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Prior to testing, the subject was fitted with infrared reflective tracking markers on their head 

arms and torso for both model scaling and motion tracking. Scaling markers, placed at bony 

anatomical landmarks, consisted of left and right acromion process, iliac crest, anterior superior 

iliac spine (ASIS), posterior superior iliac spine (PSIS), greater trochanter, lateral and medial 

femoral condyles , lateral and medial malleoli, first metatarsal head, 5th metatarsal head, and tip of 

the second toe. Markers on the prosthesis were matched with the intact contralateral limb. Tracking 

markers included acromion processes, iliac crests, ASISs, PSISs, toes, four marker clusters on the 

thighs, right shank, and socket, and clusters of three markers on heels of the shoes. At this time, the 

subject’s socket was also instrumented with 3X4 grid array capacitive pressure transducers on the 

limb tibial tubercle and mid posterior region (Figure 7.3), connected to a wireless transponder worn 

on the hip. Measurements of the subject’s residual limb were also taken at this time.   

During testing, marker trajectories were calculated in real-time via measurements taken from 

an eleven-camera optical motion capture system (Qualisys, Inc., Gothenberg, Sweden) at 240 Hz, 

and ground reaction forces were recorded at 2400 Hz using three flush-mounted strain gauge force 

platforms (OR6-5, AMTI, Inc.  Watertown, MA, USA) integrated into the Qualysis Track Manager 

software. Pressure was recorded with a Novel Pliance pressure measurement system (Novel, Inc., 

 

Figure 7.3: The subject’s residual limb is shown with pressure sensors being mounted on the 
tibial tubercle and limb posterior.  
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Munich Germany) shown in Figure 7.4. To synchronize pressure data with marker and GRF data, 

a custom RF trigger (Figure 7.4) was designed to wirelessly send a logic high signal to the data 

collection board on the first frame, to be used during post-processing.  

Prior to experimental trials, static calibration trials were performed to establish scale factors 

and subject weight (Figure 7.5). The subject first stood on the force platform closest to the center 

of the data collection area in a normal standing pose where all limbs were straight, and arms 

extended out laterally. Marker and force data were recorded for ten seconds with the subject 

standing as still as possible. The same protocol was then repeated with the subject standing in a 

Figure 7.4: The novel pressure system used to record intra-socket pressures is shown with two 
3x4 grid capacitive sensors and the custom RF data synchronization trigger.  
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flexed pose where all limbs were slightly bent, to better establish joint centers of rotation during 

scaling.  

Test trials for this evaluation consisted of normal walking at the subjects preferred speed. To 

establish a preferred speed baseline, the subject was tasked to walk through the data collection area 

5 times measuring speed with photogates spaced 6 m apart. After establishing a baseline, the subject 

performed the same task while wearing their daily use prosthesis while all data was recorded until 

3 successful trials were completed. A successful trial was considered one in which the subject was 

within 5% of their preferred speed, and struck all 3 force platforms without targeting. The subject 

 

Figure 7.5: The subject is shown posing for a static standing calibration trial, where marker 
positions are recorded to be used for model scaling during data post processing. 
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was then outfitted with the Active Alignment prosthesis, and statically aligned to match the passive 

prosthesis based on walking observations and subject feedback. The alignment coefficient, 

described in Chapter 4, was manually tuning in increments of 0.1 to extend the prosthesis 100% 

before toe off and to minimize actuator stall during toe off. The alignment coefficient requires 

different tuning based on walking style, which varies from subject to subject as well as test 

conditions (i.e. treadmill vs runway). After a brief period of acclimation, and another set of static 

calibration trials, the subject repeated the walking trials until 3 successful trials were completed.  

7.2.3 Data Processing 

Two generic musculoskeletal OpenSim models for a person with left transtibial amputation 

were used, one with a generic passive prosthesis and the other with the modified Active Alignment 

prosthesis, both including the 4-DOF socket joint developed in Chapter 6. The models were pre-

scaled to match the residual limb length, detailed in Chapter 6.  

