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CHAPTER I

INTRODUCTION

This document serves to summarize the research I have completed at the Center for

Intelligent Mechatronics (CIM) as part of my graduate study in mechanical engineer-

ing. My work at the CIM has been part of a larger effort by Dr. Goldfarb and other

researchers to improve lower limb prosthetic technology. There are a number of other

publications including journal articles, doctoral dissertations, and master’s theses

that have preceded this manuscript [1–6]. A brief overview of the relevant literature

pertaining to lower limb amputee demographics and current developments in lower

limb prosthetic technology has been included to give context to the work presented.

The remainder of this chapter provides some history of the Vanderbilt powered pros-

thesis, along with a section describing the philosophical control framework that has

been the basis of the control design.

The remaining chapters consist of both published works and supplementary mate-

rial covering the implementation of specific algorithms for control on a variety of hard-

ware configurations. When necessary, manuscript-based chapters include an adden-

dum to supplement the published material. Chapter II describes several approaches

for active stumble recovery leveraging inertial measurement for stumble detection and

classification. The manuscript in this chapter was presented at the 32nd Annual In-

ternational Conference of the IEEE Engineering in Medicine and Biology Society in

Buenos Aires, Argentina. Chapter III describes control systems for stair ascent and
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descent that utilize the finite state-based impedance control framework described in

this chapter. The manuscript in this chapter was published in the 3rd issue of the 21st

volume of the IEEE Transactions on Neural Systems and Rehabilitation. Chapter IV

introduces a modification to the finite state-based impedance control framework that

reduces the parameterization of the control system and achieves real time, continu-

ously variable cadence. The manuscript in this chapter has been submitted to the

IEEE Robotics and Automation Magazine for a Special Issue on Wearable Robotics.

Chapter V further extends both pure finite-state based impedance control, and sub-

sequently a hybrid scheme similar to that presented in Chapter IV, for a bilateral,

transfemoral prosthetic intervention. This chapter also describes a communication

approach for sharing data between bilateral prostheses. The manuscript in this chap-

ter has been recommended for acceptance to the IEEE Transactions on Biomedical

Engineering with minor revisions. Chapter VI presents an algorithm for the esti-

mation of a bicycle’s crank angle using only measurements internal to the powered

prosthesis. Such a scheme could be used to develop a control system to supply supple-

mental knee torque for an amputee while cycling. The manuscript in this chapter has

been submitted to the 36th Annual International Conference of the IEEE Engineering

in Medicine and Biology Society in Chicago, Illinois, USA. In Chapter VII, several

conclusions are drawn, and a description of possible future directions is included for

this work.

1. Lower Limb Amputee Demographics

In 2008, Ziegler-Graham et al. published an article in the Archives of Physical

Medicine and Rehabilitation that provided current estimates of limb loss in the United

States, along with projections of limb loss rates through the year 2050 [7]. Starting

with work from 1996 claiming an amputation rate of approximately 185,000 persons
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per year [8] and a total of 1.2 million persons living with limb loss [9], Ziegler-Graham

et al. constructed a probabilistic model that accounts for new incidents of limb loss

and mortality. From this model, it was estimated that 1.6 million persons were living

in the United States with limb loss in 2005, and, by 2050, this number will more than

double. For the 2005 estimate, approximately 623,000 of the 1.6 million amputees

had suffered a major lower limb amputation, which was defined as an amputation

more proximal than the toes.

The preceding article does not distinguish between transfemoral and transtibial

amputations. In a recent survey of lower limb amputees, 42.4% of the 396 respondents

had transfemoral amputations [10]. This survey was intended to determine factors

that influence the use of prosthetic devices by lower limb amputees. 85% of the re-

spondents did use prostheses, with over half using the devices in outdoor settings.

Furthermore, another study shows that lower limb amputees of Medicare Functional

Classification Level (MFCL)-2 and -3 benefit from more technologically advanced

prostheses (in this case, prosthetic legs with microprocessor-controlled damping at

the knee) [11]. Specific benefits included improvements in hill and stair gait, speed,

and multitasking abilities. Additionally, a significant percentage of participants in-

creased their MFCL over the course of the study, implying that enhanced prosthetic

functionality can lead to increased activity levels.

2. An Overview of Prosthetic Technology for Transfemoral Amputees

A transfemoral prosthesis is a customized device assembled and adjusted by a licensed

prosthetist to meet the individual needs of the amputee. A variety of companies

manufacture and sell the various components of a prosthesis, and inter-compatibility

varies depending upon the nature of each particular prosthetic component.

Figure 1.1 labels the major components of a typical transfemoral prosthesis. The
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interface between the prosthesis and the amputee is known as the socket and is

generally constructed from carbon-fiber and shaped specifically for the amputee’s

residual limb by a prosthetist. The socket is held to the residual limb by a suspension

system. Simple suspension systems can consist of external straps that attach to

a higher point on the user’s body, while more sophisticated systems may include

silicone liners and suction valves to create an air-tight seal between the residual limb

and the socket.

Figure 1.1: The major components of a typical transfemoral prosthesis.

The distal end of the socket typically contains a pyramid adapter, which is a

standardized piece of mounting hardware that allows general prosthetic components

to be attached and adjusted for tilt in the sagittal and coronal planes. This mounting

point represents the division between the custom-formed portions of the prosthesis

that are unique to the amputee (i.e. the socket/liner system) and the mass-produced

prosthetic components such as knee and ankle units.

In a transfemoral prosthesis, a knee unit is connected to the socket. A variety of

knee mechanisms have been designed, and a complete review of all the passive devices

currently available is beyond the scope of this manuscript. The general families of
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devices, however, include:

• Polycentric knees - These knees utilize a four-bar mechanism that provides

enhanced stability in stance by moving the center of rotation when the knee is

straight.

• Hydraulic knees - These knees provide a damping-like resistance by resisting

the flow of a hydraulic fluid through an orifice.

• Pneumatic knees - These knees are similar to hydraulic knees though they use

a gas instead of a hydraulic fluid.

• Microprocessor-controlled knees - These knees provide resistance (usually hy-

draulic or pneumatic), but the amount of resistance is modulated by a micropro-

cessor depending on the state of various sensors integrated into the prosthesis.

In order to attain the proper prosthetic shank length, a connecting pylon is cut

to a custom length to join the knee unit to the ankle unit. Ankle units are typically

non-articulated and form an ankle-foot complex. Often this complex is constructed

from carbon fiber composite and acts as a stiff spring around a virtual ankle joint.

The primary benefits of this style of prosthetic ankle include shock absorption at heel

strike and energy storage and return from middle stance to late stance.

The final component in a transfemoral prosthesis is a cosmesis. The purpose of

the cosmesis is to cover the mechanical portions of the prosthesis and make the limb

appear more life-like. The relative degree of importance of this component varies

according to user preference, but at the very least, the majority of transfemoral

prostheses include a cosmetic foot shell that is anthropomorphic in shape. In addition

to its cosmetic qualities, the foot shell protects the carbon fiber ankle-foot complex

and facilitates the wearing of a shoe with the prosthesis. Some amputees choose to

use more complete cosmeses that include life-like silicone shanks, including leg hair

and proper skin colors.
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3. Current Research in Lower Limb Prosthetics

Traditionally, lower limb prostheses were passive by necessity; the technology required

to construct a powered device comparable in size and weight to the anatomical limb

has only been developed in the last five to ten years. Now that the supporting

technology has arrived (power-dense motors/batteries and efficient microprocessors),

the field of prosthetics is struggling to understand and accept this paradigm shift. A

number of research groups have published preliminary results on a variety of powered

lower limb devices, but, as of the writing of this manuscript, only two powered joints

have reached the commercial market. A brief review of these two devices is now

provided, along with the major efforts in the research community.

3.1 Ossur Power Knee

The prosthetics and orthotics company Ossur has released two versions of a powered

knee joint called the Power Knee. This knee prosthesis is designed to be used in

conjunction with an off-the-shelf passive prosthetic ankle/foot. Because the Power

Knee has only existed as a commercial product, no literature is publicly available

concerning its design. Additionally, the author knows of no peer-reviewed studies

demonstrating its advantages over traditional passive prostheses. Video footage of

Power Knee users ascending stairs in a step-over manner (i.e. using both their sound

side and their affected side to lift themselves up the step) is available, however,

suggesting an improved biomechanical performance for this activity.

3.2 iWalk BiOM

The prosthetics start-up iWalk grew out of a research effort led by Dr. Hugh Herr at

MIT. The company’s first commercially available prosthesis is a powered ankle based
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upon a number of publications by Dr. Herr and his students [12–16]. This ankle uses

passive components to both shield the motor and transmission from impacts, and to

enhance the power delivery of the system. In order to estimate the output torque of

such a system, feed-forward models converting the displacements of series and parallel

springs to torques are needed, along with, depending upon the relative compliances

in the system, a model of the carbon fiber foot. However, for a system that largely

supplies a linear, spring-like behavior for most of the gait cycle (with the addition

of an impulse of torque at push off) the accuracy of such models is not likely to be

critical with regards to the performance of the device.

One manifestation of the control system for this ankle is partitioned into two tiers,

the higher of which is implemented as a finite state machine that switches state based

upon the estimated phase of gait [12]. The lower tier contains an impedance controller

(based upon torque control of the series-elastic actuator) and a standard PD position

controller. It will be shown later that these two approaches are mathematically

similar but philosophically distinct. The finite state machine selects between these

two controllers as it cycles through the phases of gait. More complicated control

techniques have been published for this powered ankle, though they differ mainly

through the implementation of a non-linear impedance based upon a Hill-type muscle

model [16].

In a study on 3 transtibial amputees comparing the use of a passive ankle and a

precursor to the BiOM, it was shown that the powered ankle was able to reduce the

energetic cost of transport (reported in Joules) by 7-20% [12]. In addition, the control

approach demonstrated in [16] incorporates intrinsic speed adaptation, allowing an

efficient gait across a range of walking speeds.
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3.3 SPARKy Powered Ankle

Another group led by Sugar has presented a two degree of freedom ankle named

SPARKy 3, which stands for Spring Ankle with Regenerative Kinetics [17, 18]. Cur-

rently available literature covers the mechanical design in detail, and much of this

technology has transitioned to a start-up company known as Spring Active, which

now has several active projects targeting both walking and running performance.

3.4 Other Research Efforts

The previous three projects are the most well-developed and longest lasting efforts

in powered prostheses known to the author. A number of other groups, however,

have proposed designs and started to show preliminary data for both powered knees

and powered ankles [19–28]. With the exception of this effort, no other integrated

powered knee and ankle prostheses have been reported in the literature to date.

4. History of the Vanderbilt Powered Prosthesis

Although many doctoral students, masters students, and postdoctoral researchers

contributed to this effort, notable early contributions were made by Kevin Fite, Amit

Bohara, and Frank Sup. Their work produced what is referred to as Generation 0 of

the Vanderbilt powered prosthesis. Generation 0 devices were tethered legs that had

power and computation provided remotely to facilitate rapid development and initial

testing [29]. This work laid the foundation for both the impedance-based control

framework, and also for the mechanical design of the Generation 1 series of prototypes

(pneumatic actuators were replaced with motors and ballscrew assemblies).
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Figure 1.2: The evolution of the Vanderbilt powered prosthesis.

Generation 1 culminated in the doctoral work of Frank Sup and Atakan Varol

[30, 31]. This generation was the first self-contained powered knee and ankle prosthesis

to be developed. It was fully functional for variable cadence walking on level ground,

up slope [4] and down slope walking, and sit-to-stand and stand-to-sit transitions

[32], all of which were integrated with an intent recognition algorithm based upon

Gaussian mixture models [6]. Generation 1 was also subsequently used for stumble

detection and recovery [33], a unified ground adaptive standing controller [3], and

preliminary stair ascent and descent development [34]. Furthermore, volitional knee

control through the use of electromyography was demonstrated first by Kevin Ha [2],

and later by collaborators at the Rehabilitation Institute of Chicago (RIC) [35].

Generation 2 preserved the fundamental control framework of its predecessors and

deviated mainly in mechanical design. The transmission was changed from a slider-

crank mechanism (carried over from the original pneumatic design) to a more robust

and easily contained multi-stage belt and chain transmission. Furthermore, the load

sensing was changed from independent strain gage bridges on an aluminum prosthetic

foot to a uniaxial load cell in the shank. With this generation fully functional stair

ascent and descent was implemented [34] (RIC also demonstrated stair ascent with

EMG control [36]), a biomechanically appropriate running controller was developed,

and a coordinated bilateral control system was developed. Furthermore, the hybrid

control system present herein was initially prototyped on a Generation 2 prosthesis.
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Finally, Generation 3 contains further refinement of the mechanical design. Al-

though this generation contained minor revisions to the embedded system, it was

primarily aimed at improving the packaging and commercial viability of Generation

2. An improved mass distribution gave the device more favorable inertial properties,

and the knee and ankle units were separated to make a modular system interconnected

by off-the-shelf prosthetic components.

5. Control Approach

The theoretical framework that underlies the design of the original finite state-based

impedance control system will now be developed and examined. The form of this con-

troller is largely unchanged from [30]. Conclusions drawn from this analysis, along

with empirical evidence from the controller’s implementation, will be used as justifi-

cation for the hybrid controller presented subsequently.

+

-

τknee

τankle

~Fusr

~Fenv

Figure 1.3: Angle conventions and generalized interactions with the lower limb.
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With respect to the control problem for a powered knee and ankle prosthesis, first

several working definitions are established. There are three dynamic systems involved:

the prosthesis, the user, and the environment. The prosthesis consists of the robotic

manipulator itself. The user’s thigh and prosthetic socket are considered its base and

the prosthetic foot is considered its end effector. The user is considered distinct from

the prosthesis for an intrinsic control system (i.e. the user is not directly supplying

torque commands to the prosthetic joints). Instead, the user introduces forces on the

prosthesis from the thigh. On the other end, the environment exerts forces on the

prosthetic foot. Therefore the prosthesis has two mechanical ports through which it

interacts with other systems. The prosthesis is assumed to consist of three rigid bodies

connected with two coplanar pin joints. The joints are considered to be actuated by

backdrivable and lossless torque generators. The convention for measuring the knee

angle and the ankle angle is depicted in Fig. 1.3. The shank being colinear with the

thigh denotes zero knee angle and knee flexion is considered a positive displacement.

The sole being perpendicular to the shank denotes zero ankle angle and dorsiflexion

is considered a positive displacement.

5.1 Impedance Control

At the heart of the design of the control system for this prosthesis is notion of

impedance control as described by Neville Hogan in his seminal 3-part paper entitled

”Impedance Control: An Approach to Manipulation” [37–39]. Traditional robotics

research has tended to focus on well-defined and easily modeled environments. Under

these conditions, extremely high performance controllers can be designed by dic-

tating the kinematics of the manipulator through closed-loop position/trajectory

control. This degree of performance (as measured by trajectory-tracking at high

bandwidths) is accomplished by specifying the highest possible impedances for the
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actuators. When the environment is known and well-modeled, interaction forces be-

tween the manipulator and its environment can be controlled by carefully selecting

trajectories, or by implementing closed-loop force control during contact conditions.

In both of these cases the work exchanged between the manipulator and the environ-

ment is considered negligible. Since one of the main functions of a powered lower limb

prosthesis is to propel the user in gait, the work exchanged between the prosthesis

and the environment is most assuredly not negligible. In fact, the amount of work

exchanged is a useful performance metric, as one of the goals of this work is to reduce

the metabolic cost of transport for amputees.

Since a prosthesis fundamentally exchanges work with its environment, it is desir-

able to account for this energy exchange explicitly in the control system. As a result,

we must consider both force and position in the controller, and modulate the dynamic

relation between the two, as opposed to specifying one as a target and modulating

the other without restraint in order to achieve this goal. Consider the power bond

between the prosthesis and the environment:

Prosthesis Environment
F
v

Figure 1.4: The exchange of power between a prosthesis and its environment.

If the prosthesis were implemented as an ideal position controller, then the causal

stroke would fall on the left, the prosthesis would impart flow and the environment

would impart a corresponding effort. In nature, however, position (or, more precisely,

momentum) is never actually specified, instead it is force that is specified, and mo-

mentum follows. As a result, in a position control scenario, the prosthesis is actually

imparting an effort, and then modulating that effort with negative feedback in order

to achieve a flow. Force control, on the other hand, can be implemented without neg-

ative feedback or a model of the environment, although certain assumptions about
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the environment are necessary (i.e. a contact condition) in order to ensure that the

resulting system will be stable.

In the case of either force control or position control we can see that the prosthesis

is still imparting a force on the environment. When we model the prosthesis as an

effort source, we can correctly place the causal stroke on the right. Now the motion

(or flow) of the prosthetic joint is determined by the environment. In other words, the

dynamics of the environment provide a mapping from the interaction force, specified

by the prosthesis (or manipulator), to the state (i.e. position/velocity). Since this

mapping takes the general form of

v(s) = Y (s)F (s) (1.1)

where s is the Laplace variable, v(s) is the velocity (or flow), F (s) is the force (or

effort), and Y (s) is the operator that maps F (s) to v(s), then we can view the behavior

of the environment as that of an admittance. The dual nature of impedance and

admittance often encourages us to invert this relationship when convenient, casting

a system behavior that is admittance-like as an impedance (see eq. (1.2)).

Z(s) =
F (s)

ω(s)
⇐⇒ Y (s) =

ω(s)

F (s)
(1.2)

In general, however, this relationship is not invertible. Consider, for example,

the constitutive behavior of an inertial entity with a position-level constraint. In the

constrained degree of freedom, the system’s admittance can be described trivially:

(x = x0 ∀F ). However, this behavior cannot be modeled as an impedance since it

is not invertible. Since the environment of a prosthesis inevitably contains inertias,

and since, generally speaking, the prosthesis should not act with such conviction as

to violate the constraints of those inertias, we will consider the environment to be

admittance-like and enforce a specific impedance for the prosthesis. Therefore, we

13



will use state feedback to calculate a torque according to an impedance control law:

τ(s) = Z(s)ω(s) (1.3)

where τ(s) is the prosthetic joint torque, ω(s) is the angular velocity of the joint,

and Z(s) is the emulated joint impedance. In addition to this behavior, we may still

want to specify a position or velocity level reference for the prosthetic joint. In this

case, we can model the prosthetic joint controller as a flow source in conjunction with

an impedance, which can be represented by the bond graph presented by Hogan in

[37]:

Sf : ωt 0
τ
ωt

Yenv
τ
ωp

Z

τ ωZ

Figure 1.5: Hogan’s bond graph representation of impedance control [37].

We will use a linear spring and damper to represent Z, but let the coefficients

(k for the stiffness and b for the damping) be functions of our choosing (namely,

functions of state), such that we have no loss of generality. This control system can

be represented as follows:

Sf : ωref 0
τ
ωref

Yenv
τ
ω

1

τ ωz

C : 1
k

τs
ωz

R : b
τb
ωz

Figure 1.6: A linear impedance controller

We will now derive an expression for the torque control law from this bond graph.

The goal is to generate an expression for τ , the torque imposed by the prosthesis on the
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environment, in terms of the impedance parameters (stiffness k and damping b) and

the kinematic reference represented by the flow source. The constitutive equations

for each lumped parameter element in this model are as follows:

(0 : τ) ωenv = ωref − ωz (1.4)

(1 : ωz) τb = τ − τs (1.5)

(C : k)
dτs
dt

= k ωz (1.6)

(R : b) τb = b ωz (1.7)

Integrating (1.6) provides a more familiar expression for spring behavior:

τs = k θz + c1 (1.8)

We are free to select the equilibrium position of this virtual spring through the

constant of integration, c1 = k θeq. Because of our flow source will accomplish this,

however, we will simply set the equilibrium position to zero and drop this term. From

(1.4) we can see that τ is simply the sum of the spring torque (τs) and the damper

torque (τb), which are defined by (1.8) and (1.7), respectively. Therefore,

τ = k θz + b ωz (1.9)

Eq. (1.9) is easily recognized as the linear spring and damper system when k

and b are constants. However, its torque is generated with respect to ωz and not

the physical state ωenv. The flow source injected at the zero junction provides this

transformation by adding offsets in both position and velocity. Rearranging (1.4)

gives the following expression and its integrated form:
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ωz = −(ωenv − ωref ) (1.10)

θz = −(θenv − θref ) + c2 (1.11)

Again, we are ignoring the opportunity to leverage the constant of integration

in (1.11) since both the flow source and the impedance are virtual. Note that if

the spring in the impedance portion of the controller was a physical spring with a

non-zero equilibrium position, then we could carefully choose c2 in the flow source to

compensate for that offset. Instead we will also set c2 = 0. In this form ωz and θz are

easily recognized as error signals, and plugging into (1.9) gives us our control law:

τ = k(θref − θenv) + b(ωref − ωenv) (1.12)

or in block diagram form:

k + b s Yenv(s)
θref e τ θenv

−

Figure 1.7: Block diagram of the general impedance controller.

The difference between this impedance controller and a Proportional-Derivative

(PD) controller is that, in addition to the reference input θref , the control gains k

and b (or KP and KD for a PD controller) can vary. The implications of varying the

gains of the controller will be discussed in the section on finite state-based impedance

control. There is evidence that the human joints change their impedance during

various lower limb activities such as level ground walking. A framework that allows

such changes is therefore well suited for prosthetic control. In general, the impedance
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of the prosthesis need not be linear. In fact, the biomechanics literature suggests that

the impedance of the ankle joint in stance during level walking is nonlinear [40]. If

we define the impedance parameters k and b as functions of state or time, however,

the linear controller becomes nonlinear and opens up opportunities for more accurate

emulation of healthy biomechanics.

A final simplification to this controller can be made if the reference position is

assumed to either be constant, or to change discontinuously. In this case, ωref is

either zero or undefined, and so should be removed from the control law. This could

be modeled by removing the flow source from Fig. 1.8 and instead explicitly setting

or switching the virtual equilibrium position dropped from (1.8). The simplified bond

graph for this system is:

Yenv

1

τ ωenv

C : 1
k

τs
ωenv

R : b
τb
ωenv

Figure 1.8: A manipulator emulating a spring and damper.

