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Abstract—Prosthetic alignment is an important factor in the
overall fit and performance of a lower-limb prosthesis. However,
the association between prosthetic alignment and control strategies used by persons with transfemoral amputation to coordinate
the movement of a passive prosthetic knee is poorly understood.
This study investigated the biomechanical response of persons
with transfemoral amputation to systematic perturbations in
knee joint alignment during a level walking task. Quantitative
gait data were collected for three alignment conditions: bench
alignment, 2 cm anterior knee translation (ANT), and 2 cm posterior knee translation (POST). In response to a destabilizing
alignment perturbation (i.e., the ANT condition), participants
significantly increased their early-stance hip extension moment,
confirming that persons with transfemoral amputation rely on a
hip extensor strategy to maintain knee joint stability. However,
participants also decreased the rate at which they loaded their
prosthesis, decreased their affected-side step length, increased
their trunk flexion, and maintained their prosthesis in a more
vertical posture at the time of opposite toe off. Collectively, these
results suggest that persons with transfemoral amputation rely
on a combination of strategies to coordinate stance-phase knee
flexion. Further, comparatively few significant changes were
observed in response to the POST condition, suggesting that a
bias toward posterior alignment may have fewer implications in
terms of stance-phase, knee joint control.
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INTRODUCTION
Transfemoral amputation is a life-altering event that
currently affects approximately 550,000 people living in
the United States [1–2]. By the year 2050, this number is
expected to more than double, as amputations secondary
to diabetes mellitus and dysvascular conditions become
increasingly common [2]. To address the needs of this
growing population, it is imperative that long-term, remedial use of transfemoral prostheses restore mobility to the
greatest extent possible. Accordingly, a tremendous amount
of research has been devoted to designing prosthetic components that replace the function of the anatomical limb,
thereby minimizing gait impairments associated with highlevel limb loss (e.g., reduced walking speed [3–10], bilateral asymmetry [4,10–12], decreased balance [13–14], and
increased energy expenditure [9,15]).

Abbreviations: ANOVA = analysis of variance, ANT = anterior alignment condition, ASIS = anterior superior iliac spine,
BASE = baseline alignment condition, GRF = ground reaction
force, POST = posterior alignment condition, PSIS = posterior
superior iliac spine, ROM = range of motion, VA = Department of Veterans Affairs.
*Address all correspondence to Sara R. Koehler-McNicholas, PhD; Minneapolis VA Health Care System, One Veterans Dr (151), Minneapolis, MN 55417; 612-467-4017; fax:
612-725-2093. Email: sara.koehler@va.gov
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Because of its structural complexity and multifunctional role during gait, the human knee joint is particularly
difficult to replicate with a mechanically passive prosthetic
component. Specifically, without muscles spanning the
lower limb, persons with transfemoral amputation must
learn to coordinate the movement of a passive prosthetic
knee joint by implementing a control strategy that exploits
the intersegmental coupling of their residual limb and prosthesis. To date, few studies have systematically explored
the nature of these control strategies, particularly during the
stance phase of gait, when inadequate control may lead to a
sudden collapse of the knee joint and an increased risk of
falling [13–14]. However, compensatory strategies at the
ipsilateral hip joint and trunk have been identified as potential mechanisms by which persons with transfemoral amputation coordinate prosthetic knee flexion and extension
[16–23]. Specifically, it is assumed that during early stance
phase, persons with transfemoral amputation exert a hip
extension moment to shift the ground reaction force (GRF)
vector anterior to the knee joint center, thereby promoting
knee extension for stable weight bearing. Conversely, it is
assumed that during late stance phase, persons with transfemoral amputation exert a hip flexion moment to reorient
the GRF vector so that it is posterior to the knee joint center, thereby triggering knee flexion in preparation for limb
advancement [24]. Additionally, persons with transfemoral
amputation may influence the GRF vector acting at their
knee joint by altering the angle at which they place their
prosthesis on the ground [25–26] or by varying their body
center-of-mass position through postural adjustments of
their trunk [27–30]. Understanding the association between
these proximal control strategies and knee joint mechanics,
and in particular the extent to which these strategies are
used in isolation or in combination, may provide insight
into the underlying mechanisms of prosthetic knee joint
control and lead to better function and improved safety for
individuals with transfemoral amputation.
To explore this association, one could implement a paradigm in which an intrinsic mechanical parameter of the
knee joint is systematically perturbed and the biomechanical response of the person with transfemoral amputation is
observed. In such an experiment, a response elicited by the
perturbation may indicate a control strategy exploited by
the individual to facilitate knee flexion or extension. Given
its direct influence on knee joint mechanics, prosthetic
alignment offers a systematic and clinically relevant way to
manipulate the properties of the knee joint so as to understand the compensatory demands associated with its

control. Prosthetic alignment, defined as the spatial
arrangement of each component (i.e., socket, knee, foot)
relative to one another, has important implications for the
inherent stability of the prosthetic knee joint. In particular,
the location of the prosthetic knee joint’s center of rotation
with respect to the GRF vector influences the moments
applied to the joint during stance phase, and subsequently,
the tendency for the knee to flex and extend under the
weight of the user. Historically, prosthetists have been
trained to follow an iterative procedure that relies on clinical experience and patient feedback when aligning a prosthetic limb. Prosthetists continually modify prosthetic
alignment until they are satisfied that the patient exhibits
few gait deviations and is comfortable. However, this process suffers from poor repeatability and little scientific justification. Furthermore, research has shown that although
subjective feedback is necessary and informative, its contribution to the process of prosthetic alignment is somewhat
limited given that users often accept a range of alignments
and are only able to reliably perceive extreme misalignments [31–32]. To improve the process of transfemoral
alignment and promote an objective basis for practice,
researchers and clinicians must first acquire a better understanding of the relationship between variations in prosthetic
alignment and the biomechanical response of the user.
The goal of this study was to characterize the short term,
biomechanical response of persons with transfemoral amputation to perturbations in prosthetic knee joint alignment
during a level walking task. To this end, we implemented a
single-blinded, pseudorandomized crossover design in
which we systematically varied the anterior-posterior position of a single-axis prosthetic knee joint to affect knee joint
stability during the stance phase of gait. To fully characterize
the user’s response to changes in knee joint stability, we
investigated a range of spatiotemporal, kinematic, and
kinetic parameters that we selected based on previous studies of prosthetic alignment and on an empirical understanding of prosthetic knee joint control. We then compared these
parameters between an anterior-posterior alignment condition and a baseline (i.e., bench alignment) condition. We
hypothesized that in response to a destabilizing alignment
perturbation (i.e., an anterior shift of the knee joint), participants would primarily increase their internal hip extension
moment to maintain weight-bearing stability during early
stance phase. We hypothesized that in response to a stabilizing alignment perturbation (i.e., a posterior shift of the knee
joint), participants would primarily increase their internal
hip flexion moment to initiate knee flexion in late stance
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phase. Given the fact that few studies have investigated
transfemoral amputee gait in the context of prosthetic alignment, the results from this study have the potential to provide insight into the mechanisms available to persons with
transfemoral amputation for prosthetic knee joint control.

