed by stride/step time 

and correcting for the difference in 𝐶𝑂𝑃AP between the two initial contacts. Step 

width was defined as the absolute distance in 𝐶𝑂𝑃ML at two consecutive initial 

contacts. Temporal and spatial symmetry were set as 2 ∙ 𝑇𝑛𝑝 �𝑇𝑛𝑝 + 𝑇𝑝�⁄  or 

2 ∙ 𝐿𝑛𝑝 �𝐿𝑛𝑝 + 𝐿𝑝�⁄  where 𝑇𝑛𝑝 / 𝐿𝑛𝑝 and 𝑇𝑝 / 𝐿𝑝 are the step time / length of the non-

paretic and paretic leg, respectively. A value of 1 indicates perfect symmetry, while a 

value > 1 indicates a higher value for the non-paretic leg and a value < 1 indicates a 

higher value for the paretic leg. 
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Muscle activity 

Differences in EMG activity patterns between conditions were analyzed in terms of 

amplitude and timing constancy of the muscle coordination pattern, and muscle co-

activation to assess both quantitative and qualitative changes in muscle activation. To 

detect differences in the amplitude and constancy of the coordination pattern instead 

of in isolated muscles, we first reduced the data to major co-varying modes or 

principal components, using principal component analysis (PCA)146-147.  

We selected the EMG of all complete strides from the last 90 seconds per trial, 

starting from foot contact of the non-paretic leg. These signals were first high-pass 

filtered (2nd order, bi-directional Butterworth, cut-off frequency 20 Hz), then full-

wave rectified via the absolute value of the corresponding analytic signal constructed 

via the Hilbert transform, and finally low-pass filtered (2nd order, bi-directional 

Butterworth, cut-off frequency 5 Hz) to estimate the linear envelope. For the PCA, 

signals were mean-centered (DC-removal). We concatenated the signals of all 

conditions (𝑐 = 1 … 3) and participants (𝑝 = 1 … 15), generating a dataset 𝑋𝑚,𝑘 

consisting of 16 time series (𝑚 = muscle 1 to 16) of 𝑁 = ∑ ∑ 𝑁(𝑝,𝑐)3
𝑐=1

15
𝑝=1 =

 4,145,597 samples each. Note that one can identify individual signals in that dataset 

𝑋𝑚,𝑘 by using 𝑘 ∈ 𝑇(𝑝,𝑐) as the sample subset (or time interval) when referring to 

participant 𝑝’s muscle 𝑚 in condition 𝑐.  

Next, we estimated the covariance matrix of 𝑋
1, normalized by its trace, and computed the corresponding eigenvectors 𝑣(𝑗) and 

eigenvalues 𝜆𝑗  that determine the principal component 𝑗. An element 𝑛 of eigenvector 

𝑣(𝑗) = �𝑣1
(𝑗), … , 𝑣𝑛

(𝑗), … , 𝑣16
(𝑗)� represents the degree to which the EMG signal of 

muscle 𝑚 = 𝑛  contributed to the principal component 𝑗. An eigenvalue �𝜆𝑗� 

represents the amount of variance of the original data explained by principal 

component 𝑗. The eigenvectors and eigenvalues were sorted in descending order of 

eigenvalue. The number of to-be-considered modes 𝐽 was determined by visual 
                                                        

 

 
1 The covariance matrix (𝐶) was calculated as: 𝐶𝑚𝑛 = 1

𝑁∑ �𝑋𝑚,𝑘 − 𝑋�𝑚��𝑋𝑛,𝑘 − 𝑋�𝑛�𝑁
𝑘=1  with mean values 

𝑋�𝑚 = 1
𝑁∑ 𝑋𝑚,𝑘

𝑁
𝑘=1 . 
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inspection of the eigenvalue spectrum, using a discontinuous decrease in eigenvalue 

on a log-log scale as cut-off criterion. The time course 𝑌𝑘
(𝑗) along mode 𝑗 was defined 

by projecting the original data set onto 𝑣(𝑗), i.e. by using 

𝑌𝑘
(𝑗) =  ∑ 𝑣𝑚

(𝑗)𝑋𝑚,𝑘
16
𝑚=1  . 

From the projections 𝑌𝑘
(𝑗) we distilled two outcomes: (i) the degree to which a 

mode contributed to the overall EMG pattern of a certain participant and condition by 

estimation of the mean amplitude of a mode using the root-mean squared value 

(RMS); and (ii) the constancy of the muscle coordination in terms of proper timing, 

quantified by the variance of the relative phase between modes (𝑉)148. For the 

calculation of RMS we applied PCA after normalizing the EMGs per subject to the 

standard deviation determined during the corresponding NORM condition, which 

hence served as ‘reference trial’. The root-mean-squared value was calculated for 

each participant 𝑝 and condition 𝑐 via 

𝑅𝑀𝑆𝑝,𝑐
(𝑗) = � 1

𝑁(𝑝,𝑐) ∑ �𝑌𝑘
(𝑗)�

2
𝑘∈𝑇(𝑝,𝑐)   . 

A drop of 𝑅𝑀𝑆𝑝,𝑐
(𝑗) over conditions in a specific mode 𝑗 would indicate a decrease in 

the contribution of mode 𝑗 to the overall EMG pattern and therefore a qualitative 

change in muscle activation. In contrast, a decrease in 𝑅𝑀𝑆𝑝,𝑐
(𝑗) of all modes 𝑗 = 1, … , 𝐽, 

would reflect a global decrease in muscle activation. 

To assess the constancy of muscle activation timing we determined the variance of 

the relative phase. As our focus was on the timing we reduced amplitude effects by 

dividing the data of every condition by its own standard deviation (i.e., z-scoring the 

data). We also time normalized the data to 100 samples per stride to remove 

temporal differences, and filtered them to a narrow frequency band around the stride 

frequency (2nd-order, bi-directional Butterworth, 0.25-1.75 times stride frequency); 

by this we reduced possible confounding effects of higher harmonics when estimating 

the phase. For every mode 𝑗 = 1, … , 𝐽 the instantaneous phase 𝜑𝑘
(𝑗) was determined as 

the angle of the corresponding analytic signal constructed via Hilbert transform (also 

referred to as Hilbert phase). Circular normality is a prerequisite for reliable phase 

estimation. Therefore, we tested all possible pairs of relative phases for circular 

normality using Kuiper’s test against the von Mises distribution. This indicated that 
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circular normality was only met for the relative phase between mode 1 and 2 (i.e. 

Δ𝜑𝑘 = 𝜑𝑘
(1) − 𝜑𝑘

(2)). For this pair, circular variance149 was estimated as 

𝑉𝑝,𝑐 = 1 −�� 1
𝑁(𝑝,𝑐) ∑ sinΔ𝜑𝑘𝑘∈𝑇(𝑝,𝑐) �

2
+ � 1

𝑁(𝑝,𝑐) ∑ cosΔ𝜑𝑘𝑘∈𝑇(𝑝,𝑐) �
2

 . 

The variance of the relative phase between two modes (0 ≤ 𝑉 ≤ 1) provides an 

index of the constancy of the coordination pattern, with lower values indicating a 

more constant activation timing profile.  

To determine whether changes in muscle activation amplitude could originate 

from altered co-activation, a co-activation index (CAI) was calculated on the original 

full-wave rectified and filtered EMG profiles. The CAI (in %) was calculated as the 

common area of activity of two antagonistic muscles87. 

𝐶𝐴𝐼𝑚1,𝑚2
(𝑝,𝑐) =  

∑ min �𝑥𝑚1,𝑘
(𝑝,𝑐),𝑥𝑚2,𝑘

(𝑝,𝑐)�𝑁(𝑝,𝑐)
𝑘=1

1
2∑ �𝑥𝑚1,𝑘

(𝑝,𝑐) + 𝑥𝑚2,𝑘
(𝑝,𝑐)�𝑁(𝑝,𝑐)

𝑘=1

 ∙ 100% 

We used the (𝑚1,𝑚2) muscle pairs m. gastrocnemius medialis – m. tibialis anterior 

(GM_TA), m. tibialis anterior – m. peroneus longus (TA_PL), and m. rectus femoris – m. 

semitendinosus (RF_ST) of the paretic and non-paretic leg for each participant 𝑝 and 

condition 𝑐. In two subjects m. gastrocnemius medialis of the paretic leg could not be 

accessed due to their orthosis, precluding computation of CAI for GM_TA for these 

participants. 

Statistical analysis 

A repeated analysis of variance with condition [NORM, TOUCH, HOLD] as within 

subjects factor was used to analyze the effect of condition on energy cost, step 

parameters (mean and variability of stride time, stride length and step width, and 

temporal and spatial symmetry), and muscle activity parameters (𝑅𝑀𝑆, 𝑉, and 𝐶𝐴𝐼). 

Planned contrasts with Bonferoni correction for multiple comparisons were used to 

follow up on significant main effects of condition. The level of significance for all 

statistical analyses was set to α = .05.  

To evaluate which gait changes were associated with the change in energy cost we 

performed a multivariate partial least squares regression analysis (PLS). PLS uses 

principal component analysis followed by a regression step, and is particularly useful 
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when the number of variables is large compared to the number of observations, as 

well as in the case of multi-colinearity, in which simple linear regression is not 

feasible. For a tutorial and further explanation see150-151. Briefly, the analysis 

identifies underlying latent factors (or, principal components), which best model the 

change in energy cost, thereby explaining as much as possible of the covariance 

between the change in gait parameters and the change in energy cost. Only the 

conditions (HOLD and/or TOUCH) that showed a statistically significant effect on 

energy cost were entered into the analysis. Before entering the analysis, difference 

scores between the condition in question and NORM were computed for energy cost 

and gait variables showing a significant effect of condition, and rescaled to unit 

variance. The quality of the model was assessed by the amount of variance explained 

by the model (R2). To quantify the relationship between the change in energy cost and 

the change in gait parameters, the regression coefficients and the variable 

'importance on projection score' (VIP) were evaluated. Variables with a VIP-score > 

1.0 can be considered important for the model150.  

 

RESULTS 

All subjects were able to complete the protocol. Two participants had difficulty 

adhering to the forces allowed during TOUCH. However, since the overshoot was only 

minor, we decided to include these participants in the analysis. Further results 

pertaining to the forces exerted on the handrail can be found in Additional material A. 

Statistical results from the repeated measures ANOVA can be found in Table 7. 