The corresponding control law becomes:

τ = k(θref − θeq) + b θ̇ (1.13)

5.2 Finite State-Based Impedance Control

In order to gain insight as to how we should specify the three inputs to the impedance

controller (k, b, and θref ) from (1.12), let us examine the behavior of a single joint

in two common lower limb activities: the ankle in quiet standing and level ground

walking. In [41], 10 subjects displayed an average coefficient of determination (R2)
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of 0.918 in a linear regression between ankle moment and ankle angle during quiet

standing, suggesting that a linear impedance would do well to emulate healthy be-

havior for this activity. In this case the impedance control law derived previously

would devolve into a regulator with fixed θref , and fixed gains k and b. As a result,

we could instead use (1.13) to implement this behavior.

In the case of level ground walking, however, it can quickly be seen that a static

impedance will not serve to properly emulate the healthy joint behavior at either the

knee or the ankle. A spring and damper system is energetically conservative, and

a plot of ankle joint power vs. percentage of stride indicates that the ankle joint

delivers net positive energy over the gait cycle. At the very least, θref will have to

be varied in order to deliver this power. In general, however, (1.12) allows us to vary

θref , k, and b. Furthermore, it is unlikely that there is a unique mapping between

joint state and impedance parameters. In other words, in different portions of the

gait cycle the same joint state might produce different joint torques. It would be best,

therefore, to determine the impedance parameters as a function of the percentage of

the gait cycle. It may be possible to generate a continuous estimator of gait cycle

percentage and use this estimate to drive varying impedance parameters. A simpler

method, however, is to identify characteristic events throughout the gait cycle and

use these events as cues for discrete transitions between impedance parameters. This

approach forms a finite state machine where the behavior in each state is determined

by a different control law. If the parameters are assumed to be constant in each state,

then each state produced by such a system is guaranteed to be locally passive (since

(1.13) is passive).

The only concern for system stability is therefore due to the interaction of state

transitions. This is a legitimate concern, however, as hybrid systems are not neces-

sarily stable simply because they consist of only passive systems [42–45]. A simple

example of such a system can be constructed by using two controllers of the form of
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(1.13) with zero references to control a simple inertia. The first state is active in the

first and third quadrants (i.e. during periods of power delivery), while the other is

active in the second and fourth quadrants (i.e. during periods of power dissipation).

The system can be written as follows:

ẋ(t) =

 0 1

− 1
J
k(x) − 1

J
b(x)

 x (1.14)

where

k(x)

b(x)

 =


[
50 2

]T
, for x1x2 > 0[

8 6

]T
, for x1x2 <= 0

(1.15)

III

III IV

x

ẋ

τ = −k1 x− b1 ẋ

τ = −k1 x− b1 ẋ

τ = −k2 x− b2 ẋ

τ = −k2 x− b2 ẋ

Figure 1.9: An unstable hybrid system consisting of two passive continuous systems.
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Figure 1.10: Phase portraits of two passive systems and the unstable hybrid system
that results from switching between them.

The phase portraits in Fig. 1.10 show the stable behavior of each passive system

along with the unstable phase trajectory that results when they are switched. Of

course, this is a contrived hybrid system that is designed to be unstable. In practice,

however, appropriate selection of state transitions typically prevents such unstable

systems from arising.
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CHAPTER II

STUMBLE RECOVERY

The introduction of power into a lower limb prosthesis has typically been motivated

by the presence of deficiencies in amputee mobility when using passive prosthetic tech-

nology. On the other hand, deficiencies regarding amputee stability are of, perhaps,

equal or greater importance in terms of quality of life. This chapter begins with a

manuscript presented at the 32nd Annual International Conference of the IEEE Engi-

neering in Medicine and Biology Society in Buenos Aires, Argentina, which describes

a detection and classification approach for stumble recovery for an active lower limb

prosthesis. This preliminary work was extended to include active responses based

upon the classification of the stumble event, and was implemented in a Generation

1 prosthesis. The remainder of this chapter describes further preliminary work per-

formed in pursuit of a Research Project Grant from the National Institutes of Health

which was ultimately not funded, despite the demonstration of fully functional stum-

ble recovery on an amputee subject wearing a powered knee and ankle prosthesis.
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1. Manuscript 1: Stumble Detection and Classification for a Powered Transfemoral

Prosthesis

1.1 Abstract

This paper describes an approach for the real-time detection of stumble for use in

an intelligent lower limb prosthesis, using accelerometers mounted on the prosthesis,

and also describes an algorithm that classifies the stumble response as either an

elevating or lowering type response. In order to validate the proposed approach,

the investigators collected stumble data on 10 healthy subjects using accelerometers

affixed to the subjects in a manner consistent with similar instrumentation on a

transfemoral prosthesis. The proposed algorithms were shown to correctly identify

stumbling and correctly classify the stumble response for all 19 stumbles and 34

control strides collected in the experiments.

1.2 Introduction

The majority of commercially available lower-limb prostheses are energetically pas-

sive. Recent advances in mechanical and electrical system components have made

feasible powered prosthetic lower limbs that are capable of biomechanically signifi-

cant levels of joint torque and power, while still fitting within an anthropomorphic

envelope. To date, several groups have demonstrated such prostheses, reporting a

reduction in the metabolic energy cost of gait, improved symmetry of gait, and an

improved restoration of healthy biomechanical gait, relative to passive prostheses

[14, 18, 46].

In addition to improved mobility, another important characteristic of a prosthetic

leg is its ability to restore stability to its user. In passive prostheses, this characteristic

is often at odds with the goal of enhanced mobility; a prosthesis that allows dynamic
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movement usually does so at the sacrifice of some stability in both standing and walk-

ing. In a 2001 survey of 435 community-living lower-limb amputees, approximately

half reported falling in the last year, and 40.4% of those who fell reported sustaining

an injury as a result of the fall [47]. With the number of lower-limb amputees in the

United States at approximately 623,000 in 2005 [7], projection of the previous survey

onto the larger population suggests a significant demand for prosthetic devices that

are able to address deficiencies in the lower-limb amputee’s stability.

The combination of intelligence (resulting from advanced control algorithms im-

plemented on microcontrollers with high computational capabilities) and power (in

the form of high-capacity batteries and power-dense brushless DC servomotors) in a

self-contained prosthesis provides a unique opportunity to address stability issues for

the lower-limb amputee. While previous work on the side of intelligence and control

has been focused on real-time recognition of user intent [6], the objective of this work

is to separate that intent from external perturbations such as slips or stumbles. If

such perturbations can be quickly and correctly identified, a powered prosthesis can

implement an active recovery response, and as such potentially prevent the user from

falling as a result of a stumble.

Before an active response to a perturbation can be implemented, a reliable method

of identification must be developed to protect the user from unexpected and indepen-

dent behavior on the part of the prosthesis. This paper addresses that problem for the

particular case of stumbling during the swing phase of gait (prosthetic leg only). The

identification problem is broken into two segments: detection and classification. De-

tection is the process of recognizing that a stumble has occurred during swing, while

classification identifies the type of stumble, such that the correct recovery strategy

can be employed.

The human response to stumbling has been relatively well-characterized in healthy
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subjects [48–56]. Most studies identify two or three recovery strategies; elevating, low-

ering, and occasionally a delayed lowering strategy (implemented when the elevating

strategy is unsuccessful). The elevating strategy is most commonly seen as a response

to perturbations in early swing. In this strategy, the human actively flexes the hip,

knee and ankle to raise the swing leg. This movement produces two effects. In the

event that the foot is still hindered by the obstacle after the response is activated in

the leg, the elevation helps the foot to clear the obstacle to allow free swing. The

other effect is that the flexion reduces the moment of inertia of the leg about the hip

joint and allows a faster, longer step to be taken in order to support the trunk, which

has traveled forwards and rotated more extremely due to its momentum during the

extended time of the perturbed stride. After this period of flexion, a complementary

extension phase is executed to prepare the leg for stance at the next heel strike.

The lowering strategy typically occurs during middle to late swing. This response

is essentially a premature exit from swing at the point the where swing was impeded.

The stance leg then executes an exaggerated step (similar to the elevating strategy) in

order to both clear the obstacle and to properly position the foot for the next stance

phase in order to arrest the forward rotation of the trunk [50].

A delayed lowering strategy occurs when an elevation strategy is executed, but

the foot does not successfully clear the obstacle before the forward rotation of the

trunk becomes too severe. In this case, the human aborts the active flexion while

the foot is still behind the obstacle and executes a lowering strategy instead. EMG

response latencies for all strategies are on the order of 100 ms [48, 55].

In order to implement these responses in the prosthesis developed by the authors,

the walking state chart described in [5] needs to be modified as shown in Fig. 1. From

the figure, it can be seen that the lowering strategy is inherent in the behavior of the

leg, as the presence of a heel or toe load on the prosthesis will always force a transition

into the stance phase of gait. Even though the prosthesis should already behave
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correctly for the purpose of a lowering response, both detection and classification

must be implemented in order to reliably execute an elevating strategy at the proper

time. The following sections present the methods by which kinematic and inertial

stumbling data were recorded for a variety of healthy subjects, and the algorithms

for stumble detection and classification that were developed using these data.

Figure 2.1: Modified state chart for the walking controller. Note that the imple-
mentation of the lowering strategy does not require execution of the detection or
classification algorithms.

1.3 Methods

There are several techniques that have been used to produce authentic stumbles in

human gait. Distinctions can be drawn between treadmill techniques vs. over-ground

walking, and also between perturbations created by obstacle encounters vs. rope

blocking. Schillings, et al. induced stumbles by dropping an obstacle on a treadmill

belt at specific times in order to produce perturbations at different segments of swing

[48, 49, 57, 58]. Cordero, et al. also used a treadmill, but chose to block the subject’s

swing by pulling on a rope attached loosely to the subject’s leg [59, 60]. Other studies,
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such as those performed by Pijnappels et al., Pavol et al., and Eng et al., employed

custom-built devices that deployed a concealed obstacle as the subject walked along

a walkway [50–56]. In the only stumbling study known by the authors to address

amputees, Blumentritt et al. used rope blocking while subjects walked over ground

[61].

In order to develop real-time algorithms for the detection and classification of

stumble with instrumentation appropriate for embedding in an intelligent prosthesis,

the authors required multiple measurements of joint angles and limb inertial acceler-

ations, all correlated to the stumble event. Since no published studies on stumbling

provided such data, the authors conducted experiments on healthy subjects to pro-

vide an appropriate database for the design and testing of stumble detection and

classification algorithms.

In order to conduct these experiments, the authors chose an obstacle encounter

approach in over-ground walking because it most accurately recreates a real-life stum-

ble. A modular walkway was constructed that was composed of a series of identical

platforms, one of which contained a concealed stumbling mechanism. Each module

was 0.6 m long by 0.9 m wide. A total of 8 modules were built, providing a total

walking distance of approximately 5 m. Since each module was visually identical,

the stumbling mechanism could be placed at any point along the walkway without

the subject identifying it. The stumbling mechanism was built out of wood and was

mounted with a spring-loaded hinge. It was released remotely by triggering a solenoid

and locked into place when fully extended. The height of the obstacle was approxi-

mately 10 cm above the surface of the walkway when deployed. The entire walkway

was covered with a loose-pile carpet to disguise the seams where the stumbling block

flipped out of the walkway.

Each subject was instrumented with three separate triple-axis accelerometer mod-

ules (Analog Devices, ADXL335) on the left leg: one located on the foot, shank and
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thigh. The accelerometer signals were low-pass filtered at 50 Hz. The ADXL335

is a 3.3 V device, so the acceleration signals were amplified to a range of zero to

10 V before passing through a 6 m signal tether in order to ensure data integrity.

The 9 signals were acquired by a PC running MATLAB’s Real-Time Workshop at a

sampling rate of 1000 Hz with a data acquisition card (Sensoray, Model 626). Each

accelerometer module was secured to the leg with flexible straps in order to avoid

constriction of the leg’s movement. The modules were aligned with respect to gravity

(1 g of acceleration in the vertical axis, zero in the other two axes) while the subject

stood with a straight leg on the walkway.

Joint angles of the hip, knee and ankle of the left leg were measured during

each trial using a motion capture setup. A single camera was used to track the

locations of 5 reflective markers in the sagittal plane. Markers were placed on the

iliac crest, the greater trochanter, the lateral epicondyle, the lateral malleolus, and the

head of the fifth metatarsal. Video data was recorded at 90 Hz and the joint angles

were computed in post-processing using MATLAB. The joint angle measurement

approach was validated by comparing the computed joint angles from normal strides

with representative data published by Winter [62].

Data were recorded for both normal gait and stumbles on 10 healthy male subjects

of ages ranging from 24 to 42. The subjects were warned of the possibility of a

stumble or fall during the experiment. Because the anticipation of a stumble could

significantly alter the subject’s gait pattern, several techniques were employed to

reduce the ability of the subject to anticipate the event. Each subject listened to

music through earphones at a loud but comfortable level of volume in order to provide

mental distraction and also to mask any sounds that occurred during deployment of

the stumbling block. The location of the stumbling mechanism was moved in the

walkway after each stumble attempt. The stumbling block was also only deployed on

randomly determined trials at a frequency of approximately 20%.
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Video frames corresponding to data for a representative elevating-type and lowering-

type stumble are shown in Figs. 2.2 and 2.3, respectively. These figures also show the

computed link orientations (from the motion capture system), the data for knee angle

as a function of time, and indicate with a vertical cursor the instant of the stumble.

Figure 2.2: Representative measurement of an elevating type stumble response.

Figure 2.3: Representative measurement of a lowering type stumble response.
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1.4 Detection

With a working data set of 19 successful stumbles and 34 control strides from across

all 10 subjects, an algorithm was developed that utilizes the six accelerometer signals

from the sagittal plane (two each for the three segments of the lower limb). Each

accelerometer signal was high and low pass filtered using second order filters with 3

and 40 Hz cutoff frequencies, respectively. Whenever swing was initiated, the filtered

data was used to generate frames of 64 samples (64 ms) of data with the starting

points of successive frames separated by 10 samples. Since the biomechanics of swing

phase contain primarily low frequency information, and since stumble events entail

significant power at higher frequencies, a Fast Fourier Transform (FFT) was used to

measure the amount of power at frequencies between 10 and 40 Hz. A stumble flag was

raised when the power at these higher frequencies exceeded a threshold, determined

relative to normal swing. If four or more signals raised stumble flags within a 100

ms interval, the algorithm reports a stumble. Figure 2.4 shows a representative FFT

(from one component of shank acceleration) for a swing phase in which a stumble

occurred, and for comparison to a swing phase without a stumble event.

This algorithm correctly detected stumbles (and the absence of stumbles) in all

collected data, with an average delay of detection of 50 ms, and a maximum detection

delay of 70 ms. Note that, as described by Schillings et al. the delay in the stumble

response in healthy subjects is typically more than 100 ms, and thus the delay required

by the FFT approach is well within the reaction time of healthy subjects [48, 55].
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Figure 2.4: Power spectra of the shank z-axis accelerometer during swing for a stum-
bling trial (a) and a control trial (b).

1.5 Classification

When a stumble is detected, the event must then be classified as either a lowering or

elevating event. Note that this determination is made easier due to the intact hip in

the transfemoral amputee, which directly influences the accelerometer measurements

on the leg segments, and thus provides information regarding the stumble strategy

being employed by the user.

Figure 2.5 shows the y-direction (i.e., transverse) component of the thigh segment

acceleration for 50 ms preceding stumble detection for all 19 stumbles, where the dark

traces are the cases in which the subjects employed an elevating strategy, and the

light traces on the cases in which the subjects employed a lowering strategy. As can

be observed from the figure, the character of the acceleration is distinct between the
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elevating and lowering trials. Figure 2.6 shows the root mean square of this component

of acceleration for the 50 ms preceding stumble detection for all 19 stumbles. As can

be seen from the figure, applying a simple threshold to this measurement is sufficient

to determine the stumble strategy for all 19 stumbles.

Figure 2.5: Transverse component of thigh acceleration during elevating and lowering
strategies.

Figure 2.6: RMS values of the y-component of the thigh accelerometer signals.
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1.6 Conclusion

This paper proposes a methodology for implementing detection and classification of

a stumble using accelerations of the thigh, shank and foot during swing. Both FFT-

based detection and threshold based classification are promising. However, larger

datasets with more stumbles per subject are necessary for a more thorough validation

of the presented methods.

2. Addendum to Manuscript 1: Implementation of Stumble Recovery in a Powered

Prosthesis

The results of the above manuscript were compelling enough to try to implement real

recovery strategies in the powered prosthesis prototype and test them on an amputee

subject. The following research was conducted as preliminary work for a series of

R01 proposals for the National Institutes of Health. Although the project did not

receive funding, it has been shown that a powered knee and ankle prosthesis is capa-

ble of detecting, classifying, and appropriately reacting to all four cases of stumbles

(elevating and lowering, ipsilateral and contralateral). Implications regarding further

directions of this work are summarized at the end of this chapter.

2.1 Recovery Approaches

2.1.1 Trajectory-Based Recovery

Before the stumble recovery method described in the previous manuscript was imple-

mented on the powered prosthesis, several approaches were considered for implement-

ing the elevating-type recovery response in the powered prosthesis. Since the healthy

elevating strategy is a fundamentally active response, the first approach considered for
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recovery in the powered prosthesis consisted of a trajectory generation and execution

phase following the detection and classification of the stumble. It was assumed that

executing a trajectory tracking algorithm was acceptable in this condition, provided

that the selected trajectory was consistent with the user’s response, and that it ended

in sufficient time and reverted to the finite state-based impedance framework.

In order to understand the normal human biomechanics of the stumble response,

the authors constructed a data set for two subjects of similar height, weight and age.

The data from the first subject was used for algorithm development and the data

from the second subject was used to validate the approach. Subject A was male, 27

years old, weighed 83 kg, and had a height of 1.81 m. Subject B was male, 25 years

old, weighed 84 kg, and had a height of 1.82 m.

In order to capture joint angles for each data set, a custom motion capture setup

was constructed for a simple, two-dimensional analysis. A single camera captured

frames at 90 Hz of a 5 m walkway. Reflective markers were placed on the iliac crest,

the greater trochanter, the lateral epicondyle, the lateral malleolus, and the head of

the fifth metatarsal of the subject. The locations of these markers were extracted

from each frame in MATLAB and used to calculate the joint angles.

Fig. 2.7 shows the segmentation of the elevating response for a typical trial. The

cross marks the contact of the subject’s foot with the obstacle, and the solid lines

represent the flexion and extension phases of the response. The flexion phase in the

figure is delayed from the instant of stumble in order to account for the latency of

the reaction in the subject. The change in knee angle during this time is due to the

passive dynamics of the interaction between the foot and the obstacle.
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Figure 2.7: Trajectory design parameters taken from measured data.

The trajectory reference for the prosthesis is split into two components: one corre-

sponding to knee flexion after impact with the obstacle, and a second corresponding

to knee extension in preparation for stance. The transition from the flexion trajectory

to the extension trajectory is governed by a finite-state model that switches based

upon a zero crossing in knee velocity (corresponding to a peak in knee angle). This

approach protects the prosthesis from executing a complex trajectory independent

of interaction with the user. In other words, if the knee angle does not reach the

specified angle in the time dictated by the trajectory, the prosthesis will wait for the

inflection in knee angle before continuing with the extension phase. There are two

characteristic times, ∆τ1 and ∆τ2, which correspond to the durations of flexion and

extension, respectively. The other two parameters shown are characteristic angles:

α, corresponding to the maximum flexion angle (relative to the knee angle at the

time of detection) and β, the angle at heel strike. These parameters were determined

from empirical data and used to help specify constraints for the trajectory generation.

Their values are summarized in Table 1.

For each component of the trajectory, four constraints were set based upon both
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Table 1: Empirical Parameters

Parameter Value

α - Desired Added Knee Flexion 20◦

β - Desired Knee Angle at Heel Strike 20◦

∆τ1 - Median Flexion Duration 73 ms
∆τ1 - Median Extension Duration 274 ms

the empirical parameters described above and the constraints for position and velocity

continuity. These constraints were used to uniquely determine third order polynomials

of the form

θflx(t) =


c10 + c11t+ c12t

2 + c13t
3, for 0 < t < ∆t1

θdetection + α, for t ≥ ∆t1

(2.1)

θext(t) =


c20 + c21t+ c22t

2 + c23t
3, for 0 < t < ∆t2

β, for t ≥ ∆t2

(2.2)

where θflx(t) represents the trajectory for flexion, θext(t) represents the trajectory

for extension, t denotes time (relative to the beginning of each segment of the trajec-

tory), and each cmn represents a constant coefficient subject to the constraints listed

in Table 2.

As is evident from the constraints listed in Table 2, the only factors that influence

the shape of the response trajectory for a given stumble are the angular position and

velocity of the knee at the time of detection. (Remember that the four parameters α,

β, ∆t1, and ∆t2 are empirically determined, but once chosen they are implemented as

constant values.) Trajectories were generated for each stumble in data sets from the

two subjects. The detection point for each trial was taken as the inflection in velocity

after the stumble, signifying the end of the passive dynamics and the beginning of

the active human response.
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Table 2: Trajectory Constraints

Constraint Description

θflx(0) = θdetection Continuity of Knee Angle at Detection

θ̇flx(0) = θ̇detection Continuity of Knee Velocity at Detection
θflx(∆t1) = θdetection + α Maximum Knee Angle at End of Flexion

θ̇flx(∆t1) = 0 Knee Velocity at End of Flexion
θext(0) = θflx(∆t1) Continuity of Knee Angle at Detection

θ̇ext(0) = θ̇flx(∆t1) Continuity of Knee Angle at Detection
θext(∆t1) = β Continuity of Knee Angle at Detection

θ̇ext(∆t1) = 0 Continuity of Knee Angle at Detection

Fig. 2.8 shows the trajectory overlaid with the measured response and a control

swing for a typical trial in subject B. It is important to note that the knee angle

parameters were determined by tuning, and the characteristic times were selected

as the median values from subject A. A detection window is shown in the figure to

highlight the time from the stumble event to the latest measured muscle response in

healthy subjects.

