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CHAPTER I 

 

I. INTRODUCTION  

 

The most general aim of the work described in this manuscript is to 

improve the life of the transfemoral amputee through the improvement of 

current prosthetic technology. Since up to 85% of lower limb amputees utilize a 

prosthesis, the improvement of prosthetic technology has the potential to 

positively affect a significant portion of the amputee population [1]. 

Furthermore, although the focus of this work is on the development a nd control 

of prosthetic devices for transfemoral amputees, many of the results and control 

algorithms presented may be equally applicable to persons living with other 

types of lower limb amputations. This chapter attempts to provide a brief 

overview of th e difficulties faced by people living with a lower limb amputation 

and the prosthetic technologies that are currently available to help alleviate th ose 

difficulties.  
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1. Life with a  Lower Limb Amput ation 

 A study published in 2005 estimated that the number o f people living in 

the United States with the loss of a limb was just under 1.6 million [2]. Within 

this population an estimated 623,000 people were living w ith a major lower limb 

amputation (where a major lower limb amputation was defined as an 

amputation at the foot or any more proximal location on the limb). The primary 

cause of amputation was due to dysvascular disease (81%), while the remaining 

significan t causes were traumatic injury (17%) and cancer (2%). 1,112 

amputations have been reported due to Operation Iraqi Freedom [3], and, 

although this may not be a large portion of the overall amputee population, 

veteran amputees have traditionally been early adopters of new prosthetic 

technologies due to government subsidies and generally higher activity levels . 

Members of the lower limb amputee population are typically assigned a 

Medicare Functional Classification Level (MFCL) in order to characterize the 

level of activity they undergo on a daily basis. This classification scheme contains 

five l evels, commonly referred to as K-levels, which rank the amputee in an 

order of increasing activity. Table 1, reprinted from [4], lists the formal 

definitions of the five activity levels specified by the MFCL.  

Current prosthetic devices can provide aid to all activity levels except for 

K0. The higher the activity level of an amputee, the more activities he or she is 
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able to perform, and typically this corresponds with greater utilization of a 

prosthetic device. 

 

 

HCFA 

Modifier  

MFCL Description  

K0 MFCL-0ɭDoes not have the ability or potential to ambulate 

or transfer safely with or without assistance and a prosthesis 

does not enhance quality of life or mobility.  

K1 MFCL-1ɭHas the ability or pot ential to use a prosthesis for 

transfers or ambulation on level surfaces at fixed cadence. 

Typical of the limited and unlimited household ambulator.  

K2 MFCL-2ɭHas the ability or potential for ambulation with the 

ability to traverse low -level environmental  barriers such as 

curbs, stairs, or uneven surfaces. Typical of the limited 

community ambulator.  
K3 MFCL-3ɭHas the ability or potential for ambulation with 

variable cadence. Typical of the community ambulatory who 

has the ability to traverse most environm ental barriers and 

may have vocational, therapeutic, or exercise activity that 

demands prosthetic utilization beyond simple locomotion.  

K4 MFCL-4ɭHas the ability or potential for prosthetic 

ambulation that exceeds the basic ambulation skills, 

exhibiting h igh impact, stress, or energy levels, typical of the 

prosthetic demands of the child, active adult, or athlete.  

HCFA = Health Care Financing Administration.  

Table 1: Medicare Functional Classification Level (MFCL) descriptions  
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Across all activity levels, however, severe biomechanical deficiencies are 

experienced by amputees when compared to the healthy population . A 

significant number of studies have been conducted on the metabolic cost of 

transport for lower -limb  amputees in gait.  A review paper by Waters and 

Mulroy highlights this problem by providing the chart reprinted here as Figure 

I-1 [5]. These data are derived from a combination of two studies with 

comparable methodology but applied to subjects of different amputation levels. 

The abbreviations for amputation level in the figure are hemipelvectomy (HP), 

hip disarticulation (HD), transfemoral (TF), through knee (TK), and transtibial 

(TT). 

 
Figure I-1: Oxygen consumption and walking speed f or unilateral amputees 

(reprinted from [5]). 
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There is a clear correlation between the level of amputation and the 

metabolic cost of transport. Specifically, transfemoral amputees exhibited a 30% 

increase in the metabolic cost of transport as compared to healthy subjects. In 

addition, the com fortable walking speed of the subjects (referred to as the self-

selected walking speed, or SSWS) decreases with increasing levels of amputation. 

The reason for this inverse relationship, as reported in [5], is because the rate of 

metabolic energy consumption remains relatively constant across subjects. This 

naturally leads to the  conclusion that humans adapt their walking speed to 

maintain a comfortable level of exertion. When walking becomes more difficult, 

for instance due to an amputation or other pathological gait deficiency, they 

choose to decrease their walking speed instead of increasing their exertion. 