To scale the models to the subject identically, a model matching algorithm was developed 

(Figure 7.6) to avoid error introduced by manual scaling of each model. The passive model was 

first scaled manually, by altering the calibration model markers through the OpenSim GUI and 

using the OpenSim scale tool, which scales each segment to a distance measurement ratio based on 

experimental scale marker positions recorded in the static calibration and marker placement on 

segments in the model. The tracking markers were then placed automatically by using a MATLAB 

optimization routine that iteratively adjusted the model marker positions and then performing an 

IK analysis through the API, reducing the optimization cost c in (7.1). This function minimizes the 

sum of marker errors, which is the Euclidian norm of the vector between marker m experimental 

position E(x,y,z)m and model position M(x,y,z)m  for each frame n of the IK results, plus passive 

prosthetic foot flexion flex in the last 10 percent of gait multiplied by a weighting factor W. Using 

this method to place the model markers, tracking error RMS was reduced to 4.9 mm. After markers 

were placed, both scale factors and marker placement from the passive model were used to modify 
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the active model so that it was identical with the exception of the prosthesis. A similar optimization 

was then performed on the active model prosthetic limb markers only, with the added penalty of 

 

Figure 7.6: The workflow of the model matching algorithm is presented. After manually scaling 
a passive model, it is loaded in the script with a marker set placement guess and experimental 
marker data from a single walking trial. The first optimization loop minimizes marker error and 
prosthetic foot unloaded flexion by performing an inverse kinematics analysis and adjusting 
marker placement throughout the model with the exception of the sternum tracking marker. The 
second stage of the algorithm takes the scale set and optimized marker placements, and applies 
them to the generic active model. A second optimization loop then minimizes marker error on 
the prosthesis only since the rest of the model is identical to the passive model. After optimizing 
the marker placement with this method, average marker RMS for inverse kinematic analyses is 
about 5 mm.  
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the prosthesis actuator deviating from 0 displacement on the first and last frames. This optimization 

reduced tracking error RMS to 5.7 mm.  
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          (7.1) 

Post processing data included calculating inverse kinematics followed by inverse dynamics for 

all trials using OpenSim tools through the MATLAB API. Center of mass (COM) trajectory was 

calculated, followed by joint power. Prosthesis power was estimated using the computed muscle 

control tool, since inverse dynamics could not separate forces exactly in a closed loop kinematic 

chain. Ground reaction forces were and pressure data were imported and filtered with a moving 

average window. All datasets were then averaged across trials, and standard deviations were 

calculated.  

 Results and Discussion 

Comprehensive results are presented and discussed in this section, highlighting comparisons 

of walking mechanics when the test subject uses a daily use prosthesis and the experimental 

prototype with Active Alignment. Measures include ground reaction forces, joint level kinematics, 

kinetics, power and work, total power and work summed across healthy joints, intra-socket 

pressure, center of mass trajectory, and active prosthesis power contribution. In the following data 

presented, ESR represents data from the amputated limb using a passive energy storage and return 

prosthesis, and Intact ESR represents data from the contralateral intact limb. Similarly, AAP 

represents data from the amputated limb fitted with the Active Alignment prosthesis, and Intact 

AAP represents data from the intact contralateral limb from the same data set. All curves represent 

averaged data.  
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Figure 7.7 presents the calculated inverse kinematics generalized motions, inverse dynamics 

generalized forces and power for the ankle, knee and hip joints in the sagittal plane. On the ankle 

plots, the prosthetic foot flexion coordinate is shown with intact ankle data as presented in the 

literature. Prosthetic foot mechanics in the AAP case represents the flex foot only, not including 

robotic ankle mechanics. In this figure, the kinematic data are shown on the top three plots. The 