Energy cost 

HOLD caused a significant decrease in net energy cost (p = .023) of 11.8% 

(0.86 J·kg-1·m-1) on average compared to NORM, while TOUCH had no significant 

effect on energy cost (Figure 21).  
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Figure 21: A. Effect of light touch and handrail hold on the net energy cost of walking. B. boxplot 
of the difference between Touch and Normal, and Hold and Normal. The central mark is the 
median, the edges of the box are the 25th (q1) and 75th (q3) percentiles. Whiskers extend to the 
last datapoint > 𝑞1 − 1.5(𝑞3 − 𝑞1) or <  𝑞3 + 1.5(𝑞3 − 𝑞1). Datapoints outside this range are 
shown as a cross. * = significantly different from NORM at p<.05. 

Step parameters 

As shown in Figure 22, HOLD resulted in significant increases in stride time 

(16.1%; p = .001) and length (16.3%; p < .001), a significant decrease in step width 

(24.4%; p < .001) and step width variability (35.5%; p < .001), and improved step 

length symmetry (15.0%; p = .015; Figure 22). No significant effects were found for 

variability of stride time and stride length. TOUCH resulted in a significant decrease in 

step width of 7.7% (p = .037; Figure 22). No significant changes due to TOUCH were 

found for the other spatiotemporal parameters.  

Muscle activity 

For both normalization methods, the PCA on the EMG data resulted in 𝐽 = 3 

relevant modes (Figure 23). The eigenvector coefficients were similar for the two 

normalization methods. We therefore we only sketch the overall outcome for 

normalization to the NORM trial. Together the three modes represented 55% of the 

variance in the original EMG dataset. Nonetheless, reconstruction of the EMG signals 

based on these three modes well resemble real EMG patterns during walking (Figure 
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24). The first one (𝑣(1)) contained activity of all muscles of the paretic and non-

paretic leg, as revealed by the individual eigenvector coefficients 

�𝑣1
(1), … , 𝑣𝑛

(1), … , 𝑣16
(1)� shown in Figure 23’s upper right panel. The corresponding 

time course Yk
(1) oscillated at the stride frequency (Figure 23, upper central panel). 

The opposite signs of the eigenvector values of the muscles of the paretic and the 

non-paretic legs represented the alternating (opposite) activation patterns of left and 

right leg (i.e. a phase shift around 180 degrees). The second mode was mainly evident 

in the activation of the non-paretic muscles, with activity mainly present during the 

beginning of the stance phase and a small burst during swing (Figure 23, middle 

central and right panels). The third mode was predominantly represented in the 

paretic muscles, with a biphasic pattern with a burst during paretic leg swing, and a 

prolonged activity during the stance phase of the paretic leg (Figure 23, lower central 

and right panel). In Figure 24 we also show the quality of the PCA data reduction by 

reconstructing EMG-like patterns based on the small set of relevant modes (𝑌𝑘
(𝑗) and 

𝑣(𝑗) with 𝑗 = 1, … ,3). 

The 𝑅𝑀𝑆 of the projections of all three relevant modes showed a significant effect 

of condition. Planned contrasts revealed that for all three modes values were 

significantly lower during HOLD than during NORM (all p-values < .001), indicating a 

drop in amplitude in this condition (Figure 25). This global amplitude drop is also 

visible in the reconstructed EMG patterns (cf. Figure 24). By contrast, differences 

between TOUCH and NORM were not significant.  

There was also a significant main effect of variance 𝑉 of relative phase between 

mode 1 and 2 (p = .005; Figure 25). Planned contrasts showed that the decrease in the 

variance of the relative phase between HOLD and NORM was nearly significant 

(p = .059), indicating an increased constancy in the timing of the coordination pattern 

during the HOLD condition. By contrast, the difference between TOUCH and NORM 

were not significant (p = .752).  

Significant main effects of condition on CAI of GM_TA of the paretic leg, and GM_TA 

and TA_PL of the non-paretic leg were found (all p-values < .05; Table 7). Planned 

contrasts showed that co-activation decreased for these muscle pairs in the HOLD 

condition compared to NORM. Again, differences between TOUCH and NORM were 

not significant. 
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Association between changes in energy cost and changes in gait parameters  

The regression analysis was only performed on the difference between HOLD and 

NORM because only HOLD resulted in significant changes in energy cost. The optimal 

model from the PLS regression contained a single latent factor which explained 

70.5% of the overall variance in the change in energy cost due to handrail hold. VIP 

scores and regression coefficients for the gait parameters can be found in Table 8. The 

most important step parameters associated with a decrease in energy cost (VIP score 

> 1.0) were stride time and length, step length symmetry, and 𝑅𝑀𝑆 of mode 2 and 3 

(reflecting the amplitude drop in the paretic and non-paretic leg). Regression 

coefficients for changes in stride time, stride length and step length symmetry were 

negative, indicating that an increase in these parameters was associated with a 

decrease in energy cost. The opposite was the case for 𝑅𝑀𝑆 of mode 2 and 3, which 

showed a positive regression coefficient, indicating that decreases in 𝑅𝑀𝑆 were 

associated with a decrease in energy cost. 
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Table 7: Mean co-activation indices (SD) 

 NORM TOUCH HOLD 

GM_TA paretic 42.6 (13.96) 42.5 (12.51) 35.4 (15.84) 
GM_TA nonparetic 41.1 (8.98) 40.7 (9.23) 32.1 (7.36) 
TA_PL paretic 49.8 (17.19) 49.8 (16.37) 49.6 (16.42) 
TA_PL nonparetic 50.1 (8.43) 49.5 (9.26) 46.1 (9.89) 
RF_ST paretic 56.5 (7.93) 55.5 (8.79) 57.5 (6.28) 
RF_ST nonparetic 57.0 (9.44) 55.7 (8.97) 54.5 (9.91) 

GM_TA = m. Gastrocnemius medialis – m. Tibialis anterior; TA_PL = m. Tibialis anterior – m. 
Peroneus longus; RF_ST = m. Rectus femoris – m. Semitendinosus. a = p-values corrected for 
multiple comparisons using Bonferoni correction. 

Table 8: Regression coefficients and VIP scores of the PLS regression analysis.  

 
Regression Coefficient VIP score 

Spatiotemporal step parameters 
Stride time -0.19 2.19* 
Stride length -0.18 1.93* 
Step length asymmetry -0.17 1.74* 
Step width -0.06 0.22 
Step width variability 0.03 0.07 

Muscle activation parameters 
RMS 1 -0.03 0.01 
RMS 2 0.18 1.99* 
RMS 3 0.20 2.51* 
Variance of relative phase 0.09 0.51 
CAI GM_TA paretic -0.09 0.47 
CAI GM_TA nonpar 0.05 0.14 
CAI TA_PL nonpar 0.05 0.18 

Model was built on difference scores (HOLD - NORM). Variables with a VIP score >1.0, indicating 
importance for the model, are marked with an asterisk. A negative regression coefficient indicates 
that an increase in the parameter is associated with a decrease in energy cost and vice versa. 
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Figure 25: Changes in muscle activation patterns based on PCA analysis. Left column: root mean 
squared value (𝑅𝑀𝑆(𝑗)) for first three modes for each condition averaged over subjects. Right 
column: Relative phase distribution plot (∆𝜑), for relative phase between mode 1 and 2, and 
variance (𝑉) in relative phase between mode 1 and 2. As can be seen, the relative phase between 
mode 1 and 2 is centered between 240 and 300 (or: -60 and -100) degrees.  
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DISCUSSION 

In the current study we 1) compared the effects of light touch contact with a 

handrail and handrail hold on the energy cost, step parameters, and muscle activity 

during treadmill walking in stroke survivors, and 2) examined which changes in step 

parameters and/or muscle activity were associated with the potential difference in 

energy cost. The results provided a clear answer regarding the first research 

question. Use of a handrail yields a reduction in energy cost, and major changes in 

both step parameters and muscle activity, but not when the handrail was only 

touched lightly. The latter only caused minor changes in step width. It thus appears 

that mechanical support, and not somatosensory feedback as provided with light 

touch contact, is responsible for the beneficial effects of handrail hold on the energy 

cost of walking in stroke survivors.  

There are several possible reasons why light touch contact did not have the 

expected facilitating effect on balance control. The original idea that it could came 

from studies showing a decrease in center-of-mass movement with light touch during 

upright standing 129-130. However, Riley et al. 152 suggested that light touch does not 

facilitate balance control, but may instead be regarded as a ‘suprapostural’ task that 

requires precise movement of the center-of-mass to comply with the task instructions 

regarding the allowed force. From this point of view, the center-of-mass movement 

serves the precision task, instead of the other way around. This precision aspect may 

even be amplified by the fact that participants were instructed to use the rail in a 

continuous fashion instead of intermittently when needed. Two previous studies 

examining the effects of light touch using a cane in stroke survivors concluded that 

light touch contact had similar stabilizing effects as force contact during walking in 

stroke survivors, based on the reductions in pelvic acceleration which were the same 

for the two ways of contact 132, 142. However, other gait parameters did not show a 

change with cane use at all (neither with force contact nor light touch contact), and 

reductions in EMG amplitude were larger for force contact than for light touch 

contact. All in all, the facilitating effect of light touch contact with respect to balance 

control in stroke patients might be contested.  

Unlike light touch, handrail hold resulted in a reduction in energy cost (11.9%), 

which was slightly lower than in our previous study with stroke survivors (on 



Chapter 6 

110 

average 16%) 76. Handrail hold also resulted in major changes in step parameters and 

quantitative and qualitative changes in muscle activity: a significantly increased 

stride time and length, improved step length symmetry, decreased step width and 

step width variability, a decrease in the overall muscle activity as evidenced by lower 

𝑅𝑀𝑆 for all three relevant modes, a tendency towards a more constant timing of 

muscle activation, as evidenced by the decreased relative phase variance, and 

decreased co-activation. Based on the regression analysis the changes in stride time, 

stride length, step length symmetry and the decrease in muscle activity for mode two 

and three were most strongly associated with the reduction in energy cost.  

The changes in step parameters are consistent with a more efficient use of the 

pendulum-like characteristics of the legs. Able-bodied people tend to walk at a step 

frequency-length combination that minimizes the metabolic cost of walking, close to 

the predicted resonant frequency of the legs, which has been suggested to require 

minimal muscular activation 153. Likewise, preferred step width in able-bodied people 

is similar to the energetically optimal step width. In contrast, stroke survivors often 

walk with shorter stride lengths and times, and larger step-widths than able-bodied 

people 74, which may be viewed as a direct consequence of impaired neuromotor 

control, but also as a strategy to increase the margins of stability during walking 88, 

154. Providing balance support in the form of a handrail artificially enhances balance 

control and increases the base of support, which might allow stroke survivors to walk 

at a more optimal step width and step frequency-length combination, requiring less 

muscle activation. Results from the regression analysis indicated that the sagittal 

plane gait changes contributed more to the reduction in energy cost than the frontal 

plane gait changes. The larger influence of stride length (and time) is not surprising, 

since it has previously been shown that metabolic rate increases with the square of 

step width, but with the fourth power of step length 18, 33. Therefore, stride length 

changes may have overshadowed the influence of step width. 

