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a b s t r a c t
Background: In stroke and multiple sclerosis patients, gait is frequently hampered by a reduced ability to
push-off with the ankle caused by weakness of the plantar-ﬂexor muscles. To enhance ankle push-off and to
decrease the high energy cost of walking, spring-like carbon-composite Ankle Foot Orthoses are frequently
prescribed. However, it is unknown what Ankle Foot Orthoses stiffness should be used to obtain the most
efﬁcient gait. The aim of this simulation study was to gain insights into the effect of variation in Ankle Foot
Orthosis stiffness on the amount of energy stored in the Ankle Foot Orthosis and the energy cost of walking.
Methods: We developed a two-dimensional forward-dynamic walking model with a passive spring at the
ankle representing the Ankle Foot Orthosis and two constant torques at the hip for propulsion. We varied
Ankle Foot Orthosis stiffness while keeping speed and step length constant.
Findings: We found an optimal stiffness, at which the energy delivered at the hip joint was minimal. Energy
cost decreased with increasing energy storage in the ankle foot orthosis, but the most efﬁcient gait did not
occur with maximal energy storage. With maximum storage, push-off occurred too late to reduce the impact
of the contralateral leg with the ﬂoor. Maximum return prior to foot strike was also suboptimal, as push-off
occurred too early and its effects were subsequently counteracted by gravity. The optimal Ankle Foot Orthosis
stiffness resulted in signiﬁcant push-off timed just prior to foot strike and led to greater ankle plantar-ﬂexion
velocity just before contralateral foot strike.
Interpretation: Our results suggest that patient energy cost might be reduced by the proper choice of Ankle
Foot Orthosis stiffness.
© 2011 Elsevier Ltd. All rights reserved.