In addition to the mobility deficiency that arises from the tradeoff between 

exertion levels and SSWS, amputees also experience gait asymmetry even when 

using the current state of the art in prosthetic devices. This asymmetry has been 

characterized by the ratios of time spent in stance on the sound leg vs. the 

prosthetic leg either through the use of heel and toe contact indicators as in [6], 

or through center of pressure measurements as in [7]. Transfemoral amputees, 

even 10 years post amputation, spend approximately 9.2% longer in stance on 

their sound leg than their prosthesis [7]. 
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In the same way that serious obstacles arise in terms of mobility, lower 

limb amputees also face severely compromised stability. In a survey of 435 

community -living lower limb amputees , just over half reported falling in the last 

year, while  a comparable number reported a fear of falling. More importantly, 

approximately 10% of those surveyed were forced to seek medical attention as a 

result of the fall  [8, 9]. Additionally, 65% of the respondents received scores of 80 

or below on the Activities -Specific Balance Confidence Scale [10], which indicates 

that this subset could experience significant benefits from treatment to improve 

their balance confidence [11]. The researchers that performed this survey 

concluded that ɁfÈÓÓÐÕÎɯÈÕËɯÍÌÈÙɯÖÍɯÍÈÓÓÐÕÎɯÈÙÌɯ×ÌÙÝÈÚÐÝÌɯÈÔÖÕÎɯÈÔ×ÜÛÌÌÚɂ [9].  

Biomechanical studies have also been conducted in order to characterize 

the deficiencies experienced by lower-limb amputees in balance. The 

predominant outcome measures utilized in these studies are postural sway [12, 

13] and weight bearing distribution [14-16]. Postural sway increased for 

transtibial and transfemoral am putees in both static and dynamic standing 

conditions as compared to healthy subjects [13]. Both groups of amputees 

(transtibial and transfemoral) also favored their sound leg in terms of weight 

distribution  by a ratio of approximately 60 -40% during standing  [14-16]. It is 

important to note that all of these studies were conducted for standing on level 
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surfaces only. (The dynamic condition in [13] consisted of a passive pivoting 

stabilometer on which the subjects attempted to balance in a level configuration.) 

In summary, amputees that are well enough for active lifestyles  are still 

biomechanically limited as compared with healthy subjects. This is especially 

true for the transfemoral amputee, who has lost a biomechanically intact knee 

and ankle joint. These limitations, as shown by the outcomes of the studies 

previously di scussed, are inherently dependent on the type of prosthetic device 

used by the subjects. All devices in the above studies were passive devices. The 

following section will explore the most recent prosthetic devices specifically 

available to the transfemoral amputee, along with a discussion of the benefits and 

drawbacks of such devices. 

 

2. Current Prosthetic Technology for Transfemoral Amputees  

Today there is a host of commercially available prosthetic devices 

available to the transfemoral amputee. A complete prosthesis is typically 

assembled from independent components, allowing the amputee (or prosthetist) 

to choose amongst various brands and devices. The foot and ankle are generally 

integrated into a carbon fiber ankle -foot complex. These devices can be directly 

integrated to a prosthetic socket in order to create a transtibial prosthesis, or they 

can be coupled to a prosthetic knee in order to create a transfemoral prosthesis. 



8 

 

Major m anufacturers of carbon fiber ankle-foot complexes currently include Otto 

Bock® (see Figure I-2), Freedom Innovations (see Figure I-3), and Össur®. The 

primary advantage of these ankle-foot complexes is that they exhibit an energy-

storing behavior during gait that compensates for some of the lost efficiency as 

compared to healthy biomechanics. In addition, these devices provide a 

comfortable impedance for stability in stance, at least when standing on level 

ground.  

 

 
Figure I-2: Lo Rider® carbon fiber ankle-foot complex by Otto Bock® 
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Figure I-3: Renegade® carbon fiber ankle-foot complex by Freedom Innovations  

 

In order to construct a complete transfemoral prosthesis, the ankle-foot 

complex must be coupled with a suita ble prosthetic knee. A wide variety of 

passive prosthetic knee designs have been developed and marketed over the 

years. Currently the most widely accepted passive knee consists of a 

microprocessor-controlled (MPC) damper that dynamically adjusts its resist ance 

over the gait cycle based on input from mechanical sensors. Manifestations of 

this approach include the Otto Bock C-Leg® (see Figure I-4), the Össur Rheo 

Knee®ȮɯÈÕËɯ%ÙÌÌËÖÔɯ(ÕÕÖÝÈÛÐÖÕɀÚɯ/ÓÐõɯ*ÕÌÌ®. 
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Figure I-4: C-Leg® microprocessor controlled knee by Otto Bock 

 

These knees are able to provide a relatively high amount of damping 

when the user is applying weight to the prosthesis, and then quickly change to a 

low value when the load is removed, allowing for a dynamic swing phase during 

gait. A significant amount of research attention has been focused on the 

performance of MPC knees in recent years. Performance enhancements include 

the ability to undergo stance knee flexion in gai t [17], a reduced risk of falling 
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due to unexpected gait deviations [18, 19], balance enhancement as measured by 

the Sensory Organization Test (SOT) [17], improved performance on stair 

descent and both ascent and descent on hills [19], higher general activity levels 

and SSWS [20, 21], and reduced time for obstacle course completion [22]. 