The present results further indicated that the use of a handrail did not induce a 

major reorganization of neuromuscular coordination. By investigating the underlying 

patterns of activation using PCA, rather than changes in individual muscle activities, 

both quantitative and qualitative changes in neuromuscular control could be 

assessed. Some qualitative changes were observed in terms of improved constancy 
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and decreased co-activation, which may well reflect a more efficient activation 

pattern. But the factor most strongly related to the change in metabolic energy 

expenditure was a decrease in 𝑅𝑀𝑆 for all three relevant modes, as opposed to a 

reweighting of the modes, indicated that handrail hold mainly resulted in a 

quantitative change in muscle activation (in the form of an overall amplitude drop), 

without a reorganization of the modes. Presumably, major qualitative changes in 

neuromuscular control, which require a certain degree of motor learning, are more 

likely to occur on longer time-scales, particularly in stroke survivors in whom motor 

control and learning may be affected by cortical damage and reorganization 155. But, 

even in the long run, functional changes in gait kinematics of stroke patients may 

occur with persisting abnormal muscle activation patterns 156-157. The present results 

complement these previous findings by showing that qualitative changes in 

neuromuscular activation patterns are not necessary to induce functional 

improvement in gait kinematics and gait economy.  

It should be noted that the effect of using a handrail might not solely originate from 

facilitation of balance control. The handrail may be used to generate propulsive forces 

in the fore-aft direction, which could be instrumental in increasing stride length and 

time, and improving step length symmetry. Likewise, using the handrail for (partial) 

body weight support may allow subjects to spend more time in single limb support, 

which could also result in an increased stride time and length. However, data on 

handrail forces presented in the supplementary material shows that the exerted 

forces during HOLD were rather low in all directions. Forces were largest in the 

vertical direction, but even in this direction the 95th percentile of the force over the 

trial was on average only about 6.7% of the body weight of the participant. Hence, we 

deem it unlikely that enhanced propulsion or body weight support played a 

prominent role in the effects on the energy cost of walking or the observed gait 

changes.  

The present study has several limitations that may restrict the generalizability of 

the results to walking in daily life. First of all, the study was carried out on a treadmill, 

which, although biomechanically equivalent, is not identical to walking over ground 
22. Also, handrail hold is not the same as using a cane or other walking aid in daily life. 

For instance, mechanical work is required for holding and carrying a cane, but not for 
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holding a handrail. Therefore these changes in energy cost with cane use are likely to 

be smaller than with handrail hold. Related to this, holding or touching a handrail 

constrains movement of the participant over the belt, which could limit step 

variability. However, since no effects on step variability were present in the light 

touch condition this does not appear to have influenced the present study. Lastly, due 

to the strict inclusion criteria (e.g., receiving therapy for stroke-related gait 

impairments, and able to walk 5 minutes on a treadmill), only a narrow band of the 

stroke survivors were eligible for this study, limiting in principle the generalizability 

of results.  

These limitations notwithstanding, the study has important clinical implications. 

First, the reduction in energy cost per meter walked by means of balance support, via 

a cane or a handrail may allow patients to walk further, increasing available practice 

time during rehabilitation or increasing walking distance in daily life. Moreover, even 

though therapists sometimes have reservations prescribing a cane for fear of 

detrimental effects on the gait pattern 158, using the handrail had beneficial effects on 

the gait pattern. Thus a handrail, or a cane, may be considered an important 

instrument, both in therapy and in daily life to improve the gait pattern of stroke 

survivors. Extending these results further, balance training appears to deserve a 

prominent role in rehabilitation not only for reducing fall risk but also for improving 

gait economy. Investigating the effects of balance training on the gait pattern and gait 

economy represents an interesting direction for future research.  Second, the lack of 

effect of light touch implies that providing only somatosensory information does not 

improve the gait pattern of stroke patients. In rehabilitation, therapists often provide 

light touch cues through manual facilitation at the pelvis or the paretic leg to improve 

the gait pattern. This passive touch, often provided at a specific instant in the gait 

cycle and with a specific direction, is however very different from the continuous 

active touch provided in our experiment. Therefore, the lack of effect of the light 

touch condition in the present study by no means implies that such facilitation 

methods are ineffective in improving the gait pattern.   
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CONCLUSION 

The energy cost of walking in stroke survivors is effectively reduced by means of 

handrail support, but not when only light touch of the handrail is allowed. Handrail 

hold resulted in a normalization of step parameters and decreased muscle activity 

without major qualitative changes in muscle coordination. We speculate that the 

biomechanical advantage of using a handrail, and possibly other handheld assistive 

devices for balance control (i.e. the larger base of support, and the potential of using 

the arm for balance corrections) may allow stroke survivors to adopt a more optimal 

step length (and width), which requires less muscle activity and, hence, comes with 

an energetic advantage.  

 

ADDITIONAL MATERIAL 

Additional Table 1: 95th percentile of absolute forces (N) exerted on the handrail during TOUCH 
and HOLD 

 TOUCH HOLD 

Vertical 4.74 (1.99) 95.63 (58.84) 

Antero-posterior 2.00 (0.63) 14.00 (5.42) 

Medio-lateral 5.41 (0.82) 10.89 (7.51) 

Resultant 6.79 (1.76) 97.42 (58.24) 

Data were filtered with a Savitzky-Golay filter (4th order, frame size 41), to reduce input noise. 
During normal and light touch trials some subjects momentarily increased the amount of force on 
the handrail when they had to change their fore-aft position on the treadmill (in order to stay on 
the treadmill). To diminish the effect of these instantaneous peak forces we used the 95th 
percentile of the force as a cut-off value.  
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Additional figure 26: Forces exerted on the handrail during the stride cycle during touch (upper 
graphs) and hold (lower graphs) condition. Stride cycle starts and ends with initial contact of the 
nonparetic leg. Black line represents the group mean of the ensemble averaged force. Shaded 
area represents the corresponding standard deviation. Force data were filtered with a 4th order 
Savitzky-Golay filter with frame size 41. 
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The overarching aim of the work presented in this thesis was to assess and 

understand the effort for balance control in terms of the metabolic cost of walking in 

able-bodied people and patient populations. Where the previous chapters focused on 

specific questions that can contribute to this aim, this Chapter will reflect on the 

results in light of the overall aim. First, general conclusions regarding the energy cost 

for balance control in able-bodied people and patient populations will be made and 

discussed. This will be followed by a discussion of the potential sources of this cost 

based on the observed changes in step parameters and muscle activation. In section 

three, methodological issues pertaining to the experimental studies will be discussed, 

resulting in future research directions in section four. Finally, this chapter will end 

with clinical implications of the research performed in the course of this thesis.  
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THE ENERGY COST FOR BALANCE CONTROL  

The energy cost for balance control in able-bodied people 

Establishing the sources of the metabolic requirements of walking is imperative to 

understand and improve the decreased gait economy in patient populations. In this 

thesis we aimed to assess the energy cost for balance control to determine whether 

the decreased gait economy in patient populations is (partly) due to an elevated 

metabolic effort for balance control. First we aimed to establish this cost in able-

bodied people to provide a reference. In Chapter 2 we used an external stabilization 

device to assess the energy cost for balance control while walking on a treadmill. 

Using a similar set-up but with arbitrarily chosen stiffness, previous studies had 

found reductions in energy cost ranging between 3.2-5%47-49. By varying stiffness we 

were able to reduce the energy cost of walking up to a maximum of 7.5% (with a 

spring stiffness ≥ 1260 N m-1). This reduction in energy cost with external 

stabilization relative to normal treadmill walking without stabilization can be 

regarded as a lower limit of the energy cost for balance control during walking. 

Walking without disturbances as in Chapter 2 may not well reflect the energy cost 

for balance control in daily life, in which challenges to balance control occur due to 

disturbances and limitations with regard to the use of balance control strategies. We 

expected that such situations would result in an increased effort for balance control. 

Indeed, in Chapter 3, we observed increases in energy cost of 13% in the high 

postural threat condition. Similar increases in energy cost have been found in other 

studies where stepping strategies were constrained without the explicit aim of 

inducing postural threat 18, 54.  

The two studies in healthy subjects combined provide insight at the range of 

magnitude of the metabolic effort for balance control in able-bodied individuals. For 

the imposed conditions this ranges between 7.5-20.5% depending on the level of 

challenge to balance control. This might of course be even higher for more extreme 

balance manipulations. However, such manipulations will involve increasing amounts 

of external energy imposed on the participant. The dissipation of this externally 

imposed energy will dominate the metabolic cost independent of balance strategies 

used.  
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The influence of walking speed on the metabolic effort for balance control 

Whether or not slow walking is more stable has been an ongoing debate in the 

literature. We expected that, if slow or fast walking would be more stable, the 

metabolic effort for balance control would decrease accordingly at slow or fast 

speeds. To investigate this, the manipulations of balance control in the studies with 

able-bodied individuals in Chapters 2 and 3 were applied at different walking speeds 

expressed as percentages of the participants’ preferred walking speed, ranging from 

70-130% for the stabilization study (Chapter 2) and from 60-140% for the postural 

threat study (Chapter 3). On average, the slowest speed (0.8±0.07 m·s-1) was close to 

the speed deemed necessary for community ambulation 159, while the fastest speed 

(1.8±0.17 m·s-1) was close to the walk-run transition speed 160. In both studies, 

walking speed did not have a significant effect on the energy cost for balance control, 

although the effect of postural threat tended to be largest at the most extreme speed 

conditions. These results show that the effort for balance control is independent of 

walking speed, and thereby contribute to the growing body of evidence refuting the 

notion that a slow or fast walking speed is more stable 59, 61.  

The energy cost for balance control in lower limb amputees and stroke survivors 

In Chapter 2-3 we investigated the energy cost for balance control in able-bodied 

individuals. These studies can serve as a reference for the studies in lower limb 

amputees and stroke survivors. These patient populations often suffer from an 

elevated metabolic demand for walking1-3. In this thesis the aim was to assess 

whether (part of) this increase may be explained by an elevated metabolic effort for 

balance control. Unfortunately, the study in Chapter 4 with lower limb amputees does 

not permit a comparison between the energy cost for balance control in this group 

and able-bodied people. In this study we used the same stabilization set-up as in 

Chapter 2. However, the external stabilization led to unexpected results in the lower 

limb amputees. Especially the transfemoral amputees appeared to be hindered by the 

springs, and showed an increase in energy cost when walking with external 

stabilization. Due to this apparent negative effect of the stabilization device, a sound 
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comparison of the energy cost for balance control in people with a lower limb 

amputation compared to able-bodied individuals cannot be made.  