Figure 2.8: Generated trajectory as compared to the measured response.

A simulation of the presented response was performed for each stumble in order
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to gage the ability of the prosthesis to effectively track the trajectory. A control law

of the form

τ = k(θ(t)− θtraj(t)) + bθ̇(t) (2.3)

was adopted in order to preserve the impedance framework already implemented

on the prosthesis. In 2.3, τ represents the actuator torque, θ(t) represents the pros-

thetic knee angle, θ̇(t) represents the prosthetic knee velocity, and θtaj(t) is the refer-

ence trajectory. The gains k and b adjust the impedance used to track the reference.

During the stumble response, power can be generated by the evolution of the

reference in time. At the conclusion of each segment of the trajectory, however, the

reference will remain at a constant value until a state-transition occurs and therefore

recapture the passive behavior. Furthermore, in the simulation the tracking of the

reference occurs at a moderate impedance (k = 5Nm/deg, b = 0.1Nm · s/deg). This

impedance allows a fast response but still tolerates a significant amount of tracking

error. The result is a more dynamic and forgiving interaction between the movement

of the prosthesis and the actions of the user.

To evaluate the elevating stumble response, a simplified model of the prosthesis

was used. Fig. 2.9 shows a free-body diagram of the model, implemented as a

pendulum attached to a moving point. The forces acting on the prosthesis (in free

swing) are the force due to the acceleration of gravity on the prosthesis’s center of

mass, the propagated inertial forces due to the accelerations at the knee, and the

imposed actuator torque. The equation of motion for the model is given by

Iϕ̈ = mL(ÿ + g)sinϕ+mL(̈x)cosϕ+ τ. (2.4)

The orientation of the prosthesis is expressed in the world coordinate system

(WCS), and so it is represented by ϕ in order to differentiate this angle from the true
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knee angle θ in eq. 2.3. The knee angle is found by the difference between ϕ and the

orientation of the thigh in the WCS.

Figure 2.9: Free-body diagram of the shank model.

A simulation was performed for each trial in order to estimate the achieved trajec-

tory of the leg had it been controlled by the suggested control law. The translational

movement of the knee was constrained to the kinematics measured in the motion

capture, so the validity of this approach is dependent upon the assumption that these

trajectories would have been similar given the slightly varied knee kinematics.

Fig. 2.10 shows the simulated knee angles for the control implementation overlaid

with the measured responses for the validation subject (subject B). Despite the no-

ticeable deviation from the measured response in some cases, it is probable that the

flexion of the prosthesis would still improve the probability of a successful placement

of the foot in order to support the body and prevent a fall. In every case, the sim-

ulated prosthesis movement would have cleared the obstacle, which is critical to the

execution of an elevating strategy.
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Figure 2.10: Generated trajectories as compared to the measured responses in all six
trials for Subject B.

2.1.2 Impedance-Based Recovery

In order to preserve the finite state-based framework of the original control system,

and in order to maintain consistency with the work presented in Manuscript 1, a

two state extension to the walking controller was also considered for implemented an

elevating strategy in stumble recovery. Using the same healthy subject data from the

previous experiments, Frank Sup constructed a three-link (thigh, shank, and foot)

planar model using MATLAB Simulink.

Inertial estimates of the actual leg segments were used for the simulation, and

impedance parameters were manually tuned for each state in order to match the

kinematics of a healthy stumble. The model was constrained to follow the hip joint

trajectory and thigh segment angle of the healthy trial. Just as in the single degree of

freedom simulation, the validity of this approach assumes that the hip dynamics would
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not be substantially influenced by slight variations in the knee and ankle behavior,

since this portion of the simulation is kinematically constrained.

The impedance parameters used for the knee joint in the simulation are shown in

Table 3.

Table 3: Knee Impedance Parameters

Phase
K

Nm · deg−1
b

Nm · s · deg−1
θk
deg

Normal Swing Flexion 0.9 0.05 58
Normal Swing Extension 1.6 0.10 33
Stumble Swing Flexion 0.2 0.00 105

Stumble Swing Extension 3.1 0.17 33

Figure 2.11: Measured and simulated knee joint angle during elevating stumble re-
covery (stumble event occurs at 400 ms).
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2.2 Amputee Subject Testing

2.2.1 Implementation on the Powered Prosthesis

Several simplifications were made to the detection and classification approach de-

scribed above in order to facilitate an efficient implementation on the embedded sys-

tem of the powered prosthesis. Much of the simplification stems from the fact that the

finite state machine of the powered prosthesis provides valuable information about the

current phase of gait, which was lacking in the healthy subject experiments. In the

healthy subject experiments, toe off and heel strike events were significant risks for

false detections of stumbles, as both produced significant accelerations. Since these

events correspond to state transitions in the finite state machine of the powered pros-

thesis, the real time stumble detection algorithm can simply ignore possible stumble

events within windows of these state transitions. For this reason, a simple threshold-

ing scheme was sufficient for detection, and a real time FFT was not conducted in

the trials that follow.

2.2.2 Testing the Four Stumble Events

Because a stumble can occur on either the sound side or the affected side for a

unilateral amputee, and because there are two main recovery strategies (elevating

and lowering), there are four distinct stumbling scenarios. All four stumble scenarios

were investigated with an amputee subject using the powered prosthesis. To begin,

the subject performed what are known as “contrived” stumbles, or stumbles where

he was aware of the obstacle before it perturbed his stride. In all four conditions, the

prosthesis performed as designed; in early swing on the affected side the prosthesis

performed an elevating strategy, and in late swing it provided support for the lowering

strategy. In the case of sound side stumbles, the prosthesis remained in support during
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the recovery movement of the sound leg for both elevating and lowering strategies.

Despite these promising results, when unanticipated stumbles were tested on the

amputee subject, he quickly reacted to the perturbation with a learned response not

seen in healthy subjects. In affected side stumbles, the prosthesis correctly detected

stumbles and chose elevating responses for early swing and lowering responses for late

swing, while the subject in all cases immediately performed a compensatory hopping

motion on his sound side. This reaction is undoubtedly learned from walking with a

prosthesis that does not inherently react to stumbles.

Figure 2.12: Stumble response in an amputee subject using the powered prosthesis.
This is a “contrived” stumble where the subject was aware of the obstacle. In this
scenario, the subject was able to use the prosthesis to clear the obstacle and subse-
quently receive support on the affected side. When the obstacle was unanticipated,
however, the subject executed a different recovery strategy consisting of hopping on
his sound side.

Continued research on stumble recovery techniques for amputees using powered

prostheses may require the subjects to wear the prototype prostheses for long periods

of time in order to re-learn reflex techniques during stumbling events. Because this

sort of study would require commercially hardened prototypes and, possibly, FDA-

approval of the devices, it was not pursued further by the author. Another possible
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approach would be to test the recovery techniques of new amputees that had not

already grown accustomed to using passive prostheses. Again, the selection criteria

for this study excluded amputees that were less than 6 months post independent

ambulation, so this approach was not pursued.
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CHAPTER III

NAVIGATION OF STAIRS

A significant problem for many lower limb amputees is the navigation on terrain other

than level ground. Although the lack of power in passive devices is clearly a problem

for stair ascent, both stair ascent and descent are characterized by notably different

impedances and behaviors than level walking. Therefore, it is not surprising that

passive devices developed and optimized for level ground walking suffer a performance

disadvantage during these activities. The virtual impedance characteristics of the

powered prostheses described in this dissertation make them well suited to adaptable

behaviors, and, as such, they can change their behavior accordingly for stair ascent

and descent. This chapter consists predominantly of a manuscript that appeared in

the 3rd issue of the 21st volume of the IEEE Transactions on Neural Systems and

Rehabilitation, which describes stair ascent and descent controllers developed by the

author using the methodology of the finite state-based impedance control framework

developed by Sup [5]. Additional plots of estimated power delivery are included in

an addendum, as these data were not included in the journal publication.
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1. Manuscript 2: Control of Stair Ascent and Descent with a Powered Transfemoral

Prosthesis

1.1 Abstract

This paper presents a finite state-based control system for a powered transfemoral

prosthesis that provides stair ascent and descent capability. The control system was

implemented on a powered prosthesis and evaluated by a unilateral, transfemoral

amputee subject. The ability of the powered prosthesis to provide stair ascent and

descent capability was assessed by comparing the gait kinematics, as recorded by

a motion capture system, with the kinematics provided by a passive prosthesis, in

addition to those recorded from a set of healthy subjects. The results indicate that the

powered prosthesis provides gait kinematics that are considerably more representative

of healthy gait, relative to the passive prosthesis, for both stair ascent and descent.

1.2 Introduction

Over the past two to three decades, two significant technological advances have helped

to enhance the mobility of transfemoral amputees. In the 1980s the introduction of

composites such as carbon fiber allowed the creation of energy-storing ankle-foot com-

plexes that can return some of the energy stored in the stance phase of gait back to

the limb for the swing phase. In the 1990s the integration of microprocessor control

with modulated damping elements in prosthetic knee joints enhanced the capability

of prosthetic knees to accommodate variation in gait speed and locomotion activity.

Despite these advances, the capabilities of these joints remain deficient relative to the

healthy joint, particularly during stair ascent and descent. The inability to achieve

biomechanically healthy stair ascent is largely due to the fact that the emulation of

healthy stair ascent requires significant net positive power at the knee and ankle joints

45



[63–65]. An energetically passive prosthesis is fundamentally unable to provide such

net power at either joint. The inability of existing prostheses to provide biomechani-

cally healthy stair descent is not due to a lack of power generation capability, per se,

but rather due to the inability of existing prostheses to appropriately configure the

ankle joint prior to foot strike. That is, stair descent is characterized by forefoot strike

rather than heel strike, which enables the ankle joint to dissipate substantial power

during the loading phase of gait. A typical passive (compliant) ankle/foot prosthesis

is unable to provide the appropriate ankle posture during the terminal swing phase to

set up forefoot strike and is similarly unable to absorb energy (without later releasing

that energy) during the loading phase of stair descent. Although various powered

lower limb prosthetic devices are emerging [3–6, 12, 14, 18, 66], to the knowledge of

the authors, no literature is currently available regarding the implementation of stair

descent or ascent with a powered knee and ankle transfemoral prosthesis. It should be

noted that Koganezawa, et al. presented a passive transfemoral prosthesis designed

to provide reciprocal stepping; however, no data was presented, and it was conceded

that active knee extension and ankle plantarflexion were not possible [67].

As such, the authors present here the design, implementation, and experimen-

tal validation of a stair ascent and descent control system for a powered knee and

ankle prosthesis previously developed by the authors. The authors have previously

described controllers for level and sloped standing and walking [3–6]. In this paper,

the authors describe the design of the control system for stair ascent and descent,

implement the system in the aforementioned powered prosthesis, and compare the

resulting joint kinematics during stair ascent and descent with those provided by a

passive prosthesis and healthy subjects.
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1.3 Methods

1.3.1 Powered Prosthesis

The controllers presented in this manuscript were designed for and implemented on

the powered prosthesis prototype pictured in Fig. 3.1. This prosthesis is the sec-

ond generation of the prosthesis prototype described in [5]. The second generation

prosthesis uses the same hierarchical control structure as the first, consisting of a

supervisory controller that infers the user’s intent and selects an appropriate activity

mode and an activity-level controller that runs a state machine to select the internal

phase of the activity. The knee and ankle actuators are brushless DC motors that are

controlled by custom servo-amplifiers integrated into the embedded control system.

Sensors in the prosthesis include a shank axial load sensor, angle sensors at the knee

and ankle joints, and a 6-axis inertial measurement unit. The embedded electronics

are contained on a single printed circuit board located on the shank of the prosthesis

(excluding small circuit boards required for sensor interfacing). The power source is

a lithium-polymer battery, and the prosthesis attaches to an amputee’s socket with a

standard pyramid connector. The current prototype can achieve approximately 100

Nm of torque at the ankle joint and 90 Nm of torque at the knee joint. The prosthesis

prototype shown in Fig. 3.1 weighs 4.3 kg (9.5 lb), not including the mass of the shoe

or height adaptor shown.
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Figure 3.1: The powered prosthesis previously developed by the authors and used in
the experiments.

The activity-level controllers in the device are implemented in the form of a finite

state machine (FSM). Each state within the FSM generates torque commands for the

knee and ankle joints that ensure passivity within the state. The torque command is

a function of joint angular position and velocity, and is given by

τk = kk(θk − θeqk) + bkθ̇k

τa = ka(θa − θeqa) + baθ̇a

(3.1)

where τ denotes the commanded torque, θ denotes the joint angle, and θ̇ denotes

the joint angular velocity. The subscripts k and a denote knee and ankle, respectively.

The three remaining parameters in each equation are easily recognized in this form as

a stiffness term, equilibrium position, and a damping coefficient (k, θeq, and b, respec-

tively). This control law, therefore, can be viewed as an emulation of a spring and
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damper within each state. The primary goal behind implementing such a controller is

that the behavior of the prosthesis within any given state will be passive, yet energy

can be introduced into the system by changing the potential energy of the virtual

spring arbitrarily during transitions between finite states. Since state transitions are

based on mechanical cues from the user, the user retains control over the introduction

of power into an otherwise passive system.

1.3.2 Stair Ascent Controller

The stair ascent controller consists of 5 phases, each of which is accessed sequentially

during a single stride of stair ascent. The conditions for state transitions for stair

ascent are listed in Table 6, and the state machine is depicted in Fig. 3.2. Stair ascent

begins in Phase 4, which is called the pre-landing phase. This phase is tuned for a

relatively high impedance to prepare the prosthesis for loading once the user positions

the prosthetic foot on the first step. This high impedance allows the user to register

a load on the prosthesis even though the knee is relatively bent. The registration of

this load triggers the T40 transition, and the prosthesis enters Phase 0.

Phase 0 is the main power delivery phase of the stair ascent controller. In this

phase, the knee extends and lifts the center of mass of the user. The knee extension

is achieved by selecting a high impedance for the knee and choosing an equilibrium

position near zero such that the knee generates a large moment at the beginning of

this phase.

The transition from Phase 0 to Phase 1 (T01) occurs when the knee and ankle

angles both straighten significantly. This straightening is due in part to the extensive

knee torque provided by the impedance set in Phase 0, and also by a simultaneous

exertion of hip torque in flexion from the user. This torque coincides with ground

contact on the contralateral side and is the signal for the ankle to start pushing off
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in preparation for swing. Phase 1 ends when ground contact is lost, as measured by

a minimum threshold in the load sensor.

Phase 2 is characterized by a large knee flexion produced by a moderate impedance

and a large knee equilibrium angle. When the knee velocity inflects during swing (after

the knee angle passes its equilibrium position and, consequently, the knee torque

inflects), the controller transitions into Phase 3, the swing extension phase. Once the

knee has extended sufficiently under a low impedance, the controller transitions back

to Phase 4, where it maintains a moderate impedance in anticipation of loading on

the next step.

Figure 3.2: The finite state model for the stair ascent controller.

1.3.3 Stair Descent Controller

The stair descent controller is similar in form to the ascent controller, although with

several significant differences in the nature of the finite states. The first major differ-

ence is that the lifting portion of the stance phase is replaced with a lowering portion

as the user’s center of mass moves down the steps. The second difference is that there
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Table 4: Finite State Transitions for the Stair Ascent Controller

Transitions Description Condition

T01
The knee is straightened and ankle
push-off begins.

Load is high
Load is high

Ankle is close to zero

T12
The toe leaves the ground after pushing
off.

Load is low

T23
The knee reaches maximum flexion in
swing.

Knee velocity inflects
Knee exceeds a certain angle

T34
The knee finishes extending and pre-
pares for foot landing.

Knee returns to proper angle

T40
Ground contact is established and the
next stride begins.

Load is high

is no push-off phase for the ankle; the small amount of swing flexion seen at the knee

is actively provided by the knee actuator.

The conditions for state transitions for stair descent are listed in Table 7, and the

state machine is depicted in Fig. 3.3. The prosthesis enters stair descent in Phase 3,

the swing extension phase. This phase has a moderate impedance and serves both

as the phase that extends the knee at the end of a stride and also as the pre-landing

phase for the next instance of ground contact. Additionally, the ankle equilibrium

position is substantially plantar-flexed in anticipation of ground contact. The pre-

landing phase and the knee extension phase are not distinct in the stair descent

controller because a high impedance is not necessary on ground contact, since the leg

is preparing to yield to the weight of the user.

Once ground contact is established, as measured by the load cell, the prosthesis

enters the forefoot strike phase, Phase 0. In this phase, the knee is moderately stiff,

and the ankle is highly damped. Since the ankle begins this phase in plantarflexion,

it will passively flex as the user loads the prosthesis. Eventually a threshold is met

with respect to the ankle angle, and the controller transitions to the stance phase,

Phase 1. In this phase, the knee becomes highly damped with no stiffness, and the

result is a net knee flexion produced by the weight of the user, allowing him or her
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to descend the step.

There is no push off phase after stance, and instead the prosthesis enters the swing

flexion phase, Phase 3, when the load signal passes a minimum threshold, indicating

that the user has shifted weight onto the contralateral limb. Swing knee flexion is

therefore active in this controller, although the amount of additional flexion after

stance is minimal (just enough to enable the prosthesis to clear the step). Once

the velocity reaches an inflection point, just as in the stair ascent controller, the

prosthesis transitions to the swing extension phase and remains in this phase until

ground contact is again established.

Figure 3.3: The finite state model for the stair descent controller.

1.3.4 Experimental Validation

The stair ascent and descent control system was implemented on the powered pros-

thesis previously developed by the authors and subsequently tested on a unilateral

transfemoral amputee subject. The previously described impedance parameters were
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Table 5: Finite State Transitions for the Stair Descent Controller

Transitions Description Condition

T01
The ankle finishes conforming to the

ground and knee flexion begins.
Ankle is sufficiently flexed

T12
Stance is reached on the contralateral

limb, begin swing flexion.
Load is low

Knee is sufficiently flexed

T23
Maximum flexion is reached, begin

knee extension.
Knee velocity inflects

T30
Forefoot strike is detected and the

next stride begins.
Load is high

T03
If the foot landing phase is aborted,

return to the end of swing.
Load is low

manually tuned for this subject in order to achieve appropriate stair ascent and de-

scent behaviors. The amputee subject was a 23 year old man whose right side trans-

femoral amputation was the result of a traumatic injury. At the time of the experi-

ments, he was 5 years post-amputation, and his daily use prosthesis was an Otto Bock

C-Leg knee and a Freedom Innovations Renegade ankle/foot (i.e., a microprocessor-

modulated damping knee, and a carbon fiber ankle/foot). In order to form a baseline

for evaluation of the amputee subject’s gait, kinematic data were also collected on 10

healthy male subjects with a mean age of 26.8 years (std. dev. 4.5 years). Specifi-

cally, motion capture data were collected during both stair ascent and stair descent

on a wooden 8-step staircase with 16.5 cm risers and 25.4 cm runners. Kinematic

data were recorded with motion capture using a 12 camera Optitrack system from

NaturalPoint. Marker data was collected at 120 Hz and converted to a skeletal model

within NaturalPoint’s ARENA software environment and then exported as a BVH

file resampled to 100 Hz. Sagittal plane joint angles were then extracted from the

BVH files using MATLAB. Prior to testing, approval was received from the Vander-

bilt University Institutional Review Board and all subjects gave informed consent,

including permission for the publication of video and photographs.

Each subject ascended and descended the staircase in 10 trials. The second and
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third steps with each limb were used for analysis from each trial, totaling 20 strides

for both ascent and descent for each subject. The same procedure was used for the

amputee subject, although the use of a hand rail was allowed on the subject’s sound

side. For the amputee subject, trials were performed first with his daily use prosthesis

(where he was instructed to attempt a step-over-step strategy for stair ascent, com-

pensating for the lack of knee extensive torque with excessive hip extensive torque

and by using the hand rail) and then with the powered prosthesis. It is important

to note that the subject indicated that his preferred method of stair ascent with

his daily-use prosthesis was to ascend each step with only his sound side. However,

this method was selected for the comparison, since like the other cases (healthy and

powered prosthesis), it represents step-over-step walking, and therefore arguably rep-

resents a fairer basis for comparison. For stair descent with the daily-use prosthesis,

the subject chose the same strategy described in [68]. In this strategy, the prosthetic

heel is placed approximately half a foot length from the edge of the step and the foot

rolls over the edge of the step, effectively using the interface between the stair edge

and foot as a proxy for the ankle joint.

1.4 Results

1.4.1 Stair Ascent

Fig. 3.4 and 3.5 show the knee and ankle joint angles versus stride for stair ascent for

the three experimental cases previously described. In Fig. 3.4, the top row shows the

left and right average knee joint angles from the 10 healthy subjects, wherein each

healthy subject dataset represents 20 strides. The middle row contains the average

left (intact) and right (prosthetic) knee joint angles over 20 strides from the amputee

subject with the powered prosthesis and previously described stair ascent controller.

The bottom row contains the average left (intact) and right (prosthetic) knee joint
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angles over 20 strides from the amputee subject with his daily use passive prosthesis.

The average stride times for stair ascent were 1.20 seconds (std. dev. 0.06) for the

healthy subjects, 1.80 seconds (std. dev. 0.05) for the powered prosthesis, and 1.41

seconds (std. dev. 0.16) for the passive prosthesis. Since the ground reaction force

was not measured in these experiments, mean curves for each healthy subject were

computed by parsing the strides in a manner similar to the kinematic reference signal

presented in [69]. Instead of using the vertical position of a foot marker, however, heel

strike was determined by the small but sharp inflection present in the ankle angle.