Figure 7.7: Average sagittal plane biomechanics data are presented for the ankle, knee and hip 
joints. ESR represents data from the limb with amputation using a passive energy storage and 
return foot, and Intact ESR represents data from the contralateral limb. AAP represents data 
from the limb with amputation using the active alignment prosthesis, and Intact AAP represents 
data from the contralateral limb. The prosthesis data shown for the prosthetic foot in the AAP 
case only includes the passive foot attached to the active prosthesis.  
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main observations that can be taken from these three plots are that the prosthetic gait is very 

asymmetric in nature, and differences between passive and active trials throughout the body are 

subtle. The biggest change is in the intact knee and hip joints, which are altered due to Active 

Alignment as simulated in earlier studies. Inspecting joint moments and power, it is clear that there 

are no major changes to how the person is walking, and the added motions and forces of the Active 

Alignment ankle prosthesis introduce small deviations from the user’s normal prosthetic gait. The 

motion and force patterns all represent gait data that are seen in the literature. 

Figure 7.8 shows average ground reaction force data of experimental trials. It is seen on the 

prosthetic left side that there is an increase in vertical force on heel strike, and mid-stance when the 

prosthesis realigns the limb. However, reduced vertical GRF during late stance before toe off 

suggests that the subject pushes off less with the active prosthesis. Peak horizontal ground reaction 

forces on the prosthetic side are increased with the active prosthesis, indicating the subject is 

Figure 7.8: Average normalized ground reaction forces are shown for trials where the test 
subject used the passive energy storage and return (ESR) foot prosthesis and the active 
alignment prosthesis (AAP). 
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landing harder, and able to sustain support from the prosthesis slightly longer during roll-over. The 

intact right side shows little difference in peak values for horizontal and vertical forces, but shows 

less stance time on the active limb when using the active ankle prosthesis. Interestingly, the affected 

limb shows a longer stance percentage with the active ankle, which suggests that the active ankle 

reduces the loading demand on the residual limb. 

Figure 7.9 presents generalized motions forces and powers for socket flexion/extension, and 

pistoning, which are the two most clinically relevant coordinates in the socket joint. The most 

notable feature of these plots is the reduction of peak socket moments during late stance, as 

Figure 7.9: Socket mechanics plots with average normalized sagittal plane generalized socket 
movements, forces and power are shown for trials where the test subject used the passive energy 
storage and return (ESR) foot prosthesis and the active alignment prosthesis (AAP). 
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predicted in earlier work, which is associated with peak intra-socket pressures. Pistoning force 

resembles GRFs presented in Figure 7.8 as expected, and near zero net power is generated 

throughout gait which is expected of a passive joint. 

The center of mass (COM) trajectories are shown in Figure 7.10, zeroed with the second peak 

seen during mid stance of the intact contralateral limb. This allows for comparison of the COM 

trajectories, negating the effect that a heavier prosthesis will have on center of mass as well as 

differences caused by alignment of prosthetic devices. It is observed that the active alignment 

prosthesis drops the center of mass lower after heel strike and before actuation, indicating the 

prosthesis height may have not been adjusted the same as the passive prosthesis height. The center 

 

Figure 7.10: The COM trajectory during gait is shown zeroed to the second peak, seen during 
contralateral stance. Trial averages where the test subject used the passive energy storage and 
return (ESR) foot prosthesis are represented by the dashed line, and trial averages from the 
active alignment prosthesis (AAP) are represented by the solid line. 
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of mass then peaks slightly higher with the active prosthesis, showing that the prototype is 

effectively injecting power during stance and performing net positive work to lift the subject.  

In Figure 7.11, the prototype prosthesis actuator mechanics are shown during gait. The top plot 

displays the ball screw position, which quickly contracts to extend the prosthesis. The middle and 

lower plots present the prosthesis force and power. Force and power for the experimental prosthesis 

Figure 7.11: Prosthesis, average extension, actuator force and power data are shown for the 
active alignment prosthesis. 
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were estimated with a computed muscle control, forward dynamics simulation algorithm, which 

tracked calculated IK results with a scaled model of the subject wearing the prosthesis prototype. 