1. Introduction
In stroke and multiple sclerosis patients, gait is frequently
hampered by a reduced ability to push-off with the ankle caused by
weakness of the plantar-ﬂexor muscles (Nadeau et al., 1999). A
common strategy to compensate for this reduced ability to push-off is
to deliver work around the hip joint (Lewis and Ferris, 2008; Nadeau
et al., 1999). However, both physical experiments (Collins and Kuo,
2010) and modeling studies (Kuo, 2002; Ruina et al., 2005) indicate
this is mechanically inefﬁcient. This is due to the fact that work
delivered at the hip fails to reduce the energy lost at foot strike, while
ankle push-off does (Kuo, 2002). Parallel to a reduced ankle push-off,
elevated energy cost of walking is observed in patients with stroke
(Waters and Mulroy, 1999) and multiple sclerosis (Olgiati et al.,
1988). This elevated energy cost might be explained by this
mechanical inefﬁciency.
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To enhance ankle push-off and to decrease the high energy cost of
walking, carbon composite Ankle Foot Orthoses (AFOs) can be
prescribed in patients with weakness of the plantar-ﬂexor muscles
(Bartonek et al., 2007; Desloovere et al., 2006; Wolf et al., 2008). This
type of AFO functions like a spring; it stores energy starting from midstance and returns energy at the end of the stance phase (Bartonek
et al., 2007; Desloovere et al., 2006; Wolf et al., 2008). It is expected
that with more energy stored and released by the AFO, more
functional beneﬁt for the patient can be obtained (Bartonek et al.,
2007; Desloovere et al., 2006; Wolf et al., 2008). This beneﬁt could be
expressed as a decrease in energy cost of walking (Brehm et al., 2008;
Waters and Mulroy, 1999). Varying the rotational stiffness around the
ankle may affect energy storage, push-off enhancement, and energy
cost for the patient. However, the inﬂuence of AFO stiffness on energy
cost, or the inﬂuence of other factors such as walking speed, has not
been investigated.
In clinical practice, it is inconvenient to ﬁnd the optimal AFO by
testing a broad range of AFOs with different stiffnesses in each patient.
Therefore, simulation models may be a useful alternative to explore
the inﬂuence of AFO stiffness on the energy cost of walking. Complex
simulation models with detailed representations of the leg muscles
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have been used successfully to study pathological (Hicks et al., 2007;
Van der Krogt et al., 2009) and normal gait (Anderson and Pandy,
2003). This type of model has also been used to predict neuromuscular adaptations that might be expected while using an AFO
(Crabtree and Higginson, 2009). Another approach is to use “simple
models,” which are composed of coupled inverted pendulums that are
powered by simple means such as gravity, springs, or constant
torques (Hobbelen and Wisse, 2008; Kuo, 2002). By their simplicity,
these models are suited to give insight in the basic mechanics of gait.
Simple models have also been used successfully to obtain conceptual
insights in pathological (Van der Krogt et al., 2010) and normal gait
(Donelan et al., 2002b; Ruina et al., 2005). For example, models
composed of coupled inverted pendulums have been used to study
the effects of impulsive ankle push-off on the efﬁciency of gait (Kuo,
2002; Ruina et al., 2005), which led to the ﬁnding that the most
efﬁcient gait is achieved with impulsive ankle push-off just before
contralateral heel strike.
In this study, we aim to gain insights in the conceptual mechanisms
via which an AFO may inﬂuence pathological gait. To do so, we will use
a simple dynamic model of gait to explore the role of the AFO. We will
model the AFO as a passive linear spring (Bregman et al., 2009), and
determine its inﬂuence throughout the gait cycle. As in patients
(McNealy and Gard, 2008; Nadeau et al., 1999), the lack of active ankle
push-off work will be compensated by work done at the hip joint.
The aim of this simulation study is to determine the effect of
variation in AFO stiffness on energy cost of walking and the amount of
energy stored in the AFO. At various walking speeds we will assess
whether an optimal AFO stiffness is present in terms of minimal
energy cost of walking, and whether this optimal stiffness coincides
with the stiffness at which the most energy is stored in the AFO.
2. Methods
We developed a forward-dynamic, conceptual walking model with
a passive spring at the ankle representing the AFO and two constant
torques at the hip for propulsion. At seven walking speeds, we varied
AFO stiffness while keeping walking speed and step frequency ﬁxed.
For each AFO stiffness we determined the amount of energy stored
and returned by the AFO and the energy required to maintain steady
gait (i.e. constant energy requirements and kinematics for consecutive
walking cycles). Subsequently, the inﬂuence of walking speed was
assessed by repeating this procedure at seven ﬁxed walking speeds.
2.1. Model description
The two-dimensional 7-segment forward-dynamic model was
developed analogous to previously developed models (Hobbelen and
Wisse, 2008; Kuo, 2002; Van der Krogt et al., 2010). The model had 6
internal degrees of freedom, and was composed of an upper body, two
upper legs, two lower legs and two feet (Fig. 1). The upper body,
representing head, arms and torso, was modeled as a point mass
located at the hip, neglecting the effects of arm swing and inertia of
the torso. Leg segments and feet were modeled as rigid bodies. Length,
mass, and inertial properties for the leg segments were based on
average human anthropometry (Van Soest et al., 1993). The feet had
anthropomorphic mass, but their rotational inertia was set to zero in
order to avoid unwanted oscillations of the foot during the onset of
swing. Table 1 lists the parameter values that were used in this study.
The joints between the segments were modeled as frictionless
hinge joints. During stance, the knee joint of the stance leg was locked
in full extension, implicitly assuming the leg to behave as an inverted
pendulum rotating over the ankle joint (Cavagna et al., 1977). During
swing, the knee joint was modeled as a frictionless hinge joint with a
hyperextension stop. When full extension was reached an instantaneous inelastic collision occurred, after which the knee was kept
locked in the extended position.

Mtorso
C thigh

Ithigh,Mthigh

L thigh

C shank

Ishank,Mshank
L shank

Mfoot

KAFO

Lankle
Lcalc
Lfoot
Fig. 1. Graphical representation of the two-dimensional, 7-segment model. Constant
driving torques were applied to the stance and swing legs at the hip, reacting against a
virtual torso.

The interactions between the model and the ﬂoor were modeled as
rigid unilateral constraints, located in the heel and toe of the feet. The
constraints were activated based on kinematic events (i.e. when the
heel or toe touched the ﬂoor), at which point fully inelastic,
instantaneous collision occurred (see Van der Krogt et al., 2010).
The constraints were de-activated when the vertical forces between
the contact points of the foot and the ﬂoor decreased to zero.
The AFO was modeled as a passive linear rotational spring acting
on the ankle joint (Bregman et al., 2009). No other moments acted on
the ankle joint, reﬂecting a completely paralyzed ankle. The AFO was
applied bilaterally, modeling symmetric plantar-ﬂexor weakness. The
AFO was engaged when the ankle reached zero degrees of plantarﬂexion during stance, so it was active during the portion of the gait
cycle where most energy is stored and released in humans (Bartonek
et al., 2007; Desloovere et al., 2006; Wolf et al., 2008). The model was
powered at the hip, consistent with compensation strategies in
patients with impaired push-off (McNealy and Gard, 2008; Nadeau
et al., 1999). Energy input was provided by two constant hip torques
acting solely on the upper legs. During swing, a ﬂexion torque was
applied onto the upper leg, and during stance an extension torque was

Table 1
Model anthropometry.