The same plots for the ankle joint are shown in Fig. 3.5.

Figure 3.4: Kinematics comparison for the knee angle in stair ascent. The top two
plots show the left and right side averages of ten healthy subjects. The middle two
plots show the averages for the amputee subject using the powered prosthesis. The
bottom two plots show the averages for the amputee subject using his daily use
prosthesis. All plots show +/- 1, 2, and 3 standard deviations in sequentially lighter
gray bands.
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Table 6: Max/Min Knee and Ankle Angles for Stair Ascent

Measure Healthy Passive Powered

µ σ µ σ µ σ
Max Knee 91.1/93.0 5.4/5.2 90.8/21.5 1.4/1.7 90.2/96.3 1.9/1.9
Min Knee 11.7/11.3 5.1/5.6 4.1/10.5 1.1/0.8 9.5/2.0 1.3/0.7
Max Ankle 24.0/25.9 3.6/3.8 32.6/14.3 2.0/1.2 19.8/20.8 1.6/0.6
Min Ankle -5.7/-0.9 3.9/3.6 -29.8/4.3 1.4/0.4 -28.7/-16.1 1.8/0.8

∗ Differences between right and left measures greater than 15◦ are highlighted in bold print.

Figure 3.5: Kinematics comparison for the ankle angle in stair ascent. The top two
plots show the left and right side averages of ten healthy subjects. The middle two
plots show the averages for the amputee subject using the powered prosthesis. The
bottom two plots show the averages for the amputee subject using his daily use
prosthesis. All plots show +/- 1, 2, and 3 standard deviations in sequentially lighter
gray bands.
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1.4.2 Stair Descent

Stair descent knee and ankle kinematics are shown in the same form as for stair ascent

in Fig. 3.6 and 3.7 (also for 20 strides in all plots, and for 10 subjects in the healthy

subject case). The average stride times for stair descent were 1.09 seconds (std.

dev. 0.06) for the healthy subjects, 1.36 seconds (std. dev. 0.05) for the powered

prosthesis, and 1.10 seconds (std. dev. 0.08) for the passive prosthesis.

Figure 3.6: Kinematics comparison for the knee angle in stair descent. The top
two plots show the left and right side averages of ten healthy subjects. The middle
two plots show the averages for the amputee subject using the powered prosthesis.
The bottom two plots show the averages for the amputee subject using his daily use
prosthesis. All plots show +/- 1, 2, and 3 standard deviations in sequentially lighter
gray bands.
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Table 7: Max/Min Knee and Ankle Angles for Stair Descent

Measure Healthy Passive Powered

µ σ µ σ µ σ
Max Knee 90.4/92.5 3.9/3.7 78.6/69.4 1.7/2.8 85.3/87.6 2.0/1.8
Min Knee 11.8/12.9 3.6/2.7 9.7/9.8 2.5/0.6 18.4/12.1 1.4/2.4
Max Ankle 34.2/36.5 3.5/5.0 31.3/7.4 4.4/1.1 28.8/28.6 0.9/2.1
Min Ankle -17.7/-14.2 3.6/4.0 -23.1/2.2 2.0/0.5 -27.0/-13.0 1.5/0.5
∗ Differences between right and left measures greater than 15◦ are highlighted in bold print.

Figure 3.7: Kinematics comparison for the ankle angle in stair descent. The top
two plots show the left and right side averages of ten healthy subjects. The middle
two plots show the averages for the amputee subject using the powered prosthesis.
The bottom two plots show the averages for the amputee subject using his daily use
prosthesis. All plots show +/- 1, 2, and 3 standard deviations in sequentially lighter
gray bands.
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1.5 Discussion

It is important to note the limitations of using averaged kinematic data across subjects

as a standard for evaluating gait. Firstly, averaging the mean curves of each subject

with respect to either time or normalized time (in terms of percentage of stride) can

artificially reduce peaks in the data. For instance, if the instant of peak swing knee

flexion varies from subject to subject, this will result in a smearing of the average peak

knee flexion, producing what appears to be a wider, softer swing phase. Additionally,

one would expect the averaged data to exhibit an increased symmetry between limbs,

assuming that kinematic anomalies specific to each subject are equally distributed

between the right and left limbs. In light of these issues, it is important to remember

that the healthy subject data plotted in Fig. 4, 5, 6, and 7 depict gait cycles that were

never performed by a single individual. These effects are relatively minor, however,

as can be seen by consulting Tables III and IV, which show the means and standard

deviations of the maximum and minimum knee and ankle angles for the left and right

sides for all trials.

Despite these limitations, reasonable evaluations of a particular gait cycle can still

be made by comparing to these averaged data. It is clear from the stair ascent data

in Fig. 4 and 5 that the powered prosthesis provides a significantly better approxi-

mation of healthy joint kinematics than the passive knee and ankle counterparts (i.e.,

comparing the data in the right column of these respective figures). In stair descent,

the passive and powered knees perform similarly (right column of Fig. 6), although

the powered ankle clearly provides a significantly better approximation of healthy

ankle behavior than the passive ankle (right column of Fig. 7).
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1.5.1 Stair Ascent

As depicted in Fig. 4, the knee angle of the powered prosthesis in stair ascent contains

all the essential features of biomechanically normal stair ascent. There is a net knee

extension in stance (i.e. the knee angle begins stance at approximately 70◦ and ends

near 10◦, lifting the user up the step) and knee flexion in swing comparable to the

healthy data (approximately 90◦ of knee flexion). However, the stance knee extension

for the powered prosthesis appears slightly late relative to the healthy subject data.

Additionally, the amputee subject’s sound side stance knee extension appears to occur

earlier than in the healthy subject data. This asymmetry occurs due to a slight pause

in the amputee subject’s gait as he checks the position of the prosthetic foot on the

step and prepares for the transition to Phase 0, the stance phase where the prosthetic

knee extends. The reason for this pause is due in part to the lack of proprioception on

the amputee’s affected side. Extra care and confirmation is therefore needed on the

part of the amputee to confirm that the limb is configured in a safe way for the next

step. If the pause were removed from the parsing of the stride, the knee kinematics

would match extremely closely to the healthy average. In consideration of the safety

and confidence of the subject, however, the authors felt it would be inappropriate to

discourage this pause during the training of the subject.

The ankle kinematics (Fig. 5) for the powered prosthesis also exhibited similar

trends to that of the healthy subjects, although there was less symmetry in this

case between the amputee subject’s sound and affected sides. Specifically there was

a heightened plantarflexion of the sound side ankle, though its peak of -30◦ is still

within approximately 2 standard deviations of the healthy subject data. This peak

suggests some sound-side compensation when using the powered prosthesis, although

there is no evidence of vaulting during middle stance (no plantarflexion before 60%

of stride).
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With regard to the characteristics of the passive prosthesis in stair ascent, a lack

of power generation capability largely precludes net knee extension during stance

phase, and so the amputee subject adopted a strategy of hip circumduction in order to

achieve reciprocal stepping in this case. Specifically, the subject placed the prosthetic

foot on the subsequent step, and with the knee mostly straight on the step above

him, he made an extended and exaggerated ankle push-off, along with significant

assistance from the sound side hand rail (see video included in the supplemental

material). Additionally the early portion of the stance phase of the sound ankle

showed evidence of vaulting, as the ankle plantarflexes at 30% of stride instead of

60%. Although joint torques were not measured in these experiments, the subject

presumably used excessive hip torque to vault over the passive device.

1.5.2 Stair Descent

Since the knee acts primarily as a damper in stair descent, the subject’s passive knee

prosthesis is able to provide a high degree of functionality for this activity. Indeed,

both the passive and powered knees provide fairly good facsimiles of healthy knee

joint kinematics during stair descent. In both cases, however, there is a notable lack

of early stance knee flexion (i.e., loading response) on the affected side. Although

the framework of the powered prosthesis does allow for such stance knee flexion,

the authors chose not to enable this feature, since it was effectively present via the

compliance in the socket interface.

An essential difference between the powered and the passive prostheses was the

speed of stance knee flexion. Although the degree of damping in both the passive

and powered prostheses can be adjusted (meaning that either one could be tuned to

be faster or slower), the reason that the powered prosthesis exhibits a steeper knee

flexion slope in descent is because the total descent in the powered prosthesis is split

61



into two portions. In the first portion of stance the descent is due to ankle flexion

(Phase 0). After the ankle has dorsiflexed sufficiently, the controller transitions to

Phase 1 and the knee flexes, continuing the descent. This damped ankle flexion is

impossible in the case of the passive carbon fiber ankle-foot complex because it cannot

actively plantarflex in anticipation of a descending forefoot strike. The difference is

shown clearly in the ankle kinematics, where an initial ankle angle of almost -20◦

is achieved by the powered prosthesis before forefoot strike. Because the user must

position the middle of the passive prosthetic foot over the edge of the step in order

to allow knee flexion for descent, it is impossible to supply a moment to the ankle in

stair descent, and, as a result, the ankle remains almost entirely motionless during

the gait cycle. Thus, although the passive prosthesis enables effective stair descent,

it could be argued that the passive prosthesis provides a less stable platform, since

the prosthetic foot is not flat on the ground while the knee flexes in descent.

1.6 Conclusion

This paper presents the design and preliminary validation of a control system for stair

ascent and stair descent with a powered knee and ankle prosthesis. Experimental

results on a single amputee subject indicate that the powered prosthesis with the

stair ascent controller provides knee and ankle joint kinematics during stair ascent

that are considerably more reflective of healthy knee and ankle joint kinematics,

relative to a passive prosthesis. Experimental results of stair descent indicate that

both the passive and powered prostheses provide appropriate knee joint kinematics

during stair descent, while the powered prosthesis provides ankle joint kinematics

considerably more reflective of healthy joint kinematics, relative to a passive ankle

joint.
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2. Addendum to Manuscript 2: Estimated Power in Stair Ascent and Descent

The powered prosthesis logs the electrical current supplied to the knee and ankle

motors, along with the velocities of the knee and ankle joints (although these could

be readily computed from the angles). In order to estimate the supplied power during

stair ascent and descent, the knee current was scaled with the motor torque constant

and the transmission ratio in order to estimate the torque output (neglecting losses

due to inefficiency in the transmission). The resulting torque was then further refined

by applying an offset due to Coulomb friction according to the sign of the velocity

signal. This torque was multiplied by the velocity and normalized in terms of per-

centage of stride. The mean of this estimated signal is plotted in Fig. 3.8 for stair

ascent and Fig. 3.9 for stair descent.
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Figure 3.8: Stair ascent joint power.
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Figure 3.9: Stair descent joint power.

In the estimated power plots provided in Fig. 3.8, the power delivered during

the stance knee extension phase (Phase 0), is clearly seen between 20% and 40% of

the stride. The peak power for the knee during this phase was approximately 150

W. The amputee subject used in these experiments weighed 85 kg, resulting in a

body-mass normalized peak knee power of approximately 1.75 W/kg. Unfortunately

the literature does not present a clear consensus on the average peak knee power for

healthy subjects. Depending possibly upon factors such as stair inclination, subject

selection, gait speed, and even the calculation technique, numbers ranging from 1.1

W/kg to 3.4 W/kg have been reported [6-8, 22]. The authors feel that this level of

power delivery is reasonable considering the fact that the subject’s relatively short

residual limb (55% the length of the sound side) placed a limitation on the comfortable

level of achievable knee torque. An additional, unmeasured, source of power delivery

during this phase is the sound side hand rail, with which the subject may have been

able to offload some of the requirements of the prosthetic limb.
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As would be expected, the knee power plot for stair descent is entirely dissipative.

It deviates from published literature on healthy subject data primarily in its lack

of a preliminary dissipative hump due to the initial stance knee flexion previously

described as absent for this tuning [63, 65, 70]. Negative peak powers for both the

knee and ankle are lower than reported for healthy subjects, although the ankle power

remains substantially negative for a longer period of time. This phenomenon explains

why the ankle angle for the powered prosthesis adopts a longer, less steep trajectory

than that seen in the healthy subject data. For a given speed of stair descent, any

remaining energy not dissipated by the powered prosthesis during the descent phase

would either be dissipated by the affected side hip, or by the subsequent forefoot

strike of the sound side.
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CHAPTER IV

HYBRID CONTROL: A MODIFIED IMPEDANCE FRAMEWORK

One of the primary disadvantages of the finite state-based impedance control frame-

work is that its functionality relies heavily on the careful selection of a relatively large

number of parameters. For a transfemoral prosthesis, each finite state consists of six

parameters (k, b, and θeq for the knee and ankle). Most activities contain five or six

states. Since walking is subdivided into three different tunings for variable cadence

(slow, medium, and fast), and four different tunings for slopes (down 10◦, down 5◦,

up 5◦, and up 10◦), there are ten different activities for the supervisory controller

to choose between. This many states produces over 300 impedance parameters that

could be individually varied. If we consider that we might want to tune thresholds for

state transitions, this number can easily grow beyond 400 parameters. Furthermore,

the methodology behind selecting impedance parameters is grounded in an intuitive

understanding of second order systems. This type of knowledge may be common for

engineers, but is often quite foreign for prosthetists or medical professionals. There-

fore, the problem of tuning the powered prosthesis may be considered intractable

for the target demographic when using a pure finite state-based impedance control

framework.

Clearly, trends in impedance parameters are likely to appear across subjects. Two

of the most probable correlating factors are subject height and weight. With enough

data across enough subjects, it is entirely feasible that functional “open loop” tunings
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could be derived for a new user based upon an empirical model. It is very unlikely,

however, that any empirical model would be accurate enough to eliminate the need

for expert tuning, at least in order to obtain optimal performance. As a result,

prosthetists would still be required to have a strong understanding of impedance

parameter tuning in order to ensure proper fitting and training for new amputees.

Additionally, the degree of flexibility in the parameter tuning process allows for

local optimizations of impedance parameters within a particular activity. In other

words, two prosthetists could arrive at “optimal” behaviors for the prosthesis in a

given activity, but could have done so with two different sets of impedance parameters.

It would be important, therefore, in the development of a tuning database, to use

explicit and consistent rules to adjust impedance parameters, and also to always start

from the same initial conditions. Otherwise a variety of locally optimized impedance

tunings could be intermixed, reducing the effectiveness of the empirical model.

Regardless of the difficulties in building a unified model for impedance parameter

tuning, doing so requires resources beyond that of a mechanical engineering research

laboratory. The number of subjects involved, along with the number of identically

constructed and calibrated prosthesis prototypes, necessarily requires this process to

be delayed until the pre-production stage of the commercial development of a device.

As an alternative approach to the impedance parameter problem, the author has

attempted to construct a simplified activity controller framework that significantly

reduces the number of adjustable parameters. The philosophy behind this control

system leverages the fact that certain states in the state machine are effectively un-

stable in the sense that the user cannot practically cause the prosthesis to remain in

such a state for infinite time.

The example in section I.5.2 demonstrated that a hybrid system composed of linear

passive system behaviors is not necessarily stable. In the walking controller, several

states exhibit this behavior. The transition out of swing flexion occurs when the knee
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velocity inflects (i.e. after peak knee flexion). It is generally not feasible for the user

to prevent any extensive motion whatsoever at the knee, and, as a result, it is virtually

impossible to cause the knee to remain in the swing flexion state. Furthermore, the

swing extension state automatically transitions to pre-landing state when the knee

reaches an extended position. This threshold is generally close to or matching the

knee equilibrium value in the swing extension state, and so the knee is guaranteed

to meet this threshold unless the user intentionally obstructs the extension through

contact with the environment. Of course, subsequent state transitions do require

more active involvement of the user, and so the overall state machine is not unstable

in the sense of being self-exciting or sustaining. If the user stops interacting with the

device, it will come to rest passively in a single impedance state. The caveat is that

this phenomenon is not achievable in any arbitrary state. In practice, the prosthesis

comes to rest in one of two states in the walking controller if the user ceases to interact

with the device. If the user keeps the prosthesis unloaded after swing, the prosthesis

comes to rest in the pre-landing state, awaiting a load signal that signifies heel strike.

If the user ceases to walk while bearing a load on the prosthesis, it comes to rest

in the middle stance state, awaiting a significant ankle dorsiflexion from the user to

signify the start of push off.

The implication of only having two realizable passive behaviors in the walking

controller is that the other “transient” finite states are enforcing local passivity need-

lessly. Their switching interactions are locally unstable, and so the advantage of being

internally passive is lost. The goal, now, is to exploit this fact in order to reduce the

number of parameters in the system and simplify the tuning process to generate the

desired movements. When a push off condition is met (i.e. the transition in the walk-

ing controller from middle stance to late stance is initiated), the prosthesis might as

well make a deliberate, transient motion and then automatically switch back to a

passive behavior. This motion can be generated in any way the designer chooses, so
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long as it ends in a pre-specified finite amount of time and is not likely to re-excite

the push off trigger such that it becomes self-sustaining.

The new control system is therefore labeled as a hybrid controller in that it com-

bines both passive finite state behavior and an active trajectory tracking and power

delivery behavior. Note that the use of the term hybrid here is distinct from the

notion of a hybrid system as a system containing both discrete and continuous dy-

namic behaviors. (Both the original finite state-based impedance controller and the

new hybrid controller are technically hybrid systems.) In the new system the walking

controller consists of two states: a passive impedance state for stance and a timed

trajectory tracking state for push off and swing. The active state is triggered in the

same manner as the transition from middle stance to late stance in the original con-

troller; a threshold is set for ankle dorsiflexion in stance. One this threshold is met,

a trajectory is generated for each joint, and the prosthesis executes this trajectory

using the impedance control law with the equilibrium position as the trajectory ref-

erence. The gains, k and b, are tuning for good tracking performance in swing (i.e.

when the external forces on the prosthetic foot are negligible). In general these gains

are different from those used in the passive stance state. When the trajectory phase

has completed, the prosthesis automatically reverts to the passive stance state until

another trigger condition is met in the ankle angle signal.

The trajectory phase of this controller is executed across two significantly different

configurations of the prosthesis: stance and swing. In stance, there are significant

external forces placed upon the prosthesis by the environment and the user. In swing,

the ability of the user to exert forces on the prosthesis is greatly diminished since

ground contact is lost. Because the dynamics in these conditions vary so greatly,

it is difficult to tune a set of gains for the trajectory controller that achieve good

performance for both scenarios. Instead, the gains are tuned for good performance

in swing. This method allows for only a moderate impedance during swing, which
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helps to safeguard against stumbles by retaining some degree of compliance. With this

tuning, however, too much error is allowed during push off, and power delivery during

this portion of the gait cycle is diminished. Instead of changing the gains during the

transition of stance to swing, which would start to re-introduce the parameterization

problem of the original controller, an open loop pulse of transient torque is introduced

during push off. The size and duration of this torque pulse is tunable by the user or

prosthetist. This approach gives the tuner direct control over the “amount of push”

produced by the device, which is a concept readily understood without an engineering

background. In the same way, modifications can be made to the reference trajectory

to exactly control performance metrics such as the amount of knee flexion. The

prosthetist or user no longer needs to understand how knee flexion is achieved; he or

she simply needs to observe that knee flexion is too low, and then directly change

the reference to accommodate. The resulting system therefore not only significantly

reduces the number of parameters requiring tuning, but also provides parameters that

more directly correlate with the performance metrics prosthetists use for fitting and

training.

The hybrid controller is also easily extended for achieving variable cadence. In

healthy biomechanics, not only do the rates of the trajectories of the knee and ankle

joints change as a function of cadence, but so do the shapes of the trajectories.

Although the hybrid controller could accommodate variable cadence simply by playing

the reference trajectories at a speed determined by an internal estimation of cadence,

a more biomechanically correct behavior can be generated by dynamically changing

the shape of the trajectory as well. In order to do so, control points for the spline

generation must be provided to the controller. Three sets of control points (one set

each for a slow, normal, and fast cadence) are used for interpolation to generate a

specific set of control points for a specific speed. The trajectory generation process is

depicted in Fig. 4.1.
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Figure 4.1: Variable cadence trajectory generation. The diamonds are the tunable
control points for the three reference splines. The squares are the interpolated control
points based upon the selected cadence. The dashed trajectory denotes the reference
passed to the trajectory controller for a given stride.

The remainder of this chapter contains a manuscript submitted to the Robotics

and Automation Magazine for a Special Issue on Wearable Robotics. This manuscript

presents both the design and control of the third generation of the Vanderbilt Powered

Prosthesis, and includes level walking data on three subjects using the hybrid control

system.

1. Manuscript 3: A Powered Knee and Ankle Prosthesis for Transfemoral Am-

putees

1.1 Abstract

This article describes the design and control of a powered knee and ankle prosthesis

for transfemoral amputees. The prosthesis embodies a number of the same design
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traits as a haptic interface, and the design principles underlying it are largely drawn

from technical insights offered by the haptic interface community over the past couple

of decades. Specifically, each joint of the prosthesis is designed to be capable of

emulating a generalized mechanical behavior, and as such, each joint is designed to

provide a high bandwidth of output across a wide dynamic range. With such output

capability, the prosthesis is able to emulate the variegated behaviors of the human

neuromuscular system and is able to reproduce the neuromuscular and biomechanical

behaviors of the healthy limb. In this article, the authors describe the design of a

new prosthesis prototype, describe the structure of a controller utilized to coordinate

actions of the prosthesis with the biomechanical movement of the user, and present

biomechanical data to demonstrate and validate the design and control approach.

1.2 Introduction

Lower limb prostheses have traditionally been energetically passive devices (i.e., they

can store or dissipate power, but cannot produce net power). Amputees who utilize

passive limbs generally walk more slowly, expend significantly more energy during

ambulation, are more limited in the types of terrain they can traverse and types

of activities they can perform, and fall frequently relative to healthy counterparts

[47, 68, 71–77]. The intent of a prosthesis is to replace the biomechanical functionality

of the healthy limb. The joints of the healthy limb provide a variety of biomechanical

behaviors which vary considerably within and between activities, and which are in

general characterized by power dissipation, storage, and generation. As such, it is

reasonable to assume that endowing a prosthesis with power, and by extension with

the ability to emulate the range of biomechanical behaviors exhibited by the healthy

limb, would enable a more capable prosthetic intervention. Such an intervention

could potentially restore healthy biomechanical function to a greater extent than
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conventional prostheses, particularly across a variety of activities.