Furthermore, many reports indicate that user preference highly favors MPC 

knees [19, 20, 23]. One study reported that the most metabolically efficient 

walking speed was the same for healthy subjects and amputees using MPC knees 

[24], although more general conclusions concerned the metabolic efficiency of 

MPC knees as compared to purely mechanical knees have been debated in the 

literature.  A comprehensive overview of current prosthetic technology can be 

found in [25]. 

Although there are a wealth of advantages offered by carbon fiber ankle -

foot complexes and MPC knees, there are still some fundamental inadequacies 

inherent in these devices that prevent them from being able to fully restore 

biomechanical function to the amputee. For the purposes of this thesis, the term 

passive prosthesis will refer specifically to a prosthetic leg consisting of a carbon 

fiber ankle-foot complex and an MPC knee. Obviously, many forms of 

ambulation (including level ground w alking) require positive net power for 

healthy biomechanics. Since a passive prosthesis cannot supply this power, these 

activities will inherently be biomechanically defic ient to some degree or another 
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(albeit to a lesser degree in the case of level ground walking  relative to slope or 

stair ascent). An extensive description of these deficiencies is beyond the scope of 

thi s work, but is covered in the doctoral dissertation by Sup from 2009 [26]. 

Passive prostheses also suffer from performance degradation when they  

encounter unlevel terrain. This problem is not so much due to their inability to 

provide active power generation as it is a function of their inability to actively 

change their configuration. A passive ankle -foot complex, whether it is a high 

performance carbon fiber leaf spring or a solid ankle, cushioned heel (SACH) 

foot, maintains a constant equilibrium point at or near zero degrees in its 

unloaded state. This fact, in conjunction with the inability of a MPC knee to 

provide static torque to the user unless it is forced against its hyperextension 

hard stop, means that a passive prosthesis cannot fully support the user on 

unlevel terrain.  Figure I-5 shows a selection of unstable standing configurations 

on different slopes with a passive prosthesis. 
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 Figure I-5: Passive prosthesis configurations on slopes 

 

Consider first the example of encountering a down slope. On a down 

slope, the ankle maintains its equilibrium position and forces the shank to rotate 

forward, bending the knee. If the user were to try to bear weight on the 

prosthesis in this condition, the torque supplied to the knee through the thigh 

would cause the leg to slowly buckle, since the knee acts only as a damper and 

cannot supply a static torque. The result is that the amputee is unable to bear any 

significant weight on the prosthesis when standing on a significant down slope. 

Also note that it would technically be feasible to force the knee against the 

hyperextension hard stop and try to load the heel of the foot significant ly enough 

to cause the foot to conform to the ground. In this case the reaction torque at the 
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ankle would be de-stabilizing, and also severe. As a rough example of this 

condition, consider a nominal ankle stiffness of 4 N -m/deg, conforming to a 10 

degree down slope. If the shank is to remain vertical, the ankle would react with 

40 N-m of de-stabilizing torque. In or der to match this torque for equilibrium, 

assume that the lever arm of the heel is approximately 4 cm. This would require 

a vertical load on the order of 1000 N. This example shows that even for a 

relatively flexible ankle the load the user would need to s upply is possibly 

ÎÙÌÈÛÌÙɯÛÏÈÕɯÛÏÌɯÜÚÌÙɀÚɯÛÖÛÈÓɯÉÖËàɯÞÌÐÎÏÛȮɯÈÕËɯÏÌÕÊÌɯÐÚɯÈÕɯÜÕÍÌÈÚÐÉÓÌɯÚÛÈÛÐÊɯ

standing condition.  

In the case of standing on an up slope, the loading condition just 

described is slightly easier to accomplish on account of the larger lever arm 

provided by the extension of the prosthetic foot. In this case the user may 

temporarily be able to load the ankle on mild slopes in order to receive support 

on the prosthetic side. There is still a lower threshold, however, in which the 

weight born on the prosthesis will not keep the ankle in contact with the slope 

and instead will revert to the final image in Figure I-5. The more extreme the 

ground angle, the more likely the user will opt to avoid loading the foot at all 

and instead bear all of his or her weight on the sound side. 

As previously stated, the deficiencies that arise in standing stability for a 

passive prosthesis are due primarily to the fact that the ankle has an unchanging 
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equilibrium position and the knee cannot resist static torques when it is at an 

angle greater than zero degrees. A powered prosthesis, on the other hand, does 

not necessarily have a static equilibrium point at the ankle, nor does it 

necessarily act only as a damper at the knee. The remainder of this manuscript 

will outline a particular manifestation of a powered transfemoral prosthesis that 

can overcome these deficiencies, along with the design and implementation of a 

standing controller that has been demonstrated to provide full support to the 

user in a variety of ground slope conditions.  
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CHAPTER II  

II. POWERED PROSTHESIS DESIGN AND PARAMETER TUNING 

 

The controller presented in this thesis was implemented and tested on a 

prototype of a power ed transfemoral prosthesis. An account of the detailed 

hardware design was published  as a doctoral dissertation by Sup in 2009 [27]. 