METHODS
Subjects
Eleven participants with unilateral transfemoral
amputation were recruited from the Northwestern University Prosthetics-Orthotics Center, the Rehabilitation Institute
of Chicago, and local prosthetic clinics according to the following inclusion criteria: (1) age 18 to 65 yr; (2) body mass
less than 115 kg; (3) no known history of peripheral vascular
disease or neurological/musculoskeletal disorders; (4) 3 yr
or more of experience with a definitive prosthesis; (5) ability
to walk unaided on a treadmill at a constant, comfortable
rate without undue fatigue or health risk; and (6) Medicare
Functional Classification Level K3 ambulator or higher status (i.e., able to ambulate with variable cadence and able to
traverse most environmental barriers). These criteria corresponded to the weight restrictions of the prosthetic components used in this study and the requirement of participants
to complete a treadmill walking protocol. In an effort to
recruit participants who could detect subtle changes in residual-limb loading associated with the different alignment
conditions, participants at risk for sensory deficits (i.e., participants with peripheral vascular disease) were excluded
from this study. Participants were also excluded if they
reported persistent pain in their residual limb. Each participant was asked to rate his or her prosthetic socket according
to a comfort scale described by Hanspal et al. [33]. This
scale, which ranges from 0 (least comfortable) to 10 (most
comfortable), is highly correlated with clinical assessments
of socket fit and was used to screen participants for functional deficits associated with poor socket fit (defined in
this study as a comfort score 4).
Prior to testing, each participant underwent a physical
examination to evaluate their residual-limb length, hip
range of motion (ROM), and muscle strength. The same
physical examiner, who had more than 20 yr of experience in gait biomechanics, performed all of these evaluations. Residual-limb length was measured as the distance
from the anterior superior iliac spine (ASIS) to the distal
end of the residuum and was expressed as a ratio of the
intact thigh length measured from the ASIS to the lateral

femoral epicondyle. The degree of hip flexion contracture
on the participant’s affected side was measured using a
Thomas test, administered with the participant in a supine
position. A manual muscle test, described by Kendall et
al. [34], was used to evaluate muscle strength for the following motions: bilateral hip flexion, extension, and
abduction; intact knee flexion and extension; and intact
ankle dorsiflexion and plantar flexion. Muscle strength
was rated on a 6-point scale: 0 = no contraction; 1 = feeble
contraction, no movement; 2 = ability to move through
ROM in a horizontal plane; 3 = ability to move through
ROM against gravity; 4 = resistance against moderate
pressure; 4+ = resistance against moderate to strong pressure; 5 = resistance against strong pressure.
Experimental Setup
All data were collected at the Jesse Brown Department
of Veterans Affairs (VA) Medical Center Motion Analysis
Research Laboratory according to a single-day experiment
that was divided into two sessions (setup and data acquisition). These sessions were separated by a 1 h break.
During the setup session, each participant practiced
walking with their conventional prosthesis on a single-belt
Cosmed Sport Treadmill (T170; Rome, Italy) equipped
with several safety features, including an overhead safety
harness and custom-made, adjustable handlebars. The
safety harness secured participants against gravity and triggered a weight-activated emergency stop that arrested the
movement of the treadmill belt in the event of a fall. The
harness was fit with enough slack so that it did not restrict
participants’ normal trunk motion. Accordingly, it is
unlikely that harnessing significantly influenced participants’ normal gait pattern. While practicing on the treadmill, participants were instructed to use handlebars until
they felt comfortable walking at their freely selected normal speed. As participants increased their comfort level,
they were encouraged to swing their arms naturally at their
sides. Participants practiced walking on the treadmill for
approximately 15 min, or until they felt comfortable. At
the end of this practice session, the self-selected walking
speed of each participant was recorded for use in subsequent data acquisition sessions.
Using the participant’s existing prosthetic socket, a certified prosthetist fit all participants with a 3R95 single-axis
knee joint (Ottobock; Duderstadt, Germany), a rigid pylon,
and an Ottobock 1D35 Dynamic Motion foot (Figure 1).
The Ottobock 3R95 knee joint was selected for this study
because it is lightweight (360 g) and incorporates no
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Figure 1.
Assembly of prosthesis and bench top alignment. To isolate
knee translation, custom-made slide adapters were mounted
proximal and distal to the prosthetic knee joint (left). The proximal slide adapter incorporated a slide plate on its top surface to
facilitate bench alignment according to manufacturer’s specifications (right, adapted from the Ottobock 3R95 owner’s manual).
Discrete settings on both the proximal and distal slide adapters
accommodated anterior and posterior knee translation in 1 cm
increments over a 4 cm range. As shown, the iPecs load cell
was mounted between the pylon and distal slide adapter.