Although investigations of powered prostheses were conducted several decades

ago (see, for example, [78, 79]), recent research activity in the field has increased

substantially, presumably facilitated in part by recent improvements in the power

density of brushless DC motors, the energy and power density of lithium-polymer and

lithium-ion batteries, and the availability of compact and efficient microcontrollers

and integrated-circuit-based inertial measurement units (IMUs). Research efforts

toward the development of powered prostheses are enumerated in the recent review

articles [80, 81]. Early results incorporating these powered prostheses in small-scale

trials indicate more accurate reproduction of healthy limb kinematics and kinetics,

the potential for reduced pathologies in intact joints, and the potential for reduced

metabolic costs during locomotion [3–5, 12, 28, 32, 34, 82].

1.3 Vanderbilt Powered Prosthesis Design Philosophy

Various powered prostheses have been developed with differing design and control

approaches and philosophies. The prosthesis described here was designed essentially

as a haptic interface, such that each joint is capable of emulating the variety of

biomechanical behaviors exhibited by the joints of the healthy limb. As prescribed

in the haptic interface design literature, the development of a high-fidelity haptic

device requires that each joint of the device be designed to provide a high bandwidth

of output across a wide dynamic range. Doing so requires that the device enable

power flow in both directions (i.e., the actuated joints be fully back-drivable), and is

further facilitated by incorporating several design practices, such as minimizing open-

loop phase lag, sensor quantization, and sampling delay (see, for example, [83]), and

avoiding non-collocated closed loops, particularly those characterized by compliance

and hard nonlinearities such as friction and backlash (see, for example, [84]).
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Assuming the prosthesis is designed as such, and is capable of reproducing the

variegated behaviors of the healthy limb, a second design issue arises, which is how

to select these joint behaviors such that the limb moves in biomechanical coordina-

tion with the user. The authors argue that the need for a system and structure that

integrates the movement of the prosthesis with the movement of the user is an issue

that is unique to robotic limbs. The only motive power source for a conventional,

energetically passive prosthesis is the user. As such, a passive prosthesis is inani-

mate; it cannot move without the user swinging his or her residual limb to propel the

prosthetic leg forward. Because the user must “sling” the passive leg around, such

prostheses fundamentally move in concert with the user—albeit in a biomechanically

deficient manner. Unlike an energetically passive prosthesis, a powered prosthesis

contains its own motive power source, and can both act and react. The control inter-

face between the prosthesis and user therefore becomes substantially more important

with a powered leg. Such legs have the capability to emulate healthy biomechanical

function, but this capability also enables them to move independently of the user, or

to move in discord with the user’s movement or intent.

This article describes the design of a powered knee and ankle prosthesis for trans-

femoral amputees. As per the preceding discussion, the prosthesis is designed essen-

tially as a haptic interface, such that each joint is capable of emulating a generalizable

mechanical behavior, and is capable of moving between various types of mechanical

behavior, as governed by a coordination controller. Additionally, the article describes

a control approach that leverages the notion of localized passivity, as discussed by

[85], to provide safe and coordinated interaction between the user and prosthesis. Fol-

lowing a description of the prosthesis, biomechanical data are presented from walking

trials with three amputee subjects to demonstrate and validate the design and control

approach.
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1.4 Prosthesis Design

1.4.1 Actuation and Structure

A rendering of the powered prosthesis, with some sections cut away to show design

components, is shown in Fig. 4.2. As shown in the figure, the prosthesis consists of

a powered knee unit and a powered ankle unit, separated by a standard prosthetic

pylon, allowing alignment adjustments between the knee and ankle axes, as well as

adjustability of the shank length. As shown in the figure, the knee unit includes a

battery and embedded system that powers and controls both joints. The knee unit

additionally incorporates a load cell, which essentially measures the ground reaction

force along the shank. The knee and ankle units are electrically connected by a flexible

wire tether to accommodate height adjustability.

Figure 4.2: A rendering of the CAD model of the powered prosthesis.

75



Both the knee and ankle units are actuated by the combination of a brushless

DC motor and a three-stage belt/chain speed reduction transmission. Specifically,

the knee incorporates a Maxon EC30 brushless motor, which drives the knee joint

through a 176:1 speed reduction, the combination of which is capable of generat-

ing a maximum active torque of approximately 85 Nm through its actuated range

of motion of 120 deg (5 deg hyperextension and 115 of flexion). The ankle joint

incorporates a Maxon EC60 brushless motor, which drives the ankle joint through

a 115:1 speed reduction, the combination of which is capable of generating a maxi-

mum active torque of approximately 110 Nm through its actuated range of motion

of 70 deg (25 deg dorsiflexion and 45 deg plantarflexion). The actuator output at

the ankle joint is supplemented by a carbon-fiber leaf spring incorporated into the

foot, which is characterized by a stiffness of approximately 6 Nm/deg, and engages

at approximately zero degrees in the ankle range of motion. The spring biases the

output capabilities of the ankle towards plantarflexion, which is consistent with the

biomechanical characteristics of the ankle during locomotion [14]. At typical ankle

angles during late stance, the spring provides around 60 Nm of supplemental torque.

Table 8: Mechanical and Electrical Characteristics of the Powered Prosthesis

Characteristic Value

Maximum Knee Torque 85 Nm
Maximum Ankle Torque 110 Nm (from motor)
Knee Range of Motion -5◦ to 115◦

Ankle Range of Motion -45◦ to 25◦

Battery Capacity 125 W·hr
Maximum Battery Current 30 A
Maximum Motor Current 18 A

Nominal Mass 4.75 kg
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The structural components of the knee and ankle units are machined from 7075

aluminum alloy. The knee and ankle structures are designed to accommodate users of

up to 115 kg body weight in addition to the internal loads imposed by the actuators,

with a minimum safety factor of 2 against structural failure.

Given the respective sizes of the knee and ankle units, the minimum build height

of the prosthesis corresponds to a measurement between the knee center and ground

of 425 mm, which corresponds to a 10th percentile female dimension, as given by [86]

(i.e., the prosthesis should fit all adult males, and 90% of the adult female population).

The prosthesis is shown within the envelope of a 50th percentile male leg in Fig.

4.3. For a 50th percentile male, the mass of the current prosthesis prototype is

approximately 5 kg.

Figure 4.3: The powered prosthesis inside an anthropomorphic envelope.
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1.4.2 Sensing

In addition to a 6-axis IMU in the shank, the prosthesis includes sensing for the

knee and ankle angles and angular velocities, and for the axial load in the shank.

All sensing is based on contactless sensors to enhance reliability and lifetime. The

angular positions of the knee and ankle joints are measured by absolute magnetic

encoders located coaxially with the joints, and also by incremental magnetic encoders

located coaxially with the motor shafts. These angle measurements are fused with

complementary filters to avoid the influence of high-frequency transmission dynamics

in the feedback controller. The angular velocities of the knee and ankle joints are

calculated from the incremental magnetic encoders on the motor shafts. The axial

load in the prosthetic shank is measured through the linear displacement of a double

parallelogram four-bar linkage, which is situated just distal to the knee unit (see Fig.

4.2). The linkage is constrained to move axially with respect to the shank, and the

load is related to axial displacement via a helical compression spring with a stiffness

of approximately 360 N/mm. A linear magnetic encoder measures the displacement

across the spring and produces a measure of the shank axial load.

1.4.3 Embedded Electronics

The essential components of the prosthesis electrical system are depicted in the

schematic shown in Fig. 4.4. A photograph of the embedded system is shown in

Fig. 4.5. The prosthesis power supply is a nominal 24 V lithium-ion battery pack,

rated at approximately 125 W•hr. The main processing element is a 32-bit micro-

controller from Microchip Technologies, which runs the primary control loop at 500

Hz. In this loop the main controller executes the joint torque controllers (described

subsequently), in addition to performing secondary functions such as logging data,

communicating with the servo controller, and servicing other peripherals (such as
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communication with the IMU over SPI). A secondary processing element (a 16-bit dig-

ital signal processor from Microchip Technologies) receives motor current commands

from the main controller at 500 Hz, and uses these references to control current in the

brushless DC motors via a pair of custom regenerative servoamplifiers, each of which

samples motor current at 150 kHz, runs closed-loop current control at a sample rate

of 4.6 kHz (based on a filtered version of the sampled motor current), and switches

the MOSFET bridges at a PWM rate of 45 kHz. The current control loop for each

motor consists of the combination of a feed-forward motor model supplemented with

a PI feedback loop.

Figure 4.4: Overview of the embedded system architecture.
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Figure 4.5: Photograph of the embedded system.

1.5 Control Approach

The prosthesis control system consists of a hierarchical state machine, the top layer

of which is called the supervisory controller. The states of the supervisory controller

are called “activities.” An activity is itself a finite state machine, the states of which

are called “phases.” An example of an activity in the supervisory controller would

be standing, and an example of a phase in the standing activity controller would be

weight bearing.

The supervisory controller governs transitions from one activity to another, while

each activity controller dictates transitions from one internal phase to another. There

are four activities contained in the supervisory controller. These activities are shown

in the state machine depicted in Fig. 5. Within any given phase of any given activity,

impedance parameters and equilibria are specified for the knee and ankle joints. The

impedance control law for each joint is given by
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τ = k(θ − θeq) + bθ̇ (4.1)

where τ is the commanded torque, k is the proportional gain or stiffness, θ is the joint

angle, θeq is the desired joint angle equilibrium position, and θ̇ is the joint angular

velocity. These parameters are enforced through lower level controllers, which form

a cascaded control structure mapping the joint states (angular position and angular

velocity) to motor currents.

The impedance control law (4.1), which is discussed in more detail in [5, 29],

emulates a spring and damper within each state. The control structure provides two

substantial features. First, joint impedances can be selected that are representative

of impedances exhibited by the healthy joint, which facilitates interaction with the

ground and provides to the user a more natural feel relative to a (high impedance)

position controlled joint. Second, the behavior of the prosthesis within any given

phase will be passive, yet energy can be introduced into the system by changing

the stiffness or equilibrium position of the virtual spring during transitions between

phases. Since phase transitions are based on mechanical cues from the user, the user

retains control over the introduction of power into an otherwise passive system.

Despite the features provided by this piecewise-passive impedance-based control

approach, the approach is somewhat parameter-intensive, since each phase for each

joint requires selection of three impedance parameters. As such, for a piecewise-

passive impedance-based control approach for level walking with five phases, the two

joints would require selection of thirty impedance parameters. In order to reduce the

number of control parameters, a hybrid control approach was implemented for the

walking controller. Specifically, since the effect of joint impedance is most evident

when the prosthesis is in the stance phase of gait (i.e., when the user is interacting with

the ground, a high-impedance environment), and less evident when the prosthesis is
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in swing, the authors implemented a control approach that incorporates a piecewise-

passive impedance control approach during the stance phase of gait, but incorporates

a trajectory-tracking high-impedance controller during the swing phase of gait. The

hybrid walking controller consists of three phases, as depicted in Fig. 6. The first

two phases, early stance and middle stance, are basic impedance states that roughly

correspond to the first 40% of the gait cycle. The early stance portion begins at heel

strike and ends at peak stance knee flexion, entering middle stance. Middle stance

continues until an ankle angle threshold is reached, at which point the prosthesis

initiates a step with a powered push-off.

Once the third phase is reached, the prosthesis will perform a powered push-off

and enter swing. Instead of executing a series of piecewise passive phases, each of

which would entail impedance parameter selection, the hybrid controller executes a

trajectory at a relatively high impedance, where the trajectory for each joint follows

a spline defined by a set of reference points interpolated from healthy walking data

at different walking speeds. To achieve a variable cadence, the interpolation is based

upon the length of time spent in the preceding stance phase, as determined by a timer

that increments while the load signal is above a given threshold. Once the trajectory

has finished, the prosthesis automatically reverts to the first phase, early stance, in

anticipation of heel strike. In order to provide the energetic role of push-off in late

stance, a feed-forward torque command is superimposed at the onset of the trajectory

phase. The torque command is a single period of a unity-offset cosine wave, which is

scalable in both width (time) and height (magnitude). This torque pulse provides an

intuitive parameter for the tuning of the “amount of push” delivered to (and perceived

by) the user. Note that the strength of the powered push-off largely determines the

net amount of energy delivered to the user over the stride.
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1.6 Experimental Implementation and Biomechanical Results

The efficacy of the powered prosthesis design and control approach was assessed in

experiments with three transfemoral amputee subjects. The ability of the powered

prosthesis and controller to provide level walking functionality was assessed by charac-

terizing the knee and ankle joint biomechanics (e.g., joint angles, torques, and powers)

during over ground walking, and comparing these to the biomechanical behavior of

the knee and ankle joints in the healthy limb.

1.6.1 Biomechanical Assessment

Three subjects were recruited through local prosthetists for the assessment. The

subjects’ anthropomorphic data, along with data concerning the configuration of the

prosthesis, are given in Table 9. Approval to perform these assessments was granted

by the Vanderbilt Institutional Review Board and informed consent was obtained for

each subject prior to each assessment. Subjects additionally gave verbal permission

for the publication of photographs and video. Figure 4.6 shows a photograph of one

of the subjects walking with the powered prosthesis.
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Figure 4.6: A subject walking with the powered prosthesis.

The prosthesis was fit to each subject, and the controller parameters were man-

ually tuned. The primary controller parameters requiring tuning are the impedance

parameters, the push-off trigger angle, and the push-off strength (see Table 10). The

impedance parameters were tuned, starting with a set of nominal parameters ob-

tained from healthy subject data (see discussion in [29]), to achieve subject comfort

and sense of synergy with the prosthesis, and to achieve a biomechanical movement in

the stance phase representative of healthy gait (e.g., appropriate stance knee flexion).

The push-off trigger angle and strength were adjusted to provide a powered push-off

that was comfortable to the user. A summary of the control parameters used for

each subject is given in Table 10. It is notable that not all the impedance parameters
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needed to be adjusted between subjects to obtain a comfortable gait. Also, note that

the push-off trigger angle appears to be a function of user height and step length,

where the taller subject preferred more dorsiflexion before push-off (10 deg), while the

two subjects similar in height preferred less dorsiflexion (8 deg, 7 deg respectively).

Table 9: Subject Data and Prosthesis Configuration

Subject A Subject B Subject C

Height 1.93 m 1.83 m 1.83 m
Weight 79 kg 95 kg 86 kg

Age 25 yrs 24 yrs 46 yrs
Cause of Amputation trauma trauma cancer

Years Post-Independent Ambulation 7 yrs 3 yrs 2 yrs
Amputation Side right left left

Prosthesis Configured Weight 5.09 kg 5.04 kg 5.05 kg
Prosthesis Configured Height 54.0 cm 51.9 cm 50.5 cm

Prosthetic Foot Size 28 cm 28 cm 28 cm

1.6.2 Biomechanical Data

Once tuned, each subject walked over ground on the prosthesis at a self-selected speed.

Figures 4.8 through 4.9 show the averaged biomechanical data from the knee and ankle

joints for each of the three subjects, specifically averaged over twelve consecutive

strides. Note that the data shown in these figures were computed in post-processing

using sensor data from the prosthesis. Specifically, the joint angles and angular

velocities were measured with the absolute and incremental encoders at each joint.

The joint powers were calculated as the product of the joint torques and angular

velocities, where the joint torques were calculated from the combination of motor

current and joint angle data. Specifically, the joint torques experienced by the user

were computed using a model of the passive characteristics of the motor, transmission
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(i.e., inertia, friction), and, in the case of the ankle joint, the parallel spring. Finally,

note that stride data were parsed based on load cell data, and in accordance with

standard presentation, plotted as a function of stride percentage. In all cases, the

data are plotted along with data characterizing plus and minus one standard deviation

around the corresponding mean behavior of the knee and ankle joints during healthy

level walking at a self-selected speed, as provided by [62].

Table 10: Subject Data and Prosthesis Configuration

Subject A Subject B Subject C

Height 1.93 m 1.83 m 1.83 m
Weight 79 kg 95 kg 86 kg

Age 25 yrs 24 yrs 46 yrs
Cause of Amputation trauma trauma cancer

Years Post-Independent Ambulation 7 yrs 3 yrs 2 yrs
Amputation Side right left left

Prosthesis Configured Weight 5.09 kg 5.04 kg 5.05 kg
Prosthesis Configured Height 54.0 cm 51.9 cm 50.5 cm

Prosthetic Foot Size 28 cm 28 cm 28 cm

Figure 4.7 shows averaged knee and ankle joint angles for each subject exhibited

by the prosthesis during walking. For all subjects, the prosthesis provides knee and

ankle joint kinematics with the essential characteristics of healthy joint behavior.

Specifically, as in healthy walking, the knee joint exhibits stance knee flexion between

0 and 30% of stride, although peak flexion values for the amputee subjects are some-

what less than the healthy average. In the authors’ experience, amputee subjects

tend to prefer slightly less stance knee flexion, perhaps due to the compliance of the

socket interface and/or the lack of proprioception in the limb.
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Figure 4.7: Knee and ankle kinematics for 3 amputee subjects using the powered
prosthesis. For the knee joint, 0 deg corresponds to full knee extension, and flexion
is positive. For the ankle joint, positive angles represent dorsiflexion and negative
angles represent plantarflexion.

All subjects’ ankle behaviors also closely match those of healthy subjects. Most

notable is the significant plantarflexion of the ankle joint around 60% of stride. Dur-

ing this period the ankle joint is delivering net positive power, which is a characteristic

unique to an active device. Furthermore, the prosthesis actively returns from plan-

tarflexion after toe-off in order to provide ground clearance at the toe during the
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swing phase of walking.

Figure 4.8 shows the body-mass-normalized knee and ankle joint torques provided

by the prosthesis as a function of stride for each subject, also compared to the band of

typical healthy subject knee and ankle body-mass-normalized torques. Like the joint

kinematics, the joint torques for all subjects are strongly representative of healthy

subject data. Regarding the knee torques, the amplitudes for the stance phase reflect

the somewhat diminished stance knee flexion relative to healthy subjects. As in the

healthy subject data, during the beginning of powered push-off (approximately 45% of

stride), the powered prosthesis provides for each subject a flexive torque to counteract

the hyperextensive torque supplied by the ground reaction force.
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Figure 4.8: Knee and ankle kinetics for 3 amputee subjects using the powered pros-
thesis. For the knee joint, a positive torque is a flexive torque. For the ankle joint,
positive torque is a dorsiflexive torque.

At the ankle, the prosthesis provides an initial dorsiflexive torque immediately

following heel strike, followed by a period of increasing plantarflexive torque during

the stance phase of walking. As in the healthy subject data, the ankle torque increases

throughout stance, and peaks during the powered push-off period between 40 and 60%

of stride. Once the toe is off the ground, the external forces on the ankle are small,

due to the foot’s low moment of inertia, and so little external torque is present during
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this period.

Figure 4.9: Knee and ankle powers for 3 amputee subjects using the powered pros-
thesis. For both joints positive power represents power delivered by the joint, and
negative power represents power absorbed by the joint.

Body-mass-normalized knee and ankle joint powers for each subject are plotted

in Figure 10. As seen in the joint power data, power characterizing the knee and

ankle joints falls largely within the healthy subject norms. Regarding the knee joint,

power associated with stance knee flexion during early to middle stance is diminished,

corresponding to the previously mentioned lessened stance knee flexion. However,
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knee joint power during late stance and swing is quite representative of healthy knee

joint power data.

As in the knee joint, the power associated with the ankle joint is quite represen-

tative of healthy norms. Specifically, for each subject, the ankle primarily absorbs

power during the early and middle phases of stance, and subsequently generates a

pulse of power between approximately 40 and 60% of the stride cycle, in accordance

with the powered push-off phase of walking. Note that the peak power associated

with this push-off is on the low side of the healthy mean. This phenomenon is related

to torque and power limitations of the hardware. Nonetheless, these data are still in

character with the biomechanical behavior of the healthy joint.

1.7 Conclusion

The authors describe in this article the design and control of a powered knee and

ankle prosthesis for transfemoral amputees. The prosthesis was designed essentially

as a haptic interface, such that each joint is capable of emulating a generalizable me-

chanical behavior, and also of moving between various types of mechanical behaviors,

as governed by the prosthesis controller. A prosthesis controller is described herein

that combines passive impedance-type behaviors at the respective joints during most

of the stance phase of gait, and relatively high-impedance trajectory control during

the swing phase of gait, the combination of which provides coordinated interaction

with the user and minimal controller parameterization. The powered prosthesis was

demonstrated on three transfemoral amputee subjects, and shown in all cases to

provide knee and ankle joint biomechanical behaviors that are highly representative

of healthy joint biomechanics during walking. Finally, although level walking was

described and demonstrated, the authors note that one of the most unique and com-

pelling attributes of a powered prosthesis, such as the one presented here, is its ability
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to adapt its behavior to a variety of activities and terrain types, and thus provide

to the user appropriate biomechanical behaviors across a wide variety of activity.

Accordingly, fulfilling the potential of powered prostheses will require the continuing

development of coordination controllers for multiple types of activities, in addition

to algorithmic structures that recognize when a user intends to transition from one

activity to another.
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CHAPTER V

BILATERAL CONTROL

Since unilateral amputees often perform compensation strategies with their sound

side in order to compensate for deficiencies in their prosthesis, the question arises

of how a bilateral amputee would be affected by the use of powered prostheses. In

order to investigate this problem, this chapter begins with preliminary work using

able body adapters on a healthy subject to develop a control system for bilateral

amputees. The latter half of this chapter consists of a manuscript that has been

accepted with minor revisions to the IEEE Transactions on Biomedical Engineering.