This method was used in order to avoid problems encountered when applying standard ID methods 

to a closed kinematic chain, i.e. four bar linkage with a linear actuator, which would result in false 

joint moments at every joint in the prosthesis where actuators don’t actually exist. CMC was 

performed using a point to point force to represent the actuator ball screw, resulting in force and 

power calculations that are a lumped sum of all force contributors in the prosthesis, including 

friction losses and static loading of the hard-stops. For this reason, the data that are shown for power 

can be considered prosthesis net power, which is positive during mid stance.  

 

Figure 7.12: Average moment sensor data from 5 steps are shown while the experimental 
prosthesis regulates a neutral position, and employs active alignment.  
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Figure 7.12 shows average data recorded from the experimental prosthesis moment sensor when 

the prosthesis regulates a neutral position compared to employing Active Alignment. This data 

agrees with moments calculated for the residuum socket interface seen in Figure 7.11. 

The normalized, average rest of body power is presented in Figure 7.13 in two plots. Rest of 

body power is the sum of power generated by the intact ankle, both knees, and both hips. The plot 

on the left shows power summed across all intact joints as it is generated naturally throughout gait, 

revealing the net power flow needed to generate locomotion. This highlights how asymmetrically 

power is generated, showing a greater reliance on the intact limb to ambulate. The plot on the right 

of Figure 7.13 shows phase synced summed power of the intact joints, which aligns left and right 

limb stance and swing phases. Phase synced summed power reveals a 6.6% reduction in peak power 

generation when Active Alignment is employed, which can mostly be attributed to the decrease in 

peak intact ankle power during intact push off (Figure 7.7). The reduction seen in the phase synced 

Figure 7.13: Combined intact joint power is presented showing the natural power flow (left) 
and phase synced (right). The phase synced plot aligns the stance and swing phases of the 
limbs. Each plot displays the sum of calculated power from all biological joints as it occurs 
throughout gait (left) and aligning the stance and swing phases of the limbs (right). Examining 
the left plot, peak power generation and absorption does not change between cases, but in the 
phase synced plot, the average peak is reduced at every peak when Active Alignment is 
employed. This indicates that with active alignment, power demand is distributed differently 
across joints.  
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plot indicates that total power needed to ambulate may be distributed differently across joints 

(decrease in intact ankle power and increase in intact hip power during push off seen in Figure 7.7), 

but the amount of power does not change. Table 7.2 presents the maximum power generation, 

maximum power absorption, net work and net positive work during gait for the individual 

biological joints and summed across joints. Data for each joint are mean and SD of the specified 

measure for when the subject used their daily use passive prosthesis compared to the experimental 

prosthesis. Net positive work remained consistent between test conditions, however a 25% 

reduction in average net work was seen, indicating an increase in average net negative work in rest 

of body when using the experimental prosthesis. This may be attributed to multiple factors, 

 

Figure 7.14: Average and peak pressures are shown for the tibial tubercle region, and mid 
posterior region of the residual limb throughout the gait cycle.  
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including the added mass of the experimental prosthesis and increased power of the active 

prosthesis. The subject also may not have been entirely acclimated to the prosthesis. It is feasible 

to expect less power absorption in the biological joints given more time for the user to adapt to the 

robotic ankle.  

Figure 7.14 presents data that are from the pressure transducers on the tibial tubercle and 

residuum mid-posterior. These findings are perhaps the most significant of all results presented. It 

is clearly shown that both average and peak pressures on the tibial tubercle are decreased by over 

10% when the active alignment prosthesis is used. Average pressure on the limb posterior increased 

during early stance following heel strike, however peak pressures on the posterior are not increased.  