stance-phase control. The prosthesis was bench aligned
according to manufacturer’s specifications. Briefly, a vertical reference line was projected along the lateral aspect of
the prosthesis, bisecting the socket wall at the level of the
ischium. Socket flexion was preserved according to the
assembly of the participant’s existing prosthesis. A wedge
was placed under the heel of the prosthetic foot, which created 5 mm of air space under the heel. The knee joint was
aligned such that its mechanical axis fell 15 mm posterior
to the vertical reference line; the foot was aligned such that
its midline fell 30 mm anterior to the reference line. This
alignment configuration established a consistent, interparticipant baseline alignment condition (BASE) from which
all alignment adjustments were made (i.e., the prosthesis
was not dynamically aligned). Resistance to swing-phase
knee flexion and extension were independently set according to the participant’s freely selected walking speed.
To vary knee alignment, a set of custom-made slide
adapters (900 g) were mounted proximal and distal to the
prosthetic knee joint, which allowed the knee to be trans-

lated anterior and posterior in 1 cm increments over a
4 cm range. It should be noted that for each alignment
condition, the relative position between the prosthetic
socket, shank, and foot was held constant.
To measure forces and moments on the participant’s
affected side, a 6-degree-of-freedom iPecs load cell (College Park Industries Inc; Frasure, Michigan) was mounted
in the participant’s prosthesis, located between the distal
slide adapter and the prosthetic pylon [35]. Data from the
iPecs load cell were subsequently used in a quasistatic analysis to calculate hip and knee joint kinetics.
Finally, spherical, retroreflective markers (12 mm
diameter) were placed over the bony prominences of the
participant’s arms, legs, pelvis, and trunk according to a
modified Helen Hayes full-body marker set [36]. Anatomical landmarks included the dorsum of each foot
slightly proximal to the third metatarsal head, the posterior calcaneus at the height of the metatarsal marker, the
lateral malleoli, the lateral femoral epicondyles, the left
and right ASIS, the left posterior superior iliac spine
(PSIS), the sacrum midway between the left and right
PSIS, the tip of the acromion processes, the lateral epicondyles of the humerus, the wrists midway between the
styloid processes, and the right scapula. With regard to
the prosthesis, markers were placed on the axis of rotation of the knee joint and on the prosthetic foot and ankle
at locations corresponding to the intact side. Five noncollinear wand markers were placed on the thigh and shank
segments, and three markers were placed on the iPecs.
The markers placed on the iPecs were centered on its
medial, lateral, and posterior surfaces and corresponded
to the load cell’s instrumentation center and local coordinate system [35]. Four markers were also placed on the
medial malleoli and medial epicondyles. These markers,
used to calculate ankle and knee joint centers, were
recorded in a static, standing trial and then removed.
Experimental Protocol
All participants completed three alignment conditions
(BASE: bench alignment; anterior alignment condition
[ANT]: 2 cm anterior knee translation; and posterior alignment condition [POST]: 2 cm posterior knee translation)
according to a single-blinded, pseudorandomized crossover
design (Figure 2). Together, these conditions comprised an
extreme range of clinical adjustments and were comparable
to previous studies of transfemoral prosthetic alignment
[20–21,25]. Prior to data collection, participants were
given an opportunity to walk overground (<5 min) to
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ticipants were also allowed to rest between alignment
conditions. Though most participants were able to complete the protocol as described, two participants were
unable to swing their arms freely at their sides while
walking on the treadmill. Instead, these two participants
lightly placed their hands on side-mounted handlebars for
added security. To minimize the influence of this strategy
on lower-limb joint kinetics, they were instructed not to
bear any weight through their arms.

Figure 2.
Schematic flow of the single-blinded, pseudorandomized crossover design. As shown, socket, pylon, and foot orientation
remained constant across the three alignment conditions. ANT =
anterior alignment condition, BASE = baseline alignment condition, POST = posterior alignment condition.

accommodate to the BASE. The iPecs was then zeroed in a
vertical and off-weighted orientation. That is, participants
were asked to stand with all of their weight on their intact
limb, and the load cell was zeroed with the weight of the
foot, shoe, and pylon suspended from its vertical axis. To
ensure consistency between conditions, this procedure was
repeated each time the prosthesis was aligned.
Beginning with BASE, participants were instructed to
walk for 2.5 min at a self-selected speed on a level treadmill
surface (harnessed and hands free). After 2 min of continuous walking, 30 s of quantitative gait data were recorded.
Load cell data were sampled at 960 Hz and motion data
were sampled at 120 Hz using an eight-camera, Eagle Digital RealTime motion capture system and Cortex 3.0 data
acquisition software (Motion Analysis Corp, Santa Rosa,
California). Load cell and motion data were synchronized
to facilitate subsequent analyses.
This protocol was then repeated for both the ANT
and POST in which the testing order was randomized and
the walking speed was held constant. Participants were
unaware of alignment perturbations; however, prior to
walking on the treadmill, they were given an opportunity
to walk overground (<5 min). To minimize fatigue, par-

Data Analysis
Cortex 3.0 software was used to track the threedimensional position of each marker relative to a global
coordinate system (mean residual error = 1 mm) and a
built-in cubic-spline function was used to fill marker dropout (<5 missing data points). To smooth coordinate trajectories, raw marker data were filtered off-line using a fourthorder, low-pass, bidirectional Butterworth filter with an
effective cut-off frequency of 6 Hz. Gait events (foot strike
and toe off) were detected using Orthotrak 6.6.1 software
(Motion Analysis Corp) and an extraction algorithm that
monitored the resultant linear velocity of both the heel and
toe markers. Orthotrak 6.6.1 was also used to calculate spatiotemporal parameters (walking speed, step length, stancephase duration) and three-dimensional joint kinematics
according to a rigid-link segment model [36]. The global
orientation of each body segment was described by an anatomical coordinate system in which the x-axis of the segment was directed from the proximal to the distal joint
center (e.g., the x-axis for the thigh segment was directed
from the hip joint center to the knee joint center), the y-axis
was directed anterior to the segment, and the z-axis was
directed lateral to the segment. The origin of the coordinate
system was located at the proximal joint center. Intersegmental joint angles were calculated using the following
Euler angle rotation sequence: flexion/extension, abduction/adduction, and internal/external rotation. Trunk and
pelvis angles were calculated with respect to the global
coordinate system. Using a cubic-spline function in MATLAB (R2010b, MathWorks; Natick, Massachusetts), kinematic data were normalized to 100 samples over stance
phase and ensemble-averaged across all strides within each
alignment condition. Strides in which the participant stumbled or fell were excluded from the analysis.
Because the prosthetic knee joint center was used to
define the x-axis of the thigh and shank segments, alignment
perturbations in which the knee joint was translated
caused an offset in the flexion/extension angles at the hip,
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knee, and ankle, which did not correspond to actual joint
rotation. Using a custom MATLAB program, flexion/
extension curves for the hip, knee, and ankle were
adjusted according to the following equations:

where Δd represents the magnitude of the alignment shift
(positive = anterior); zthigh and zshank represent the vertical
distance from the proximal joint center to the distal joint
center of each segment measured during a static (i.e., standing) BASE; θhip, θknee, and θankle represent the flexion/
extension angle for the hip, knee, and ankle (positive =
flexion) as measured by Orthotrak; and Φhip, Φknee, and
Φankle represent the adjusted angles of the respective joints.
The sagittal-plane orientation of the thigh segment (i.e.,
inclination angle) on the affected side was evaluated using a
custom MATLAB program. For this analysis, the thigh segment’s coordinate system was oriented such that its long
axis was directed from the hip joint center to the midpoint
of two wand markers positioned at the same height on the
anterior and posterior surfaces of the prosthetic socket. As
described, this coordinate system was independent of the
knee joint center and was therefore unaffected by variations
in prosthetic knee alignment. Similar to the trunk and pelvis
segments, the posture of the thigh segment was calculated
relative to the global coordinate system.
Sagittal-plane joint moments for the knee and hip were
calculated using iPecs load cell data and a quasistatic analysis. Load cell data were decimated to 120 Hz to match the
sampling rate of the marker data. Force and moment signals were then low-pass filtered using a fourth-order, lowpass, bidirectional Butterworth filter with an effective cutoff frequency of 50 Hz [37–38]. Using a custom MATLAB
program,
 iPecs forces
 iPecs and moments measured by the load cell
( FiPecs
, M iPecs
), were transformed into the global coordi Lab
Lab
, M iPecs
):
nate system ( FiPecs

where R, a 3 × 3 rotation matrix, represents the orientation of the load cell’s coordinate system with respect to
the global coordinate system. The columns of R correspond to the x-, y-, and z-axes of the load cell’s coordinate system, which were defined according to the
markers placed on the load cell’s surface.
Once transformed into the global coordinate system,
forces and moments measured at the instrumentation
center of the iPecs were used to calculate sagittal-plane
moments at the knee and hip joints. Briefly, a quasistatic
analysis was used to calculate sagittal-plane forces and
moments at the hip joint, expressed in a global coordinate
system. Joint forces and moments were then transformed
into the coordinate system of the distal body segment (e.g.,
hip forces and moments were expressed in the thigh coordinate system), normalized to 100 samples over stance phase,
and ensemble-averaged across all strides within each alignment condition. It should be noted that although a quasistatic approach may differ slightly from a full inverse
dynamics analysis, several studies have demonstrated its
equivalency when inertial contributions to joint dynamics
are minimal, for example, during the stance phase of gait
and during slow walking speeds [6,26,39–42]. For this
same reason, the increased mass of the prosthesis from the
load cell and custom-made slide adapters likely had a negligible effect on stance-phase gait dynamics.
Statistical Analysis
All statistical analyses were performed using SPSS
version 20.0 for Windows (IBM; Armonk, New York). For
kinematic and kinetic time-series data, two points of interest were isolated for statistical analysis: (1) opposite toe off
(i.e., the time point at which stance-phase stability is challenged by the transition from double support to independent weight bearing on the affected side) and (2) ipsilateral
knee break (i.e., late-stance initiation of knee flexion).
Diagnostic tests were conducted including Shapiro-Wilk
test of normality, Mauchly test of sphericity, and Levene
test of homogeneity of variance. When necessary, degrees
of freedom were adjusted to correct for violations of sphericity [43] and homogeneity of variance. Given the normal
distribution of difference scores, a two-way mixed analysis
of variance (ANOVA) was performed with one betweengroup factor (testing order) and one within-group factor
(alignment condition). In the event of a significant main
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etiology, socket type, and residual-limb length (Table 1),
as well as socket fit, activity level, and bilateral muscle
strength (Table 2). During manual muscle strength testing, all participants were able to resist either moderate or
strong pressure in all tested planes of movement (Table
2). A small area of irritation on the residuum of one participant was noted; however, it did not interfere with the
participant’s regular daily activity. Furthermore, all participants considered their prosthetic socket to be comfortable (mean socket comfort score: 9 ± 1, range 6–10).

effect (p < 0.05), post hoc Bonferroni multiple comparisons were used to assess statistical significance between
BASE-ANT and BASE-POST (p < 0.025).

RESULTS
Participant Demographics
Table 1 summarizes participant demographics. Participants were relatively similar in terms of amputation
Table 1.
Participant demographics.

Participant

Sex

Etiology

1
2
3
4
5
6
7
8
9
10
11
Mean (SD)

M
F
F
M
M
M
M
M
M
M
M
—

Trauma
Cancer
Trauma
Trauma
Trauma
Trauma
Trauma
Cancer
Trauma
Cancer
Trauma
—

Age
(yr)
62
20
51
59
32
55
57
61
50
27
29
46 (16)

Height
(cm)
176.0
162.0
173.5
167.0
171.0
178.0
179.0
184.0
182.5
187.0
178.5
176.2 (7.4)

Mass*
(kg)
89.0
57.0
70.8
101.5
85.1
88.1
92.8
90.3
114.5
89.6
86.0
87.7 (15.8)

Socket Type
(Suspension)
IC (suction)
IC (suction)
IC (liner/pin)
IC (suction)
IC (suction)
sub-I (vacuum)
sub-I (vacuum)
IC (suction)
IC (belt)
sub-I (suction)
sub-I (vacuum)
—

Residuum
Length†
0.90
0.90
0.75
0.96
0.83
0.83
0.87
0.74
0.59
KD
0.94
—

Thomas
Test
15°
10°
15°
0°
15°
0°
10°
10°
0°
0°
0°
—

*Mass
†

= massbody + massprosthesis.
Normalized residual limb length = ratio of residual limb length (i.e., ASIS to distal end) to the intact thigh length (i.e., ASIS to lateral femoral epicondyle).
ASIS = anterior superior iliac spine, F = female, IC = ischial containment, KD = knee disarticulation, M = male, SD = standard deviation, sub-I = subischial.