In this work, a coordinated bilateral control system is implemented and tested on an

amputee subject.

1. Healthy Subject Experiments

In order to assess the feasibility of using powered prostheses as an intervention for

bilateral, transfemoral amputees, a pair of unilateral powered prostheses was tested

on the author using able body adapters. The results and observations from this

experiment were used to influence the development of the bilateral control system

subsequently described. This system was then implemented on the powered pros-

theses and they were connected with the CAN data tether. The author also tested

this new system to confirm that coordination between the prostheses enhanced safety
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and reliability in the system. During the testing of the coordinated controller, the

author also donned a pair of passive prostheses as a baseline, since gait using able

body adapters does not exactly recreate amputee gait.

1.1 Able Body Adapters

The purpose of an able body adapter is to mimic an amputation in a healthy person,

allowing the person to don a prosthesis. Applications for such a device are limited,

and so typically these devices are custom fabricated for research purposes. When

constructing an able body adapter to facilitate use of a transfemoral prosthesis, the

subject’s shank is usually held in a flexed position (somewhere close to 90◦) by a brace.

Since the knee joint of the healthy subject cannot be removed, the prosthetic knee

must be offset. For sagittal plane studies and unilateral applications, this offset is

usually made in the coronal plane, such that the axis of the prosthetic knee is collinear

with the (approximate) axis of the healthy knee. The two main advantages of such a

configuration are that (1) the knee axes are symmetric on both sides of the body (in

a unilateral application), and (2) the natural height of the subject can be preserved.

For a bilateral application, the advantage of knee axis symmetry is irrelevant since

both knee joints must be moved. Furthermore, offsetting the prosthetic knees in the

coronal plane puts significant moments on the prostheses and the able body adapters,

resulting in a system that is uncomfortable for the user and can potentially impact

his or her gait.

The other popular position for knee axis relocation (and the method used in this

work) is directly underneath the able body adapter (offset in the sagittal plane).

This position creates artificially long thighs, but allows the subject to bear weight

in a much more comfortable and stable way. Furthermore, the attachment point of

the prosthesis can be repositioned forward and aft to balance the center of gravity
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of the folded healthy limb. A minor concern is that the hip angle of the subject is

necessarily offset in the anterior direction, though enough range of motion typically

remains for activities such as level ground walking.

Figure 5.1: The author wearing able body adapters with the passive and powered
prostheses.

The able body adapters used in this work can be seen in Fig. 5.1. They are con-

structed from PVC, aluminum bar stock, and commercially available athletic padding.

Standard prosthetic pyramid adapters can be mounted along the shank portion of the

adapters in increments of 0.5 inches. The adapters are attached to the subject with

hook-and-loop straps in four places on the thigh and shank.

1.2 Bilateral Experimental Setup

Kinematic data were collected on the author using all three prosthetic configurations

(passive, unilateral powered, coordinated powered) through the use of a 12 camera

motion tracking system from NaturalPoint. Marker data was collected at 120 Hz and

converted to a skeletal model within NaturalPoint’s ARENA software environment

and then exported as a BVH file resampled to 100 Hz. Sagittal plane joint angles

were then extracted from the BVH files using MATLAB.

The use of a treadmill was necessary in order to obtain a sufficient number of
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strides at steady state within the confines of the capture volume for this motion

capture system. For stability purposes, parallel bars were installed along the sides of

the treadmill and the author used them for support in all trials.

1.3 Powered Prostheses with Unilateral Control Systems

In the first set of trials the powered prostheses were each programmed with the

unilateral control system. Because the unilateral controller is intrinsically designed,

there is no inherent preclusion from using two unilateral prostheses for a bilateral

application. At the beginning of the trials, a parameter set that was tuned for a

unilateral transfemoral amputee of similar height and weight to the author was used.

After practicing for several trials, the only parameter change necessary was to reduce

the ankle angle threshold to achieve the transition from middle stance to push off.

Note that this threshold marks the largest introduction of power in the gait cycle and

is typically the threshold to which users are the most sensitive.

Fig. 5.2 shows the knee and ankle kinematics of the best 20 consecutive strides

achieved by the author in a trial of 38 total strides with the unilateral controller oper-

ating on both powered prostheses. The green line represents the right limb mean and

the blue line represents the left limb mean. The dotted lines represent ±1 standard

deviation from the means.
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Figure 5.2: Lower limb kinematics for 20 consecutive strides with the unilateral con-
trol system.

Figure 5.3: Screenshots depicting the phases of the right powered prosthesis during
one stride from video (top) and motion capture (bottom).

All the essential features of level ground walking are present in both the knee and

ankle kinematics for these 20 optimal strides. However, in this, the most successful

trial consisting of 38 strides, two illuminating errors occurred. On the 4th stride the

author failed to bring the ankle angle to a high enough degree of dorsiflexion to trigger

the T12 transition (the push off threshold mentioned previously). As a result, the

right side prosthesis did not enter swing and the prosthesis remained stiff and straight
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during this non-weight bearing period. During the 33rd stride, the author achieved

a premature push off on the left side. The knee flexion during push off (late stance)

made it difficult for the author to continue to supply an axial load on the shank. As

a result, the left prosthesis entered swing flexion before the occurrence of heel strike

on the ride side. Consequently, the left prosthesis buckled and the author was forced

to support himself with the parallel bars.

Although Fig. 5.2 clearly suggests that biomechanically normal gait is possible

with this controller in bilateral applications for a healthy subject, the main goal of

this work is to provide stable control for bilateral amputee subjects in over-ground

walking without external stability aids. Therefore, it is important to evaluate the

deficiencies in the control structure that might preclude this goal.

The two anomalies mentioned earlier recurred in several of the trials. Although

the frequency of such anomalies diminished as the author adapted to walking on

the prostheses, the possibility of their occurrence in over-ground walking without a

stability aid is a significant risk. The missed push off anomaly (stride 4) is a lower

risk event, as the subject is transitioning away from a weight bearing phase on the

device that missed its cue. The author was able to continue the stride by swinging

his right side prosthesis despite the fact that it remained in middle stance (Phase 1).

The premature push-off of the left side prosthesis during stride 33 poses a more

significant problem for the subject. In the unilateral controller, the transition from a

stiff knee to a soft knee in the push off phase is triggered by a threshold in knee angle.

The preferred signal for this transition would be the detection of the contralateral heel

strike, but the unilateral controller is unable to directly measure this event. When

the knee angle threshold is used as a proxy, a premature push off can cause the knee

to buckle because this threshold will be met before the user’s weight has started to

transition onto the contralateral limb. Without the use of external stability aids, the

result would most likely be a fall.
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1.4 Passive Prostheses

Before the bilateral controller was implemented to enhance the reliability of the pow-

ered prostheses, the author performed a series of treadmill tests using a pair of passive

prostheses. The knee unit was the Ossur Total Knee 2000, and the ankle unit was

the Freedom Innovations Pacifica LP carbon fiber ankle-foot complex. The knee was

connected to the ankle with a standard aluminum pylon and the complete prosthesis

weighed 1.80 kg with its foot shell. The first photograph in Fig. 5.1 shows the passive

prostheses mounted to the able body adapters on the author.
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Figure 5.4: Comparison of lower limb kinematics between healthy subjects, the author
using coordinated powered prostheses, and the author using passive prostheses.

The kinematics achieved with the passive prostheses are plotted Fig. 5.4 (along

with healthy data and the results from the coordinated powered prostheses). It was

the author’s experience that the passive devices required significant hip torques to

generate sufficient extension of the knee in swing. Additionally, a hyper-extensive

torque was applied to the knee by the hip throughout stance to guarantee stability.
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This behavior is seen in the plot of the knee angle, as the knee stays virtually at zero

throughout the stance phase. The hip also reached a higher peak flexion as a result of

the exaggerated swing necessary to properly position the passive prosthesis for heel

strike. The offset in the prosthetic ankle during stance is a kinematic reaction to the

hyperextension of the knee, and the lack of plantar flexion at toe off is clearly the

result of a non-powered push off.

1.5 Powered Prostheses with Coordinated Control System

In order to avoid the two errors previously described in the unilateral system, a

Controller Area Network (CAN) communication scheme was implemented to share

data between the prostheses. The main purpose of this communication was to lock

out certain states in the contralateral prosthesis. Details of the implementation of

this system on a healthy subject can be found in [87]. With the data tether installed

and the coordinated controller implemented, the averaged kinematics achieved by

the pair of powered prostheses did not differ significantly from that achieved with

the unilateral controller (see Fig. 5.4). The important difference, however, is that no

strides resulted in the loss of support due to a premature push off, since the transitions

surrounding push off are now constrained by the internal mode of the contralateral

prosthesis. Double support is a guaranteed feature of the coordinated control system,

so long as the communication channel between the legs is intact.
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2. Manuscript 4: A Coordinated, Powered Prosthetic Intervention for a Bilateral

Transfemoral Amputee

2.1 Abstract

This paper presents the design and validation of a control system for a pair of pow-

ered knee and ankle prostheses to be used as a prosthetic intervention for bilateral

transfemoral amputees. The control system leverages inter-communication between

the prostheses for enhanced awareness and stability, along with power generation at

the knee and ankle joints to better restore biomechanical functionality in level ground

walking. The control methodology employed is a combination of an impedance-based

framework for weight-bearing portions of gait along with a traditional trajectory-

based approach for the non-weight-bearing portions. The control system was im-

plemented on a pair of self-contained powered knee and ankle prostheses previously

developed by the authors and tested by the second author, who is, himself, a bilateral

amputee. This user was able to achieve kinematics at the prosthetic and intact lower

joints (hip, knee, and ankle) that were substantially more indicative of healthy gait

than that achieved with passive prostheses.

2.2 Introduction

It is difficult to estimate the number of bilateral lower limb amputees living in the

United States. In the largest amputee demographic study known to the authors,

persons suffering multiple amputations were not distinguished, although the total

number of amputees was shown to be both large (with over 600,000 being either above

the knee, below the knee, or the foot) and rapidly growing (projected to double over

the next 50 years) [7]. The absence of an explicit report of the number of bilateral

transfemoral amputees in the preceding study suggests that the population may be
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relatively small compared to the total number of persons living with a lower limb

amputation.

Several studies do distinguish multiple amputations, however. For the period of

April 1, 2006 through March 31, 2007, 4% of the 4574 referrals to the 43 prosthetics

service centers in the United Kingdom were bilateral lower limb amputees [88]. In

a review of 1846 lower limb amputees admitted to the Dundee Limb Fitting Centre

in Scotland between 1965 and 1989, 18% were bilateral, with 3.6% being bilateral,

transfemoral [89]. If these numbers are comparable for the U.S. population, then the

number of persons living with bilateral, transfemoral amputations is likely to be quite

small.

The size of the population could be a major contributing factor in the lack of

dedicated research concerning prosthetic interventions for bilateral, transfemoral am-

putees. Such a small population does not draw a strong commercial interest in a

free market society, and, as such, bilateral amputees that choose to utilize prostheses

are forced to select from a family of prostheses developed almost exclusively for the

needs of the unilateral amputee. A review that included 11 bilateral, transfemoral

amputees from a particular regional amputee rehabilitation center over the period

between July 1988 and December 1989 evaluated functional status at discharge from

the center and 3 months later [90]. Of the 11 patients, none at any point were able to

achieve either “limited community” or “community” ambulation classifications, and

6 of the 11 at the 3 month follow up were classified as “wheelchair-bound.” The

“limited community” classification was defined as “a patient who can walk 152 m

(500 ft), can participate in some avocational activity, but is not gainfully employed.”

A separate study investigating the mobility of wounded veterans included 50 bi-

lateral lower limb amputees from both the Vietnam War and Operation Iraqi Free-

dom/Operation Enduring Freedom (OIF/OEF) [91]. 33% of the members of the

Vietnam group abandoned their prostheses in favor of a wheelchair, while only 5% of
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the members of the OIF/OEF group did so. The vast majority of the abandoned pros-

theses in the Vietnam group were purely mechanical (as opposed to microprocessor-

controlled passive devices), with a similar trend in abandonment for mechanical pros-

theses amongst the OIF/OEF veterans. This result suggests that increasing the

functionality of the prosthesis may reduce the likelihood of abandonment, which has

been shown to be quite high in bilateral, transfemoral amputees [92].

2.2.1 Bilateral Transfemoral Gait

Unilateral lower limb amputees typically exhibit significant compensatory behaviors

in their intact limb (sound side) in order to accommodate the deficiencies of a typ-

ical passive prosthesis. Such compensatory actions include a longer stance phase

on the sound side (presumably for stability) [73], increased hip extensor and ankle

plantarflexor work on the sound side [75], and vaulting (which is a mid-stance plan-

tarflexion of the sound ankle to provide extra ground clearance during swing of the

prosthetic limb). These compensatory actions may be partially responsible for the

increase in metabolic energy experienced by unilateral amputees during level walking

[72, 93, 94].

Bilateral amputees have no intact limb to provide these compensatory behaviors,

and they are significantly more limited in their ability to ambulate with prostheses.

All control of and compensation for the prostheses must come solely from the hips.

Since most prostheses are passive devices, the hips are over-taxed in terms of power

generation, leading to excessive hip torques and a substantially increased metabolic

cost of transport [95–98].
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2.2.2 Emergence of Powered Prostheses

Traditionally, lower limb prostheses were passive by necessity; the technology required

to construct a powered device comparable in size and weight to the anatomical limb

has only emerged over the last five to ten years. Now that the supporting technology

has arrived (power-dense motors/batteries and efficient microprocessors), the field of

prosthetics is beginning to incorporate active elements. A number of research groups

have published preliminary results on a variety of powered lower limb devices.

The prosthetics and orthotics company Ossur has released two versions of a pow-

ered knee joint called the Power Knee. This knee prosthesis is designed to be used

in conjunction with an off-the-shelf passive prosthetic ankle/foot. Because the Power

Knee has only existed as a commercial product, no literature is publicly available

concerning its design.

Herr et al. have developed a powered ankle for transtibial amputees which lever-

ages both series- and parallel-elastic actuation [12–16]. By measuring the deflection

of a series spring (with known spring constant Ks), an estimate of the ankle torque

can be determined. An added benefit of series elasticity is that the introduction of

compliance in between the prosthetic foot and the actuator softens the transfer of im-

pulses from shock loading (i.e. heel strike), which may reduce wear on the mechanical

transmission. The parallel spring reduces the peak torque required from the actuator

at the high-power push off event in the late stance phase of level walking. In a study

on 3 transtibial amputees comparing the use of a passive ankle with the powered

prototype, it was shown that the powered ankle was able to reduce the energetic cost

of transport by 7-20% [12]. In addition, the control approach demonstrated in [16]

incorporates intrinsic speed adaptation, allowing an efficient gait across a range of

walking speeds.

A separate effort in powered ankle design conducted by Sugar et al. has produced
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a two degree of freedom ankle named SPARKy 3, which stands for Spring Ankle with

Regenerative Kinetics [17, 18]. An important goal in this effort was to enhance the

agility of active users by providing the power necessary for running and jumping,

along with providing actuation in the coronal plane. As a result, the designers opted

to use two Maxon EC30 Powermax motors operating in parallel to provide 400 W of

continuous power, with estimated peaks of up to 1500 W.

Lefeber et al. have just reported on another powered ankle that uses an electric

motor to store energy in a spring during stance [99]. This design reduces the power

requirements of the motor by spreading the energy deliver over a longer period of

time (all of stance instead of the brief moment of powered push off). Testing of the

design shows energy delivery that matches or exceeds healthy subject data.

Other research efforts are using electromyography, inertial measurement, and other

techniques to enhance control systems for powered knees or ankles [20–28, 35, 36, 100?

, 101]. To date, however, this is the first work known to the authors concerning the

application of integrated powered knee and ankle prostheses for bilateral amputees.

2.3 Methods

2.3.1 Powered Prosthesis

The authors have previously developed and reported on a powered transfemoral pros-

thesis prototype. The device has been shown to perform level walking [5], real-time

intent recognition [6], upslope walking [4], ground adaptive standing [3], and stair

ascent and descent [34]. Although the prototype has undergone a series of revisions,

the fundamental design has remained consistent. In the current revision (see Fig.

5.5), the number of sensors on the prosthesis has been reduced by replacing the heel

and toe load sensors with a single, axial load cell in the shank as a measure of weight

bearing, and removing the optical encoders on the motors in favor of the integrated
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Hall Effect sensors as a measure of motor position and velocity. The joint angles are

now directly measured with absolute magnetic encoders, which means that all con-

trol signals are derived from non-contact sensors, which is intended to substantially

improve lifetime and reliability.

The prosthesis is controlled by an embedded system that consists of two microcon-

trollers: a 32-bit general purpose microcontroller for high level control and a 16-bit

digital signal processor (DSP) for low level control. The 32-bit microcontroller runs

the control system as described in this manuscript, and performs overhead functions

such as data logging and inter-prosthesis communications. The DSP implements

closed-loop current control on the knee and ankle motors and receives a current ref-

erence from the 32-bit microcontroller over a serial peripheral interface (SPI). The

impedance control loop and state machines are updated at a sampling rate of 500 Hz,

while the current control loop runs at approximately 5 kHz.

Figure 5.5: The Vanderbilt Powered Prosthesis.
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2.3.2 Walking Controller

The original control system for the unilateral transfemoral prosthesis consisted of a

finite state-based impedance control framework, as described in [5]. For level walk-

ing, the gait sequence was parsed into discrete states accessed sequentially through

biomechanical cues measured by sensors in the prosthesis. Within each state, a sim-

ple impedance control law was implemented to approximate the impedance seen in

healthy gait. The following linear control law was utilized in each state:

τ = k(θ − θeq) + bθ̇ (5.1)

where τ represents the commanded joint torque (for either the knee or ankle joint),

θ represents the joint angular position, and θ̇ represents the joint angular velocity.

k, b, and θeq are tunable parameters that define a virtual spring and damper, where

k is the spring stiffness, θeq is the spring equilibrium position, and b is the damping

coefficient.

In this paper, the control system includes provisions specific to bilateral applica-

tions. In particular, a data tether using the Controller Area Network (CAN) protocol

has been implemented to share information between the two prostheses. At a rate of

500 Hz, the prostheses exchange the following signals:

• run time - counter that increments every sample

• control modes - state information for the control system

• knee position - angle of the knee joint

• knee velocity - velocity of the knee joint

• ankle position - angle of the ankle joint

• ankle velocity - velocity of the ankle joint
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• shank load - axial load in the shank

• prc stride - percentage of stride for the current stride

The number of states and state behavior has also been modified from the original

finite state-based impedance control framework. The bilateral controller has three

distinct states for the level walking gait cycle (see Fig. 5.6). In each state, eq. 5.1 is

implemented for both the knee and ankle joints. In the stance state, the impedance

parameters are constant, thereby producing a locally passive system that will always

come to rest in the absence of disturbances or input from the user. In this state both

joints are tuned to behave as stiff, over-damped systems when supporting the user’s

body weight. Neither joint should be overly stiff, however, to allow for stance knee

flexion and ankle plantarflexion for shock absorption after heel strike.
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Figure 5.6: The finite state machines executed by the prostheses. θa is the ankle joint
angle, which is compared to a predetermined threshold, θth, to trigger the transition
into the ankle push off state. Fs is the axial load in the prosthetic shank, which is
compared to a predetermined threshold, Fth, to trigger the transition into swing. The
swing state executes a trajectory and automatically reverts to the stance state when
the trajectory ends, which corresponds to the percentage of stride, ρs, reaching 100%.
The red conditions on the transition from State 0 to State 1 are safety conditions that
are dependent upon the contralateral signals cρs and cS, which are the contralateral
percentage of stride and contralateral state, respectively.
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Figure 5.7: Ideal joint behavior.

In the push-off state, the ankle impedance parameters are also constant, though

the equilibrium position of the ankle is moved from a neutral value (tuned specifi-

cally for the user) to an appropriate plantarflexed value to generate the energy and

motion for powered push-off. By arbitrarily changing this equilibrium value, a finite

amount of energy is introduced to the system, creating a transient response but then

immediately reverting to a locally passive system.

In order to simplify the tuning process, however, the knee behavior is modified

in the push-off state. While the stiffness and damping coefficient of the knee joint

remain fixed during push off, the equilibrium position becomes a function of the ankle

angle. During push off, which takes place between approximately 45% and 60% of

stride (see Fig. 5.7), the knee angle and ankle angle have an approximately linear

correlation. This observation has been noted previously in the literature and leveraged

for the design of a passive prosthesis [102]. A linear least squares relationship was

determined from the healthy data presented in [62] and is depicted in Fig. 5.8. This

relationship is used to continuously calculate the knee equilibrium position in the

push off state. As a result, the knee and ankle angles are kinematically linked in
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this state. As the user unloads the ankle, the knee begins to yield in a synchronous

manner, giving the user direct control over the duration of this state through the

modulation of load on the prosthesis.
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Figure 5.8: The approximately linear relationship between knee angle and ankle angle
during level walking in healthy subjects between 45% an 60% of stride.

The third and final state consists of the swing phase of gait. Because the prosthe-

sis is non-load bearing in this state, the classical advantages of pure impedance-based

control would not be fully realized. The two primary advantages of the finite state-

based impedance control framework presented in [5] are that the behavior of the

prosthesis is not explicitly time-dependent (i.e. the user, as opposed to the device,

has control over the speed at which the device moves), and that the forces produced

by the prosthesis are specifically tuned to interact safely with the environment. These

features are in direct opposition to the nature of high-gain trajectory control, which

specifies precisely the time-dependency of the motion at a high, disturbance-rejecting

impedance. If the walking speed is known, however, the time-dependent nature of

trajectory execution in the prosthesis simplifies to a problem of proper initiation of
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the trajectory. This is the same problem seen in the pure finite state-based frame-

work, as the thresholds for state transitions must be timed accordingly for each user.