The studies in stroke survivors do allow such a comparison. With this group we 

used a cane and handrail to facilitate balance control. Besides benefits with regard to 

balance control, cane use also brings about a metabolic cost for holding and carrying a 

cane. In able-bodied individuals cane use has been found to increase the cost of 

walking up to 33% 123, 125. In Chapter 5 we found that in stroke survivors who are no 

longer dependent on a walking aid in daily life, cane use also increased the cost of 

walking, although this effect (6.1%) was far less than in able-bodied individuals. By 

contrast, the dependent walkers showed a decrease in energy cost of 8.4% when 

walking with a cane, indicating that stroke patients have larger benefits of cane use 

than able-bodied people.  

The effects of a balance aid on the energy cost of walking were magnified on a 

treadmill when using a handrail instead of a cane, as evidenced in Chapter 5 (19% 

reduction;1.36 J·kg-1·m-1 for dependent ambulators) and Chapter 6 (11% reduction; 

0.95 J·kg-1·m-1). This larger difference can be explained by the fact that no cost of 

holding or carrying a cane was involved, and potentially because walking on a 

treadmill is more challenging to stroke survivors than over-ground walking, as 

implicated by the higher energy cost during treadmill compared to over-ground 

walking.  

The absolute reduction in energy cost with handrail support in stroke patients, 

1.15 J·kg-1·m-1 on average, can account for approximately 33% of the difference in 

energy cost of walking between the stroke survivors and the able-bodied people 

when walking at preferred speed. This shows that balance control plays a substantial 

and clinically relevant role in explaining the decreased economy in this patient 

population. The relative reduction in energy cost with handrail use for stroke 

survivors surpassed the reduction in energy cost due to external lateral stabilization 

in able-bodied individuals (7.5%), and even comes close to the relative contribution 

of balance control to the energy cost of walking in the most challenging situation in 

Chapter 3 (20.5%). Thus, these studies show that energy demand for balance control 

is indeed increased in the stroke population, and that balance control during ‘normal’ 
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walking in stroke survivors inflicts a metabolic load comparable to that of challenging 

situations in able-bodied individuals.  

SOURCES OF THE ENERGY COST FOR BALANCE CONTROL 

Next to establishing the energy cost for balance control, we ventured to 

understand the origin of this cost. In the general introduction, we introduced 

potential sources of this energy cost, such as: a foot placement strategy, augmented 

muscle activation for a lateral ankle or hip strategy, or (co-)activation to increase 

joint stiffness. In this section we will review these mechanisms that can account for 

the energy cost for balance control, and where possible estimate the contribution of 

these strategies to the energy cost for balance control. As the lower limb amputees 

appeared to be hindered by the stabilization device, it does not seem valid to relate 

the gait changes in this experiment to balance control. Therefore this section will 

focus on the studies in able-bodied individuals and stroke survivors. 

The energy cost for foot placement control 

A good candidate as a source for the metabolic cost for balance control is the foot 

placement strategy. As explained in the general introduction foot placement is one of 

the primary balance control strategies through which gross control can be exerted. 

Balance control during walking is mostly needed in the medio-lateral direction. The 

foot placement strategy in this direction is apparent in step width, which is varied 

from step to step to control the margin of stability in the face of internal or external 

perturbations 45. In general, wider steps result in a larger margin of stability 46. 

However, a larger step width involves a larger metabolic cost for redirecting the 

center towards the opposite side, which increases with step width squared 18, 33. 

Because of this quadratic relation, increasing step width variability is also expected to 

increase the energy cost. 

By facilitating balance control, a foot placement strategy is no longer crucial to 

ensure stability, and it could thus be expected that this will lead to the adoption of a 

step width which is (more) favorable with respect to energy cost. Accordingly, step 

width, step width variability and sideward pelvic motion decreased with increasing 



Epilogue 

121 

stiffness of the stabilization device in able-bodied individuals, with an accompanying 

7.5% reduction in energy cost (Chapter 2). In absolute values, mean step width 

reduced from 12.5 cm during normal walking at preferred speed, to on average 9.3 

cm when walking with springs 2-4. Based on earlier work by Donelan et al. 18, such a 

decrease in mean step width, without taking into account changes in step width 

variability, would reduce the energy cost of walking by about 3% (based on a leg 

length of 0.9m). This shows that in able-bodied persons walking in situations with 

minimal challenge to balance control, a substantial part of the energy cost for balance 

control can be explained by the cost involved in step width control.  

In the stroke patients, facilitation of balance control via handrail hold also caused a 

reduction in step width and step width variability consistent with a decrease in the 

margins of stability 161. With handrail support, step width reduced to values similar to 

those in able-bodied individuals during normal walking, from 17 cm to 13 cm on 

average. In a crude comparison using the data of Donelan et al again, this reduction is 

equivalent to a reduction in metabolic cost of ~4% of the energy cost of walking for 

able-bodied people 18. Taking into account the difference in energy cost of walking 

between stroke survivors and controls, this would constitute only ~1.7% of the 

energy cost of walking in the stroke survivors. Again, the decrease in step width 

variability in this study will add to this amount. Based on these values it can be 

estimated that in contrast to the able-bodied individuals, the contribution of step 

width control to the total reduction in energy cost (11%) was far less in stroke 

patients. This indicates that other balance control strategies, besides step width 

control, play a larger role in balance control and the related energy cost during 

walking in stroke survivors.  

Another strategy to increase the margins of stability in the medio-lateral direction 

is to increase cadence (i.e. decreasing step or stride time) 46. When providing external 

stabilization to able-bodied participants, no changes in stride time or length were 

observed. In challenging situations we did observe a small (2.2%) decrease in stride 

time (Chapter 3), in line with an increase in margins of stability. Larger changes were 

observed in stroke survivors, in which the stride time increased by up to 16.1% when 

walking with handrail support relative to unsupported walking. These results 
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indicate that step frequency becomes more important for balance control in 

challenging situations and patients.  

Changing step frequency also has metabolic consequences153. Able-bodied people 

tend to walk at a step frequency-length combination close to the predicted resonant 

frequency of the legs. This frequency has been suggested to require minimal muscular 

activation and minimizes the metabolic cost of walking 153. It follows that deviation 

away from this resonant frequency results in an additional energy cost. Predicting the 

magnitude of the effect of a change in step frequency on the energy cost of walking in 

our studies is not easy, since changing step frequency when walking at fixed 

(treadmill) speed invariably leads to a change in step length, both of which can alter 

the metabolic cost of walking 33. However, empirical findings in able-bodied 

individuals show that a change in frequency from 1.37 steps s-1 to 1.17 steps s-1 which 

is close the one found in chapter 6 and at comparable walking speed (0.56 m s-1) led 

to a substantial decrease in average energy cost of 0.74 J kg-1 m-1, albeit with large 

group standard deviations 17. If this can be compared to our stroke survivors, the 

change in step frequency would explain the majority of the total energy cost 

reduction due to handrail support.  

Muscle activation for other balance control strategies  

Looking at changes in the timing and position of foot placement as the sole 

explanation for altered metabolic balance control demands does not do justice to the 

complexity of balance control during walking. This is underscored by the discrepancy 

between the relatively minor changes in spatiotemporal step characteristics and the 

substantial increase in energy cost when walking under postural threat (Chapter 3). 

Moreover, in the challenging environment of chapter 3, step width even decreased 

while energy cost increased. The increase in the metabolic cost of walking when 

limiting the use of a step strategy also suggests that, although there is an energetic 

cost involved in the step strategy, this is a relatively inexpensive balance control 

strategy.  

In the challenging balance control situations in Chapter 3 it was observed that 

increasing postural threat resulted in an increase in muscle activation amplitude and 

increased muscle co-activation of the main muscles of the lower limb in the two 
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highest threat conditions. Effects in the opposite direction were observed when 

facilitating balance control in stroke survivors, resulting in a global decrease in 

muscle activation, with decreased co-activation. The increased muscle activation of 

lower limb muscles in challenging situations, either due to external circumstances or 

pathology, can serve the foot placement strategy but also other balance control 

strategies, such as a lateral ankle or hip strategy, and co-activation of muscles to 

enhance joint stability. The additional muscle activation, required for these strategies 

results in an added metabolic cost. Unfortunately, with the current studies we are not 

able to disentangle muscle activation for these balance control strategies from the 

muscle activation related to step adjustments. Moreover with the current data no 

quantitative estimations on the metabolic equivalent of the increase muscle 

activation levels can be made.  

Conclusion 

In able-bodied people walking in situations with low challenge, step width control 

appears a major contributor to the energy cost for balance control. Although this 

strategy involves a metabolic cost, it is relatively inexpensive compared to other 

balance control strategies, as evidenced by the increase in cost when making this 

strategy unavailable. More challenging situations result in larger muscle activation, 

likely due to an increased reliance on other balance control strategies such as step 

frequency control, an ankle or hip strategy, or increased (co)activation of muscles. 

The increased muscle activation required for these strategies will add to the energy 

cost for balance control. Similar effects occur in stroke survivors in which ‘normal’ 

walking is already a challenge, requiring adaptations in gait which are in general 

similar to those of able-bodied people walking under challenging conditions. These 

gait changes can be viewed as adequate responses of the neuromuscular system to 

changing balance control demands, despite the expense of a higher metabolic cost. 

Disentangling the individual contribution of different balance control strategies to the 

energy cost for balance control, however remains a challenge for the future. 
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METHODOLOGICAL CONSIDERATIONS 

Participant bias  

To accurately determine the energy cost of walking it is imperative that the 

participant reaches steady-state oxygen consumption. This is usually reached after 

two minutes of walking, thus our walking trials lasted at least four and preferably five 

minutes. For many patients, especially those with a lower walking ability, such a 

prolonged walking activity is not possible. This introduced a bias in the selection of 

the lower limb amputees and stroke survivors towards those with a better walking 

ability. Since the walking ability of the stroke survivors considerably influenced the 

effect of cane use on the energy cost of walking, with larger benefits for more 

impaired patients, even larger effects are expected in those who were not eligible for 

this study. It would be interesting to see whether a valid and reliable estimation of the 

energy cost of walking can be attained based on shorter time periods, so that the 

energy cost for balance control can be measured in a larger cohort of patients with a 

larger variation in gait impairment.  

Experimental manipulations 

The explanation of the results regarding energy cost and gait changes presented 

above is built on the premise that the experimental manipulations target only balance 

control demands while leaving other mechanical demands of walking, such as the cost 

for body weight support, propulsion or leg swing, (largely) unaltered. Here, we will 

briefly review the potential and possible improvements of the different 

manipulations used in the studies presented in this thesis. 