Table 2.
Manual muscle strength test.
Limb
Affected Limb
Hip Flexion: Supine, Flexed Hip
Hip Extension: Prone
Hip Abduction: Supine, Neutral Hip
Intact Limb
Hip Flexion: Supine, Flexed Hip and Knee
Hip Extension: Prone, Extended Knee
Hip Extension: Prone, Knee Flexed 90°
Hip Abduction: Supine, Neutral Hip, Extended Knee
Knee Flexion: Prone/Sitting
Knee Extension: Sitting
Ankle Dorsiflexion: Sitting
Ankle Plantar flexion: Standing on Forefoot

Participant Number
5
6
7

1

2

3

4

5
5
5

5
5
4

4+
5
4+

5
5
5

5
5
5

5
5
5

4
5
5
5
4+/5
5
5
5

4+
5
5
5
5/5
5
5
5

4
5
5
5
4+/5
5
5
5

4+
5
5
5
5/5
5
5
5

4+
4+
4+
5
4+/5
5
5
5

5
5
5
5
5/5
5
5
5

8

9

10

11

5
5
5

5
5
5

5
5
5

5
5
5

5
5
5

4+
5
5
5
4+/5
5
5
5

4+
4
4+
5
4+/5
5
5
5

4+
5
5
5
5/5
5
5
5

5
5
5
5
5/5
5
5
5

4
5
5
5
4/5
5
4+
5

Note: 0 = no contraction; 1 = feeble contraction, no movement; 2 = ability to move through range of motion (ROM) in a horizontal plane; 3 = ability to move
through ROM against gravity; 4 = resistance against moderate pressure; 4+ = resistance against moderate to strong pressure; 5 = resistance against strong pressure.
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Of the 11 participants in this study, 5 followed a
BASE-ANT-POST testing order and 6 followed a BASEPOST-ANT testing order. At least nine strides were analyzed for each of these conditions. A total of 210 strides
were analyzed for BASE, 222 strides were analyzed for
ANT, and 223 strides were analyzed for POST. It should
be noted that hardware issues prevented the acquisition of
load cell data for two participants. Thus, a subset of participants (n = 9) were used in a per-protocol analysis of
kinetic data. It should also be noted that strides containing
a stumble or fall were dropped from the data record (5 out
of 210 strides for BASE, 7 out of 222 strides for ANT, and
1 out of 223 strides for POST). Most often, these falls,
which were infrequent and distributed across six of the 11
participants, were associated with a sudden collapse of the
knee joint during stance phase. Unless otherwise noted, all
data are reported as mean ± standard deviation.
Spatiotemporal Characteristics
Participants self-selected a comfortable walking
speed of 0.8 ± 0.2 m/s. Additional spatiotemporal characteristics are summarized in Table 3. It should be noted that
spatiotemporal characteristics were not significantly
affected by testing order. However, the mixed ANOVA
revealed a significant main effect of alignment on affectedside step length (F(2,18) = 4.464, p = 0.023). For both
BASE and POST participants demonstrated a slightly longer step length on their affected side compared with their
intact side. Post hoc Bonferroni comparisons revealed that
participants significantly decreased their affected-side step
length in response to ANT (p = 0.023) compared with
BASE. Stance phase duration was shortest for ANT and
longest for POST; however, across alignment conditions,
Table 3.
Mean ± standard deviation spatiotemporal characteristics during level
walking for the baseline, anterior, and posterior alignment conditions
(N = 11).
Characteristic
Intact Limb Step Length (cm)
Affected Limb
Step Length (cm)
Stance Phase (ms)
Initial Double Support (ms)
Single Support (ms)
Terminal Double Support (ms)

BASE
52 ± 7

ANT
54 ± 5

POST
53 ± 6

54 ± 8
874 ± 115
219 ± 61
442 ± 41
214 ± 33

51 ± 7*
859 ± 134
238 ± 75*
426 ± 50
196 ± 31*

55 ± 8
884 ± 123
207 ± 59
450 ± 48
229 ± 33*

*Significant difference from BASE (p < 0.025).
ANT = anterior alignment condition, BASE = baseline alignment condition,
POST = posterior alignment condition.

these results were not significantly different (F(2,18) =
1.398, p = 0.27). A significant effect of alignment was
observed for the duration of both initial double support
(F(2,18) = 8.949, p = 0.002) and terminal double support
(F(2,18) = 23.273, p < 0.001), in which post hoc tests
showed that initial double support phase was significantly
longer for ANT compared to BASE (p = 0.022). In contrast, terminal double support phase was significantly
shorter for ANT (p = 0.001) and significantly longer for
POST (p = 0.007).
Kinematics
Sagittal-plane joint kinematics for the affected-side
ankle, knee, and hip are summarized in Table 4 and Figure 3. Consistent with previous studies of transfemoral
amputee gait, most participants maintained full knee
extension from initial contact until shortly after opposite
heel strike, at which point they initiated knee flexion in
preparation for swing phase. Although not evident in the
ensemble average curves in Figure 3, four participants
demonstrated an inconsistent wave of stance-phase knee
flexion during ANT, representing a movement toward
knee collapse from which they were able to recover. Of
the three participants who stumbled or fell during ANT,
two demonstrated this inconsistent pattern of stancephase knee flexion.
Overall, participants exhibited a highly invariant pattern of sagittal-plane joint kinematics across all three
alignment conditions, regardless of testing order. Statistical analyses revealed no significant differences in the
magnitude of ankle, knee, or hip flexion at either opposite
toe off or knee break (Table 4). A significant effect of
alignment was observed for the orientation of the thigh at
opposite toe off (F(2,18) = 9.655, p = 0.001), such that for
the ANT condition, participants maintained their affected
limb in a more vertical posture compared to BASE (p =
0.002). Similarly, a significant effect of alignment was
observed in the sagittal-plane posture of the trunk at opposite toe off (F(2,18) = 10.167, p = 0.001) and knee break
(F(2,18) = 8.063, p = 0.003) as well as in the posture of
the pelvis at opposite toe off (F(2,18) = 14.253, p < 0.001)
and knee break (F(2,18) = 7.547, p = 0.004). Specifically,
post hoc comparisons with BASE revealed a persistent
increase in trunk flexion for ANT (Figure 4) at opposite
toe off (p = 0.007) and knee break (p = 0.01). Likewise,
during ANT, participants significantly increased their
anterior pelvic tilt at opposite toe off (p = 0.002) and knee
break (p = 0.01) compared with BASE.
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Table 4.
Mean ± standard deviation affected-side joint kinematics at opposite toe off and knee break during level walking (N = 11).