Additionally, the high impedance used in trajectory tracking will not accommodate

unknown interactions in the environment, such as the varying load placed upon the

prosthesis by the user. In a non-weight bearing phase of gait such as swing, how-

ever, external loads are minimal. Since the authors have previously demonstrated an

algorithm to detect and classify stumbles [33], a robotic prosthesis could easily be

programmed to change its behavior in the event of a stumble, meanwhile retaining

high gain trajectory control during the swing phase.

For these reasons, the swing phase of the walking controller has been reduced

to a single state that executes appropriate trajectories at the knee and ankle joints.

Upon completion of the trajectories, the controller reverts to the initial state (stance),

previously described. The trajectories are produced by a spline interpolation gener-

ated upon entry into the state. Both the shape and duration of the trajectories are

determined by an estimate of the cadence, as subsequently described.

2.3.3 Inter-prosthesis Communication

Using the control signals exchanged between the prostheses, each prosthesis imple-

ments several safety features to avoid inappropriate mode transitions which could

potentially destabilize or injure the user. Firstly, the prostheses are constrained to

only allow alternating steps. Neither prosthesis can enter the push off state a second

time before the contralateral prosthesis has done so. There is a 2 second time-out on

this feature, such that standing for a moment will re-enable push off on both prosthe-

ses. Additionally, once one prosthesis has entered the push off state, the contralateral

prosthesis is locked out from also entering the push off state until the ipsilateral pros-

thesis has reached the last 10% of the stride. It is important to allow the triggering
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of a contralateral push off before ipsilateral heel strike in order to achieve dynamic

walking similar to healthy biomechanics. An earlier push off, however, could result

in premature destabilization on the ipsilateral (stance) leg and might produce a fall,

and, as such, must be avoided.

2.3.4 Variable Cadence

The stance and push off states of the controller inherently accommodate a variable

cadence, since there is no explicit time dependence in the control law. In these phases,

therefore, the user can control cadence simply by modulating the speed at which he or

she moves the hip. At faster cadences the ankle transition (State 0 to State 1) and the

load transition (State 1 to State 2) occur sooner. For the swing state, which executes

trajectories for the knee and ankle joints, the duration and shape of the trajectories

are altered for each stride. A timer is initialized at the beginning of the push off

phase (Phase 1), and its value at the end of this phase determines the speed and

shape of the trajectory executed in the swing phase (Phase 2). At this point in the

stride, the speed of the stride is determined until the subsequent heel strike, at which

point the control behavior reverts to the non-time-varying impedance control law of

eq. 1.3. Although the duration of the push off state is only a portion of the stance

timing available for cadence estimation, allowing the beginning portion of stance to

be independent of cadence provides an important safety and control mechanism for

bilateral amputees. During the stance phase (early and middle stance, specifically),

a bilateral amputee may take more time than a healthy subject to stabilize at the hip

and achieve an appropriate balance. This time may not be a function of the user’s

desired cadence, and, consequently, it is not used in the cadence estimation.

The duration of the trajectories executed in the swing phase are directly propor-

tional to the duration of the previous push off phase. The shape of the trajectories,
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however, is also adjusted according to this measure of cadence. Three reference tra-

jectories are specified at nominal, slow, and fast cadences via seven points. The

duration of time spent in the push off phase is used to interpolate between the closest

two of these three sets of points, creating a new spline that corresponds to the ca-

dence. Although the differences between the reference splines are adjustable at each

control point, in this work the only control points that were modified were the ones

that affected the maximum knee flexion, as can be seen in Fig. 5.9. Effectively, the

maximum knee flexion is reduced at slower cadences and increased at faster cadences.
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Figure 5.9: The three reference trajectories and an estimated trajectory for the swing
phase of walking at the knee and ankle joints.

2.3.5 Experimental Validation

The control system was implemented on a pair of prostheses and vetted through

the use of able body adapters on healthy subjects [103]. The system was then imple-

mented on a bilateral transfemoral amputee subject (one of the authors). The subject

was 38 years of age, and his bilateral amputations were the result of a traumatic injury

at age 18. He wore Ossur Rheo knees (microprocessor controlled knees, or MPCs)

and College Park Soleus ankles (dynamic-elastic response ankles, or DERs) for daily
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use and for comparison in this study. He weighed approximately 70 kg at the time of

the testing. After several testing and development sessions, a kinematic assessment

was performed on both daily use (passive) prostheses and the powered prostheses.

Approval for this study was given by the Vanderbilt University Institutional Review

Board and informed consent was obtained before the assessment.

For each pair of prostheses, the subject walked at two comfortable walking speeds

of his choosing over ground in a motion capture laboratory. He was fitted with a

full skeletal marker set for motion capture with a NaturalPoint Optitrack motion

capture system. Data was collected for ten trials using both the powered prostheses

and the subject’s daily use, passive prostheses. Because of the limited capture volume

(approximately 36 square meters), the middle two strides were selected from each trial

for analysis. The motion capture data was exported in the Biovision Hierachy (BVH)

file format and imported into Matlab for post-processing. Heel strikes were manually

selected in Matlab and the Cardan angles specified in the BVH file were converted

to homogeneous transformation matrices. From these matrices, sagittal joint angles

were extracted for the hip, knee, and ankle joints for each limb. Each stride was then

normalized in terms of percentage of stride using the heel strikes selected previously.

2.4 Results

The joint angles for the right side hip, knee, and ankle are plotted in Fig. 5.11 for

able bodied subjects (reprinted from [62]), the amputee subject using the powered

prostheses, and the amputee subject using his daily use, passive prostheses. A video

is included in the supplementary that shows the subject walking on both pairs of

prostheses outside of the motion capture laboratory. The healthy subject data did not

explicitly state walking speeds or cadences, but the data reprinted here are specified

as a slow cadence, which most closely represents the subject’s selected cadences. On
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the powered prostheses the subject walked with an average cadence of 66 steps per

minute at a self-selected slow speed and 83 steps per minute at a self-selected normal

cadence. On his daily-use prostheses the subject walking with an average cadence of

70 steps/min at a self-selected slow speed and 97 steps/min at a self-selected normal

cadence. The subject used a stability aid in his right hand for all trials (a forearm

crutch for the powered trials and his daily use cane for the passive trials). Several

representative photographs of the subject walking with the powered prostheses are

shown in Fig. 5.10.

Figure 5.10: The subject walking with the powered prostheses.

In addition to the motion capture data, the powered prostheses log internal data

at a rate of 250 Hz, providing an estimate of joint torques through the measurement of

the motor currents. An approximation of the amount of mechanical energy delivered

can be made using the motor current, motor torque constant (0.0276 Nm/A), the drive

train’s transmission ratio (196:1), and the ankle velocity. This approximation can be

refined with an empirical measure of the transmission’s frictional characteristics. In

this case, the friction in the transmission was modeled as a combination of Coulomb

friction and viscous damping. The model parameters were estimated by iteratively

increasing their values from zero until the system no longer remained stable with

otherwise zero input. With this approach, the system demonstrated stability with

Coulomb friction no higher than 5 Nm and a damping coefficient no higher than 0.01

Nm·s/deg. Fig. 5.12 depicts the powered ankle behavior for a characteristic stride
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(at the normal self-selected cadence), including the torque and power estimates. An

integration of the power in the stance and push off phases yields -7.67 J and 11.47

J, respectively, demonstrating that this behavior would not be possible in a passive

system and confirming that the powered prostheses delivered powered push-off.
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Figure 5.11: Joint angles for the right side hip, knee, and ankle for able bodied
subjects (reprinted from [62]), the amputee subject using the powered prostheses,
and the amputee subject using his daily use, passive prostheses. The knee and ankle
joint plots for the powered prostheses include the internally measured joint angles
from the powered prosthesis in lighter blue.
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Figure 5.12: The powered ankle behavior for a characteristic stride. The top plot
shows the axial load in the shank as measured by the onboard magnetic load cell.
This signal is roughly proportional to the vertical component of the ground reaction
force. The next two plots show the ankle angle and angular velocity, respectively.
In the fourth plot, the black line represents the output torque of the ankle given
100% transmission efficiency, and the blue line represents the output torque assuming
the transmission friction model described.The final plot shows the estimated power
output of the ankle without (black line) and with (blue line) the transmission friction
model. The three colored regions of the plots denote the three phases of the controller:
stance, push off, and swing. With the transmission friction model, the net energy
contribution in the stance phase was -7.67 J, while the net energy contribution in the
push off phase was 11.47 J.
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2.5 Discussion

The powered joint data show several kinematic features of healthy gait that are absent

in the passive data. Most notable, perhaps, is the evidence of powered push- off from

the ankle joint. The powered ankle exhibits evidence of an active push-off with a

strong plantarflexion of the joint just after 60% of stride. This phenomenon can be

verified by consulting the power plot in Fig. 5.12. During the push off phase, the

powered ankle delivers almost 50% more energy than all of the energy both dissipated

during heel strike or (virtually) stored during middle stance. Contrarily, the passive

ankle returns to its nominal position (zero degrees) once unloaded, and, although

its energy contribution is not explicitly measured, it is fundamentally constrained

to return only an amount of energy equal to or less than what was stored through

dorsiflexion in middle stance.

For the prosthetic knee joint, a period of stance knee flexion is observed in the

powered trials. Stance knee flexion aids in shock absorption from heel strike and helps

to lower the body’s center of mass through segments of the stride. The MPC knees

cannot provide an extensive torque greater than the externally applied torque since

they only exhibit passive behavior. As a result, stance knee flexion cannot be achieved

with such a device unless the user supplies a torque from the hip to extend the knee

once it flexes. Such an action is not biomimetic, and it also gives the user a sense

of instability in stance. As such, the passive data show a strongly hyperextended

knee in stance that breaks (moves past zero into flexion) only at the initiation of

swing. The ability of the powered prostheses to provide full support with flexed

knees is a feature that could also enhance safety for bilateral amputees, as it is safe

for the user to load the prosthesis regardless of the knee configuration. Specifically,

the powered prostheses will provide supportive torque at all times in this controller,

therefore eliminating the stance phase yielding that would occur in an MPC knee
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that was loaded whilst not in hyperextension. Furthermore, the active swing from

the powered prosthesis is guaranteed (within the torque limits of the device) to extend

and provide support, even in the event that it experiences a disturbance such as a

stumble or scuff. Finally, landing prematurely on the device will not sacrifice its

ability to support the user, as the active swing extension will still extend the knee.

For both the powered trials and the passive trials, the intact hip joints exhibited

comparable ranges of motion which were significantly larger than that seen in healthy

subjects. Over-active hip motion is consistent with the literature that points to

increased hip torques and metabolic costs for bilateral transfemoral amputee gait [95–

98]. It is anticipated by the authors, however, that the restoration of active behavior

at the ankle will serve to alleviate this over-taxing of the hips in the long term.

However, this particular subject has approximately 20 years of training on passive

devices and only several hours of development and testing on the powered prosthesis

prototypes. As such, it is not surprising that learned kinematic compensations at the

hip were not readily modified by the restoration of powered ankle push-off. Despite

this fact, these data show that a pair of powered knee and ankle prostheses can be

designed and controlled such that a bilateral transfemoral amputee can achieve a gait

that better reflects healthy kinematics at the knee and angle joints.

3. Conclusion

The design and control of a powered prosthetic intervention for bilateral transfemoral

amputees has been presented and demonstrated on an amputee subject. The control

system can achieve variable cadence walking with a reduced number of user-dependent

parameters relative to previously reported controllers for powered transfemoral pros-

theses. The prosthesis prototypes and control system described in this work have

been shown to provide improved kinematics for level walking at the prosthetic knee
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and ankle joints over the subject’s daily use prostheses, relative to healthy data.

The authors plan to extend this controller to other lower limb activities, as well as

investigate lower limb kinetics in bilateral transfemoral amputees in future work.
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CHAPTER VI

CYCLING

Cycling, like gait, is periodic in nature. The dynamics of cycling in steady state

conditions can therefore be fully characterized by examining the behavior relative to

the evolution of the crank angle over a single rotation. Furthermore, it may be possible

to design a control system that performs its control action as a function of crank angle.

Doing so is similar to estimating the phases of gait in order to introduce the proper

control behaviors at the proper times for a controlled prosthesis. In gait, however, it

is difficult to obtain a real time estimation of the percentage of the gait cycle, and

instead, most controlled prostheses parse gait into discrete modes corresponding to the

biomechanical phases of gait. The control action in these modes is then derived from

joint angles, velocities, and external loads. In cycling, however, when the assumptions

are made that the foot remains in contact with the pedal and the rider remains in

contact with the saddle, then leg follows a path that is kinematically constrained.

The consequence of forming this closed kinematic chain is that the motion of the

prosthesis can be used to precisely measure the angle of the crank. Knowing the crank

angle with a precision and latency comparable to the knee angle would open up the

possibility of defining control laws based directly on the crank angle instead of local

behaviors for the knee. As a preliminary investigation, the following manuscript has

been submitted to the 36th Annual International Conference of the IEEE Engineering

in Medicine and Biology Society in Chicago, Illinois, USA. The manuscript outlines
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and evaluates an algorithm for the estimation of the crank angle of a bicycle using

only measurements internal to an intelligent transfemoral prosthesis.

1. Manuscript 5: Estimation of Crank Angle for Cycling

1.1 Abstract

In order for a prosthesis to restore power generation during cycling, it must supply

torque in a manner that is coordinated with the motion of the bicycle crank. This

paper outlines an algorithm for the real time estimation of the angular position of a

bicycle crankshaft using only measurements internal to an intelligent knee and an-

kle prosthesis. The algorithm assumes that the rider/prosthesis/bicycle system can

be modeled as a four-bar mechanism. Assuming that a prosthesis can generate two

independent angular measurements of the mechanism (in this case the knee angle

and the absolute orientation of the shank), Freudenstein’s equation can be used to

synthesize the mechanism continuously. A recursive least-squares algorithm is imple-

mented to estimate the Freudenstein coefficients, and the resulting link lengths are

used to reformulate the equation in terms of input-output relationships mapping both

measured angles to the crank angle. Using two independent measurements allows the

algorithm to uniquely determine the crank angle from multi-valued functions. In or-

der to validate the algorithm, a bicycle was mounted on a trainer and configured with

the prosthesis using an artificial hip joint attached to the seat post. Motion capture

was used to monitor the mechanism for forward and backward pedaling and the re-

sults are compared to the output of the presented algorithm. Once the parameters

have converged, the algorithm is shown to predict the crank angle within 15◦ of the

externally measured value throughout the entire crank cycle during forward rotation.
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1.2 Introduction

As lower limb powered prostheses begin to emerge in the commercial market, am-

putees will likely desire to use these devices for activities outside of those neces-

sary for everyday living. The majority of research on powered prostheses focuses

on the mobility and stability benefits of walking on level ground, slopes, and stairs

[5, 12, 25, 66, 104]. Cycling, however, is both a popular recreation and also a tool

used for fitness and rehabilitation. It is also an activity that is characterized by sig-

nificant net power generation at the hip, knee, and ankle joints [105–108]. It can be

predicted, then, that lower limb amputees would suffer significant performance disad-

vantages when using passive prostheses for cycling. Some recent work has been done

exploring cycling in transtibial amputees (with passive ankles), but the authors know

of no comparable studies for transfemoral amputees [109]. This manuscript marks

the beginning of an investigation into what is necessary for a powered knee and ankle

prosthesis to contribute power during cycling in transfemoral amputees.

Figure 6.1: Kinematic diagram of the four bar linkage model.
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In healthy biomechanics, the majority of the external work done by the pedaling

limb is performed during what is known as the power stroke. The power stroke

consists of knee and hip extension and ankle plantarflexion when the crank arm is

in the forward half of its revolution. If the angle of the crank is denoted by θc and

the convention shown in Fig. 6.1 is adopted, then the power stroke occurs between

approximately 30◦ and 120◦ for the particular configuration shown. The power stroke

region will generally vary as a function of the seat tube angle (ϕ0 in Fig. 6.1), as the

mechanical advantage of the lower limb joints with respect to the crank is a function

of their relative angles and not their orientation with respect to gravity. For example,

the power stroke for a recumbent bicyclist would be approximately 90◦ earlier than

for an upright bicyclist.

If a powered prosthesis is going to supply torque to supplement an amputee’s effort

during cycling, an estimate of the crank angle is critical. The crank cycle is generally

divided into 4 strokes: top, power, bottom, and recovery [109]. The transmission of

torque from the knee to the crank inverts during the top and bottom strokes. The

crank angle, along with the direction of rotation, must be known to the prosthesis

to avoid supplying an extensive torque during the recovery stroke or a flexive torque

during the power stroke. At the very minimum, therefore, an estimator is needed

that can determine the initiation and termination of the power and recovery strokes.

1.3 Methods

It is assumed that the prosthesis can measure θk and ϕs. For the powered prosthesis

previously developed by the authors, θk is measured by an absolute magnetic en-

coder, while ϕs is measured by an inertial measurement unit (IMU). With these two

measurements, the relative lengths of each link in the four bar mechanism can be

determined, and the result can then be used to uniquely determine the crank angle.
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1.3.1 Estimation of Link Lengths

For the purposes of this work, the rider/prosthesis/bicycle system is assumed to be

appropriately modeled by a planar four-bar linkage. This model therefore assumes

that (1) the hip joint remains in a fixed location relative to the crank axis and (2) that

the ankle joint is capable of remaining infinitely stiff such that the shank and foot

can be treated as a single link. Under these conditions, this single degree-of-freedom

mechanism can be completely characterized by the generalized coordinate ϕc, which

is the angle of the crank shaft with convention as shown in Fig. 6.1. Note that

this convention is different from that generally used in the biomechanics literature

(denoted in Fig. 6.1 by θc), which defines the top-dead-center (TDC) position of

the crank arm as zero, with forward rotation being positive [105, 109]. Because

this is a single degree-of-freedom system, ϕc uniquely determines the configuration

of the system under the further assumption that the knee cannot hyper-extend. (If

hyperextension were allowed, there would be two assembly modes for the mechanism.)

However, this mapping is a function of the relative link lengths of the mechanism,

and so these link lengths must be determined if the relationship between ϕc and an

internal prosthesis measurement, such as the knee angle, θk, is going to be exploited

to determine the crank angle.

In general, it would be best to avoid specifying the geometry of the system explic-

itly since these parameters will likely change between riders and bicycles. Therefore,

only the following parameters are specified: the seat tube angle, ϕ0 (for most bicy-

cles, this is close to 75◦), rp, and θp. With these parameters set and assuming at least

3 known input and output angles of the mechanism, the link lengths can be deter-

mined uniquely through classic analytical methods. If ϕp and ϕt are used (which can

be uniquely determined from the measured angles θk and ϕs), then Freudenstein’s

equation can be written in the following form (derived from the loop close equation:
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~rc + ~rp = ~r0 + ~rt).

K1 cosϕt0 +K2 cosϕp0 +K3 = cosϕtp (6.1)

where the notation ϕab denotes (ϕa − ϕb). The coefficients are given by

K1 =
r0
rp

K2 = −r0
rt

K3 =
r20 + r2t + r2p − r2c

2rprt

(6.2)

The orientation of the shank with respect to gravity (and, through the knowledge

of ϕ0, also with respect to the bicycle frame representing the fixed link of the four

bar mechanism) is estimated in real time by combining the high frequency portion

of the integral of the in-plane angular rate measured by a solid state gyroscope with

the low frequency portion of the inverse tangent of the in-plane accelerometer signals

through the use of first order complementary filters with time constants of one sec-

ond. The orientation of the thigh is determined by adding the knee angle (less θp) to

the shank orientation. As the prosthesis moves through the cycling motion (initially

generated, at least, by effort from the hip or the contralateral limb), pairs of angles

are continually generated that should be consistent with the geometry of a particular

four-bar mechanism. A continuous time recursive least-squares (RLS) estimator was

implemented in MATLAB Simulink to achieve a best fit from the measured angles

in real time. The implementation of the least squares estimation follows that pre-

sented in [110]. The covariance matrix was initialized as the identity matrix, and the

forgetting factor was set to unity.
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1.3.2 Estimation of Crank Angle

Either of the independent angles (the knee angle or the IMU orientation) used for the

link length estimation can be used to find the crank angle. In each case, however, the

mapping is both multi-valued and, at certain points, ill-conditioned. First consider

the mapping from γ, which is the supplementary angle for the quantity (θk − θp), to

ϕc.

ϕc = ϕ0 − arccos(
r2c + r20 − r2p − r2t + 2rprt cos γ

2rcr0
) (6.3)

The inverse cosine (y = arccosx) is typically defined over the principal domain

of {−1 ≤ x ≤ 1} and range of {0 ≤ y ≤ π} to avoid ambiguity. The crank angle,

however, must be allowed to evolve from 0 to 2π, and so (6.3) alone will be insufficient

for calculating ϕc.

ϕc can also be written as a function of ϕp,

ϕc = 2 arctan

(
−Bp ±

√
B2
p − 4ApCp

2Ap

)
(6.4)

where the coefficients Ap, Bp, and Cp are nonlinear functions of the link lengths and

ϕp.

Even if a four-quadrant inverse tangent is applied, the quadratic expression still

yields two possible values for ϕc. Consequently, (6.4) is also multi-valued. Within a

reasonable tolerance, however, one output from each expression should be in agree-

ment, resolving the ambiguity. The estimation algorithm therefore continuously eval-

uates the four conditions and selects the two closest values of ϕc as the most likely

estimates for each expression.

Using two estimates of ϕc not only resolves the multi-valued problem, but it also

provides an opportunity to minimize the errors resulting from singularities in either
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estimate. A linear combination of the two estimates is constructed using normalized

weights calculated from the relative magnitudes of the derivatives of (6.3) and (6.4).