The original control and intent recognition implemented in the device was 

published  as a doctoral dissertation by Varol in 2009 [28]. An overview of the 

current hardware rev ision and control structure is now  provided in order to 

highlight  the changes in the system design since this previous work was 

published.  

 

1. Mechanical Design 

An image of the version of the prosthesis used for the experiments in this 

manuscript is provided in  Figure II-1. The prosthesis contains two 200 W 

brushless DC motors for power generation. These motors supply torque to the 

knee and ankle joints via linear actuators formed from 2 mm pitch ball screw 

assemblies in slider -crank configuratio ns. The resulting system is capable of 

supplying up to ± 70 Nm of torque to either joint . 
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The frame of the prosthesis is constructed from CNC-milled 7075 

aluminum alloy and is black-anodized. The knee joint interfaces to a prosthetic 

socket via a standard pyramid connector. The foot of the prosthesis is also milled 

from aluminum and incorporates strain gage bridges at the heel and toe for load 

sensing. 

3ÏÌɯ×ÙÖÚÛÏÌÚÐÚɯÞÌÐÎÏÚɯÈ××ÙÖßÐÔÈÛÌÓàɯƘȭƙɯÒÎɯÌßÊÓÜËÐÕÎɯÛÏÌɯÜÚÌÙɀÚɯÚÖÊÒÌÛɯ

but including a standard foot shell and sneaker. The prosthesis was design for an 

85 kg user and the minimum structural factor of safety used in the design of the 

prosthesis was 2. 

 
Figure II-1: The powered transfemoral prosthesis 
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2. Electrical Design 

A completely redesigned embedded system has been implemented to 

address the requirements of the standing controller presented herein, in addition 

to general improvements in the operation of the prosthesis. The embedded 

system consists of two separate custom printed circuit boards.  The primary 

circuit board, known as the main board, is mounted on the shank of the 

prosthesis and is protected by a plastic cover. A secondary board is mounted 

inside the foot and is connected to the main board with a custom cable, which is 

shielded by a conduit.  The boards were designed in Altium Designer Summer 09, 

fabricated by a custom board house and assembled and tested by hand. Figure 

II-2 and Figure II-3 show the artwork  for the main circuit board and the foot 

board, respectively. The system is powered by a rechargeable 29.6 V lithium 

polymer battery rated at 3900 mA·h, which is fully contained within a cavity  in 

the frame of the prosthesis. 
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Figure II-2: Main board artwork  for the embedded system 

 

 
Figure II-3: Foot board artwork for  the embedded system 

 

The main microcontroller operates at a frequency of 80 MHz and executes 

its control routines at a rate of 500 Hz. For the purposes of tuning and 

development, the microcontroller logs 32 long integers (32-bit values) to an SD 

card at a rate of 250 Hz, or every other sampling instant. The SD card also 

contains a parameter file that is read by the microcontroller upon startup. The 
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parameters in the file are tuned specifically for each user of the prosthesis 

through the use of a custom graphical user interface implemented in MATLAB.  

The knee and ankle actuators are each directly controlled by independent 

digital signal processors that communicate with the main microcontroller over an 

SPI bus at every sampling instant. These processors send current references to 

commercial servo-amplifiers that supply power to the brushless DC motors.  

 

3. Control Framework  

The behavior of the prosthesis is governed by a three-tiered control 

structure (see Figure II-4). At the lowest level, the embedded system implements 

torque control for each joint by modulating current to the motors. The middle 

level controller determines the commanded torque input for the low level 

controller. This controller is implemented as a finite state machine (FSM) that 

implements a passive impedance behavior for each state. There is a separate 

middle level con troller for each activity that the prosthesis is able to perform 

(standing, walking, etc.). The states within each FSM correspond to distinct 

motions or actions within the activity. For instance, the states in the walking 

controller are roughly equivale nt to phases of the gait cycle. 
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Figure II-4: Control hierarchy for the embedded system 

The torque command for each state is selected according to an impedance 

model that simulates a spring and damper system. Separate torque commands 

are generated for each joint. 

 
† Ὧ — — ὦ—

† Ὧ — — ὦ—
 (1) 

Equation (1) describes the impedance model that is used to generate the torque 

commands for the knee and ankle. In this equation,  ϧ denotes the torque 

command, ϛ ËÌÕÖÛÌÚɯÛÏÌɯÑÖÐÕÛɀÚɯÈÕÎÜÓÈÙɯ ×ÖÚÐÛÐÖÕȮɯÈÕËɯ— ËÌÕÖÛÌÚɯÛÏÌɯÑÖÐÕÛɀÚɯ

angular velocity. The three parameters, k, b, and ϛeq, are referred to as the 

stiffness, damping, and equilibrium position of the joint for a given impedance. 

The subscripts k and a indicate whether the given parameter pertains to the knee 
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or the angle, respectively. These parameters completely determine the behavior 

of the joint for a given state in the middle level controller.  