Joint
Ankle
Knee
Hip
Thigh
Pelvis
Trunk

Opposite Toe Off
BASE
3.9 ± 2.4
4.8 ± 3.0
19.6 ± 5.7
3.0 ± 2.3
16.1 ± 5.9
1.2 ± 2.9

ANT
3.2 ± 2.5
5.4 ± 2.5
21.1 ± 5.6
0.8 ± 3.1*
19.6 ± 6.9*
3.8 ± 3.6*

Knee Break
POST
3.9 ± 2.5
5.0 ± 2.7
19.0 ± 5.7
2.8 ± 2.3
15.6 ± 6.0
0.6 ± 3.1

BASE
7.1 ± 4.0
0.6 ± 2.5
5.6 ± 6.9
20.7 ± 3.2
17.0 ± 6.1
1.2 ± 2.8

ANT
7.7 ± 4.2
0.2 ± 2.1
4.5 ± 6.3
22.2 ± 3.3
19.1 ± 6.6*
3.1 ± 3.2*

POST
7.1 ± 3.8
0.9 ± 2.5
6.0 ± 6.5
21.1 ± 3.2
17.0 ± 6.2
1.1 ± 3.1

Note: Positive values indicate ankle dorsiflexion, knee flexion, hip flexion, anterior pelvic tilt, and trunk flexion measured in degrees. A positive thigh angle indicates the distal end of the thigh is anterior to the proximal end.
*Significant difference from BASE (p < 0.025).
ANT = anterior alignment condition, BASE = baseline alignment condition, POST = posterior alignment condition.

Kinetics
Kinetic data for the knee and hip joints are summarized in Table 5 and Figure 5. Although testing order did
not significantly affect kinetic data, the mixed ANOVA
revealed a significant main effect of alignment on the
external extension moment measured at the knee joint at
opposite toe off (F(2,14) = 65.871, p < 0.001). Post hoc
tests revealed that compared with BASE, the extension
moment at the knee joint significantly decreased at opposite toe off for ANT (p = 0.02) and significantly increased
at opposite toe off for POST (p < 0.001). These results
correspond to a decrease in the margin of stability for
ANT and an increase in the margin of stability for POST
as participants transitioned to single-limb support on
their affected side. Alignment also had a significant
effect on the internal hip extension moment measured at
opposite toe off (F(2,14) = 8.193, p = 0.004) in which
participants significantly increased their internal hip
extension moment for ANT (p = 0.019) compared with
BASE. Interestingly, a significant difference was not
observed in the hip extension moment at opposite toe off
for POST and no significant post hoc differences were
observed in the hip flexion moment required to break the
knee in late stance.
Ground Reaction Forces
GRF data are summarized in Table 5 and Figure 6.
Although the pattern of fore/aft GRF was similar across
the three alignment conditions, a significant main effect
of alignment was found for the fore/aft braking force at
both opposite toe off (F(2,14) = 10.829, p = 0.001) and
knee break (F(2,14) = 21.496, p < 0.001). Post hoc tests
revealed that compared with BASE, the fore/aft braking

force at opposite toe off significantly decreased for ANT
(p = 0.009). In addition, the propulsive force at knee
break significantly increased for ANT (p = 0.01) and significantly decreased for POST (p = 0.002) compared with
BASE. No significant differences were observed in the
vertical GRF profile at either opposite toe off or knee
break.

DISCUSSION
The primary goal of this study was to characterize the
underlying mechanisms associated with prosthetic knee
joint control by investigating the short-term biomechanical
response of persons with transfemoral amputation to
systematic perturbations in knee joint alignment. We found
that in response to a destabilizing alignment perturbation
(i.e., an anterior shift in the knee joint), participants
increased their internal hip extension moment to maintain
extensor stability of the knee during early stance phase.
Furthermore, we found that most participants simultaneously decreased the rate at which they loaded their prosthesis, decreased their affected-side step length, increased their
trunk flexion, and maintained their prosthesis in a more vertical posture at the time of opposite toe off. This finding
suggests that a hip torque strategy alone was perhaps insufficient to counteract the effect of the alignment perturbation
and that persons with transfemoral amputation may instead
rely on a combination of strategies to coordinate stancephase knee flexion and extension. The following sections
describe these results in more detail, as well as the limitations and clinical implications of this study.
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Figure 3.
Ensemble average of affected-side joint kinematics, shown with 95 percent confidence interval, for level walking (N = 11). Positive
values indicate ankle dorsiflexion, knee flexion, and hip flexion. A positive thigh angle indicates that the distal end of the thigh is
anterior to the proximal end. Gray bands correspond to speed-matched, reference data for nondisabled persons (N = 10). KB = knee
break, OTO = opposite toe off, OHS = opposite heel strike.

Influence of Alignment Perturbation on Knee Joint
Mechanics
As expected, perturbations in prosthetic alignment
had a significant effect on the external knee extension
moment. Specifically, an anterior shift in the knee joint
axis significantly decreased the external extension
moment applied at the knee, and a posterior shift in the
knee joint center significantly increased the external
extension moment. To a large extent, this result corresponds to the fact that the moment arm between the GRF
vector and the knee joint center was physically altered

through the alignment perturbation. To explore the extent
to which changes observed in the knee moment reflected
changes in the lever arm only, we used a quasistatic analysis to calculate the expected moment at the knee joint
using the forces and moments from BASE and the location of the knee joint center from ANT and POST. The
results of this analysis are shown in Figure 5, as indicated by the black dashed lines. According to these
results, the expected moment is similar to the actual
moment measured for POST (shown in purple), indicating that participants did not significantly adjust their
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Figure 4.
Ensemble average of pelvis and trunk kinematics, shown with 95 percent confidence interval, for level walking (N = 11). Positive values indicate anterior pelvic tilt and trunk flexion. Gray bands correspond to speed-matched, reference data for nondisabled persons
(N = 10). KB = knee break, OTO = opposite toe off, OHS = opposite heel strike.