Although explicit differentiation of (6.3) and (6.4) is difficult, the derivatives can be

expressed implicitly as

dϕc
dγ

= − rtrp sin γ

r0rc sin (ϕ0 − ϕc)
(6.5)

and

dϕc
dϕp

= −rp sin (ϕp − ϕt)
rc sin (ϕc − ϕt)

(6.6)

respectively. The weights for the γ and ϕp estimates, respectively, are given by

Gγ = 1−
(dϕc

dγ
)2

(dϕc

dγ
)2 + ( dϕc

dϕp
)2

(6.7)

Gϕp = 1−
( dϕc

dϕp
)2

(dϕc

dγ
)2 + ( dϕc

dϕp
)2
. (6.8)

The weights as functions of the output are plotted in the bottom graph of Fig.

6.2. As each derivative approaches infinity, its respective contribution to the crank

estimate approaches zero. Note also that, in general, the derivative of the output

with respect to the knee angle measure is smaller than the derivative with respect

to the shank angle measure, causing the knee measure to dominate the estimation

except near its singularities.

1.4 Validation

A powered knee and ankle prosthesis previously developed by the authors was fitted

to a bicycle and connected to an artificial passive hip joint mounted to the seat post.
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Figure 6.2: Theoretical plots of ideal four bar behavior. The input angles were
generated from the inverses of (6.3) and (6.4) as ϕc was swept from 0 to 360◦. The
second plot shows both possible values of ϕc from (6.3) and (6.4), along with the true
value of ϕc. The third plot shows how dϕc/dγ and dϕc/dϕp evolve as functions of
ϕc, indicating the two singularities in the inverse mappings. The fourth plot shows
the weights Gγ and Gϕp used to combine the matching outputs of (6.3) and (6.4) to
generate the estimate of ϕc.
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The internal signals of the prosthesis (knee angle and shank orientation) were logged

simultaneously with external motion capture. The data from the prosthesis were

streamed to MATLAB Simulink (running Real-time Windows Target) via a Controller

Area Network (CAN) interface at a rate of 250 Hz. In the motion capture software

environment, five rigid bodies were defined with reflective markers corresponding to

the bicycle frame, crank arm, prosthetic foot, prosthetic shank, and artificial thigh.

The markers were tracked with a 12 camera motion capture package from Natural

Point at 120 fps. These data were then exported to MATLAB for post processing.

Principle component analysis was performed on the set of all marker locations for

each joint axis. The mean direction of the third principle components of all the axes

was used to reduce the data to 2 dimensions. The resulting data were then used to

compute the link lengths and angles of the mechanism. A photograph of the setup,

along with the motion capture model determined by the markers, is shown in Fig.

6.3.

1.4.1 Parameter Estimation

Upon startup, the algorithm must first obtain sufficient data from the prosthesis in

order to converge on the Freudenstein coefficients. A plot of the coefficient estimates

is shown in Fig. 6.4. A comparison of the link lengths as determined by both the

motion capture system and the prosthesis is provided in Table 11.

Table 11: Determination of four-bar link lengths

Link Motion Capture Prosthesis
µ (m) σ (m) µ (m) σ (m)

r0 0.751 0.002 0.732 0.006
rt 0.335 0.003 0.319 0.005
rp 0.611 0.001 0.610 0.000
rc 0.167 0.008 0.163 0.003
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Figure 6.3: The powered prosthesis configured on the bicycle (a) and the motion
capture model (b). The red squares in (b) denote the joint axes.

10 11 12 13 14 15

−2

0

2

Time (s)

C
o
effi

ci
en

ts K1

K2

K3

10 11 12 13 14 15
45◦
90◦

135◦
180◦

A
n
gl

e

γ
φp

Figure 6.4: Convergence of Freudenstein coefficients using RLS.
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1.4.2 Crank Angle Estimation

The error in the crank angle measure over three cycles after parameter convergence

is shown in Fig. 6.5. Also included in Fig. 6.5 are the angular errors for each

independent estimate of the crank angle before their linear combination using the

gains calculated in the previous section. Note that the effect of the singularities is

clearly present in each signal, and also that these errors are effectively minimized

using the fusion technique described. The measured and estimated crank angles from

an entire trial including forward and backward rotation are plotted as functions of

time in Fig. 6.6. In this trial the crank was moved in both directions and held in

place at several locations. The maximum error after parameter convergence in this

trial was approximately 20◦ (around 19 seconds, when the crank changes direction).

1.5 Conclusion

The presented algorithm robustly avoids singularities from both measurements for

the geometry used in the experiment, and estimates the crank angle within 15◦ when

the hip joint is constrained and the bicycle is driven in the forward direction by the

contralateral crank arm. Future work will include assessing the estimator with an

amputee subject, and, subsequently, using the estimate to time the delivery of knee

torque during the power stroke in order to supplement the subject’s effort during

steady-state cycling.
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Figure 6.5: Error as a function of crank angle. The error from the γ-based estimate
is denoted by blue squares, the error from the ϕp-based estimate by green circles, and
the combined estimate by black crosses.
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Figure 6.6: Crank angle as measured by the motion capture system and estimated by
the prosthesis for the trial showing forward and backward rotation.

135



1.6 Acknowledgment

The motion capture data used in the experiment were saved as a C3D file type. The

data were imported to MATLAB using a script written by Q. Youn Hong, which uses

code written by Alan Morris and Jaap Harlaar. The files used were downloaded from:

http://mocap.cs.cmu.edu/tools.php on January 11, 2014.

2. Addendum to Manuscript 5: Equation Derivations

Derivations for the equations used in Manuscript 5 are now provided. The derivation

of Freudenstein’s equation, [111], is performed for the conventions shown in Fig. 6.1.

The equation is then solved explicitly by following the form demonstrated in [112].

2.1 Equations 6.1 and 6.2: Freudenstein’s Equation (ϕt ↔ ϕp)

The absolute angles can be found from the loop closure equation. The equation that

is generated is Freudenstein’s equation, and it can be written for the relationship

between any two absolute link angles.

~rc + ~rp = ~r0 + ~rt (6.9)

For planar systems, it is convenient to cast this vector equation into a scalar,

complex equation.

rce
iϕc + rpe

iϕp = r0e
iϕ0 + rte

iϕt (6.10)

At this point we must decide which variable to eliminate (ϕt, ϕp, or ϕc) in order

to derive a relationship between the other two. In this case, we want to eliminate ϕc.

In order to do so, we rearrange (6.10).
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rce
iϕc = r0e

iϕ0 + rte
iϕt − rpeiϕp (6.11)

Now we can multiply (6.11) by its complex conjugate, which will drop ϕc from

the expression.

r2c = (r0e
iϕ0 + rte

iϕt − rpeiϕp)(r0e
−iϕ0 + rte

−iϕt − rpe−iϕp) (6.12)

Now simplify (6.12).

r2c =r20 + r0rte
i(ϕ0−ϕt) − r0rpei(ϕ0−ϕp)

+r2t + rtr0e
i(ϕt−ϕ0) − rtrpei(ϕt−ϕp)

+r2p − rpr0ei(ϕp−ϕ0) − rprtei(ϕp−ϕt)

(6.13)

Now group the exponential terms with similar arguments.

r2c =r20 + r2t + r2p

+r0rt[e
i(ϕt−ϕ0) + e−i(ϕt−ϕ0)]

−r0rp[ei(ϕp−ϕ0) + e−i(ϕp−ϕ0)]

−rtrp[ei(ϕt−ϕp) + e−i(ϕt−ϕp)]

(6.14)

The exponentials can be replaced using the relation 2 cos θ = eiθ + e−iθ.
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r2c =r20 + r2t + r2p

+2r0rt cos(ϕt − ϕ0)

−2r0rp cos(ϕp − ϕ0)

−2rtrp cos(ϕt − ϕp)

(6.15)

Some rearranging is in order.

r0
rp

cos(ϕt − ϕ0)−
r0
rt

cos(ϕp − ϕ0) +
r20 + r2t + r2p − r2c

2rtrp
= cos(ϕt − ϕp) (6.16)

At this point it is customary to collect the constants into three coefficients.

K1 cos(ϕt − ϕ0) +K2 cos(ϕp − ϕ0) +K3 = cos(ϕt − ϕp) (6.17)

where

K1 = r0
rp

K2 = − r0
rc

K3 =
r20+r

2
t+r

2
p−r2c

2rtrp

(6.18)

Eq. (6.17) is the implicit formulation of Freudenstein’s equation for the relation-

ship between ϕt and ϕp. It is often written with the assumption that ϕ0 = 0. The

Freudenstein coefficients, K1−3, will differ depending on the two angles of interest,

but the form of (6.17) will remain consistent.
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2.2 Equation 6.3: ϕc(γ) - Law of Cosines

The knee angle is typically defined to be positive in flexion and zero at full knee

extension. This value is denoted by θk in Fig. 6.1. The supplementary angle, γ, will

be a simpler value to use for crank estimation, however, so the following derivation

will be in terms of γ instead of θk. The relationship between γ and ϕc can be found

using the law of cosines.

‖HP‖2 = r2p + r2t − 2rprt cos γ (6.19)

Similarly,

‖HP‖2 = r2c + r20 − 2rcr0 cos (ϕ0 − ϕc) (6.20)

Eqns. (6.19) and (6.20) can be combined to eliminate HP , yielding an expression

relating γ and ϕc.

r2p + r2t − 2rprt cos γ = r2c + r20 − 2rcr0 cos (ϕ0 − ϕc) (6.21)

Eq. (6.21) can be solved explicitly for both the forward and inverse problems.

γ = arccos

(−r2c − r20 + r2p + r2t + 2rcr0 cos (ϕ0 − ϕc)
2rprt

)
(6.22)

ϕc = ϕ0 − arccos

(
r2c + r20 − r2p − r2t + 2rprt cos γ

2rcr0

)
(6.23)
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2.3 Equation 6.4: ϕc(ϕp) - Explicit Solution of Freudenstein

Freudenstein’s equation can be explicitly solved in closed form for either the input or

the output angles. In this section we will solve for ϕc as a function of ϕp.

We will start first with Freudenstein’s equation reformulated for ϕc ↔ ϕp.

K1 cos(ϕc − ϕ0) +K2 cos(ϕp − ϕ0) +K3 = cos(ϕc − ϕp) (6.24)

where

K1 = r0
rp

K2 = r0
rc

K3 =
r2t−r2c−r2p−r20

2rcrp

(6.25)

The terms containing ϕc on both sides of (6.24) can be expanded with the sum-

difference formula for cosine (cos(u± v) = cosu cos v ∓ sinu sin v).

K1 (cosϕc cosϕ0 + sinϕc sinϕ0) +K2 cos (ϕp − ϕ0) +K3 = cosϕc cosϕp+ sinϕc sinϕp

(6.26)

All sine and cosine functions containing ϕc can be replaced using the following

relations.

sin θ =
2 tan(1

2
θ)

1 + tan2(1
2
θ)

(6.27)

and

cos θ =
1− tan2(1

2
θ)

1 + tan2(1
2
θ)

(6.28)

such that
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K1

(
1− tan2

(
1
2
ϕc
)

1 + tan2
(
1
2
ϕc
) cosϕ0 +

2 tan
(
1
2
ϕc
)

1 + tan2
(
1
2
ϕc
) sinϕ0

)
+K2 cos(ϕp − ϕ0) +K3

=
1− tan2

(
1
2
ϕc
)

1 + tan2
(
1
2
ϕc
) cosϕp +

2 tan
(
1
2
ϕc
)

1 + tan2
(
1
2
ϕc
) sinϕp

(6.29)

Now multiply through by the denominator.

K1

(
cosϕ0 − tan2

(
1

2
ϕc

)
cosϕ0 + 2 tan

(
1

2
ϕc

)
sinϕ0

)
+K2 cos(ϕp − ϕ0)

(
1 + tan2

(
1

2
ϕc

))
+K3

(
1 + tan2

(
1

2
ϕc

))
=

(
1− tan2

(
1

2
ϕc

))
cosϕp +

(
2 tan

(
1

2
ϕc

))
sinϕp

(6.30)

Rearrange.

(−K1 cosϕ0 +K2 cos (ϕp − ϕ0) +K3 + cosϕp) tan2

(
1

2
ϕc

)
+ (2K1 sinϕ0 − 2 sinϕp) tan

(
1

2
ϕc

)
+ (K1 cosϕ0 +K2 cos (ϕp − ϕ0) +K3 − cosϕp) = 0

(6.31)

Define the following terms to simplify (6.32).

A = −K1 cosϕ0 +K2 cos (ϕp − ϕ0) +K3 + cosϕp (6.32)

B = 2K1 sinϕ0 − 2 sinϕp (6.33)

C = K1 cosϕ0 +K2 cos (ϕp − ϕ0) +K3 − cosϕp (6.34)

141



Substituting in these relations yields a quadratic equation in tan
(
1
2
ϕc
)
.

A tan2

(
1

2
ϕc

)
+B tan

(
1

2
ϕc

)
+ C = 0 (6.35)

for which the explicit solution is given by

ϕc = 2 arctan

(−B ±√B2 − 4AC

2A

)
(6.36)

In general, eq. 6.36 will have different A, B, and C depending on the input and

output defined. We will call the mapping from ϕc to ϕp and ϕt the forward mapping,

and the mapping from ϕp and ϕt to ϕc the inverse mapping. The coefficients for both

cases are listed below. The input angle is denoted by ϕx to indicate that either ϕp or

ϕt can be used. The selection of Freudenstein coefficients will determine whether the

forward mapping applies to ϕp or ϕt. The definitions of the K’s are restated below.

ϕx = f(ϕc) :

A = K1 cos (ϕc − ϕ0)−K2 cosϕ0 +K3 + cosϕc

B = 2K2 sinϕ0 − 2 sinϕc

C = K1 cos (ϕc − ϕ0) +K2 cosϕ0 +K3 − cosϕc

(6.37)

ϕc = f(ϕx) :

Ainv = −K1 cosϕ0 +K2 cos (ϕx − ϕ0) +K3 + cosϕx

Binv = 2K1 sinϕ0 − 2 sinϕx

Cinv = K1 cosϕ0 +K2 cos (ϕx − ϕ0) +K3 − cosϕx

(6.38)

Kp1 = r0
rp

Kp2 = r0
rc

Kp3 =
r2t−r2c−r2p−r20

2rcrp

(6.39)
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Kt1 = − r0
rt

Kt2 = r0
rc

Kt3 =
−r2p+r2c+r2t+r20

2rcrt

(6.40)
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2.4 Equation 6.5: Implicit Derivative of ϕc(γ)

Since we have expressions relating all the angles of the mechanism, we do not need

to explicitly solve for derivatives as functions of a single parameter. Instead, we can

formulate an implicit relation to easily calculate dϕc/dγ.

To start, we can differentiate (6.21) with respect to time.

d

dt

(
r2p + r2t − 2rprt cos γ

)
=

d

dt

(
r2c + r20 − 2rcr0 cos (ϕ0 − ϕc)

)
(6.41)

The only variables that will change in time are γ and ϕc, such that

2rprt sin γ
dγ

dt
= −2rcr0 sin (ϕ0 − ϕc)

dϕc
dt

(6.42)

which yields

dϕc
dγ

= − rprt sin γ

rcr0 sin (ϕ0 − ϕc)
(6.43)

2.5 Equation 6.6: Implicit Derivative of ϕc(ϕp)

In a manner similar to the derivation of dϕc/dγ, the derivative of ϕc(ϕp) can be

expressed implicitly. The original loop closure expression can be differentiated with

respect to time, and then the result can be used to determine changes in the output

relative to changes in the input. The rate of change of the loop closure equation with

respect to time is

d

dt

(
rce

iϕc
)

+
d

dt

(
rpe

iϕp
)

=
d

dt

(
r0e

iϕ0
)

+
d

dt

(
rte

iϕt
)

(6.44)

Which simplifies since the link lengths and the orientation of the base link do not

change with time.
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rc
d

dt

(
eiϕc
)

+ rp
d

dt

(
eiϕp
)

= rt
d

dt

(
eiϕt
)

(6.45)

Evaluating the derivatives yields

dϕc
dt

rce
iϕc +

dϕp
dt

rpe
iϕp =

dϕt
dt
rte

iϕt (6.46)

And now any one of the derivatives can be eliminated by multiplying the equation

by e−iϕ. We will eliminate dϕt

dt
in order to obtain an expression for dϕc

dϕp
.

dϕc
dt

rce
iϕce−iϕt +

dϕp
dt

rpe
iϕpe−iϕt =

dϕt
dt
rte

iϕte−iϕt (6.47)

which simplifies to

dϕc
dt

rce
i(ϕc−ϕt) +

dϕp
dt

rpe
i(ϕp−ϕt) =

dϕt
dt
rt (6.48)

Since the right hand side of (6.48) is only real, then the imaginary portion of the

equation will not contain dϕt

dt
.

dϕc
dt

rc sin (ϕc − ϕt) +
dϕp
dt

rp sin (ϕp − ϕt) = 0 (6.49)

This expression can be rearranged to express dϕc

dϕp
.

dϕc
dϕp

= −rp sin (ϕp − ϕt)
rc sin (ϕc − ϕt)

(6.50)
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CHAPTER VII

CONCLUSION

This dissertation has presented a variety of control systems for various applications in

a powered knee and ankle prosthesis. Beginning with the finite state-based impedance

control framework previously presented, this technique was applied to two new prob-

lems: that of active stumble recovery and the navigation of stairs. Subsequently, a

new approach, consisting of a combination of impedance-based control and trajec-

tory control, was applied to the original problem of variable cadence level ground

walking. The approach was shown to achieve a continuously variable cadence with

significantly fewer tuned parameters than finite state-based impedance control alone.

A similar hybrid approach was implemented for a bilateral intervention, which ad-

ditionally leveraged communication between the prostheses for enhanced safety and

stability. Finally, an algorithm to adaptively estimate the angle of the crankshaft of

a bicycle was presented and tested on a prosthesis prototype.

The eclectic nature of the presented work in this dissertation should emphasize

the extreme versatility of a powered transfemoral prosthesis. This versatility stems

from the fact that all the prototypes used in this work were designed to include

as few passive components as possible to achieve the desired behavior. With full

software control of the torque supplied to the knee and ankle joints, the limitations

of the prosthesis are defined solely by the sophistication of the control system and

the sensor signals available.
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1. Clinical Assessment and Statistical Significance

This work is interdisciplinary by nature, and an important aim has been to develop a

device that has the potential to provide a clinical benefit to the amputee population.

The scope of such a project must have its limits, however, and the process of designing

and carrying out a clinical trial on a statistically significant portion of the amputee

population lies outside of these limits. Furthermore, such a large scale study is not

an effective use of resources for a laboratory prototype that is likely to undergo

significant revisions before approval from the Food and Drug Administration (FDA)

or its appearance as a commercially available medical device. Consequently, the

assessments achieved in this work have been the verification of the effectiveness of the

design and control methodologies, as determined by the biomechanical comparisons

of a limited number of amputee subjects using both the prototype devices and their

daily-use prostheses.

2. Commercialization and Competing Interests

The prostheses used in this work were laboratory prototypes, although they were

designed with practical considerations in mind. The control systems presented in this

work have also been developed with a concern for practical implementation. A specific

goal through this effort has been to design and build devices that have the potential to

commercially translate. Along with the publications this work has produced, several

provisional patent applications have been filed by the Vanderbilt University Office

of Technology Transfer. Some of these applications have been licensed by Freedom

Innovations, LLC, a US-based manufacturer of prosthetic devices. I am a co-inventor

of the intellectual property licensed by Vanderbilt University to Freedom Innovations,

and, as such, have a limited financial interest in the successful translation of this

technology to the commercial market.
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3. Future Work

Especially in the field of engineering, it is never clear when a system, project, or

effort is complete. In my mind, there are two major directions for this project:

further biomechanical assessment and further hardware and control development. The

Center for Intelligent Mechatronics is primarily a mechanical engineering laboratory,

although its focus as of late has moved firmly into the realm of rehabilitation robotics,

which necessarily includes biomedical and biomechanical engineering. With mature

prototypes, it is now feasible to fit more subjects and take more clinically oriented

measurements, such as heart rate, oxygen consumption, carbon dioxide production,

etc. As stated earlier, statistically significant trials on large sample sizes will most

likely remain outside of the abilities of the lab for the near term, but incorporating

smaller assessments into the development cycle has the potential to speed iterations

and improve feedback. These sorts of studies move slightly outside the traditional

realm of mechanical engineering, and they may attract students and researchers with

more clinical mindsets. All the better, if this is the case, though, as working directly

with amputee subjects provides invaluable insights as to what the real issues are for

the target population.

With regard to hardware and control development, a key feature of the prototypes

described herein is their versatility with respect to programmable behaviors, as men-

tioned at the beginning of this chapter. With minimal open loop passive components,

an extremely wide variety of lower limb activities can be explored with these devices.

Cycling is a perfect example, and future work should necessarily include building a

full control system based upon the crank angle estimator presented in Chapter 6. All

lower limb activities are fair game, though power limitations will generally prevent

high-intensity activities such as many forms of rigorous exercise.

Simplicity is also key for the translation of these devices. The hybrid control
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scheme presented in Chapter 4 significantly reduces the parameterization of the level

walking controller, though more simplification is surely possible and would reduce the

effort required by prosthetists when fitting new patients. With more experience on a

wider variety of subjects (and also with a wider variety of researchers and prosthetists

fitting the devices), there will be a clearer picture of what the core parameter set is

for the majority of users. It is my hope and belief that this set is actually quite small

and tractable.

For a more thorough discussion concerning the state of the art and future direc-

tions for this work, the interested reader is directed to an article that appeared in the

210th issue of the 5th volume of Science Translational Medicine entitled “Realizing

the promise of robotic leg prostheses” [113]. This article highlights the fundamental

challenges to the design and control of lower limb prostheses, and describes some

presumed biomechanical benefits which provide some guidelines for assessments yet

to come.

The supporting technologies for self-contained robotic devices continue to evolve.

Few could have predicted that MEMS-based gyroscopes and accelerometers would be

as cheap and pervasive as they are now. Research efforts in alternative energy are

also likely to continue to have a significant impact on the micro level as well as the

macro. It will be exciting to follow, contribute, and share in the progress that will

surely continue to be made.
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