Mass m [kg]
Inertia I [kg l2]
Length l [m]
Vertical CoM distance c [m]
Ankle height Lankle [m]
Calcaneus depth Lcalc. [m]

Total

Upper body

Thigh

Shank

Foot

82.25

55.77
0
0
0

8.47
0.21
0.485
0.21

3.53
0.07
0.458
0.198

1.24
0
0.16
0
0.06
0.04

The model parameters were based on human anthropometry of a male with a standing
height of 1.86 m (Van Soest et al., 1993).
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Fig. 2. Kinematics and kinetics produced by the model at walking speeds ranging from 0.50 to 0.80 m s− 1. The gray shading represent human reference data at 1.3 m s− 1 (Winter,
1987). Because no moments are applied onto the knee, the knee joint moment is zero throughout the gait cycle.

2.2. Simulation procedure
The equations of motion for the model were derived using a
combination of the Newton–Euler and Lagrange methods known as
the TMT method (Schwab and Wisse, 2001; Van der Krogt et al.,
2010). Simulations were performed by solving the equations of
motion forward in time in Matlab (The Mathworks, Natick, MA, USA).
Each step was initiated with a set of initial orientations and velocities
of the 7 segments, describing the state of the model. We searched for
cyclic walking motions in which the state of the model at the initiation
of a step was identical to the state after one complete step. A ﬁrstorder gradient-search method was used to ﬁnd cyclic walking
motions, at which none of the orientations and velocities of the 7
segments changed more than 10e − 5 over consecutive steps. We
searched for cyclic walking motions for a broad range of AFO
stiffnesses. To enable comparisons between different AFO stiffnesses,
walking speed and step length were kept constant by adapting the
magnitude of the hip ﬂexion and extension torques. A higher-level
ﬁrst-order gradient search was used to ﬁnd hip torques that resulted
in the desired combination of speed and step length at each AFO
stiffness. We enforced speeds and step lengths that followed a form
similar to the relationship observed in humans (Grieve and Gear,
1966). To study the effect of walking speed, simulations over the
range of AFO stiffnesses were performed at seven ﬁxed walking
speeds for which the model displayed cyclic walking behavior,
ranging from 0.50 to 0.80 m s − 1 with step frequency ranging from
0.82 step s − 1 to 1.08 step s − 1.

2.3. Model outcome measures
For each simulated AFO stiffness, we calculated the amount of
energy stored in the AFO and the energy cost of walking. To calculate
the energy cost of walking, the amount of positive work done by the

Ground Reaction Force
120
Contralateral heel strike

v = 0.50 [m s-1]
v = 0.55 [m s-1]
v = 0.60 [m s-1]
v = 0.65 [m s-1]
v = 0.70 [m s-1]
v = 0.75 [m s-1]
v = 0.80 [m s-1]

80

Body Weight [%]

applied onto the upper leg. These are simpliﬁed representations of hip
torques that would react against a forward-leaning torso.

40

0

0

50

100

Gait Cycle [%]
Fig. 3. Ground reaction force of a single leg at walking speeds ranging from 0.50 to
0.80 m s− 1.
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two constant hip torques was summed. Subsequently, the amount of
work per step was divided by the step length and mass of the model,
giving energy cost of walking in J m − 1 kg − 1. The amount of energy
stored and returned by the AFO throughout the gait cycle was
calculated as the integral of the moment exerted by the AFO onto the
ankle over the ankle displacement. From this time series, the
maximum amount of energy stored in the AFO, and the amount of
preemptive push-off were obtained. The amount of preemptive pushoff was deﬁned as the amount of energy returned by the AFO before
foot-ﬂat (heel and toe in contact with the ﬂoor) of the contralateral
leg. Furthermore, we calculated the ankle power by multiplying the
ankle angular velocity and the moment exerted by the AFO.
3. Results
3.1. General model behavior
The model was able to walk for all imposed walking speeds
ranging from 0.50 to 0.80 m s − 1. The model produced kinematics and
kinetics (Fig. 2) and ground reaction forces (Fig. 3) comparable to
human gait. The lowest AFO stiffness at which the model displayed