Table 5.
Mean ± standard deviation affected-side joint kinetics and ground reaction force (GRF) at opposite toe off and knee break during level walking
(N = 9).
Opposite Toe Off
Kinetic Variable
Knee Moment (Nm/kg)
Hip Moment (Nm/kg)
Fore/Aft GRF (N/kg)
Vertical GRF (N/kg)

BASE
–0.13 ± 0.08
0.26 ± 0.16
–0.05 ± 0.04
0.84 ± 0.08

Knee Break

ANT
0.07*

–0.08 ±
0.38 ± 0.19*
–0.02 ± 0.04*
0.84 ± 0.08

POST
0.08*

–0.30 ±
0.23 ± 0.14
–0.06 ± 0.04
0.87 ± 0.09

BASE

ANT

POST

0.09 ± 0.03
–0.69 ± 0.43
–0.04 ± 0.01
0.38 ± 0.21

0.08 ± 0.03
–0.60 ± 0.36
0.011 ± 0.01*
0.39 ± 0.22

–0.04 ± 0.04
–0.75 ± 0.49
–0.01 ± 0.01*
0.35 ± 0.21

Note: Positive values indicate an external knee flexion moment, an internal hip extension moment, an anterior-directed fore/aft GRF, and a superior-directed vertical GRF.
*A significant difference from BASE (p < 0.025).
ANT = anterior alignment condition, BASE = baseline alignment condition, POST = posterior alignment condition.

gait pattern in response to POST. However, differences
in the expected moment and the actual moment measured
for ANT (shown in green) indicates that if participants
had not adjusted their gait pattern, an external flexion
moment at the knee joint would have resulted near the
time of opposite toe off, potentially causing the knee joint
to collapse.
Early Stance Response to the Alignment Perturbation
In response to ANT, participants exhibited changes
in both their kinematic and kinetic gait patterns. As
hypothesized, participants significantly increased their

internal hip extension moment at opposite toe off, presumably in an effort to maintain the GRF vector anterior
to the knee joint center. Indeed, the magnitude of the
braking force also significantly decreased at opposite toe
off, corresponding to an anterior tilt in the orientation of
the resultant GRF vector. These results are consistent
with two previous studies of transfemoral prosthetic
alignment, in which an increase in the internal hip extension moment was observed in response to a 2 cm anterior
shift in the knee joint center from an optimal alignment
configuration [20–21]. Though hip torque strategies are
currently considered the primary mechanism by which
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Figure 5.
Ensemble average of knee and hip kinetics for affected side, shown with 95 percent confidence interval, for level walking (N = 9).
Positive values indicate an external knee flexion moment and an internal hip extension moment. Black dashed lines represent a theoretical scenario in which the load applied to the knee joint remains constant (i.e., corresponds to BASE) such that the resulting
moment offset reflects a change in lever arm only. Gray bands correspond to speed-matched, reference data from nondisabled persons (N = 10). KB = knee break, OHS = opposite heel strike, OTO = opposite toe off.

persons with transfemoral amputation maintain extension
of a passive prosthetic knee joint, few studies have systematically explored this relationship. Through the use of
a systematic alignment perturbation, we found that participants did, in fact, rely on their hip extensors to stabilize the knee during early stance phase.
However, because participants also exhibited simultaneous changes in both spatiotemporal and kinematic
parameters in response to ANT, it is difficult to determine
the independence of these strategies. Specifically, as indicated by a significantly longer initial double support time,
participants decreased the rate at which they loaded their
prosthesis, which indicates a more tentative loading pattern [44]. Participants also significantly decreased their
affected-side step length to the extent that their intact step
length was relatively longer. This step length asymmetry is
unusual for persons with unilateral amputation, who typically exhibit longer step lengths on their affected side
[4,10–12]. To our knowledge, step length data have not
been reported in previous studies of transfemoral prosthetic alignment. However, Yang observed that in response
to an anterior shift in the knee joint center, participants
decreased the inclination angle of their shank [25], poten-

tially reducing their affected-side step length to decrease
the braking force transmitted by the shank during early
stance [45]. In this study, we also observed that
participants significantly decreased the inclination angle of
their affected limb, such that at opposite toe off, their limb
was maintained in a more vertical posture. Assuming this
strategy serves to reduce the braking force transmitted to
the limb, it would potentially contribute to an increase in
the affected hip extension moment. Furthermore, participants significantly increased trunk flexion, which was
accompanied by an increase in anterior pelvic tilt at the
time of opposite toe off. Previous studies of nondisabled
individuals have shown an association between trunk flexion and hip extension moments [46], such that an increase
in trunk flexion may enhance knee joint stability [29–30].
However, to our knowledge, this study is the first to quantify changes in trunk flexion as a mechanism to stabilize a
passive prosthetic knee joint for persons with transfemoral
amputation.
Collectively, these results are consistent with our
hypothesis and indicate that participants significantly
increased their internal hip extension moment at opposite
toe off in response to ANT. However, participants also
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Figure 6.
Ensemble average of fore/aft (FX) and vertical (FZ) ground reaction force data, shown with 95 percent confidence interval, for level
walking (N = 9). Positive value of FX indicates a propulsive force. KB = knee break, OHS = opposite heel strike, OTO = opposite toe off.

exhibited subtle changes in spatiotemporal and kinematic
gait parameters that make it difficult to determine the
independence of these strategies. Of the nine participants
for which we collected both kinematic and kinetic data,
seven exhibited the combined strategy of increased hip
extension moment, increased trunk flexion, and
decreased inclination angle of the prosthesis. Of the
remaining two participants, one maintained an invariant
kinetic/kinematic strategy and one increased their internal hip extension moment despite a decrease in trunk
flexion. This finding suggests that although a hip torque
strategy alone may be an effective method of control,
perhaps it is more metabolically efficient to simultaneously involve both kinematic and kinetic adjustments. Of
course, this interpretation is speculative and requires
future work to isolate the metabolic cost of different control strategies.
Late-Stance Response to Alignment Perturbation
Unexpectedly, variations in prosthetic knee joint alignment did not significantly influence the internal hip flexion
moment required to initiate knee flexion in late stance. At
first, this result seems counterintuitive, since in order for
knee break to occur, it would seem the GRF vector would
have to pass through a more posterior-located knee joint
center. This action would in turn result in a larger moment