 The advantage of such an approach for the middle level controller is that 

the behavior of the prosthesis within any given state of the finite state model is 

governed by passive dynamics. Since the user has control over the transitions 

between states (state transitions are instigated by user-supplied mechanical cues, 

such as heavily loading the toe for toe-off in the walking controller), the 

prosthesis will never uni ntentionally introduce power or behave erratically. The 

result is a powered prosthesis that is capable of simulating an infinite variety of 

different configurations of passive prostheses. Power is introduced by arbitrarily 

changing the passive configuration during a state transition.  

 

4. Prosthesis Data Visualizer 

Because every state in the state machine has three tunable parameters for 

ÛÏÌɯÒÕÌÌɀÚɯÉÌÏÈÝÐÖÙɯÈÕËɯÛÏÙÌÌɯÚÌ×ÈÙÈÛÌɯ×ÈÙÈÔÌÛÌÙÚɯÍÖÙɯÛÏÌɯÈÕÒÓÌɀÚɯÉÌÏÈÝÐÖÙȮɯÛÏÌɯ

total number of parameters necessary to tune the prosthesis for a particular user 

is quite large. In order to make the process of tuning the leg tractable, a custom 

graphical user interface (GUI) was written in MATLAB that is capable of both 

analyzing data logged by the prosthesis and also adjusting the embedded system 

parameters. The GUI is referred to as the Prosthesis Data Visualizer, or PDV. 
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The main window of PDV, shown in Figure II-5, contains four panels that 

separate different tasks. The SD Card panel organizes the controls for reading log 

files from the SD card used in the prosthesis. When an SD card with a valid 

parameter file is inserted in the computer, it can be selected in this panel by 

navigat ing to the proper drive. Once the card has been found, the user can plot 

data from the card by selecting the appropriate log file. The configuration of the 

displayed data is controlled by the Tools panel, where the user can select the 

number of plots to display and which data is displayed on which plot. All data is 

plotted by  default as a time series, but a group of custom plots can be generated 

for the analysis of various gait data. 
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Figure II-5: Main window of the Prosthesis Data Visualizer  

 

If the log file of interest contain s walking or stairs data, the user can select 

the region of interest and automatically generate a series of plots that overlay 

variables as a function of stride percentage. For standard variables such as joint 

kinetics, an overlay of healthy subject data as published by Winter is provided as 

a reference [29].  An example of walking data is  presented in Figure II-6, showing 

angles and velocities of the knee and ankle for level ground walking . 
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 Figure II-6: Automatically generated gait analysis  plots in PDV 

 

In addition to data visualization, PDV provides a utility for adjusting the 

impedance parameters of the prosthesis in order to facilitate tuning the device 

for each individual user. The window shown in Figure II-7 can be accessed by 

ÚÌÓÌÊÛÐÕÎɯÛÏÌɯɁ$ËÐÛɯ/ÈÙÈÔÌÛÌÙÚɂɯÉÜÛÛÖÕɯÐÕɯÛÏÌɯÔÈÐÕɯÞÐÕËÖÞȭɯ(ÕɯÛÏÐÚɯÞÐÕËÖÞɯÛÏÌɯ

operator can adjust the impedance parameters for each middle level controller 

based upon the data collected in the log files. The operator can also selectively 

enable or disable various features and middle level controllers in the prosthesis 

from this window, should the user prefer it.  

 



26 

 

 
Figure II-7: Parameter window of the Prosthesis Data Visualizer 

 

The operator can also selectively enable or disable various features and 

middle level controllers in the prosthesis from this window, should the user 

prefer it.  
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CHAPTER III  

III. INERTIAL MEASUREMENT  

 

If one would like to measure the translational kinematics of an object 

relative to an inertial reference frame, there is only one quantity that can be 

measured intrinsically: acceleration. With an accurate measurement of ÈÕɯÖÉÑÌÊÛɀÚɯ

acceleration in an inertial reference frame, the complete kinematics of the object 

can be recÖÝÌÙÌËȭɯ6ÏÌÕɯÛÏÌɯÔÌÈÚÜÙÌÔÌÕÛɯÖÍɯÈÕɯÖÉÑÌÊÛɀÚɯÈÊÊÌÓÌÙÈÛÐÖÕɯÐÚɯÜÚÌËɯÛÖɯ

recover its changes in position, the process is commonly referred to as dead-

reckoning. The fundamental problem with this technique (which is the universal 

problem with practical integrati on) is that the accumulation of a measured 

quantity likewise accumulates the measurement error. Therefore, barring a 

perfect measurement, error will increase in the system in an unbounded fashion. 

Since recovering the position of an object requires a double integration of 

acceleration, this problem is magnified in the case of dead-reckoning. The 

conclusion that must be drawn, then, is that the accuracy of any navigation 

system that is based purely on inertial measurement will be bounded in time. In 

other words, after some finite period of time all dead -reckoning algorithms must 

be re-zeroed or updated with some absolute form of position measurement  in 
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order to offset the accumulation of error . Most of the work in the field of inertial 

navigation is therefore  focused on improving the precision of the measurement 

devices such that error is minimized and the period of time available for valid 

tracking is effectively increased. 