In Chapter 3 we intended to induce considerable challenge to balance control 

without requiring a substantial amount of energy to counteract mechanical 

perturbations. Therefore we only applied three perturbations in the final two minutes 

over which energy cost was calculated. Applying more, or even continuous 

perturbations, will likely increase the challenge, but will also require more external 

energy to be dissipated, directly leading to an elevated energy cost. We also avoided 

restricting path width to the extent that it would the projected path. The projection of 
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a path on the treadmill was used to vary the challenge to balance control without 

necessitate a change in the preferred gait pattern in order to walk within the path. 

Walking on a projected path requires subjects to attune to visual information, which 

potentially in itself alters the gait pattern 162. Including a condition in which path 

width is varied without applying external perturbations, provides the opportunity to 

differentiate between effects of postural threat and effects of attuning to visual 

information. 

The external stabilization set-up used in Chapters 2 and 4 was based on previous 

research 47-49 and appeared a promising and elegant method of stabilizing human gait 

in the medio-lateral direction. The underlying assumption was that the medio-lateral 

movement of the body during walking predominantly serves balance control, and that 

external stabilization by means of opposing and reversing lateral motion of the pelvis 

would facilitate balance control without having detrimental effects on walking. The 

work with the lower limb amputees, and pilot work with stroke survivors invalidated 

this assumption. Interestingly, others have recently been able to reduce the cost of 

walking in spinal cord patients by 10% with a similar set-up 163. This indicates that 

the problems with the set-up might be related to compensatory pelvic movements 

specific to certain patient populations. 

Because of the difficulties with the external stabilization set-up in patients, we 

used a cane and handrail to facilitate balance control in Chapters 5 and 6. Canes or 

other walking aids are often prescribed to patients with balance control problems. 

However, a cane can also function as weight support and propulsive device, both of 

which could also facilitate increases in step length and step time 123. Since the exerted 

forces on the handrail during the handrail hold condition were small (largest forces 

were in the vertical direction and were on average 6.7% of body weight), we expect 

these effects to not play a major role.  

In conclusion, manipulating balance control demands in isolation while leaving 

other task demands during walking unchanged has remained a challenge throughout 

this thesis. It can even be questioned whether it is fundamentally possible to fully 

disintegrate the cost for balance control from ‘other costs of walking’. Movements of 

the limbs and trunk can serve more than one purpose at a time, and facilitating or 

obstructing one task can inadvertently hamper the execution of other tasks. A 
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complete disintegration of the cost of walking into its parts may therefore not be 

feasible in ‘in vivo’ conditions. Therefore, some caution is advised when linking the 

observed changes in energy cost and the gait pattern to balance control. 

FUTURE STEPS 

The current thesis has identified the cost for balance control as a potential factor in 

the increased cost of walking in patient populations. However, from the above it is 

evident that properly establishing this cost, and identifying the sources of this cost 

has remained difficult. This opens up several avenues for future research.  

First, a valuable step for the future is the refinement of the experimental 

manipulations to obtain a more reliable estimate of the cost for balance control. One 

example here is to adjust the external lateral stabilization set-up in such a way that it 

allows pelvic rotations, and perhaps even some medio-lateral motion. In pilot work 

with two stroke patients, we experimented with a set-up with an inner and outer 

frame, which diminished the restriction of these pelvic motions. Unfortunately, this 

did not appear to have the desired effect: the set-up still hindered participants. 

Recently, a similar set-up was developed by others, with a spherical gimbal allowing 

pelvic rotation around all three axes 164. This particular set-up was equipped with an 

admittance-controlled servomotor through which it is possible to provide balance 

support only when the pelvic pattern deviates from a reference pattern. The selection 

of a valid reference pattern representing ‘stable’ walking may still be difficult to 

define in patients with abnormal movement patterns, but it would be interesting to 

see the effects of such a set-up in a patient population. 

 Second, further disentangling the sources of the energy cost for balance control is 

necessary to understand where the energy cost for balance control originates from. 

Humans can and do employ multiple balance control strategies at the same time, 

making it difficult to estimate the individual contribution of these strategies to the 

energy cost for balance control. A promising field of research in this regard is that of 

musculoskeletal modeling of human walking. In the past decades there has been a 

rapid development of musculoskeletal models of normal and pathological gait 165-166. 

Work remains to be done to optimize musculoskeletal modeling such that the models 

can accurately predict (changes in) metabolic energy cost and efficiency. However in 
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the future, the use of forward dynamic simulations of human gait could allow for a 

better understanding of the sources of the energy cost of (pathological) gait in 

general, and the contribution of variance balance control strategies to this cost in 

particular.  

Third, in this thesis we investigated the process of balance control but not the 

resulting gait stability. This is not without reason as stability is a complex construct 

that can be operationalized in many ways 89. Gait stability can be separated into 

different aspects, such as the size of a perturbation a person can accommodate 

(robustness), and the speed with which a perturbation can be counteracted 

(performance). Both of these aspects are the result of properties of the system (for 

instance joint range of motion or muscle strength), as well as the specific movement 

pattern 89. Even though balance control serves the purpose of ensuring gait stability, 

the effort for balance control is not one-to-one related to gait stability. For example, 

notwithstanding the increased metabolic effort for balance control, the results 

regarding the perturbation responses in Chapter 3 showed that participants needed 

more time to resolve a perturbation in the high threat condition, in other words, a 

decreased performance. Evaluating the relation between gait stability parameters 

and the metabolic effort for balance control was not an explicit aim of this thesis, but 

is an interesting area for future research. 

Finally, with this thesis we aimed to contribute to an understanding of the elevated 

cost of pathological locomotion. Another way to address this issue is to take a 

longitudinal approach and evaluate changes in gait and gait economy over time. An 

evaluation of time related changes in the kinematics, kinetics, muscle activity and 

energetics of gait, either with a specific focus on balance control, or in a much broader 

sense, can pinpoint gait changes related to changes in energy cost. This can in turn 

help to design targeted experimental manipulations or interventions to improve our 

understanding of the energy cost of pathological gait. 

CLINICAL IMPLICATIONS 

The elevated energy cost of walking after a lower limb amputation or a stroke can 

be an important limiting factor for community ambulation, which deserves attention 

in the clinic. Currently, most research in this regard has focused on the effect of 
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technological advancement in prosthesis or orthoses development aimed at 

improving propulsion or weight bearing, with varying success 167-169. This thesis has 

provided evidence that an increased cost for balance control could be a contributing 

factor to the decreased economy in pathological gait, which should not be overlooked. 

To determine the energy cost for balance control in individual patients, a more 

accurate assessment tool needs to be developed, for instance through refinement of 

the external stabilization set-up.  

Although designing a therapeutic intervention to reduce the energy cost for 

balance control was not an aim of this thesis, a clinical implication derived from this 

thesis is that training of balance control deserves a prominent role in gait 

rehabilitation, not only to reduce fall risk, but also to improve gait economy. Several 

interventions have been proven effective in improving balance after stroke 170-171, and 

effects of such interventions on the energy cost of walking should be investigated in 

the future. As an alternative to balance training, we have shown that providing a 

walking aid, such as a cane, can result in meaningful reductions in the energy cost of 

walking. Many patients and physicians are hesitant in prescribing or using a walking 

aid because of fear of detrimental effects on the gait pattern, or for cosmetic reasons. 

However, walking aids can provide a significant energetic benefit, next to an obvious 

safety/stability benefit, that may enable these people to enjoy participation in 

walking activities that would otherwise not be possible. 
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Walking can be a challenging task for many individuals, for example those with an 

orthopedic or neurological impairment. An important aspect of impaired walking is 

that the associated energy demands are often elevated1-3. The reasons for this 

increased energy demand are are generally sought in altered energy demands for 

weight bearing, propulsion and leg swing1, 4. The focus of the present thesis has been 

on the energy demand of another essential feature of walking, which might contribute 

to the increased energy cost of walking in patients: balance control. The aim was to 

assess and understand the effort for balance control in terms of the metabolic cost of 

walking in in able-bodied individuals, as well as in people after lower limb 

amputation and people who suffered a stroke. This summary will provide a short 

overview of the main findings of the studies presented in this thesis.  
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THE ENERGY COST FOR BALANCE CONTROL IN ABLE-BODIED INDIVIDUALS 

The first two studies in this thesis addressed the energy cost for balance control in 

able-bodied people. In the study described in Chapter 2, we investigated the 

magnitude of the metabolic load for balance control by means of external lateral 

stabilization via spring-like cords attached to the waist. We examined the effects on 

metabolic load of different spring stiffnesses, and the effects of varying walking 

speed. External lateral stabilization led to an average decrease in the energy cost of 

walking of 6% as well as a decrease in step width (24%), step width variability (41%) 

and variability of medio-lateral trunk acceleration (12.5%). Increasing the stiffness of 

the stabilizing springs increased the effects on both energy cost and medio-lateral 

gait parameters up to a stiffness of 1260 N∙m-1. With this spring stiffness setting or 

higher sitffness the reduction in energy cost was 7.5%. Contrary to expectations, the 

effect of stabilization was independent of walking speed. These results indicated that 

medio-lateral balance control during walking in conditions without major challenges 

involves a significant energy cost, independent of walking speed. 

In real life, balance control is often challenged by threatening situations, where 

consequences of a loss of balance may be severe, while regular balance control 

strategies can not always be employed. for instance Imagine walking on a narrow 

bridge over water, or a narrow sidewalk, where sidesteps are not an option and a loss 

of balance potentially has serious consequences. In the study in Chapter 3 we 

simulated such a situation of postural threat by means of applying mechanical 

perturbations (sideward pulls to the pelvis), while participants walked on paths of 

varying widths projected on a treadmill. Four postural threat conditions were 

created: no threat, low threat, medium threat and high threat. While the low threat 

condition did not result in significant changes in energy cost, the energy cost of 

walking increased by respectively 6.7% and 13% in the two conditions with the 

largest postural threat. In the highest threat condition, this increase in metabolic 

demand was accompanied by a minor decrease in stride time (2.2%) and length 

(2.6%), increases in both stride time and length variability (25% and 30% 

respectively), a decrease in step width and step width variability (13% and 15% 

respectively), and increases in muscle activation amplitudes of the main lower leg 

muscles, with increased co-activation. Perturbation responses showed that the rate of 
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recovery in the high threat condition was lower, in spite of the gait adaptations which 

likely served to arm the participants against a loss of balance. Again, the observed 

changes occurred independent of changes in walking speed. This study showed that 

in conditions that are (perceived as) challenging to balance control, participants 

altered their balance control strategies as reflected in adaptations in step parameters 

and muscle coordination, leading to an increase in the energy cost of walking, 

independent of walking speed.  