Lastly, when the subject was asked to describe level of effort and comfort, they stated that it 

was easier to walk with the experimental device, and that they felt they would have more endurance 

Biological Joint Prosthesis 
Used 

Max Power  
Generation 

(W/kg) 

Max Power  
Absorption 

(W/kg) 

Net Work  
(J/kg) 

Net Positive  
Work (J/kg) 

Intact Ankle  Passive 3.636 ±0.044 -0.987 ±0.063 0.213 ±0.030 0.352 ±0.005 

 Active 3.590 ±0.129 -1.009 ±0.073 0.219 ±0.034 0.362 ±0.011 

Affected Knee Passive 0.879 ±0.037 -0.446 ±0.041 -0.028 ±0.007 0.092 ±0.012 

 Active 0.865 ±0.213 -0.768 ±0.021 -0.086 ±0.013 0.088 ±0.009 

Intact Knee Passive 1.528 ±0.144 -2.219 ±0.035 -0.307 ±0.021 0.211 ±0.003 

 Active 1.427 ±0.236 -2.127 ±0.524 -0.343 ±0.041 0.173 ±0.049 

Affected Hip Passive 1.144 ±0.083 -0.573 ±0.093 0.137 ±0.011 0.248 ±0.014 

 Active 1.213 ±0.031 -0.046 ±0.040 0.167 ±0.015 0.258 ±0.010 

Intact Hip Passive 1.693 ±0.217 -0.643 ±0.030 0.196 ±0.006 0.305 ±0.002 

 Active 1.906 ±0.047 -0.510 ±0.087 0.208 ±0.036 0.312 ±0.027 

Summed Total Passive n/a n/a 0.212 ±0.039 1.208 ±0.019 

 Active n/a n/a 0.165 ±0.067 1.192 ±0.059 

Table 7.2: Peak power generation, absorption, net work and net positive work are shown for all 
biological joints when using the active prosthesis and the daily use passive prosthesis. Data are 
mean ±SD. Active and passive data cannot be proved significantly different with the sample 
size used. 
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while walking on it. This is despite the device weighing more than twice that of their daily use 

device. They specifically said that it was less demanding on their residual limb, and that the load 

bearing tissues felt less stressed.  

 Conclusion 

This chapter presents a single demonstration as a preliminary evaluation of the robotic 

prosthesis prototype with Active Alignment. After a brief background, prototype modifications 

were discussed. The methods were then presented highlighting modeling, data collection and data 

post-processing. The results were then presented and discussed.  

The findings in this chapter provide strong evidence that the prosthesis is able to inject net 

positive power into the gait cycle while reducing loading demand on the residual limb. Stance 

support time is increased in the affected limb and reduced in the intact limb when Active Alignment 

is used. Average net work in biological joints is reduced by 25%, while net positive work is 

consistent between test conditions indicating increase in total power absorption during gait. Peak 

pressures on the residual limb were reduced by over 10%. With minimal training, stance time 

increased on the effected limb and decreased on the healthy contralateral limb, providing a more 

symmetric gait. Additionally, the user stated that it was easier to walk with the powered prosthesis, 

and that they felt they had more endurance despite the prototype being over twice as heavy as the 

user’s daily use prosthesis. Overall, the prosthesis did not fundamentally change or disrupt the 

subjects gait in order to achieve the intended pressure reduction on the residual limb. It is feasible 

to think that greater improvements would be seen if the subject were allowed more time to adjust 

to the prosthesis, and if improvements to the controller and hardware were implemented.  

Although the results presented are far from those of simulations used in the prosthesis 

development, it is clear that there is potential that is worth further investigation and optimization. 