Although the fundamental theory that drives inertial measurement of 

spatial motion has been well known for centuries , the practical techniques and 

algorithms necessary for its implementation were not developed until 

sufficiently precise measurement devices could be constructed. The practical 

history of inertial navigation begins around the middle of the 20 th century, 

during and after World War II [30]. Most of this research was focused on 

intercontinental ballistics. Since that time the techniques for inertial navigation 

have coalesced into a well-defined field with a numb er of textbooks now 

available. 

A more recent development in the f ield of inertial measurement is the 

introduction of low -cost, solid state inertial sensors. These sensors come as self-

contained integrated circuits that can be directly integrated to a circuit board, 

essentially eliminating size and weight as a factor in most applications. The 

primary compromise made by these devices is a more limited resolution relative 

to their large-scale cousins used for missile guidance. Typical solid-state 

accelerometers effectively resolve approximately 1000 levels over their full s cale 
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range (approximately 8 to 10 bit resolution once digitized). For tracking of 

human scale movement (say ±4 g), this produces a minimum resolution of 8 mg. 

In order to gain some intuition about how this resolution can affect position 

tracking, assume an ideal scenario where the accelerometer undergoes a one-

dimensional acceleration perfectly aligned with the measurement axis. Now also 

assume that the true acceleration of the device is 0.992 g, while the measurement 

reported by the device is 1.000 g. Assuming that the device starts from rest, over 

the course of one second a tracking algorithm will report a translation of  

 ρςϳὥὸ ρςϳ ωȢψρρ  ά τȢωπυπά (2) 

while the true translation of the object will be  

 ρςϳὥὸ ρςϳ ωȢχσρυρ  ά τȢψφυψά. (3) 

There difference in these two values is approximately 4 cm. After two 

seconds the difference has grown to 15.7 cm and after three seconds, 35.3 cm. 

The implication of the previous example is that the period of tracking time 

for which dead -reckoning systems based upon currently available solid-state 

inertial sensors will be feasible is on the order of one to two seconds. When other 

sources of measurement error are considered (for instance errors in orientation 
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estimation and gravity compensation), this period of time can be significantly 

reduced. 

 

1. Application in Lower -Limb Prosthetics 

The powered prosthesis measures a number of signals that define its 

internal state. Signals such as joint angles, velocities and motor currents can be 

used to predict or determine what activity the user is trying to perform, along 

with providing cues for state transitions in the finite state machines that define 

each middle level controller. An inertial measureme nt unit, however, offers 

unique information as to the configuration of the prosthesis within the world 

coordinate frame. Specifically, it can inform the prosthesis of its orientation with 

respect to the gravity vector (or, in the case of a non-inertial ref erence frame, with 

respect to the net acceleration on the device). It can also inform the prosthesis of 

relative changes in position and velocity, within the period of time deemed valid 

based upon the resolution of the device. As such, a six axis IMU has been 

integrated into the embedded system of the powered prosthesis for the specific 

purpose of real time ground slope estimation, along with the general purpose of 

providing enhanced information as to the intent of the user . 

The size and weight constraints of a fully self -contained powered 

prosthesis prohibit the use of the high resolution inertial measurement devices 
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found in missile and airplane guidance systems. Without such devices, dead-

reckoning is necessarily limited to a time period of one to two seconds, as 

previously discussed. Luckily, for the application of a powered prosthesis, this 

limitation can be circumvented by frequent recalibration of the device. The IMU 

on the prosthesis is located on a circuit board embedded in the prosthetic foot. 

Consequently, the assumption can be made that the foot is resting in an inertial 

reference frame any time there is a sustained heel and toe load, which are 

measured via strain gage bridges. During this period of time, the IMU can be 

continually zeroed, since it  is assumed that there is no net acceleration (separate 

from gravity) . Any  time the foot leaves the ground, the IMU can begin dead-

reckoning to calculate the movement of the prosthesis in free space. For gait 

activities, the foot is typically off of the gr ound for no longer than a second, and 

so the device is limited in its ability to accumulate error.  

 

2. Performance Considerations in IMU Algorithm Development  

Because the IMU algorithm presented was to be implemented on an 

embedded system and run in real time, computational efficiency was a primary 

concern in its development. Due to the duration of other activities running on the 

microcontroller, a target time period of 500 microseconds (per sampling time) 

was allotted to the IMU algorithm. Since the fundament al sampling time for the 
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embedded system is 500 Hz, the IMU algorithm is given 25% of all the available 

computation.  

The embedded system is capable of logging 32 parameters (stored as 32-

bit integers) to an SD card at a rate of 250 Hz, or every other sample time. In 

order to store data at the sampling interval of 500 Hz, parameters from the 

previous sampling instant can be temporarily stored  and subsequently written as 

a separate parameter, thereby effectively logging up to 16 parameters at 500 Hz. 

Although  the microcontroller has a relatively large amount of memory available 

for its internal state, the limited ability to log data drove the decision to track 

orientation from the IMU signals with quaternions, which require four 

independent values, as opposed to the nine needed to store a complete rotation 

matrix.  