THE ENERGY COST FOR BALANCE CONTROL LOWER LIMB AMPUTEES AND STROKE 

SURVIVORS 

In Chapters 4-6 the energy cost for balance control was examined in patients with 

musculoskeletal and neurological impairments with the aim to compare results to 

those found in able-bodied people. In Chapter 4, we used the external stabilization 

set-up of Chapter 2 in order to evaluate the energy cost for balance control in persons 

with a lower limb amputation. We expected larger decreases for the lower limb 

amputees than for the able-bodied controls. Unexpectedly, transtibial amputees 

showed a similar effect on energy cost due to stabilization (-5%) as able-bodied 

controls (-3%), and transfemoral amputees even exhibited an increase in energy cost 

(+6.5%). For transfemoral amputees, the step width and medio-lateral pelvic 

displacement remained higher during stabilized walking than for the able-bodied 

group during unstabilized walking, suggesting that the transfemoral amputees were 

resisting the springs. Based on these observations we speculated that the stabilizing 

springs constrained the use of functional compensatory gait strategies involving 

pelvic motion for the transfemoral, and perhaps to a lesser extent also for the 

transtibial amputees. Instead of being beneficial, the springs hindered them, negating 

the postulated beneficial effects of stabilization on the energy cost of walking. 

To avoid similar effects of the stabilization set-up in stroke survivors, we decided 

to use a different kind of facilitation of balance control in this population, which also 

had more direct clinical relevance: facilitation by means of using a cane or handrail. A 

cane or a handrail can provide both a biomechanical and somatosensory advantage 

for balance control 123, 172, and may as such facilitate balance control and reduce the 

concomitant energy cost. In Chapter 5 we investigated the effects of this kind of 
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facilitation of balance control in two groups of stroke survivors: a group depending 

on a walking aid in daily life (walking aid dependent ambulators) and a group of 

walking aid independent ambulators. On the treadmill, handrail support resulted in a 

significant decrease in energy cost of on average 19% for the dependent and 14% for 

the independent ambulators (difference between the groups n.s.). Interestingly, 

overground walking with support resulted in an 8.4% reduction in energy cost for 

walking aid dependent ambulators, but a 6.1% increase for walking aid independent 

ambulators. This study showed that balance support from a handrail or cane can 

result in a significant reduction in the energy cost of walking in stroke patients, but 

this effect depends on the mode of facilitation and the level of gait impairment.  

In Chapter 6 the effect of handrail use was further evaluated. We investigated 

whether biomechanical support, augmented somatosensory information, or both, 

were responsible for the effect on the energy cost of walking, and determined which 

gait changes (spatiotemporal and neuromuscular) were associated with this effect. 

Participants performed three walking trials on a treadmill: No handrail contact, light 

touch contact with the handrail, which provided only augmented somatosensory 

information 129, and firm handrail hold. Handrail hold resulted in a significant 

reduction in energy cost of 11%, while light touch contact did not. Also, with handrail 

hold subjects took narrower steps (24.4%) and longer steps (16.3%) with improved 

step length symmetry (15.0%), together with an overall amplitude drop in muscle 

activation, an increased constancy of the muscle coordination pattern and decreased 

muscle co-activation. Light touch contact only resulted in a small, but significant, 

decrease in step width. The increase in stride time and length, the improved step 

length symmetry and the decreased muscle activation were most closely associated 

with the decreased energy cost during handrail hold. In sum, the use of a handrail for 

external force application facilitates balance control and allows the adoption a more 

economic step pattern requiring less muscular activation, without substantial 

changes in neuromuscular organization.  

Finally, the Epilogue has revisited the results from the studies presented in this 

thesis in light of the overarching aim: to assess and understand the energy cost for 

balance control in human walking. The studies in this thesis have contributed to the 

limited body of knowledge about this subject. From the results it is evident that 
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balance control comes at a metabolic cost which varies with the level of challenge to 

balance control. In stroke survivors, the energy cost for balance control is comparable 

to that of able-bodied individuals in challenging situations. A substantial reduction in 

the energy cost of walking for these people can be achieved by providing balance 

support in the form of a cane or handrail. The changes in cost are accompanied by 

changes in step parameters and muscle activation that can be explained in light of 

balance control strategies. Future research could be directed towards a better 

quantification of the cost associated with different balance control strategies to better 

understand the energy cost of walking, as well as towards the effect of therapeutic 

strategies to improve balance control in order to decrease the energy cost for balance 

control in pathological gait.  
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Lopen, het lijkt zo simpel, maar het kan als gevolg van een pathologie zoals een 

beenamputatie of een Cerebro-Vasculair Accident (CVA) een zeer uitdagende taak 

worden. Opnieuw leren lopen is vaak één van de belangrijkste doelen tijdens de 

revalidatie, maar niet elke patiënt behaalt dit doel uiteindelijk. Een belangrijke 

oorzaak hiervoor is dat lopen bij patiënten over het algemeen veel meer energie kost 

dan bij gezonde personen. In eerder onderzoek is gesuggereerd dat dit deels 

verklaard kan worden door problemen met het dragen van het lichaamsgewicht, of 

met het voortbewegen zelf, zoals de afzet of de beenzwaai. In dit proefschrift is 

gekeken naar een ander belangrijk aspect van het lopen, waarvan bekend is dat het bij 

mensen met een beenamputatie en mensen na een CVA ook vaak is aangedaan, 

namelijk balanscontrole. Het doel van dit proefschrift was om de energetische kosten 

van balanscontrole in kaart te brengen en te verklaren bij zowel valide personen als 

personen met een beenamputatie en na een CVA. Deze samenvatting geeft een kort 

overzicht van de belangrijkste bevindingen van de studies, die in dit proefschrift 

beschreven zijn.  
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ENERGETISCHE KOSTEN VAN BALANSCONTROLE BIJ VALIDE PERSONEN 

In de eerste twee studies in dit proefschrift, beschreven in hoofdstuk 2 en 3, lag de 

focus op het onderzoeken van de energetische kosten van balanscontrole bij valide 

personen. Hierbij werd ook onderzocht of loopsnelheid van invloed is op de 

energetische kosten van balanscontrole. Loopsnelheid wordt in de literatuur door 

sommigen gezien als een strategie om balans te handhaven, en door anderen juist als 

een oorzaak van een verminderde balans. In beide gevallen zou loopsnelheid een 

effect kunnen hebben op de energetische kosten van balanscontrole.  

 

In hoofdstuk 2 is gekeken naar onverstoord lopen. In dit experiment hebben we 

proefpersonen op verschillende snelheden laten lopen op een lopende band met en 

zonder externe zijwaartse stabilisatie. De externe zijwaartse stabilisatie bestond uit 

zeer stijve elastische touwen, die aan één kant vastzaten aan een frame om het middel 

van de proefpersoon, en aan de andere kant aan een vaste opstelling (Figuur 4, p.3). 

Door de stijve touwen werd de proefpersoon in de zijwaartse richting als het ware ‘in 

balans’ gehouden. We onderzochten het effect van verschillende stijfheden van de 

elastische touwen op de energetische kosten van het lopen, en in hoeverre 

loopsnelheid hierop van invloed is.  

De resultaten lieten zien dat lopen met externe stabilisatie zorgt voor een reductie 

in energetische kosten (uitgedrukt in J kg-1 m-1) van gemiddeld 6%. Daarnaast vonden 

we dat de proefpersonen met externe stabilisatie met minder brede stappen en met 

minder variatie in stapbreedte liepen dan tijdens lopen zonder externe stabilisatie. 

Beide uitkomstmaten kunnen worden gezien als een afspiegeling van één van de 

belangrijkste strategieën van balansregulatie in zijwaartse richting tijdens het lopen, 

namelijk de voetplaatsingsstrategie. Deze strategie brengt in theorie energetische 

kosten met zich mee vanwege het verplaatsen van het lichaamszwaartepunt en de 

spieractivatie, die nodig is voor de plaatsing van de voet op de juiste locatie. Een 

afname in stapbreedte en variatie in stapbreedte tijdens het lopen met externe 

stabilisatie duidt erop dat de proefpersonen minder afhankelijk werden van deze 

strategie voor de balanshandhaving. Dit zou de afname in energieverbruik kunnen 

verklaren. 
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De resultaten lieten verder zien dat het verhogen van de stijfheid van de elastische 

touwen zorgde voor grotere effecten op zowel de energetische kosten als de 

mediolaterale loopparameters. Een verhoging van de stijfheid tot 1260 N∙m-1 leidde 

tot de grootste afname in energetische kosten (7.5%). Een verdere verhoging van de 

stijfheid had geen effect meer. Daarnaast bleek het effect op energieverbruik en 

variatie in stapbreedte onafhankelijk van de loopsnelheid.  

Uit deze studie kan geconcludeerd worden dat de mediolaterale balanscontrole 

tijdens onverstoord lopen op een loopband een significante bijdrage levert aan de 

energetische kosten van het lopen, onafhankelijk van de loopsnelheid.  

 

In tegenstelling tot de onverstoorde loopsituatie in hoofdstuk 2 komen mensen in 

het dagelijks leven regelmatig allerlei bedreigingen voor de balanscontrole tegen 

tijdens het lopen. In sommige situaties kunnen veelgebruikte balans-

controlestrategiëen, zoals de voetplaatsingsstrategie niet ingezet worden (denk 

hierbij bijvoorbeeld aan het lopen over een smal bruggetje, of op een smalle en 

drukke stoep). Bovendien kunnen de consequenties van balansverlies soms ernstig 

zijn, bijvoorbeeld wanneer er onder dat smalle bruggetje een waterval stroomt. 

Dergelijke condities zouden ertoe kunnen leiden dat iemand meer moeite doet om de 

balans te handhaven, wat mogelijk leidt tot hogere energetische kosten. In hoofdstuk 

3 hebben we geprobeerd dergelijke situaties van bedreiging voor de balanscontrole 

na te bootsen door het toedienen van mechanische verstoringen tijdens het lopen 

door middel van een korte zijwaartse ruk aan het bekken, terwijl de proefpersonen 

werden geïnstrueerd om binnen een op de loopband geprojecteerd pad te blijven 

lopen (Figuur 7, p. 3). Hiermee werden vier gradaties van balansbedreiging 

gecreëerd: geen bedreiging (breed pad zonder verstoring), lage bedreiging (breed 

pad met verstoring), middelmatige bedreiging (medium pad met verstoring) en hoge 

bedreiging (smal pad met verstoring), die ook weer op verschillende loopsnelheden 

werden toegepast. Uit de resultaten blijkt dat de energetische kosten van het lopen bij 

de twee condities met de hoogste bedreiging inderdaad verhoogd zijn ten opzicht van 

het lopen zonder bedreiging (6.7% en 13% resp.). Bij de conditie met de hoogste 

bedreiging ging dit bovendien gepaard met een kortere schredetijd en -lengte, minder 

brede passen met een kleinere variatie in stapbreedte en een verhoogde 
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spieractivatie van de beenspieren met grotere spiercoactivatie. Deze veranderingen 

in het looppatroon lijken te duiden op een aanpassing in balanscontrolestrategieën. 