It may be found that further effects are seen if the user is allowed to acclimate to the modified gait 
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kinematics over a longer period of time. Additional modifications to the prosthesis that enable the 

full range of motion may further improve results. Lastly, we point out that the model used in the 

original design assumed an ideal rigid socket interface. A more realistic model and truly predictive 

simulations would enable a better optimized prosthesis design.  
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CHAPTER 8 

8 SUMMARY, CONCLUSIONS AND FUTURE WORK 

 Summary 

This dissertation aims to attain a better understanding of the role of residuum-socket mechanics 

on prosthetic gait, and to determine whether prosthesis design approach with criterion defined by 

this interaction can yield an alternative prosthetic gait with positive attributes. Through a 

synergistic amalgamation of computational studies, device design, evaluation and refinement, 

prosthetic gait mechanics were analyzed in silico and in a controlled laboratory environment to 

evaluate the effects of a concept prosthesis with Active Alignment. The most noteworthy findings 

and key contributions are discussed in this chapter.  

First, the concept of Active Alignment was developed through a series of systematic analyses 

and simulations. It was shown that with ideal assumptions used in the design of physiologically 

normal prosthetic devices, when applied to simulations of virtual prototypes with altered 

kinematics, it was theoretically possible to reduce the loading demand on the residual limb and 

simultaneously improve gait mechanics with additional power from the active prosthesis. A 

complete design was then detailed, including mechanics and electronics for the realization of a 

prototype prosthesis.   

Next, modeling methods were developed for evaluating whole-body biomechanics of persons 

with lower limb amputation. It was shown that the accuracy of whole body inverse kinematic 

solutions for prosthetic gait could match the accuracy seen when performing the same analysis on 

non-prosthetic gait, even though it is not possible to place tracking markers on the residual limb. 

This was achieved with a 4-DOF residuum socket joint model, also giving previously unattainable 
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insight to residuum-socket mechanics. Additionally, the development of the 4-DOF socket joint is 

the first step to achieving a model that can be used for realistic predictive simulations in future 

work.  

Lastly, the prosthesis design was evaluated with the new modeling and evaluation techniques. 

It was demonstrated that the prosthesis prototype injects positive power into prosthetic gait, 

decreases power demand from the rest of body joints, and reduces the loading demand on the 

residual limb. Peak pressures on the residual limb were reduced by over 10%, compared to 

pressures observed when the user wore their daily use prosthesis. With minimal training, a more 

symmetric gait emerged as the subject used the device. Qualitatively, the user stated that it was 

easier to walk with the active prosthesis despite the device weight being twice that of their daily 

use prosthesis. The user also stated that they felt they had more endurance.  

In summary, the results presented in this dissertation offer key insight about the role and 

limitations of residuum-socket mechanics on prosthetic gait. Our study has determined that 

prosthesis design can leverage insight into load transfer limitations of the residual limb, allowing 

for the optimization of prosthesis kinetics for an improved, more efficient gait. 

 Conclusions 

Lower limb prosthesis technology has recently surged in advances in the past decade due to 

developments made in the field of robotics. Until now, traditional design criterion has always 

revolved around normal local morphology and functionality of an intact limb without regard to the 

loading interface. In this dissertation, it is demonstrated that kinetics of a prosthesis mechanism can 

be altered from the norm to redirect loading in a more efficient manner. In detail, the key 

contributions of this dissertation are summarized below: 

 Whole body marker based inverse kinematics solutions of persons with lower limb 

amputation can achieve similar accuracy seen when performing the same analysis on 
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data from persons with intact limbs, even though markers cannot be attached to the 

residual limb. This is achieved with a 4-DOF socket model, and by leveraging the 

kinematic constraints required for a global IK solution.  

 Alternative prosthesis designs that deviate from normal morphology and functionality 

can improve prosthetic gait. Power can be introduced into prosthetic gait with an 

alternative active prosthesis while simultaneously decreasing peak limb pressures and 

limb loading demand as well as improve gait symmetry.  

In conclusion, the results of the computational studies, modelling methods, design and 

evaluation presented in this dissertation illuminate new possibilities for the design of robotic, lower 

limb prostheses. Through systematic simulation, design, modeling and evaluation, it was 

demonstrated that gait can be improved with alternative devices, while simultaneously reducing 

load demand on the residual limb. We expect that the findings presented will help to direct the 

design of future lower limb robotic prostheses.  