arm acting at the hip joint (rhip), corresponding to a larger
hip flexion moment (Figure 7). However, if the magnitude
of the GRF vector decreased to offset a larger moment arm,
it would follow that the net moment at the hip joint would
remain constant. Indeed, we observed that at the time of
knee break, the magnitude of the propulsive component of
the GRF vector was significantly larger for ANT and significantly smaller for POST, corresponding to the scenario
depicted in Figure 7. Likewise, the magnitude of the vertical GRF vector was larger for ANT and smaller for POST,
although this trend was not statistically significant. We
believe that instead of responding to POST by increasing
their hip flexion moment, participants maintained an invariant loading pattern during late stance and allowed the GRF
vector to sweep across the prosthetic knee joint center
slightly later during stance phase. In other words, knee
break was delayed (Figure 3). This interpretation is supported by the fact that the terminal double support phase
was significantly longer for POST and significantly shorter
for ANT. Similar results have been reported for knee joints
with different stability properties [47].
The consequences of such a strategy were not quantified in this study. Presumably, a shift in the timing of knee
break may have implications for swing phase. For example, in response to this strategy, swing-phase knee flexion
may be reduced such that toe clearance is compromised.
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Figure 7.
Depiction of the prosthesis during late stance and the influence of
prosthetic alignment (blue = baseline, green = anterior, purple =
posterior) on the sagittal-plane hip (rhip) and knee moment (Mknee).

Previous studies of transfemoral amputee gait have shown
that participants compensate for insufficient knee flexion
during swing phase by circumducting their affected-side
hip and plantar flexing their intact ankle [24,48]. Therefore, we might expect one or both of these compensatory
strategies to manifest during swing phase with POST. To
confirm this hypothesis, future studies should investigate
the influence of prosthetic alignment on swing phase
mechanics.
Limitations
When interpreting the results of this study, it is
important to note several limitations. First, the participants investigated in this study comprised a relatively
homogeneous sample of transfemoral prosthesis users
with similar activity levels, amputation etiologies, residual-limb lengths, and residual-limb muscle strength. Caution should therefore be exercised when generalizing
these results to a broader population of users whose
potential to adapt to changes in knee joint mechanics may
be limited by sensory deficits (e.g., individuals with

peripheral neuropathy and vascular disease), poor socket
fit, and residual-limb muscle weakness.
Second, although the use of a treadmill offered several practical advantages in this study (e.g., the option to
harness participants as a safety precaution and the ability
to collect continuous walking data), it also introduced
some limitations. One of these limitations relates to the
contrast between treadmill walking and overground
walking. Indeed, previous studies have examined participants in both tasks and have found similarities [49–51]
and differences [52–54]. Because we were interested in
relative changes between alignment conditions, we contend that although the absolute value of kinematic or
kinetic variables may have differed from overground
walking, it is likely that the same relative changes in
response to alignment would have been observed. Of
course, additional work is needed to resolve this issue.
The extent to which treadmill walking constrained
walking speed may also be considered a limitation in this
study. Though it was advantageous to control walking
speed to minimize its effect on kinematic and kinetic data,
it is possible that some participants may have preferred to
adjust their walking speed in response to changes in alignment. Furthermore, participants may have adjusted their
intact-side biomechanics, which was not assessed in this
study. Accordingly, the effect of prosthetic alignment on
both walking speed and intact side joint kinematics and
kinetics remain as areas for future investigation.
Another limitation in this study involves the duration
of adaptation. Following each alignment condition, participants were given an opportunity to walk overground
(<5 min). They then walked for 2 min on the treadmill
before a 30 s interval of quantitative gait data was
acquired. Accordingly, participants had little time to adapt
to each alignment condition, which raises a question as to
whether the results from this study correspond to a steadystate strategy. Though the time course for adaptation to
prosthetic alignment has not been previously reported,
related studies suggest that persons with amputation [55]
and ambulators without disabilities [56] can quickly adapt
(<5 min) to novel changes in lower-limb inertia. In fact, a
more rigorous investigation of adaptation has shown that
ambulators without disabilities can achieve steady-state
joint kinematics within 40 to 50 strides [57]. Therefore,
we believe the adaptation period used in this study was
sufficient to address our hypotheses.
With regard to the stabilizing alignment perturbation, a
posterior shift of 2 cm may have been insufficient to elicit
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a consistent response among our participant population.
Had we used a larger posterior perturbation, participants
may have been forced to compensate for the increase in
alignment stability. Indeed, in two previous studies of
prosthetic alignment, participants increased their hip flexion moment in late stance in response to a posterior alignment perturbation [20–21]. However, an important
difference between these studies and our study is the
method by which BASE was established. In the studies by
Blumentritt et al. [20] and Schmalz et al. [21], optimal
alignment, as defined by a prosthetist, was used as the
BASE. Accordingly, participants progressed through a different range of alignment perturbations, such that certain
participants who started with a more stable alignment may
have biased the results. In our study, we established a consistent BASE (i.e., bench alignment as described by the
manufacturer) such that all participants progressed through
an identical range of alignment perturbations. However,
depending on their physical capabilities, this range may
have challenged participants differently.

CONCLUSIONS
Participants responded to a destabilizing alignment
perturbation by increasing their hip extension moment
during early stance phase, which confirmed our hypothesis that persons with transfemoral amputation rely on a
hip extensor strategy to maintain knee joint stability.
However, participants also decreased the rate at which
they loaded their prosthesis, decreased their affected-side
step length, increased their trunk flexion, and maintained
their prosthesis in a more vertical posture at the time of
opposite toe off, suggesting that a hip torque strategy
alone was perhaps insufficient to counteract the effect of
the alignment perturbation. Although we hypothesized
that participants would respond to a stabilizing alignment
by increasing their hip flexion moment to initiate knee
break during late stance, our results did not support this
hypothesis. Instead, knee break was delayed for POST.
From a clinical perspective, these results suggest that a
bias toward posterior alignment may have fewer implications for the patient in terms of knee joint control. However, it is possible that an overly stable knee joint may
also have negative consequences for swing phase. To our
knowledge, this is the first systematic study of prosthetic
knee joint alignment in which lower-limb and trunk kinematics were investigated in conjunction with sagittal-

plane hip and knee kinetics to understand the mechanisms of prosthetic knee joint control. Accordingly, we
believe the results from this study may provide new
insights into the biomechanical mechanisms contributing
to the sagittal stability and control of a passive prosthetic
knee joint.
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