Bij bij een hoge balansbedreiging wordt de voetplaatsingsstrategie minder gebruikt 

(min of meer gedwongen door het smalle pad) en wordt er meer gebruik wordt 

gemaakt van andere controlestrategieën, zoals coactivatie. Uiteindelijk lijkt dit te 

leiden tot een minder efficiënt looppatroon in termen van energetische kosten. Uit 

analyse van de snelheid waarop de proefpersonen weer terug waren in hun normale 

looppatroon na de verstoringen bleek overigens dat deze veranderingen in het 

looppatroon er niet toe leidden dat de proefpersonen de verstoring ook sneller op 

konden lossen. Ook in deze studie waren de gevonden resultaten onafhankelijk van 

de loopsnelheid van de proefpersonen.  

 

ENERGETSICHE KOSTEN VAN BALANSCONTROLE BIJ MENSEN MET EEN BEENAMPUTATIE 

EN MENSEN NA EEN CVA 

In de hoofdstukken 4-6 komt het pathologische gaan aan de orde, waarbij de 

energetische kosten van balanscontrole zijn onderzocht bij mensen met 

musculoskeletale beperking (beenamputatie) of een neurologische beperking (CVA). 

In hoofdstuk 4 werd dezelfde experimentele opzet gebruikt als in hoofdstuk 2, om 

zodoende de energetische kosten van balanscontrole bij personen met een 

beenamputatie in kaart te brengen en te vergelijken met de resultaten van de valide 

personen uit de hoofdstukken 2 en 3. We verwachtten dat lopen met externe 

stabilisatie bij personen met een beenamputatie tot een grotere afname in 

energetische kosten zou leiden in vergelijking met valide personen. In tegenstelling 

tot deze verwachting vonden we dat personen met een onderbeenamputatie 

eenzelfde afname in energetische kosten lieten zien als gevolg van de stabilisatie als 

valide personen (-5% en -3% resp.). De mensen met een bovenbeenamputatie lieten 

zelfs een toename in energetische kosten zien tijdens het lopen met stabilisatie 

(+6.5%). Bij deze laatste groep was tijdens het lopen met stabilisatie zowel de 

stapbreedte als de zijwaartse bekkenbeweging nog altijd groter dan bij valide 

personen lopend zonder stabilisatie. Dit duidt erop dat de personen met een 

bovenbeenamputatie weerstand boden tegen de elastische touwen. Mogelijk 
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hinderen de stijve elastische touwen het gebruik van functionele 

compensatiestrategieën waarbij de bekkenbeweging wordt gebruikt. Hierdoor levert 

de stabilisatie-opstelling mogelijk een nadeel op voor de personen met een 

bovenbeenamputatie, waarmee eventuele positieve effecten met betrekking tot 

balanscontrole teniet worden gedaan. Wellicht gelden deze problemen in mindere 

mate ook voor de personen met een onderbeenamputatie.  

 

Omdat bij de CVA-populatie vergelijkbare effecten van de stabilisatie-opstelling te 

verwachten waren, hebben we bij de studies in hoofdstuk 5 en 6 gebruik gemaakt van 

een andere manier van het faciliteren van balanscontrole, namelijk door middel van 

het gebruik van een wandelstok of de leuning van de loopband. Bijkomend voordeel 

hierbij is dat dit ook een klinisch meer relevante manier van facilitatie betreft. Een 

wandelstok of leuning kan zowel biomechanische (fysieke steun) als 

somatosensorische (extra sensorische informatie) voordelen bieden voor 

balanscontrole, en zou op deze manier kunnen bijdragen aan een verlaging van de 

energetische kosten van het lopen bij deze populatie. Een nadeel van het lopen met 

een stok is echter dat een stok moet worden meegedragen tijdens het lopen wat juist 

extra energetische kosten met zich mee zou kunnen brengen.  

In hoofdstuk 5 hebben we daarom het effect van het gebruik van een stok en van 

een leuning onderzocht bij twee groepen CVA-patiënten: één groep die in het 

dagelijks leven zonder loophulpmiddel liep, en één groep die in het dagelijks leven 

gebruik maakte van een loophulpmiddel (stok of rollator). Op een loopband zorgde 

het gebruik van de leuning bij beide groepen voor een gemiddelde daling in 

energetische kosten van 16% ten opzichte van lopen op dezelfde loopband zonder 

gebruik te maken van de leuning. Opmerkelijk was dat het gebruik van een stok 

tijdens het lopen door een gang alleen energetisch voordelig bleek (-8.4%) voor de 

groep, die ook in het dagelijks leven een loophulpmiddel gebruikte, en niet voor de 

groep die in het dagelijks leven zonder loophulpmiddel liep. Bij deze laatste groep 

namen de energetische kosten tijdens het lopen met een stok zelfs toe (+6.1%), 

hoewel deze toename lager is dan wat in de literatuur wordt gerapporteerd bij valide 

personen. Deze studie laat zien dat het faciliteren van balanscontrole door middel van 

een leuning of stok effectief kan zijn in het verlagen van de energetische kosten 
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tijdens lopen bij CVA-patiënten, maar dat dit effect afhankelijk is van de manier van 

faciliteren en van de loopvaardigheid van de patiënt.  

 

In hoofdstuk 6 is dieper ingegaan op het effect van het gebruik van een leuning 

tijdens het lopen op een loopband. Het doel van deze studie was te onderzoeken of 

het effect van de leuning op de energetische kosten met name wordt veroorzaakt 

door biomechanische aspecten, somatosensorische aspecten, of beide. Een tweede 

doel was te onderzoeken welke veranderingen in het looppatroon, zowel wat betreft 

spatiotemporele stapparameters als spieractivatie, gerelateerd waren aan het effect 

op de energetische kosten. De CVA-patiënten liepen in deze studie wederom op een 

loopband, maar nu onder drie condities: 1) zonder steun van de leuning, 2) met 

slechts licht contact met de leuning (light touch), waardoor alleen somatosensorische 

input werd verkregen maar geen fysieke steun, en 3) stevige steunname aan de 

leuning, waarbij ook fysieke steun mogelijk was. De resultaten laten zien dat de light 

touch-conditie geen effect had op de energetische kosten. Stevige steunname van de 

leuning had dat wel: de energetische kosten waren in deze conditie significant lager 

(11%) dan in de situatie zonder steun van de leuning. Naast een reductie in 

energetische kosten vonden in deze conditie ook veranderingen in het 

spatiotemporele stapparameters plaats, die over het algemeen gezien kunnen worden 

als een normalisatie van het looppatroon, zoals een afname in stapbreedte, een 

toename in staplengte en verbeterde staplengtesymmetrie. Dit ging gepaard met een 

algehele daling in spieractivatie van de beenspieren, met minder co-contractie en een 

meer constant spieractivatiepatroon. De toename in schredetijd en –lengte, de 

verbeterde staplengtesymmetrie en de daling in spieractivatie waren het sterkst 

geassocieerd met de daling in de energetische kosten. Uit deze studie kan 

geconcludeerd worden dat het gebruik van een leuning de balanscontrole faciliteert, 

maar dat hiervoor meer nodig is dan alleen somatosensorische input. Het gebruik van 

de leuning leidt tot een efficiënter looppatroon waarvoor minder spieractivatie 

noodzakelijk is.  

 

In het laatste hoofdstuk van dit proefschrift zijn de resultaten uit de verschillende 

studies geanalyseerd in het licht van het overkoepelende doel van dit proefschrift, 
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namelijk het evalueren en verklaren van de energetische kosten van balanscontrole 

tijdens het normale en pathologische lopen. De studies in dit proefschrift hebben 

bijgedragen aan de beperkte kennis over dit onderwerp. De resultaten hebben 

duidelijk gemaakt dat er energetische kosten gemoeid zijn met balanscontrole tijdens 

het lopen en dat de hoogte van deze kosten afhankelijk is van de mate van bedreiging 

voor balanscontrole, maar niet van de snelheid van lopen. Helaas kan op basis van de 

resultaten van de studie bij personen met een beenamputatie geen conclusie worden 

getrokken met betrekking tot de energetische kosten van balanscontrole bij deze 

groep. De resultaten van de studies bij CVA-patiënten suggereren dat de energetische 

kosten tijdens onverstoord lopen hoger zijn dan bij valide personen, en vergelijkbaar 

zijn met de energetische kosten van valide personen situaties die een dreiging 

vormen voor balanscontrole. Dit duidt erop dat problemen met balanscontrole 

kunnen bijdragen aan de hoge energetische kosten van het lopen bij deze 

patiëntenpopulatie. Een substantiële verlaging van deze kosten kan tot stand 

gebracht worden door het faciliteren van balanscontrole, bijvoorbeeld door middel 

van een wandelstok. De veranderingen in het looppatroon, die gepaard gaan met deze 

facilitatie, zijn te verklaren in het licht van veranderde balanscontrolestrategieën.  

Een belangrijk aandachtspunt voor toekomstig onderzoek zou de differentiatie van 

de energetische kosten voor de verschillende balanscontrolestrategieën kunnen zijn, 

om zodoende de energetische kosten van balanscontrole beter te begrijpen. Dit zou 

ook aanknopingspunten kunnen bieden voor behandelaars, door bijvoorbeeld in te 

zetten op het gebruik van energetisch efficiënte balanscontrolestrategieën.  Meer 

klinisch gericht onderzoek zou zich in de toekomst kunnen richten op het effect van 

verschillende therapeutische strategieën ter verbetering van de balanscontrole om zo 

de energetische kosten van het pathologische lopen te verlagen. 
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Rest nu nog slechts het dankwoord, ‘het meest gelezen hoofdstuk van een 

proefschrift’. Dat moet dus een daverend slotstuk opleveren. Maar waar te beginnen? 