walking behavior for the imposed walking speeds was 100 N m
rad − 1. For high AFO stiffnesses (above 550 N m rad − 1), the model
displayed oscillatory ankle behavior, which we chose not to consider.
The model required between 0.27 and 0.90 J m − 1 kg − 1 to walk. The
majority of this energy (40%–95%) was added to the system via the hip
retroﬂexion torque. The energy losses in the model were predominantly (71%–86%) caused by the impact occurring at foot-ﬂat. Minor
energy losses were caused by the impact at heel strike and the impact
at the knee extension stop.
3.2. Effect of AFO stiffness
3.2.1. Energy cost of walking
AFO stiffness strongly affected the energy cost of walking (Fig. 4).
Results generated at a walking speed of 0.70 m s − 1 showed a minimal
energy cost of 0.27 J m − 1 kg − 1 at an AFO stiffness of 410 N m rad − 1.
This optimal AFO stiffness resulted in an energy cost more than thee
times lower than the energy cost with the lowest AFO stiffness. The
highest AFO stiffness at which no ankle oscillations were observed
was 550 N m rad − 1. At this stiffness the energy cost was 0.45 J m − 1
kg − 1, almost twice the minimum energy cost.
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Fig. 4. Left panels: The effect of AFO stiffness on the energy cost of walking, on the amount of energy stored in the AFO, and on the ankle velocity before contralateral foot strike. Right
panels: ankle power throughout the gait cycle displayed for typical stiffnesses (A–F), with corresponding outcomes indicated in the left panels. A: Low AFO stiffness, resulting in high
energy cost, and low energy storage by the AFO. B: The lowest AFO stiffness for which heel rise occurs before contralateral heel strike. C: AFO stiffness at which the most energy is
stored and released by the AFO. D: AFO stiffness resulting in the lowest energy cost of walking. E: AFO stiffness at which the most pre-emptive push-off occurs (i.e. most energy is
returned by the AFO before contralateral foot strike). F: High AFO stiffness, with full energy return before contralateral foot strike. All results presented in this ﬁgure were generated
at a walking speed of 0.70 m s− 1.

D.J.J. Bregman et al. / Clinical Biomechanics 26 (2011) 955–961

959

Optimal AFO stiffness and energy cost

3.2.2. Energy stored in the AFO
The amount of energy stored in the AFO varied with the AFO
stiffness distinctly (Fig. 4). At a walking speed of 0.70 m s − 1, a
maximum of 18.3 J was stored at an AFO stiffness of 290 N m rad − 1.
For higher and lower AFO stiffnesses, the amount of energy stored in
the AFO was markedly lower. At the stiffness where the most energy
was stored in the AFO, we found a sub-optimal energy cost of walking
of 0.47 J m − 1 kg − 1. Maximum preemptive push-off occurred at an
AFO stiffness of 480 N m rad − 1 and resulted in a sub-optimal energy
cost of 0.35 J m − 1 kg − 1.
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3.2.3. Ankle angular velocity and center of mass velocity
The ankle angular velocity just before contralateral foot contact
responded similarly to variations in AFO stiffness as the energy cost of
walking (Fig. 4). For low AFO stiffnesses, the ankle had a dorsalﬂexion velocity just before contralateral foot strike. For higher AFO
stiffnesses the ankle had a plantar-ﬂexion velocity, and thus returned
energy before contralateral foot strike as can be seen from the
corresponding ankle power curves (Fig. 4A–F). The highest plantarﬂexion velocity at foot strike coincided with the optimal energy cost.
With highest plantar-ﬂexion velocity, the downward component of
the center of mass velocity at foot strike was the smallest, and the
least energy was lost as a result of the collision with the ﬂoor. At
higher and lower stiffnesses, the ankle plantar-ﬂexion velocity at foot
strike was lower, the downward component of the center of mass
velocity was larger, and more energy was lost as a result of the
collision with the ﬂoor.
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420