 

3. A Review of  Quaternion Representation of Orientation  

A complete derivation of the properties of quaternions is beyond the 

scope of this thesis. However, a brief review of their application for repres enting 

orientation is included to facilitate the subsequent description of the IMU 

algorithm. Historically, quaternions were  introduced by Hamilton between 1843 

and 1853 [31]. For an intuitive interpretation of their use for 3D rotations, see 

[32]. 
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Recall that a quaternion is a 4-dimensional extension of a complex number 

which can be expressed as 

 ▲ ή ήǶή ǶήὯ ήȟή . (4) 

A quaternion has a real component, given by ή, and an imaginary  

component, given by ή. The vector quantity ή has three components denoted 

by the unit vectors Ƕ, Ƕ, and Ὧ. Each of these unit vectors represents an orthogonal 

imaginary unit ( Ὥ Ὦ Ὧ ὭὮὯ ρ). 

A quaternion can be normalized such that  

 ▲ᵼή ή ή ρ. (5) 

In this case a unit quaternion can conveniently represent a 3D rotation of 

angle — about an axis ὲ by 

 ▲ḳ ÃÏÓȟÓÉÎὲ. (6) 

This rotatio n can be applied to a vector when the vector is cast in terms of 

a pure quaternion (i.e. a quaternion with no real component). The operation for 

applying such a rotation is given by  
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 ● ▲●▲ . (7) 

In this relation ● is a pure quaternion representing the point ὼ. While 

quaternions themselves provide an efficient way to store a rotation (4 elements as 

opposed to 9 for a rotation matrix), equation (7) provides an efficient way to 

apply a rotation.  

For prototyping purposes a  custom Matlab class for a quaternion data 

Ûà×Ìɯ ÞÈÚɯ ÐÔ×ÓÌÔÌÕÛÌËȭɯ 3ÏÐÚɯ ÊÓÈÚÚɯ ÖÝÌÙÓÖÈËÚɯ ,ÈÛÓÈÉɀÚɯ ÕÈÛÐÝÌɯ ÔÈÛÏÌÔÈÛÐÊÈÓɯ

operators such that the syntax for performing quaternion operations is greatly 

simplified. This clas s facilitated proving the IMU algorithm before its final 

implementation in C. The Matlab class definition is included in APPENDIX C.  

For implementation in the microcontroller, a series of 64 -bit  fixed point 

quaternion function s were written. These functions are included in the file 

Ɂrleg_inertia.c ɂȮɯÞÏÐÊÏɯÐÚɯÍÖÜÕËɯÐÕɯAPPENDIX A . 

 

4. IMU Algorithm Overview  

For implementation in the ground adaptive standing controller described 

in Chapter IV, all that is  necessary from the IMU algorithm is an accurate 

estimation of the orientation of the prosthesis. Regardless, full 3 dimensional 

position and orientation tracking was implemented in order to  provid e enhanced 
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information for the purposes of intent recogniti on. The algorithm , presented 

subsequently, is capable of providing accurate position tracking for  periods of up 

to 0.5 seconds. The conventions for the axes of the IMU signals are illustrated in 

Figure III -1.  

  
Figure III -1: Axis orientation for the IMU  

The orientation and translation estimate s are zeroed upon ground contact. 

(This process enables the transition from the ground searching mode as 

described in Chapter IV ). Only the accelerometer signals are used (as an estimate 

of the gravity vector) during the zeroing process. In order to confirm that the 

signals are stable enough for use as a measure of the gravity vector, all three 
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accelerometers signals are high pass filtered (cutoff of 0.16 Hz), squared, low 

pass filtered (cutoff of 0.8 Hz) and then summed to give a crude measure of the 

power at high frequencies in the signals. When this quantity is sufficiently low 

(compared to a threshold), the gravity vector is calculated by the function 

Ɂreset_axes() ɂȮɯÛÏÌɯÖÙÐÌÕÛÈÛÐÖÕɯØÜÈÛÌÙÕÐÖÕɯÐÚɯÙÌÚÌÛɯÞÐÛÏɯÙÌÚ×ÌÊÛɯÛÖɯÛÏÌɯÎÙÈÝÐÛàɯ

vector, and the absolute position of the foot in space is reset to zero in all axes. 

While this condition holds (i.e. the foot is on the ground and th e accelerometers 

are ×ÙÖÝÐËÐÕÎɯ Èɯ ÚÛÈÉÓÌɯ ÔÌÈÚÜÙÌɯ ÖÍɯ ÛÏÌɯ ÎÙÈÝÐÛàɯ ÝÌÊÛÖÙȺȮɯ Ɂreset_axes() ɂɯ ÐÚɯ

continually called, which provides a progressively more accurate estimate as the 

accelerometer signals converge. 