Misschien gewoon bij het begin. Hoewel het echte begin in 1985 ligt in een wiegje in 

Holten zal ik de eerste 25½ jaar voor het gemak even overslaan. We springen dus 

meteen naar 1 september 2010: een beetje onwennig meld ik mij bij de ‘grote leidster’ 

Brenda van Keeken, om te horen in welk team ik ben ingedeeld bij de sportdag. Het is 

mijn eerste werkdag, ik ken buiten Daphne nog (bijna) niemand. Een glorieus begin 

wordt het niet, mijn team verliest geloof ik bijna alles die dag. Maar de toon is gezet: 

werken bij de FBW in de drukke, rumoerige en onpersoonlijke Randstad blijkt op vele 

vlakken in positieve zin totaal niet aan verwachtingen te voldoen. Na vijf jaar kan ik 

niet anders dan concluderen dat ik bij een zeer bijzondere groep mensen terecht ben 

gekomen. Dat ik dit promotieproject tot een goed einde heb kunnen brengen, maar 

bovenal dat ik een ontzettend fijne en leerzame tijd heb gehad de afgelopen jaren, is 

aan een heleboel FBW-ers maar zeker ook aan veel andere mensen te danken, 

waarvan ik er een aantal bij naam wil noemen.  
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Claudine, het is in de eerste plaats aan jou te danken dat dit boekje hier ligt. Ik was 

de eerste masterstudent, die in Groningen onder jouw hoede afstudeerde, en je hebt 

er met jouw enthousiasme voor gezorgd dat mijn interesse in het doen van onderzoek 

werd aangewakkerd. Ongeveer halverwege het afstudeerproject wist ik: dit wil ik 

blijven doen. Een paar maanden later stuurde jij me een vacature voor een 

promotieproject op de VU door, een project waar jij co-promotor van zou worden. Ik 

solliciteerde en de rest is geschiedenis. Bedankt voor deze kans, je zult het inmiddels 

met mijn moeder eens zijn dat ik heus wel eigenwijs ben. Natuurlijk ook bedankt voor 

de afgelopen jaren, voor je enthousiasme en kritische blik, en voor de discussies over 

coördinatiedynamica, live aan de Antonius Deusinglaan en de van der 

Boechorststraat, of via Skype met je vogels op de achtergrond.  

 

Han, ik heb het dankwoord van Daphne en Laura er eens op na geslagen, en er 

blijven voor mij als nummer drie weinig veren meer over geloof ik. Ik ga dus maar 

door met Peter en Luc.  

 

Peter en Luc, met twee pro’s en twee co’s had ik een goed gevuld team om mij 

heen. Jullie brachten met zijn tweeën een schat aan (wetenschaps)ervaring op 

verschillende onderzoeksgebieden mee. Als promotor stonden jullie beiden wat meer 

op afstand, voor Luc zelfs in letterlijke zin. (vanuit Amsterdam wordt Groningen als 

héél ver gezien, ik weet wel beter). Toch zorgden jullie er met subtiele bijsturingen 

voor dat het project op koers bleef, en dat de neuzen dezelfde kant op bleven staan. 

Dank allebei voor jullie sturing op de juiste momenten, de kritische noot bij de 

manuscripten en de ruimte die jullie mij hebben gegeven om mijn eigen weg te 

kiezen.  

 

Natuurlijk kan ik jou niet overslaan, Han! Jij bent zeker één van de belangrijkste 

redenen dat ik mij hier op de FBW altijd thuis heb gevoeld. Je deur staat altijd open en 

ik kan voor mijn gevoel alles aan je vragen en tegen je zeggen (zélfs dat ik je eruit ging 

werken!). Onze discussies op donderdagochtend om 9 uur (oké, kwart over negen), je 

‘simpele biomechanische’ blik en ongekende positiviteit hebben mij enorm geholpen. 

Samen met je persoonlijke betrokkenheid (en etentjes, schaats- en fietstochten) 
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maakt dat een topcombinatie. Er zijn ongetwijfeld veel goede co-promotoren bij de 

FBW te vinden, maar ik zou geen andere gehad willen hebben. En ook al heb je nu 

‘niks meer over mij te zeggen’, ik hoop dat je deur nog lang voor mij open blijft staan.  

 

Members of the reading and defense committee: Jaap Buurke, Jaap van Dieën, 

Vincent de Groot, Klaas Postema, Vivian Weerdesteyn, and Heiko Wagner, I am 

grateful for the time and effort you put into reading my thesis and being present at 

my defense, and honored to have such a great opposition.  

 

Team Houdijk et al., in alle denkbare samenstellingen, enorm bedankt voor alle 

gezelligheid en competitiviteit! Of dat nou was tijdens de Han’s aio’s/associates 

dinners waar de culinaire hoogstandjes steeds hoger werden (bedankt Marieke, voor 

het leggen van de eerste lat), tijdens fietsrondjes waar geracet werd op het kopje van 

Bloemendaal of voor de pont, of tijdens de jaarlijkse wintertriathlon in het óósten des 

lands waar record na record sneuvelde, de competitie werd altijd aangevuld met een 

flinke dosis gezelligheid. Daphne, Laura, Elmar en Maaike (en Han en Marieke 

uiteraard), ik denk niet dat ik deze teamspirit ga missen, aangezien ik ervan uit ga dat 

we hiermee doorgaan tot we oud en bejaard in het bejaardentehuis aan een 

theekransje zitten (bestaan er al rollatorraces?). 

 

Een bijzonder woord van dank aan Sigrid en Laura, mijn paranimfen. Sigrid, op dag 

1 van de introductie van onze fysio-opleiding werden we vriendinnen, en dat is de 

afgelopen 12 (!) jaar niet veranderd. Maandagavond-op-de-bank-met-Greys was vaste 

prik de afgelopen jaren. Een avond waarop hoogte- en dieptepunten konden worden 

gedeeld, maar juist ook een avond waarop geen woorden nodig waren. Jouw 

vriendschap is mij heel veel waard. Laura, met dezelfde co-promotor, projecten die 

aan elkaar raakten, en beiden een voorliefde voor hardlopen/triathlon kon het bijna 

niet anders dan dat we naast collega’s ook vrienden werden. En nu ook elkaars 

paranimf, daar ben ik dankbaar voor. Ik ben heel blij dat ook jij aan 

Bewegingswetenschappen verbonden blijft, al denk ik niet dat dat nodig is om onze 

vriendschap voort te zetten.   
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De experimenten beschreven in dit proefschrift zouden niet mogelijk zijn geweest 

zonder alle technici van de FBW. Leon, Frans-Jozef, Hans, Hans, Siro, Vincent, Bert, 

Bert en Richard, bedankt voor jullie creativiteit en bij het ontwikkelen van de 

opstellingen, en alle noodhulp als er weer eens iets niet ging zoals gepland. Naast de 

technici ben ik ook dank verschuldigd aan de vele studenten die hebben meegewerkt 

aan de experimenten: Rani, Mike en Bas, Helvine en Mariska, Suzie en Brigitte, dank 

voor jullie bijdrage. 

 

Alle FBW-collega’s, ik kan niet iedereen bij naam noemen, maar dank voor deze 

mooie tijd. Ik zei het al, jullie zijn een unieke club; ik ken weinigen die zulke collega’s 

hebben. Dank dus aan de borrelclub, de Bata-club, de aio-club, wintersport-club, en 

niet te vergeten de Ventoux-club. Sietse en Kim, we begonnen tegelijk, ik sluit nu het 

rijtje af, en wens jullie veel succes in jullie toekomstige carrière! Helga, voor jou 

breken de laatste loodjes straks aan, ik vind het fijn dat ik daar bij ga zijn. Kirsten, 

mijn eigen laatste loodjes werden letterlijk en figuurlijk wat verlicht door jou. 

Letterlijk, vanwege het zonlicht in den Helder, en figuurlijk want er werd goed 

gezorgd voor deze verstekeling. Dank voor het bieden van een pied-à-terre aan zee,  

maar bovenal voor de gezelligheid. 

 

Uiteraard mogen in dit dankwoord de collega’s uit Heliomare niet ontbreken. Ik 

vond het heerlijk om Heliomare als tweede werkplek te hebben, en niet alleen 

vanwege het fantastische uitzicht op zee. Coen, Judith, Janneke, Justine, Richard, 

Linda, Maaike, Timo en Elmar, bedankt voor de fijne tijd aan zee. Ik kan nog niet zo 

goed afscheid van jullie nemen en kom dus vast nog wel eens aan gefietst. Ook de 

therapeuten, en met name Daniëlle en Irene, dank voor jullie hulp bij mijn project.  

 

Het schrijven van een proefschrift gaat niet altijd over rozen. Ik prijs mij dan ook 

gelukkig met de vele vrienden die een stukje ontspanning brachten in de soms 

hectische tijd. Isabelle, Hermien, Lotte, Maaike en Sigrid, de fysio-weekendjes en 

uitjes zijn voor mij van grote waarde. BW-Mastermeiden en Bassies, we zijn allemaal 

heel druk met van alles en nog wat, maar we vinden altijd ergens een gaatje om 

samen doldwaze avonturen te beleven. Tot slot Anke, Marjan en Elke, vrienden moet 
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je koesteren, en jullie zijn mijn oudste vrienden uit het rijtje. We zien elkaar niet meer 

heel vaak, maar gaan altijd zo weer verder waar we gebleven waren.  

 

Pap en mam, bedankt voor de eigenwijze genen, die komen af en toe best van pas 

(mogelijk denken sommige lezers daar anders over). Meer nog, bedankt dat jullie mij 

de kans hebben gegeven om door te studeren na mijn fysiotherapie-opleiding, ik heb 

er geen moment spijt van gehad. Ook al was het misschien niet altijd duidelijk wat ik 

aan het doen was, ik weet dat jullie trots op mij zijn. Rein, Han, Ilona, Marjolein en 

natuurlijk de kleine Bente en Sanne, het mooie van je familie is dat je weet dat ze er 

voor je zijn als je ze nodig hebt, onvoorwaardelijk.  

 

Ook aan dit dankwoord komt een eind, en daarmee zijn we meteen aan het einde 

gekomen van dit proefschrift. Of wellicht, voor diegene die met dit dankwoord 

begonnen zijn, juist aan het begin (u bent van harte uitgenodigd om ook de rest van 

het proefschrift te lezen). Als ik het zo nog eens teruglees, is er een heleboel om 

dankbaar voor te zijn. Dat vraagt om een feestje!  
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Balance control in human walking: an energetic perspective
Walking, it seems so simple, we do it everyday from our early childhood on. For 
many patients with neurologic or orthopaedic problems however, walking is 
not so simple. One of the primary difficulties for these patients is the 
substantial increase in the energy cost of walking. The nature of this 
increased cost is often not understood. In this thesis the focus is 
on the contribution of an essential feature of human walking, 
which has often been underappreciated when it comes to 

energy cost: balance control.
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