1

0.5
0.27

The aim of this simulation study was to determine the effect of
variations in AFO stiffness on AFO energy storage and return and the
energy cost of walking at various walking speeds. In the forwarddynamic simulation model, we found an AFO stiffness that minimized
the energy cost of walking. This optimal AFO stiffness did not coincide
with the AFO stiffness at which the most energy was stored in the AFO,
and was only slightly affected by walking speed.
The most efﬁcient gait was found at the AFO stiffness where the
AFO energy return redirected center of mass velocity upwards the
most prior to contralateral foot strike. From previous studies it is
known that the center of mass velocity before contralateral foot strike
determines the amount of energy that is lost in the step-to-step
transition (Kuo, 2002; Ruina et al., 2005). In our model the most
efﬁcient gait (i.e. with the least energy losses) was achieved with
highest ankle plantar-ﬂexion velocity just before contralateral foot
strike, a kinematic indication that the center of mass velocity was
most redirected upwards. Based on clinical practice, we expected that
the most efﬁcient gait would occur at the stiffness where most energy
is stored and returned by the AFO. Yet in our model this stiffness was
too low; it resulted in sub-optimal efﬁciency because the energy was
not returned before contralateral foot strike and therefore not used to
reduce the energy lost in the step-to-step transition. The stiffness
where the most energy was returned before contralateral foot strike
was too high; it resulted in a suboptimal energy cost because the
redirection of the center of mass velocity by push-off was subsequently counteracted by gravity. As can be seen in Fig. 6, the negative
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4. Discussion
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Optimal AFO stiffness was fairly constant over walking speeds
ranging from 0.50 to 0.80 m s − 1 (Fig. 5). The optimal AFO stiffness
ranged from 420 N m rad − 1 at a walking speed of 0.50 m s − 1 to 390 N
m rad − 1 at a walking speed of 0.80 m s − 1. The optimal energy cost
was 0.42 J m − 1 kg − 1 at 0.50 m s − 1 and 0.32 J m − 1 kg − 1 at 0.80 m
s − 1. At a walking speed of 0.65 m s − 1 an overall minimal energy cost
of 0.27 J m − 1 kg − 1 was found.

0.5
0.32
0

0
(0)

200
(3.5)

400
(7.0)

600
(10.5)
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(N m deg-1)
Fig. 5. The effect of walking speed on the energy cost of walking-AFO stiffness
relationship, for walking speeds ranging from 0.50 to 0.80 m s− 1. The optimal AFO
stiffness ranged from 420 N m− 1 rad− 1 at a walking speed of 0.50 m s− 1 to 390 N m− 1
rad− 1 at a walking speed of 0.80 m s− 1.

impulse of the net vertical force acting on the center of mass results in
a higher downwards velocity, which causes increased energy losses at
contralateral foot strike. This reﬁnes predictions (Kuo, 2002; Ruina
et al., 2005) that the most efﬁcient gait is likely to be achieved with
the most work before contralateral foot strike, and comports with the
observation that the impulse of gravity signiﬁcantly contributes to
center of mass velocity changes during step-to-step transitions (Yeom
and Park, 2011).
Our model produced walking behavior resembling human gait.
The walking speeds produced by the model were similar to those
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Fig. 6. Graphical explanation of the inﬂuence of gravity on the vertical center of mass velocity. The upper panel represents the net vertical force on the center of mass calculated as the
sum of the gravitational force (Fg) and the vertical ground reaction force (GRF). A negative net vertical force indicates a downwards acceleration of the center of mass, as Fg N GRF.
With sub-optimally low stiffness, push-off timing is too late, resulting in an absent upwards impulse before contralateral foot strike. At the optimal AFO stiffness, push-off timing
results in a substantial positive upward impulse before contralateral foot strike. With sub-optimally high stiffness a positive upward impulse is also observed, however because pushoff timing is too early, this is succeeded by a substantial gravity-induced downward impulse before contralateral foot strike. As can be seen in the lower panel, this results in a higher
downward velocity of the center of mass, and thereby higher energy losses at contralateral foot strike. Discontinuities in this graph are the result of instantaneous gait events in the
model, such as the locking of the knee at full extension. All results presented in this ﬁgure were generated at a walking speed of 0.70 m s− 1.