When the foot leaves the ground, as indicated by the absence of significant 

heel and toe loads in the prosthesis, a separate algorithm is called to provide the 

orientation and translation tracking. An overview of the algorithm is presented 

visually in  Figure III -2. 
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Figure III -2: Block diagram of IMU updating algorithm  

 

 

The C code for this algorithm is contained in the function 

Ɂupdate_axes() Ɂɯ ÍÖÜÕËɯ ÐÕɯAPPENDIX A . This function is called at every 

sampling inst ant that the prosthesis detects that the foot is in the air (through 

monitoring of the heel and toe l oad sensors). The first task of this algorithm is to 

update the estimate of the orientation of the leg by performing a numerical 

integration of the rate gy ros. The result is a small finite change in terms of Euler 

angles, which, when assumed to be small enough to approach infinitesimal 

quantities, are independent of the order in which they are applied. Since the 
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order of application does not matter, an arbit rary convention of x-y-z Euler 

rotations is applied. The rotations are represented by Ὠ‰ for the x rotation, Ὠ— for 

the y rotation, and Ὠ‪ for the z rotation. These rotations are then transformed 

into an approximation of an infinitesimal quaternion , using the following 

relationship : 

 Ὠ▲

ή
ή
ή
ή

ụ
Ụ
Ụ
Ụ
Ụ
Ụ
ợÃÏÓÃÏÓÃÏÓ ÓÉÎÓÉÎÓÉÎ

ÃÏÓÃÏÓÓÉÎ ÓÉÎÓÉÎÃÏÓ

ÃÏÓÓÉÎÃÏÓ ÓÉÎÃÏÓÓÉÎ

ÓÉÎÃÏÓÃÏÓ ÃÏÓÓÉÎÓÉÎỨ
ủ
ủ
ủ
ủ
ủ
Ủ

. (8) 

The infinitesimal quaternion is then composed with the ori entation 

quaternion from the previous sampling instant to create the current estimate.  

 ▲▓ Ὠ▲Ͻ▲▓ . (9) 

Once the orientation update is complete, the result is used to calculate the 

estimated translation of the foot. First, ▲▓ is used to rotate the world frame 

gravity vector (simply π π Ὣ , where Ὣ is the acceleration of gravity at the 

$ÈÙÛÏɀÚɯÚÜÙÍÈÊÌȺɯÐÕÛÖɯÛÏÌɯÉÖËàɯÊÌÕÛÌÙÌËɯÍÙÈÔÌȭɯ3ÏÌɯÉÖËàɯÊÌÕÛÌÙÌËɯgravity  is then 

subtracted from the acceleration vector (as determined from the accelerometer 
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signals). The result of this operation is a gravity -compensated acceleration vector 

in the body centered frame, which can then be converted back to the world 

coordinate frame with the inverse rotation specified  by ▲▓. Once the gravity 

compensated world frame acceleration vector is computed, a numerical 

integration step updates the absolute translational velocity signal. In order to 

combat drift due to numerical inaccuracy and measurement error, this velocity 

signal is high pass filtered (cutoff of 0.08 Hz), with the rationale that the foot will 

never maintain a constant linear velocity for a significant amount of time. The 

velocity signal is then integrated again to provide the translational position 

estimate. 

 

5. IMU Calibration  

A great deal of effort can be spent in accurate calibration of a six-axis 

inertial measurement unit. However, because this application necessitates long 

term operation without tedious recalibration, a simple approach is employed to 

calibrate the linear scaling and offset of each accelerometer signal. Additionally, 

because all three axes are included on a single die in an integrated circuit, 

compensation for axis misalignment was not taken into consideration.  

It is assumed that each un-calibrated accelerometer signal is linearly 

proportional to the true acceleration in its respective axis. As a result, it is 
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necessary to find a scaling factor and offset for each signal. It is assumed that 

during static conditions the accelerometer is only measuring the acceleration due 

to gravity, and consequently, the sum of the square of each signal should equal 

the square of 9.81 ά ίϳ . For a given orientation of the IMU, we have the 

following relation : 

 ί ὥ έ ί ὥ έ ίὥ έ ωȢψρ (10) 

In this equation the ὥ terms represent the measurements from each axis of 

the accelerometer, the ί terms are the scaling values, and the έ terms are the 

offsets. The equation is solved exactly for six independent orientations  (assuming 

all ὥ terms are non-zero). For calibration purposes all that is necessary is to take a 

large number of measurements at a variety of orientations and solve the non-

linear least squares problem for this function.  

A sample measurement set is shown prior to calibration in Figure III -3. 

The red data points correspond to estimates of the gravity vector that were 

overestimated by more than 0.25 m/s2, the green data points correspond to 

estimates that were underestimated by more than 0.25 m/s2, and the blue data 

points fell in between these two values. This data set consists of 348 independent 

configurations of the prosthetic foot. The measurements were averaged values 
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from 30 second periods in which the foot was clamped in a vice with a ball head 

attachment at various orientations (see Figure III -4). Calibration  values were 

computed using the lsqcurvefit  command in Matlab. The result of the 

calibration procedure can be seen in Figure III -5 while the calibration parameters 

are shown in Table 2. 

 
Figure III -3: Uncalibrated accelerometer measurement of the gravity vector  
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Figure III -4: Prosthetic foot clamped in vice for IMU calibration  
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Figure III -5: Calibrated accelerometer measurement of the gravity vector 

 

 

 

Axis  Scale Offset  

x 0.980136 0.490684 

y 0.975858 -0.195463 

z 1.021482 -0.235835 

Table 2: Calculated parameters for IMU calibration  






































































