 Future Work 

The work presented in this dissertation represents the first step forward in a new paradigm of 

prosthesis design. Future work involves further testing of the device, improvement of the current 

prototype, and then designing a second generation prototype ankle prosthesis with Active 

Alignment. More specifically, the future work that should be addressed is detailed below based on 

the findings presented in this dissertation.  

8.3.1 Potential Improvements for the First Generation Prototype 

In regards to improvement of the current prototype, control methodologies should be first 

improved upon in an effort to guide the design of second generation prototype. These controller 

improvements include both software and electronics hardware. Following advancements in control 

methods and design, certain aspects of the mechanism may be revisited. 
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Throughout the development of the prototype prosthesis, impedance based control was not 

explored since the linkage both rotates and translates the end effector but the only force feedback 

attainable is moment transfer to the prosthesis socket. Implementing impedance control may be 

able to be addressed in two ways. The first method would involve designing a new 3-axis load cell 

that senses moment in addition to linear force components in the sagittal plane. The second 

approach would be to treat the ankle as many different rotational ankles at discrete points of 

articulation, regulating the rotational impedance based on only moment and position feedback. 

Machine learning algorithms should also be explored in an effort to improve event detection, and 

also tune controller gain parameters more systematically.  

Regarding controller hardware improvements, there are two issues that should be addressed to 

improve reliability, and usability in a laboratory environment. Routing of analog signals should be 

limited in order to reduce system feedback noise. Low voltage analog signals are easily corrupted 

from both ambient noise in a laboratory environment, and also from high-frequency/high-power 

signals being sent to the motor on the prosthesis itself. The inertial sensors and load cell amplifier 

should be changed over to modules with digital signal outputs, which could all be transmitted over 

the same sensor bus to the controller. The second major modification to controller hardware would 

be to develop an embedded controller pack, to rid the need for a desktop PC for the prototyping 

phase of development. Recent progress has been made with development kits such as the Raspberry 

Pi and Beagle Bone Black, enabling programming of the kits wirelessly from MATLAB Simulink 

models. Such a development kit combined with a dedicated peripheral handler board, motor driver 

and battery pack in a contained package would enable faster prototyping, and less complicated 

testing procedures. Further, it would allow testing to be performed outside of a laboratory 

environment.  

 



117 
 

8.3.2 Design of a Second Generation Prosthesis Prototype 

The prototype presented in this dissertation used forward dynamics physics based simulations 

and ideal models to track able body kinematics. A comparison of simulation results presented in 

Chapter 3 to experimental results presented in Chapter 5 reveals that there are clear drawbacks to 

the methodology presented. These pitfalls must be overcome in order to accurately predict 

prosthetic locomotion with a virtual prototype.  

State of the art modeling and predictive simulation techniques in development will be the main 

utilities used for designing the next generation ankle prosthesis with Active Alignment. This will 

include advanced residuum-socket impedance models based on experimental data, and simulations 

driven by optimal control techniques that utilize direct collocation optimization methods. Robotic 

device designs can also be simultaneously optimized in these predictive simulations, if proper 

objective functions are identified.  

Without question, ignoring traditional design criterion for lower limb prosthetic devices 

introduces a new paradigm of what prosthetic devices should do, and an entire new realm of 

possibilities of what the prostheses can be. Clearly, if all criterion were ignored, one could design 

a robotic assistive device that eliminates the need for the user to perform any work at all. At a 

certain point however, there must be compromise between practicality, rehabilitation and utility. 

Therefore, a truly effective robotic prosthesis, that could potentially assume any form or 

functionality, should be designed to restore rest of body biomechanics to eliminate any user 

compensation as best as possible, but not impede user day to day activities.  
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