observed for stroke and multiple sclerosis patients (Perry et al., 1995).
These speeds are slower than average normal gait (Winter, 1987),
consistent with the absence of active ankle push-off (Hansen et al.,
2004; McNealy and Gard, 2008). The kinematics and kinetics
produced by the model were qualitatively similar to human gait
(Fig. 2). The ankle showed more plantar-ﬂexion in early stance, which
may have originated from the absence of an ankle moment at this part
of the gait phase. For simplicity, a constant hip torque was input to the
model, which did consequently follow a different pattern than the
human reference (Winter, 1987). Nonetheless, values were in the
range of human walking (Winter, 1987). Moreover, similar hip
extension moments throughout the stance phase have been observed
in amputees wearing spring-like prostheses (Winter and Sienko,
1988). The ground reaction force produced by our model did not
follow the characteristic M-wave (Fig. 3), which appears to be a direct
consequence of the absence of a compliant knee in our model during
stance (Geyer et al., 2006).
The energy cost of walking observed in our study was comparable
to amount of negative external work during the step-to-step
transition in human gait (0.20 to 0.40 J kg − 1 m − 1) (Donelan et al.,
2002a). In our model, work was delivered at the hip only, in order to
overcome the energy lost in the step-to-step transition. The energy
cost of walking observed in our study was substantially lower than the
metabolic energy cost measured in healthy and pathological populations (Brehm et al., 2006), which may be due to the efﬁciency of the
musculo-skeletal system and the fact that we used a frictionless
planar model with only actuation at the hip. However, the external

work and the metabolic energy cost are known to show great
qualitative correspondence (Donelan et al., 2002b).
Our ﬁndings indicate that it is not only the amount of energy
returned by the AFO, but also the timing of energy return by the AFO
that determines the energy cost of walking. When the AFO is too
compliant, energy cannot be used to reduce collision losses—push-off
timing is too late. When the AFO is too stiff, push-off occurs too early,
and the effects of push-off are diminished by the subsequent inﬂuence
of gravity. The importance off push-off timing has also been noted in
the clinical population. For example Brehm et al. (2008) reported that
the timing of the peak push-off power in the ankle is an essential
factor in the beneﬁt of AFOs in Cerebral Palsy gait. In addition, it has
been suggested that the AFO neutral angle (i.e. AFO alignment) is of
inﬂuence on ankle kinetics (Miyazaki et al., 1997), and thereby on
push-off timing. In our study we kept the AFO neutral angle constant,
however it may be useful to study the role of the AFO neutral angle in
the future.
In this study, we used a conceptual model of human walking that
represents the complex human musculoskeletal system during gait.
The use of this conceptual model allowed us to gain generic insights in
how an AFO may affect pathological gait. The assumptions made by
the choice of this model should be considered when interpreting our
ﬁndings. The AFO stiffnesses applied in the model ranged from 100 to
550 N m rad − 1, with an optimal AFO stiffness of approximately
410 N m rad − 1 (.087 N m deg − 1 kg − 1). This stiffness resembles the
quasi-stiffness of the ankle during normal gait (Frigo et al., 1996).
However, the optimal AFO stiffness in our model is higher than the
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average AFO stiffnesses reported in literature (Bregman et al., 2009;
Stanhope et al., 2007), which might be the result of the absence of an
active muscular system in our model. In order to translate our results
to clinical practice, one must therefore assume the human ankle joint
to have no stiffness or damping, which is adequate in the case of
paralysis but not in presence of partially remaining ankle function,
spasticity or contractures. Furthermore, we modeled the AFO
bilaterally, whereas various pathologies require the AFO to be worn
unilaterally. How the contralateral leg compensates for a reduced
push-off while walking with a unilateral AFO could be investigated in
future (modeling) studies, together with alternative strategies to
compensate for a reduced ankle push-off.
Another simpliﬁcation in our model is the role of the knee during
energy return of the AFO. In our model, the energy of the AFO was
returned with the knee in full extension. As a result, the energy
returned by the AFO did not contribute to the swing leg as in normal
gait (Meinders et al., 1998). With the introduction of an active knee
joint, the cost of swinging the leg might therefore be lower at the hip.
Adding a knee ﬂexion torque to the model would have resulted in a
substantial increase in complexity. However, it may be worth looking
into the role of the knee torque and the contribution of the ankle
push-off to leg swing in future studies.
Our ﬁndings emphasize the need to search for the optimal AFO
stiffness for each patient in clinical practice, and suggest that a substantial improvement in the energy cost of walking may be achieved
with the correct stiffness. Our ﬁndings contradict the intuitive idea
that storing more energy in the AFO results in more efﬁcient gait, and
indicate that the timing of energy return by the AFO is an important
factor that determines the energy cost of walking. The ankle plantarﬂexor velocity at contralateral heel strike may give a good indication
of the adequacy of this timing. To test this in patients, future studies
should not only focus on the effects of a typical type of AFO in a group
of patients, but focus also on the inﬂuence of differences in AFO
properties within individual patients.
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